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American Society of Biomechanics

The American Society of Biomechanics was formed in 1977. The purpose of the
Society is to provide a forum for interaction among the diverse disciplines in biomechan-
ics research and applications. Th term biomechanics in this context refers to the study of
structure and function of biological systems using the methods of mechanics. The active
membership of the Society includes scientists who conduct research in the biological sci-
ences, engineering and applied sciences, ergonomics and human factors, exercise and
sports sciences, and health sciences.

The principal activity of the Society is an annual scientific meeting. The meeting is
held over a three-day period, and consists of keynote addresses, tutorial sessions,
podium and poster presentations and student member functions. In keeping with the
objectives of the Society, the papers address a wide range of topics and broad interests.

The Executive Board that has governed the Society during the past year is repre-
sented by the following individuals:

President: Philip E. Martin, Arizona State University
Past President: Thomas D. Brown, University of lowa
President-Elect: Kai-Nan An, Mayo Clinic
Secretary-Treasurer: Mark D. Grabiner, The Cleveland Clinic Foundation
Meeting Chairperson: Gary S. Beaupré, VA Palo Alto Health Care System
Program Chairperson: Keith R. Williams, University of Calfornia, Davis
Program Chairperson-Elect: David P. Fyhrie, Henry Ford Hospital
Membership Committee Chairperson: M. Melissa Gross, University of Michigan
Education Committee Chairperson: Jill McNitt-Gray, University of Southern California
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iv



Program Committee

Keith R. Williams, Ph.D., Program Chair
University of California, Davis
David P. Fyhrie, Ph.D., Program Chair-Elect
Henry Ford Hospital
David Hawkins, Ph.D.
University of California, Davis
Rodger Kram, Ph.D.
University of California, Berkeley
Mark Latash, Ph.D.
Pennsylvania State University
R. Bruce Martin, Ph.D.
University of California, Davis
Rick N. Robertson, Ph.D.
University of Pittsburgh Medical Center
Mary M. Rodgers, Ph.D.
University of Maryland
Gerald Smith, Ph.D.

Oregon State University

e B 8 8

Exhibitors at the 1995 Meeting

AMTI Motion Analysis Corporation
Ariel Dynamics, Inc. MTS Systems Corporation
Benjamin/Cummings Publishing Noraxon USA, Inc.
Bertec Corporation Northern Digital Inc.
Cambridge University Press Novel Electronics, Inc.
Dynamic Spinal Analysis, Inc. Peak Performance Technologies, Inc.
Elsevier Science Inc. Qualisys Inc.
Instron Corporation Skill Technologies, Inc.
The Journal of Bone and Joint Surgery Strawberry Tree Incorporated

Kistler Instrument Corporation



Conference Schedule

Thursday, August 24
8:00 - 18:30 Registration, Elliot Program Center
9:00 - 12:15 INASA Tour, departs from Governor’s Corner

10:00 - 12:15 VA RR&D Center Tour, departs from Governor’s Corner
13:00 - 14:45 Tutorial #1, History Room 2

15:00 - 16:45 Tutorial #2, History Room 2

17:00 - 18:30 Opening Reception, Elliot Program Center

18:30 - 22:00 Executive Board Meeting, Elliot Program Center

Friday, August 25

7:00 - noon Registration, Annenberg Plaza
7:00 - 8:00 Continental Breakfast, Annenberg Plaza
8:00 - 8:50 Keynote Presentation #1, Annenberg Auditorium
9:00 - 10:15 Parallel Sessions I, IT
10:15 - 10:30 Refreshment Break, Annenberg Plaza
10:30 - 12:00 Parallel Sessions 111, TV
12:00 - 13:30 Lunch on your own / Student Luncheon, Lagunita Dining Hall
13:30 - 14:50 Symposium, Annenberg Auditorium
15:00 - 16:30 Parallel Sessions V, VI
16:30 - 18:00 Wine and Cheese at Posters and Exhibits, Cummings Art
18:30 - 20:30 Banquet, Inner Quad
20:30 - 21:15 Organ Recital, Memorial Church

Saturday, August 26
7:00 - 9:00 Registration
7:00 - 800 Continental Breakfast, Annenberg Plaza
8:00 - 8:50 Keynote Presentation #2, Annenberg Auditorium
9:00 - 10:15 Parallel Sessions VII, VII
10:15 - 10:30 Refreshment Break, Annenberg Plaza
10:30 - 12:00 Parallel Sessions IX, X
12:00 - 13:30 Awards Luncheon, Lagunita Dining Hall
13:45 - 14:45 Borelli Lecture, Annenberg Auditorium
14:50 - 15:30 Business Meeting, Annenberg Auditorium
15:30 - 16:15 Refreshments at Posters and Exhibits, Cummings Art
16:15 - 17:30 Parallel Sessions XTI, XII
18:00 - 22:00 Executive Board Meeting, Elliot Program Center
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Session Schedule

Friday, 25 August 1995

Session I - Joints

History Room 2 .. ..o oo v e oo oo pages 1 =10
Session II - Gait

Annenberg AUditOTTUML .. .o o oo o vvve e e e e e ... pages 11~ 20
Session III — Bone

History Room 2 ..o oo oo oo v ie v e .. pages 21— 32
Session I'V — Sport

Annenberg AUATOTIUM .. .. .. .o co oo ee i ae ee e v e e e ee v PAGES 33 ~44
Session V - Tissue Mechanics

History ROOM 2 .. oo v vt vt .. pages 45 - 56
Session VI - Motor Control

Annenberg Auditorium .. .. .. .. .. .. .. pages 56 — 68

Saturday, 26 August 1995

Session VII - Ergonomics

History Room 2 .. ..o oo v v .. pages 69 —78

Session VIII - Rehabilitation
Annenberg Auditorium .. .. .o oo v oo e v e

Session IX - Orthopaedics

HiStory ROOT 2 ..o oo e vt e e et et e et i e e et e e e e e e

Session X — Movement Dynamics

Annenberg AUditOrIUML .. .. o oo oo oo

Session XI - Spine

History ROOME 2 ..o v ovev i e e e ot en et e e e et e e e e e

Session XII - Musculoskeletal

Annenberg AUdIEOPIUIL .. .. o oo vv e e vt e e

vii

oot ee e pages 79 — 88

cee e oo .. pages 89 —100

v e e oo pages 101-112

e e pages 113 — 122

et e e .. pages 123 —132



Conference Schedule

Tutorial #1
Thursday, 1:00 - 2:45 pm, History Room 2

Acceleration, Force and Pressure Distribution — Measurement Techniques and their
Application in Biomechanics

Ewald Hennig Sportsmedizinisches Institut, Essen, Germany

Tutorial #2
Thursday, 3:00 — 4:45 pm, History Room 2

Muscle Force Determination

Richard E. Hughes Mayo Clinic
Kenton Kaufman San Diego Childrens Hospital
Kai-Nan An Mayo Clinic

Keynote Presentation #1
Friday, 8:00 — 8:50 am, Annenberg Auditorium
Running on Water

Thomas A. McMahon Harvard University
James Glasheen Harvard University

Symposium on Comparative Locomotionl2
Friday, 1:30 - 2:50 pm, Annenberg Auditorium

Swimming Mechanics of Skipjack Tuna
Robert E. Shadwick Scripps Institution of Oceanography

Muscles Inside a Skeleton: Isolated Muscle Function and Musculoskeletal Modeling of
Running Insects

Robert |. Full University of California, Berkeley

Using Animal Studies to Understand How Muscles Power Locomotion
Andrew A. Biewener University of Chicago

Keynote Presentation #2

Saturday, 8:00 — 8:50 am, Annenberg Auditorium

Predictions for Neural Control Based on Limb Dynamics
Judith L. Smith University of California, Los Angeles
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Award Presentations

Borelli Award:

Wilson C. Hayes
Beth Israel Hospital and Harvard Medical School
An Update on the Movement of Animals: Falls among Elderly Humans

Post-Doctoral Young Scientist Award:

Boris I. Prilutsky
University of Calgary
Biomechanical Features of the Organization of Highly Skilled Locomotor Movements

o Ty . GV TP IR

Pre-Doctoral Young Scientist Award:

Christoph Reinschmidt
University of Calgary

Tibiofemoral and Calcaneus-Tibia Motion during Running: Skin vs. Bone Markers
Session IV ..

Nominees for the Clinical Biomechanics Award:

Bing Yu, Mayo Clinic

Reproduczbzlzty of the Kinematics and Kinetics of the Lower Extremities in Stairclimbing
.. 13

Session II. . e
Kevin P. Granata, The Oh1o S’cate Umver31ty
Influence of Back Belts on Dynamzc sztmg Motions

Session VII. . . e e
Steve A. Kautz, VA Palo Alto Health Care System

Effects of Increased Exertion during Pedaling Exercise on Kinetic Measures of Motor
Performance for Hemiplegic Persons
Session VIII ..co oo vo v e e e e e e e e vt e e e

Stuart M. McGill, University of Waterloo

Indwelling EMG of Psoas: Clinical Implzcatzons for Low Back In]ury and Rehabilitation

Session VIII ..

Geza F. Kogler, Southern Illinois University

The Biomechanics of Longitudinal Arch Support Mechanisms in Foot Orthoses and their

Effect on Plantar Aponeurosis Strain
Session IX .. ..
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Friday, 25 August 1995

Session I - Joints History Room 2

9:00  Experimental Technique has an Effect on Measured Contact Characteristics
of the Human Hip Joint
BK Bay, SA Olson, Al Hamel . ..........c. oo .

9:15  The Effects of Anterior Cruciate Ligament Deficiency and Reconstruction
on the Contact Characteristics of the Patellofemoral Joint
Y-F Hsieh, LF Draganich, S Ho, B Reider ..

9:30  Muscular Forces and EMGs before and after Transection of the Anterior
Cruciate Ligament in the Cat Hindlimb
EM Hasler, W Herzog, TR Leonard .. ..........oooioiiie o

9:45  Strain in the Anteromedial and Posterolateral Bundles of the ACL over the
Full Range of Flexion
JM Bach, ML Hull, HA Patterson .................oo ... . e

10:00  Subjects with ACL Reconstruction have Larger Muscle Contributions to the
Support of Varus Knee Moments

DG Lloyd, TS Buchanan ..................ccocoio v,

.9

Session II - Gait Annenberg Auditorium

9:00  Minimum Energy Trajectories of the Swing Ankle when Stepping over
Obstacles of Different Heights

L-S Chou, LF Draganich, 5-M SONG oottt e e e e e

ard

Nominee for Clinical Biomechanics Aw

11

w
9:15  Reproducibility of the Kinematics and Kinetics of the Tower Extremities in Stair-

climbing

B Yu, T Kienbacher, ES Growney, DK Hansen, K-N A#t. o oo e

9:30 A Biomechanical Study of the Effects of Speed and Experience on Stair
Climbing Movement

J Shih, T Wang, MIH Moeinzadeh, M] Adrian ... .. ... ...... ..o e e

9:45  Biomechanics of Descending Ramps in Young and Elderly
MS Redfern, J] DiPasquale .. .. .. .. ...,

10:00 Effect of an Exercise Program on Chair-Rise Biomechanics in Frail Elderly

MM Gross, NB Alexander, MR Hofmeyer, WL Duren, T O'Bannon.. .................
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Session I1I — Bone History Room 2

10:30

10:45

11:00

11:15

11:30

11:45

Trabecular Architecture in Relation to Functional Strain Patterns and Dis-
use
A Biewener, N Fazzalari, R Baudinette, D Konieczynski. .. .. ... oo e 21

High-Resolution Finite Element Models of Trabecular Bone: the Depen-
dence of Tissue Strains and Apparent Modulus on Imaging Resolution
OT Chavez, TM Keaveny .. e e e et e e e e et e e e e e e e 2 23

Finite Element Modeling of Cancellous Bone Damage: Reduction in Bone
Strength and Stiffness
DP Fyhrie, FJ Hot, SMILANG . v v. o oo e e ee et e e e et e ee et v e a0 2 20

Determinants of Bone Mass and Structure during Adolescent Growth
M Moro, MCH van der Meulen, BJ Kiralti, LK Bachrach, DR Carter ... .. .. ... ... ... 27

Potential Instabilities in Bone Remodeling
RB MATEI « ov v or e oe ot ot e et et et e e e e e an et ae et e e e e et e e e e a2 20

Bone Blood Flow is Elevated Prior to Osteoclastic Activity Initiated By Dis-
use Osteopenia
TS Gross, AA Damji, RC Bray, RF Zernicke . .. . ... oo oo e i e 31

Session IV — Sport Annenberg Auditorium

10:30

10:45

11:00

11:15

11:30

11:45

Forces Applied by Elite and Sub-Elite Sprmt Kayak Paddlers
R] Neal, DA Aitken .. e e e e e e e e e e e e e e 0 33

The Twist Rotation in ngh ]umpmg
] Dapena.. . PP PO PRSP PRSP

Indirect Static and Dynamic Measurement of the Center of Buoyancy in
Competitive Swimmers
S McLean, R. HIfFICHS .. cv cv v cv v et e et e et et e e ot e e e e e e e et e i e et et e e e 37

A New Approach for Designing the Man-Machine Interface for Rowing
B Sih, M Hubbard, D HAWKINS .. .. c. o oo oo v ev e e e v e e ae e st e ee it e e et e e e an e e 39

Pre-Doctoral Young Scientist Award
Tibiofemoral and Calcaneus-Tibia Motion during Running: Skin vs. Bone Markers
C Reinschmidt, A] van den Bogert, A Lundberg, N Murphy, BMNigg.... .. ...... ... 41

Biomechanical Profiles of New Against Used Running Shoes
EM Hennig, TL MILATI . oo oo oo s et et et et e e e e e i i e et e en e e e e e 43
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Session V — Tissue Mechanics

3:00

3:15

3:30

3:45

4:00

4:15

Session VI - Motor Control

3:00

3:15

3:30

3:45

4:00

4:15

Finite Element Modeling of Surgical Procedures for Refractive Correction in
Human Eyes
PM Pinsky, DV Datye, S-S Chang . .. .. ... .. .. .. ..

An Analytic Model to Predict the Strength of Tendon Repairs
JC Lotz, |5 Hariharan, E Diao, O SOEJima .. oo oot i e

Collagen Cross-Linking in the Skin of Normal and Diabetic Feet: Indirect
Measurements using Laser-Induced Tissue Fluorescence
BL Davis, RM Cothren, [T Arendt, JE Perry ..........

The Mechanical Behavior of Human Lumbar Discs with Nucleus Volume
Variations

YM Lu, WC Hutton, VM GRarpuray .. ... .. .o e oo,

Changes in Circumferential Strain Gradients during Locomotion
S Judex, TS Gross, RF Zernicke ........ooioiiieeeoeo oo

Nonlinear Radial Tensile Properties of the Lumbar Annulus Fibrosus: Effect
of Site and Disc Degeneration
Y Fujita, NA Duncan, |C Lotz ..

The Motor Control of Stepping Responses to Postural Perturbations
MR Carhart, GT Yamaguchi .. .. .. .. ..o oo it e o,

Motor Action and Predictability of Perturbation in Anticipatory Postural
Adjustments
AS Aruin, ML Latash . .. ... .. ... ...

Analysis of Stability of Human Posture Strategies

Training-Related Changes in the Contractile Properties of Single Motor
Units in Elderly Subjects
DA Keen, GH Yue, RM Enoka .. .. .. .....cccove i ...

Muscle Coordination in Elbow Joint Complex Movements

RV Gonzalez, LD Abraham, RE Barr, TS Buchanan ...

Simulated Changes in Control Strategy durmg Altered Grav1ty Pedalmg
BJ Fregly, RT Whalen . hs eeae e ke e e ee e e b eu e e s e e e v s e s
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Saturday, 26 August 1995

Session VII ~ Ergonomics History Room 2

9:00

9:15

9:30

9:45

10:00

Nominee for Clinical Biomechanics Award

Influence of Back Belts on Dynamic Lifting Motions
KP Granata, WS Marras, KG Dauvis. .. .. .. o v e e v v e oo et i e e e e e 69

The Relationship of Muscle Activity to the Interaction of Spine Flexion and
Pelvis Rotation during Dynamic Lifting Tasks
DC Ursulak, JR POFUITL . c. c. v vv ev v v an oo e e e e e e e e e e e e e s e ansn oo 71

A Comparison Between the Stoop, Squat and Free Style Lifting Techniques
S Sadek, T Khalil, E Abdel-MOtY .. .. o oo ov v e e e e e et en et et e i 73

A Dynamic Analysis of Lumbosacral Loads in Bedmaking
PD Milburin, RS BATTEEt .. e e o ov i v et e or e e en e e ca vt nn e e e e st e et e e 75

A Network-Based Model of Lumbar Muscle Coordination during Static
Asymmetric Trunk Loading
MA Nussbaum, DB Chaffin, B] Martin, SA Lavender ..o e oo ee oo e 17

Session VIII — Rehabilitation Annenberg Auditorium

9:00

9:15

9:30

9:45

10:00

Direct Intra-Operative Passive Muscle Tension Measurement System
ME Pannunzio, JP Romano, DL Damiano, CL Vaughan, MF Abel . .. .. .. ... 79

Functional and Biomechanical Effects of Hamstring Lengthening on the
Knee Joint in Spastic Cerebral Palsy
JP Romano, M Pannunzio, M Abel, D Damiano . .. .. .. v o v e ve v v et e e e e e e 81

Nominee for Clinical Biomechanics Award
Effects of Increased Exertion during Pedaling Exercise on Kinetic Measures of
Motor Performance for Hemiplegic Persons
SA Kautz, DA Brown, CA DGItaghi . .. .. e . oo oo oo eeeevv e e ae ev o e 00 2283

Lower Extremity Cycling Mechanics in Subjects with Unilateral Cere-
brovascular Accident
K Perell, R Gregor, AME SCTEMIML .. .. cc e o v wevuse se i veee e e i on e s en e e e e e 85

Nominee for Clinical Biomechanics Award
Indwelling EMG of Psoas: Clinical Implications for Low Back Injury and Rehabil-
itation
SM McGill, D Juker, P KrOpf ..o oo e i i i oo e e e e e et e 87
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Session IX - Orthopaedics History Room 2

10:30 Forefoot Plantar Pressure Measurements may be Useful in Predicting Inter-

nal Skeletal Loading

N Sharkey, L Ferris, T Smith, D Matthews .. .. .. ........ .. . e e e 89

Nominee for Clinical Biomechanics Award

10:45 The Biomechanics of Longitudinal Arch Support Mechanisms in Foot Orthoses

and their Effect on Plantar Aponeurosis Strain

GF Kogler, SE Solomonidis, JPPaul . ..o .. 91
11:00 Effect on Tissue Response to Size of Polyethylene Particles Adjacent to

Unstable Implants

JE Bechtold, K Seballe, |L Lewis, RB Gustilo.. .. .. ... ... .. . e . 93
11:15  In Vitro Stability of the Hip after Simulated Transverse Acetabular Frac-

tures

MS Vrahas, KA Thomas, JW Noble, |S Reid, CM Bearden, M Guzman .. .. .. ... . . .95
11:30 The Influence of Post-Operative Follow-Up Time on “Early” Prediction of

Long-Term Wear Rate in Total Hip Arthroplasty

SM Shaver, TD Brown, [T Callaghan.. .. .. .. ..o vooooooo 97
11:45 Femoral Surface Strain Analysis: A Comparison between a Cup Arthro-

plasty and Conventional Long-Stem Prostheses

S] Hazelwood, J] Rodrigo, NA Sharkey, K Raiszadeh ...................................99
Session X = Movement Dynamics Annenberg Auditorium

Post-Doctoral Young Scientist Award

10:30  Biomechanical Features of the Organization of Highly Skilled Locomotor

Movements
10:45 The Effect of Extreme Walking Speeds on Net Knee Joint Moments

JP Holden, G Chou, S| SENROPE .. oo e e 103
11:00 Mechanics of Turning in Hexapods

DL Jindrich, RTFull . .. .. ........cooco oo 105
11:15 The Kinetics of Centipede Locomotion

BD Anderson, RIFull ...t 107
11:30 The Stiffness of the Human Leg as a Function of Surface Stiffness

DP Ferris, CT Farley, G CRen ... ..o oo o109
11:45  Correlations between “Leg Spring” Characteristics and Running Economy

GD Heise, PE Martin . .. .. .. ..o ocooveeoeos oo e 111
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4:15

4:30

4:45

5:00

5:15
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4:15

4:30

4:45

5:00

5:15
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YG Zheng, LA Fay, HA Yuan, WT Edwards . .. .. ..o

Abdominal Exercises: Searching for the Optimal Muscle Challenge with
Minimal Spine Loading

CT Axler, SM MCGIIL . ov oo e e o et e e et et e e et e e e e e e e e o e e e e e et e
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WE Hess, SL DD .. .. cvcv i ee e i v e e e e s e e s e e e st e e e
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D Hawkins, MJBeY . .. oo oo v iv v e e
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Poster Session

[n Situ Mechanical Behavior of Coralline Hydroxyapatite after Short and Long-
Term Implantation in the Canine Proximal Humerus
BK Bay, NASHATKey .. .. ... oo oottt et ot e ettt e

Quantification of 24-Hour Skeletal Loading History in Relation to Treadmill Exer-
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A Biewener, D Konieczynski, M Temaner, M Truty.. oooovve oo,
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S Han, [ Medige, I Ziv .. .. ..o oo it oe e e e e

Mode III Fracture Toughness of Cortical Bone

ZFeng, A SAlZMAN .. .. .. oo oo i e e e

A Model of Human Tibia Vibration for Non-Invasive Measurement
SG Roberts, CR Steele . .. ... .. .. ..

Decrease in Canine Proximal Femoral Ultimate Strength and Stiffness Due to
Fatigue Damage

5] Hoshaw, DD Cody, AM Saad, DP Fyhtie.. .. .. ... oo s e

B Katz, E Hendley, G Watanabe, CM Bagi, MCH van der Meulen .. ..................
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Toward a Description of Cortical Strain Distribution during Functional Loading
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Core Suture-Tendon Interface as a Factor Affecting the Strength of Tendon Repair
- A Biomechanical Analysis

E Diao, JS Hariharan, JCLOEZ .. ... oo v e vt s o e i vnse e e e e e e oo e e e e

Accurate 3-D Measurement of Dynamic Knee Replacement Motions using Single-
Plane Fluoroscopy: Validation and In Vivo Application
SA Banks, WA HOAE . .. cv oo v vv v e v et

Moment About the Lower Leg During Gait of Children with Down Syndrome: The
Effect of Foot Orthoses

S Bhimji, MIP Besser, L Selby-Silverstein, H Hillstrom, W Freedman.. .. .. .. .. .. .. .. ..

The Effect of Femoral Collar on Surface Strains in the Proximal Femur after
Cemented Hip Arthroplasty

VL Giddings, MCH van der Meulen, SB Goodman, GS Beaupté .. ... .. ..o oo vv e

Self-Fixation Characteristics of a New Swelling Type Composite Material in Bone

A Abusafieh, R Nobilini, S Siegler, I Kamel, AT Berman, S Kalidindi. .. .. ... ..o ..

A Numerical Investigation of the Mechanics of Swelling-Type Intramedullary Hip
Implants
P Ahmad, SR Kalidindi .. .. .. oo oo e v et e

Finite Element Modeling of the Forefoot with Accommodative Footwear Orthoses

D Lemmon, T-Y Shiang, ] Ulbrecht, A Hashmi, T George, P Cavanagh . .. .. .. ... ...

Compartmental Load Redistribution and Ligament Distension in Opening- vs.
Closing-Wedge High Tibial Valgus Osteotomy
T Aoki, WS Foels, TD Brown, JL Marsh, DS Tearse.. .. .. ..o oo oo enie oo veee e

In Vivo Kinematics of Implanted and Nonimplanted Knees Derived using an
Inverse Perspective Technique

RD Komistek, DA Dennis, WA HOff .. .. oo vv e e e e et e

Contact Pressure on the Patellar Button following Total Knee Replacement
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EXPERIMENTAL TECHNIQUE HAS AN EFFECT ON MEASURED CONTACT
CHARACTERISTICS OF THE HUMAN HIP JOINT

B.K. Bay, S.A. Olson, A.J. Hamel
Orthopaedic Research Laboratories, University of California Davis, Sacramento, CA 95817

INTRODUCTION

Most laboratory investigations of hip joint contact
characteristics have used cadaver acetabulae cut from the
surrounding bone and potted in cement. The specimens
were aligned with the proximal femur in a materials
testing machine and compressed to simulate in vivo
loading. This technique, although correctly simulating the
resultant load on the hip, may predict a load distribution
far different from in vivo conditions. To achieve a more
physiologic loading environment, we have developed a
methodology which uses intact pelves and simulates the
action of the hip abductors to reproduce the joint reaction
forces which occur during the single leg stance phase of
gait. This study was undertaken to compare hip joint
contact measurements for the two testing methodologies.

~
Previous investigations by Brown ef. al. and Afoke ef al.
removed the acetabulum from the pelvis and applied an
axial load, equivalent to about 3 times body weight, across
the rearticulated joint. The resulting load distributions
show concentration of load in the superior and
anterosuperior portion of the acetabulum, respectively.

In these two studies, contact forces and pressures were
measured using two different methods. Brown ef al. used
piezoresistive transducers mounted in the cartilage of the
femoral head, while Afoke ef al. used pressure sensitive
Fuji Prescale film. Piezoresistive transducers do not
introduce an extra thickness to the joint, but are limited in
number (hence resolution) and may alter how the
articulating surfaces interact. Fuji film introduces extra
thickness which may alter joint mechanics, but gives
betier resolution of load distribution. In our study, we
used Fuji film to measure the load distribution.

By removing the acetabulum and casting it rigidly in
cement, the joints natural ability to react to an applied
load may be lost. By using an intact pelvis and loading in
a more physiologic manner, the surrounding bone is not
constrained by cement and is able to deform in a manner
more consistent with in vive conditions. This study was
undertaken to ascertain if our model resulted in different
loading patterns. This would suggest that experimental
techuique has an effect on the measurement of contact
pressures within the hip joint.

PROCEDURES

Each hip was first loaded using the simulated abductor
mechanism and an intact pelvis, then potted and loaded
using the methodologies described by Brown and Afoke.

Intact pelves were excised from fresh cadavers and
cleaned of excess tissue, leaving the joint capsules intact.
Pulleys were attached to the iliac crest and to the greater
trochanter of the femur (Fig. 1). A single cable was strung
through these pulleys and tightened to achieve axial load
at the sacrum (mounted to a load cell in an Instron
machine) equivalent to body weight. This resulted in a
Jjoint reaction force of about 3 times body weight.

Figure 1: Loading apparatus using an intact pelvis.

In order to better classify the distribution of load, the
acetabulum was marked with two small drill holes in the
middie of the articular cartilage to delineate between
posterior wall, superior dome and anterior wall. These
were placed at points 30° anterior and posterior to a line
formed by the superiormost portion of the acetabular rim
and the center of the acetabulum.

Fuji film was placed on the femoral head and protected
from moisture with latex barriers. The hip joint was
rearticulated and loaded by tensioning the abductor cable.
This process was repeated several times for both intact
hips. The acetabulae were then cut from the pelvis and
potted in polymethylmethacrylate (PMMA). The potted
joint was placed in the Instron with Fuji film, and loaded
to the same joint reaction force vector seen in the intact
model. Fuji film patterns were digitized with a flatbed
scanner and analyzed with Image software (W. Rasband,

NIMH).



RESULTS

The Fuji film patterns in the intact model show a
distributed load across the acetabulum with significant
contact in the posterior and anterior walls (Fig. 2). In the
potted model the load was highly concentrated in the dome
or superior portion of the joint (Fig. 3), which is consistent
with the piezoresistive transducer measurements of
Brown.
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Figure 2: Intact model load distribution pattern.
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Figure 3: Potted mode load distribution pattern.

A repeated measures analysis of variance showed
significant differences between the two models for both
contact area and mean pressure. Specifically, the potted
model showed a significant increase in contact area in the
superior acetabulum and a decrease in contact area in the
posterior wall (Fig. 4). The potted model also showed a
significant increase in mean pressure in the superior
acetabulum (Fig. §).
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Figure 4: Contact area fraction in the three regions, with
an asterisk denoting significance (p <.05).
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Figure 5: Mean pressure in the three regions, with an
asterisk denoting significance (p <.05).

DISCUSSION

Previous studies which have utilized the potted model may
have excessively altered the joint mechanics by removing
it from the pelvis. The loading patterns seen might
therefore contain artifact. Joint contact characteristics may
be significantly influenced by elastic deformation of the
iliac wing due to abductor action and support coming

from the bridge formed by the intact pubic and ischial
bones. Also, with the axial force of body weight
transmitted through the sacroiliac joint, this load is
applied at a physiologically correct position, not as an
idealized axial force acting directly on the joint.

Tt has been argued that Fuji film, by increasing the
diameter of the femoral head, artificially increases
peripheral loading. However, Fuji film was used in both
models to ascertain load distribution and significantly
different patterns were seen. Therefore, the distributed
load in the intact model is not due to a Fuji film artifact,
since such an artifact would have been seen in both
methods.

The most important result of this study is that the two
methods give substantially different results for the same
joint reaction load applied to the same hip. By simulating
muscle activity and allowing the pelvis to deform, our
method may better represent in vivo loading conditions in
the hip joint.
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THE EFFECTS OF ANTERIOR CRUCIATE LIGAMENT DEFICIENCY AND RECONSTRUCTION ON THE
CONTACT CHARACTERISTICS OF THE PATELLOFEMORAL JOINT

Yeou-Fang Hsieh and Louis ¥. Draganich, Sherwin Ho, and Bruce Reider

Section of Orthopaedic Surgery and Rehabilitation Medicine
Department of Surgery
The University of Chicago
Chicago, Hllinois

ABSTRACT

This study was performed to investigate the effects of
deficiency of the anterior cruciate ligament (ACL) and
intraarticular reconstruction (IAR) of the ACL on the con-
tact characteristics (contact areas, resultant contact forces,
three components of the resultant contact forces, contact pres-
sure distributions, average contact pressures, peak contact
pressures, and centers of pressure) of the patellofemoral
joint in seven cadaveric knees. A bone-tendon-bone graft
from the autogenous central one-third of the patellar ten-
don was used for the intraarticular reconstruction. Knee
loading was produced by extending the knee with quadri-
ceps forces based on one-third of reported maximum vol-
untary isometric extension moments. The position data of
the patelloferoral and tibiofemoral joints were measured at
30°, 60°, and 90° of knee flexion with a six degree-of-freedom
digitizing system. Fuji Prescale film was used to record patel-
lofemoral contact pressure. Pressure intensity was digitized
using a high resolution optical scanner. Digital image proc-
essing techniques in conjunction with kinematic transfor-
mations were applied to analyze the contact prints. Exci-
sion of the ACL caused significant decreases in total patel-
lofemoral contact area, in anterior component of patel-
lofemoral contact force, and in peak contact pressure on
the medial facet of the patella. Intraarticular reconstruc-
tion of the ACL returned normal patellofemoral contact
characteristics to the ACL-excised knee.

INTRODUCTION

The major forces acting on the patella consist of the patel-
lofemoral contact force, quadriceps force, and patellar liga-
ment force. Therefore, any imbalance in the extensor mecha-
nism may lead to abnormal changes in patellofemoral contact
areas, contact forces, and, hience, coniact pressures, and to
degeneration of the articular cartilage. Despite the fact that
reconstruction of the anterior cruciate ligament (ACL)
enhances the stability of the tibiofemoral joint, frequently,
even with good stability, patients have complained of pain
in the anterior aspect of the knee. One possibility is that
patellar pain results from a malalignment between the
patella and femur which leads to altered patellofemoral
contact. To date, there have been no studies reporting on the
effects of ACL deficiency on the contact characteristics of the
patellofemoral joint. Furthermore, there have been no reports
on the effects of ACL reconstruction on these contact charac-
teristics. Thus, the objectives of this in vitro study were using

Fuji Prescale film with digital image processing technique to
determine the effects of removal and intraarticular reconstruc-
tion of the ACL on the patellofemoral contact cheracteristics
for physiologic levels of quadriceps loads.

MATERIALS AND METHODS

Seven cadaveric knees from seven donors with a mean age
of 51.4 years were studied. Tests were performed for
three experimental states on each specimen, first on the
intact knee, second following excision of the ACL, and
finally following intraarticular reconstruction of the ACL
for flexion angles at 30°, 60°, and 90°. An IAR was
performed utilizing the autogenous central one-third of the
bone-patellar tendon-bone graft. Patellofemoral contact
areas and pressurcs were recorded using low-pressure Fuji
Prescale film which was hermetically sealed in polyethylene
sheets. Medial parapatellar incision was performed for
insertion of film packets. Prior to testing, four reference holes,
1 mm in diameter, were drilled in an anteroposterior direction
through the patella. These holes served as reference positions
for the coordinate transformation between the pixel and
patellar coordinate systems. Testing consisted of applying
external flexion moments equivalent to 1/3 of values
reported in the literature for maximum isometric
quadriceps moments', equilibrating the knee with
quadriceps forces at a particular flexion angle, measuring
patellofemoral and tibiofemoral joint motions, and
digitizing attachment sites of the quadriceps tendon and
patellar ligament with a six degree-of-freedom digitizer.
After the motion data were collected, the knee was
disarticulated and bony landmarks of the femur, tibia, and
patella were identified and digitized for construction of the
anatomical coordinate systems.

The pateliofemoral contact stain on the Fuji Prescale film was
digitized with a high resolution (600 dpi X 600 dpi) scanner to
obtain an image of size 640 X 480 pixels with an intensity (up
to 256 levels) stored in each pixel. Before the contact stain
could be analyzed, calibration for the scanning system and for
the Fuji Prescale film was performed. Five scanning parame-
ters (votation, offset, and scaling parameters) were determined
using the method of least-squares to establish a coordinate
transformation between the pixel and patellar coordinate sys-
tems. A cubic polynomial for pressure calibration was
used to characterize the relationship between the magni-
tudes of the pressure and the intensity of gray level. Patel-
lofemoral contact pressure distribution maps were then



established. Contact area was defined as the locus of the
contact pixels. Resultant contact force was obtained by
integrating the pressure distribution over the entire contact
area. Force and moment equilibrium of the patella under the
actions of the quadriceps force, resultant contact force, and
patellar ligament tension was performed to obtain the three
components of the patellofemoral contact force and the center
of pressure. Contact characteristics on the medial facet or
lateral facet of the patella were defined according to the patel-
lar coordinate system originating on the center of the patellar
ridge. Paired t-tests were performed to determine significant
differences in the patellofemoral contact characteristics be-
tween the intact and ACL-excised knees and between the
intact and JAR knees. Based on a Bonferroni adjustment for
two comparisons at three flexion angles, an o level of 0.008
was considered significant.

RESULTS

In the intact knee, pateliofemoral contact area increased by
137%, the resultant contact force increased by 214%, the an-
terior component of contact force increased by 334%, average
contact pressure increased by 38%, and peak contact pressure
increased by 41% as the knee flexed from 30° to 90°. Re-
moval of the ACL resulted in a significant reduction in contact
area from that of the intact knee at 30° (p<0.006) and 90°
(p<0.002) of knee flexion (Figure 1). Compared to the intact
knee, removal of the ACL resulted in a significant reduction in
the anterior component of contact force at 30° of knee flexion
(p<0.003) (Figure 2). Removal of the ACL resulted in a sig-
nificant reduction in peak contact pressure on the medial facet
of the patella at 30° and 60° of knee flexion (p<0.004), when
compared to that of the intact knee (Figure 3). The intraarticu-
lar reconstruction was found to return normal patellofemoral
contact characteristics to the ACL-excised knee at all angles
tested.

DISCUSSION

In agreement with those of previous studies™***7_ our results
found for the intact knee demonstrated that the patellofemoral
contact area, magnitude of the resultant contact force, average
contact pressure, and peak contact pressure increased with
knee flexion between 30° and 90° of knee flexion. Our re-
sults showed that excision of the ACL resulted in the smallest
contact areas, anterior component of contact force, and medial
peak contact pressure at all flexion angles tested among the
three experimental states. It has been believed that loss of the
ACL is associated with degeneration of the cartilage of the
patella. Thus, the significant reduction in total contact area,
the significant reduction in anterior component of contact
force, the significant reduction in medial peak contact pres-
sure, or all may be associated with degeneration of the patellar
cartilage or patellar pain. Although we did not discover
patellofemoral contact characteristics in the reconstructed
knee to be significantly different from those of the intact
knee, there were some differences which might become
significant with a larger number of samples. However, the
intraarticular reconstruction performed in this study was found

to return normal tibiofemoral and patellofemoral kinematics to
the ACL-excised knee. Thus, significant differences in patel-
lofemoral contact would not be expected.
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MUSCULAR FORCES AND EMGs BEFORE AND AFTER TRANSECTION OF THE ANTERIOR
CRUCIATE LIGAMENT IN THE CAT HINDLIMB

E.M. Hasler, W. Herzog, T.R. Leonard
Human Performance Laboratory, The University of Calgary, Calgary, Canada

InTrODUCTION

Experimental joint injury models have produced osteoarthritis (OA)
reliably. I is assumed that disruption of joint integrity will change
joint mechanics and lead to alterations in joint structure and
function. Transection of the anierior cruciate ligament (ACL) in the
cat has recently been introduced as a mods! of OA (Herzog et al.,
1993). Eariy changes in the cartitage of the ACL-deficient cat
hindfimb were similar to those observed in the dog (Adams et al.,
1991).

Biomechanical parameters representing joint mechanics such as
muscular forces, EMGs, ground reaction forces (GRFs) and
extemal kinematics were assessed during locomotion before and
aiter ACL transection in the cat hindlimb. To our knowledge, this is
the first time that muscular forces, which mainly determine the
loading in the knee, have been measured in a joint injury model.
This information may provide insight into the role of mechanical
factors in joint degeneration.

Review AND THEORY

Changes in joint mechanics duse to joint injuries are assumed to be
initiating factors for OA (Moskowitz, 1977). In order to study the
effects of changes in joint loading and joint kinematics on the
articular cartilage, experimental models based on altering joint
mechanics have been developed. A well established model that
yields reproducible changes in the articular cartilage of the injured
limb, is ACL transection in the dog (Adams et al., 1991; Brandt et
al., 1991). Whereas morphological and biochemical changes in the
articular cariilage of the unstable limb have been described
extensively, corresponding studies on changes in joint loading are
limited fo measurements of external GRFs (O’Connor et al., 1992;
Brandi et al., 1991). GRFs were taken as an indication of joint
loading, however, extemal GRFs may not reflect the changes in
joint loading that are associated with OA. Since joint loading is
mainly governed by muscular forces {Morrison, 1968), a systemaiic
in-vivo biomechanical study is needed to assess intemal forces
acting on the joint, and relate the changes in these forces to
changes in the articular cartilage. The cat mode! was chosen to
measure internal forces and joint kinematics because an extensive
dala base in terms of individual muscle force and EMG
measurements and locomotor kinematics is available. The
objeciive of this study was 1o assess muscular forces, EMGs,
GRFs, and joint kinematics in the intact and ACL-deficient cat
hindiimb during locomotion.

PROCEDURES

Extemnal kinematics and GRFs were collected for one cat (4.9 ka)
duting normal locomotion on a treadmill and a walkway

instrumented with two AMT! force plates in series. After data
collection, both hindlimbs were instrumented with modified
implantable force transducers (IFT) in the patellar tendon (Glos et
al., 1993), buckle transducers in the gastrocnemius tendon, bipolar,
indwelling EMGs in the semitendinosus (ST) and vastus lateralis
(VL) muscles, and femoral nerve cufis. Eight days atfter
instrumentation, muscle forces, EMGs, external kinematics and
GRFs were measured again during treadmill and walkway
locomotion. Synchronization of force, EMG and video data was
obtained using a series of LED pulses recorded on the video and
on the computer. Following data collection, the ACL of the left
hindlimb was transected. Data collection was repeated five and
seven days after ACL transection.

in order to calibrate the IFTs in the intact knee joint, the hindlimb of
the anaesthetized animal was fixed intoc a stereotaxic frame at
various knee angles. Using an instrumented bar, the tibia was
restrained from anterior movement. Knee extensor forces {using
the instumented bar) and IFT forces were measured
simultaneously during isometric quadriceps contractions produced
through electrical stimulation of the femoral nerve (100 Hz, 0.1
msec). Complete analysis of the calibration data is not available to
date, but assuming a linear relation between IFT voltage cutput and
force and independence of the IFT calibration with respect to knee
angle (which is most likely not correct), absolute patellar tendon
forces were estimated. The gastrocnemius force transducers were
calibrated during a static in-situ procedure. After calibration, both
hindlimbs were fixed in 90% buffered formalin in knee extension. In
an additional experiment, the patellar tendon moment arm was
derived from tendon travel recorded during passive knee flexion
movernents of the fixed hindlimb (Spoor et al., 1992). IFT forces are
then calculated from the knee extensor moments measured by the
tibial restraining bar and the moment arms of the system.

Although internal and exteral measuremenis were performed in
both hindlimbs, results are only shown for the internal
measurements of the experimental hindlimb before and seven days
after ACL transection.

ResuLTs

Fig. 1 shows raw signals of gastrocnemius tendon forces, patellar
tendon forces, ST EMG and VL EMG in the left hindlimb during
level treadmill locomotion at a speed of approximately 0.4 m/s.
Patellar tendon forces were less variable for consecutive steps
than the corresponding gastrocnemius forces. The patellar tendon
force peaks were maintained longer compared to the
gastrocnemius force peaks.

Fig. 2 shows the raw signals from the same transducers under
similar locomotor conditions but seven days after ACL. transection.
Both gastrocnemius and patellar tendon forces were decreased in
amplitude.



DiscussioN

After ACL transection, the cat showed a distinct limp during
locomotion but did not object to load the unstable limb during
walking. The gastrocnemius and patellar tendon forces were
decreased to about 50% seven days after ACL transection
compared to before ACL transection. Similarly, EMG activity
decreased from before to after ACL surgery. Gastrocnemius forces
in the intact (right) hindlimb increased by almost 50% from before to
after ACL transection indicating that the contralateral hindiimb
compensates for the unloading of the injured limb, and therefore
cannot be considered as a normal control. Unioading of the injured
limb was also observed in the vertical GRFs after ACL transection
compared to the preoperative values (not shown here). GRFs have
been measured statically in cats (Herzog et al, 1993) and
dynamically in dogs (O’Connor et al., 1992) betore and one and two
weeks after ACL transection, respectively. It was found in these
studies that the ACL-deficient hindlimb was unloaded immediately
after ACL transection, and it was assumed that decreased joint
loads may initiate biochemical changes in the articular carilage.
However, muscular forces affecting the joint loading were not
measured in these studies, and it is conceivable that muscular
forces may actually be increased through co-contraction of
agonist/antagonist muscles after ACL injury to protect the unstable
limb. The preliminary data reported here, suggest that internal and
extemal forces are decreased after ACL transection in the

experimental hindlimb. Thus, eardy changes in the articular
cartilage, as observed by Herzog et al. (1993), may be initiated by
decreased joint loads. Monitoring intemal and extemal forces in a
joint injury model may provide insight into the loading history of an
injured joint and may help to determine the role of mechanical
factors in joint degeneration.
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Fig. 1: Gastrocnemius forces, patellar tendon forces, ST EMG
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STRAIN IN THE ANTEROMEDIAL AND POSTEROLATERAL BUNDLES OF THE ACL
OVER THE FULL RANGE OF FLEXION
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INTRODUCTION

This paper details experiments to characterize
the reciprocating function of the two main
anatomical bundles of the anterior cruciate
ligament (ACL). This characterization is crucial
to gaining a understanding of injury mechanisms
so that improved injury prevention
methodologies may be developed. Additionally
this information may be useful for designing
better surgical repair and replacement

procedures.

R AT YA AV ] vl

Strain gages mounted on the anteromedial and
posterolateral bundies (AMB and PLB,
respectively) were used to record strain in the
ACL as the knee was mobilized over the range
of flexion from -8° (hyperextension) to 125¢.
The results of these experiments demonstrate
that the strain in the PLB is significantly different
from that of the AMB over the range of flexion
angles examined. Furthermore, reciprocating
behavior is exhibited by the two bundles.

REVIEW AND THEORY

No citations could be found which directly
measured strain in the PLB over the full range
of flexion. Several studies have examined the
tength changes in the AMB and PLB as the knee
is flexed and extended (e.g. Amis & Dawkins,
1991, Fuss, 1991). Most of these studies have
determined the length changes by measuring
the distances between the femoral and tibial
insertions of fibres as the knee is mobilized.
Unfortunately the resulting straight line distance
is an oversimplification which underestimates
the true three dimensional behavior of the
fibres. As a result the conclusions reached in
these studies often contradict each other. Some
authors report that the AMB is taught in flexion
and the PLB is taught in extension (e.g. Amis
and Dawkins, 1991) while others report exactly

the opposite (e.g. Benninghoff, 1985 as cited in
Fuss, 1991).

To better characterize the behavior of the AMB
and PLB over the range of fiexion, experiments
were performed to test the following two
hypotheses:

1) the strain in the PLB is significantly different
from the strain in the AMB at the extremes of
flexion and extension,

2) the two bundles reciprocate in function with
the sirain in the AMB increasing, and the
strain in the PLB decreasing, with increasing
flexion.

METHODS

A six degree of freedom, computer controlled,
pneumatically actuated load application system
(LAS) (Bach et. al., 1995) was used to perform
ihe flexion-extension trials for these
experiments. Ten specimens (mean age 49.8
years) with no visible signs of damage or
disease were prepared for installation in the
LAS. After initial dissection the specimens were
installed in the apparatus and aligned using a
functional alignment procedure (Berns et al.,
1992). Following alignment the specimens were
potted in the apparatus and then preconditioned
for hyperextension, varus-valgus (V-V) rotation,
and anierior-posterior (A-P) translation.

Liquid mercury sirain gages (LMSGs) of
approximately 0.625 mm diameter and 5 mm
length were constructed for this application. A
new technigue, which did not effect the
mechanics of the joint, was developed for
mounting a strain gage on the PLB. An
additional strain gage was installed on the AMB.

The protocol for investigating the passive
flexion/extension (F/E) behavior of the
ligaments involved flexing the knee from -8° of
hyperextension to 125° of flexion and back to



hyperextension. Flexion/extension moment, 6
degree of freedom displacements, and strain
from the two LMSGs were recorded
continuously during the motion cycle.

A repeated measures analysis of variance
(RANOVA) was performed on the data. The
analysis included two within subject effects,
flexion angle and strain measurement site.
Flexion angle had 11 levels corresponding to
eleven flexion angles analyzed (-8, -5, 0, 15, 30,
45, 60, 75, 90, 105, and 120 degrees). Forthe
strain measurement site effect there were iwo
levels corresponding to the AMB and PLB.
Tukey's method of multiple comparisons was
used to determine significant differences
between the two strain sites at each flexion
angle.

RESULTS

The means and standard errors for both bundles
are plotted in Figure 1. The flexion angle effect
was found to be significant (p=0.004) while the
strain measurement site (bundie) was not
(p=0.270). The interaction between these two
effects (flexion angle * site) was highly
significant (p=0.0002). The results of the
Tukey’s method of multiple comparisons
procedure indicated that the strain in the PLB
was significantly different (x=0.05) from the
strain in the AMB at fiexion angles of -8, -5, 90,
105, and 120 degrees. The differences at the
remaining flexion angles (0, 15, 30, 45, 60, 75)
were not statistically significant at the «=0.05
level.

ACL Strain vs. Flexion Angle (n=10)
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9.0 ‘ - -- PLB Hean Strain
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Flexion Angle {degrees)

Figure 1 : Passive Flexion Results

DISCUSSION

The results of these experiments indicate that
the strain in the AMB and PLB varies as the
knee is mobilized through its range of flexion.
Flexion angle has a statistically significant effect
on the strain in both bundles. There is also a
significant interaction between flexion angle and
bundle such that in hyperextension and at full
flexion, the strain in the two bundles is
significantly different. When the knee is
hyperextended, the strain in the PLB is
significantly greater than the strain in the AMB.
This situation is reversed when the knee is
highly flexed (greater than 75 degrees), with the
strain in the AMB being greater than that in the
PLB.

The results of this study support those of Amis &
Dawkins (1991) and others; the displacement-
strain mechanics of the PLB are different from
those of the AMB during passive
flexion/extension. Since strain has been shown
to be the variable which determines ligament
failure (Woo, 1982), these results indicate that
any future attempts to characterize and/or
predict ACL failure mechanisms should account
for the strain in both the anteromedial and
posterolateral bundles of the ligament. These
findings also have implications for ACL
replacement techniques which must consider
that the ligament does no behave as a single
homogeneous structure.
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INTRODUCTION

Normal and ACL reconstructed (ACLR) subjects performed a
series of experiments where they generated various com-
binations of varus or valgus (VV) and flexion or extension
(FE) moments at the knee. Using the EMG and external load
data recorded during these tasks as inputs to a biomech-
anical model, the contributions of the muscles and soft
tissues to the total external load were determined. The
results showed there was increased muscle activation to
support the varus and valgus loads in the ACLR subjects.
The modeling results showed that, when compared to the
normal subjects, the ACLR subjects relied upon their
muscles more to support varus loads at the knee. However,
the was no difference between the groups for the valgus
knee loads.

REVIEW AND THEORY

Poor knee joint stability during varus-valgus loading has
been implicated as a possible reason for development of
osteoarthritis of the knee (Andriacchi, 1993; Noyes et al.
1992, Schipplein et al. 1991). Both ligaments and muscles
contribute to varus-valgus knee stability. Loss of the ACL
ligament can reduce the varus-valgus stability of the knee
(Markolf et al., 1984; Noyes et al., 1992). Thus the problems
caused by knee instability is of particular concern for people
who have had ACL injuries (Andriacchi, 1993). Daniel et al.
(1994) have shown that people with ACL reconstructions
have an increased risk of developing osteoarthritis.

Co-contraction of knee muscles during walking and other
activities can possibly enhance knee stability {Olmstead et
al., 1988). Andriacchi et al. (1984) have shown that muscles
may be activated to support an externally applied varus or
valgus load. However, in static isometric tasks Lloyd and
Buchanan (1995) have shown that muscles only support up
to about 15% of the external load in pure varus or valgus in a
normal subject group. However, ACL impairment may in-
crease reliance on muscles to support varus or valgus loads.

The purpose of this work was to see if subjects who have
nad an ACL reconstruction (ACLR) 1 1o 2 years previous,
depend on their muscles more to maintain knee joint stability
when compared to a normal age matched control group.

PROCEDURES

There were 2 distinct stages to this study. First, each of the
subjects performed a series of experiments where they gen-
erated various combinations of varus or valgus (VV) and
flexion or extension (FE) momenits at the knee. Second,
using the data recorded during these tasks as inputs to a
biomechanical model, the contributions of the muscles and
soft tissues to the total external load were determined. The
term soft tissues refers 1o the passive structures of the knee
i.e., ligaments and capsule.

Experimenial tasks

Seven normal subjects and 4 ACLR subjects performed the
experiments. The EMGs from 10 musclas that cross the
knee and all 6 components of the external knee joint loads
were measured during the experimental tasks. Each subject
was seated on a small platform with support under the
ischial tuberosities such that the thighs were unsupported

gineering, Northwestern University, and Sensory Motor Per-
0, 345 East Superior Street, Chicago, IL, USA, 60611

so0 the subject was free to abduct or adduct the hip. A cast
was placed on the leg just proximal to the ankle which was
then fixed to a six degree of freedom load cell,

For the experimental tasks the subjects were required to pro-
duce forces at the load cell in the transverse load plane
while producing no axial (proximal to distal) forces on the
tibia and no net hip internal-external rotation moment. The
net hip internal-external rotation moment would register as
moments about x-axis of the load cell which the subject had
to keep equal to zero. The tibial axial force would be a force
on the y-axis of the load cell which the subject also had to
keep equal to zero. The forces in the transverse plane were
various combinations of anteriorly or posteriorly directed
forces and medially or laterally directed forces. Visual
feedback of all these 4 force types was given to the subject
and the data was only recorded during the period when the
subject matched the required forces for 1 second.

The forces generated by the subjects’ at the load cell were
directed radially in transverse ioad plane with 15° or 20°
increments between directions. These forces corresponded
to combinations of flexion or extension (FE) and varus or
valgus (VV) moments at the knee. A moment direction of 0°
corresponded to a pure valgus knee moment, 90° a pure
extension moment, 180° a pure varus moment, and 270° a
pure flexion moment. The anterior, or extension, and
posterior, or flexion, components of these forces were
generated by extension and flexion moments at the knee
respectively. The medial, or varus, and the lateral, or valgus,
force components were generated by hip adduction and
abduction moments respectively. The tasks were performed
at 3 different knee flexion angles; 50°, 70° and 90°, and each
subject’s hip flexion angle was kept constant at 85°. To
negate the affects of fatigue, the subjects had regular
periods of rest and the order of knee flexion angles was ran-
domly chosen.

Biomechanical Model

The data from these experiments were analyzed using a
biomechanical mode! of the knee. Each subject's mean re-
sponses at each force direction and knee angle were used
as inputs to the biomechanical model. These inputs
consisted of the external loads just above the ankle, the joint
angles of the hip, knee, and ankle and the average EMGs
normalized to EMGs recorded during maximal contractions.

Following is a brief description of the biomechanical model
used. It is described in detail in Lioyd and Buchanan 1995,
The biomechanical model consisted of an anatomical model
developed using SIMM™ (Musculographics Inc.) and EMG
driven Hill type muscle models to estimate muscle forces.

The biomechanical model had two distinct processing
stages. First, the contributions of the muscles to the external
FE moments were determined. it was assumed that there
were no ligament forces contributing to moments in this
plane. To account for subject variability, each subject's
muscle parameters were adjusted to ensure a good fit be-
tween experimental and model predictions of flexion and
extension moments. The parameter adjustment was per-
formed using a non-linear least squares method. Second,
once the muscle parameters, and hence muscle forces,
were established, the muscle and soft tissue contributions to



external VV moments were estimated. If the muscles were
insufficient to support the external VV moment, condylar lift
off would occur and the soft tissues would be required to
support the remainder of the external moment. In this case
the joint contact moments could not assist in preventing
condylar lift off since the joint contact forces can only be
compressive. When the muscle moments were more than
sufficient to support the external moment, there would be no
need for the soft tissue moments and there would be

(270° moment direction) or pure extension (90°) and peaked
at pure vaigus (0°) or pure varus (180°).

With a pure varus moment, the average STR, across all
knee angles, was 83% for the normals and 70% for the
ACLR subjects. The difference between the two groups was
statistically significant (p<0.01). In pure valgus, the average
STR was 92% in the normals and 87% for the ACLR, the
difference not being significant.

compression under both condyles.

The soft tissue moments were normalized to the total exter-
nal moment giving the Soft Tissue Ratio (STR). For each
subject at each knee angle, the STRs at the varus moment

Soft Tissue Ratio (%) Average Muscle Activation
Knee Nommal ACLR Normal ACLR

Angle | varus ivalgus | varus §valgus|varus :valgus|varus :valgus

directions and the STRs at the valgus moment directions
were averaged respectively. The EMGs of the muscles that
supported valgus moments and EMGs of the muscles that
supported varus moments were aiso averaged respectively.

50 A 44 27° 42] 0.023; 0.024 0.035% 0.050"
70 40 48 3t* 471 0.030i 0.035] 0.045% 0.057"
D0 49 5% 40* 571 0.016 0.027 | 0.038% 0.043"

The differences between these average values from the
normal and ACLR groups was tested using a 3 factor
ANOVA. The 3 factors were knee angle, varus or valgus
moment, and subject group.
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Figure 1. The soft tissue ratio for the different external
moment directions and knee joint angle s. A) is the average
from the normal subjects, and B) is from the average from
the ACLR subjects. Note the decrease in STR during varus
moments for the ACLR subjects. This shows that under
these conditions more of the load was supported by the
muscles for ACLR subjects than for the normais.

RESULTS

In VV moment directions, the muscle contributions were
insufficient to counter the external ioads and, hence, soft
tissue loading was required (figure 1). For all subjects (figure
1) the need for soft tissue loading forces increased as the
external force direction moved further away from pure flexion

1o

Table 1. Average Soft Tissue Ratios, and muscle activations
for the varus and valgus moment directions. (*Significantly
different to normal subjects, p<0.01)

The ACLR subject's had significantly smalier average varus
STRs than the normal subjects (p<0.01) at all knee angles
(Table 1). There was no significant difference between the
average valgus STR moments from the two subject groups.
The average activation of the muscles to sup port the varus
and valgus moments was significantly differ ent between the
2 subject groups.

DISCUSSION

Compared to the normal subjects the ACLR subjects had
smaller soft tissue ratios during varus loading. They also had
greater activation of the muscles supporting the varus
moments. This means the ACLR subjects relied upon their
muscles more to support the varus moments. This could be
caused by reflexive alteration of the motor patterns due knee
insta bility, or change of volitional control by training through
the rehabilitation programs following surgery.

The ACLR subjects also had greater activation of muscles to
support valgus moments compared to the normais. This,
however, did not increase the muscular support of the valgus
moments. This could have only occurred if there was a
general increase in the activation of all muscles (muscles
with varus and valgus moment arms) during valgus loading.
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ABSTRACT

The trajectories of the swing ankle during level walking and
when stepping over obstacles of different heights were
measured and predicted for eight healthy young adults. Unlike
the measured trajectories, When stepping over obstacles the
predicted trajectories of the swing ankle were just high enough
for the swing toe to clear the obstacles. When stepping over
obstacles the levels of work required to generate the measured
trajectories were significantly (p < 0.001) larger than those
required to produce the predicted trajectories. The results
suggest that when crossing obstacles conservation of energy
becomes a less dominant criterion than safety factor for
governing the motion of the bedy.

INTRODUCTION

Recent experimental studies of gait when stepping over
obstacles have demonstrated that the motion of the lower
limbs resulted in a much larger clearance between the foot and
obstacle than that found between the foot and ground during
level walking (Chen et al., 1991; Patla et al., 1993). It was
thought that this large clearance was produced to ensure safe
crossing of the obstacle. In view of the results of our previous
study which supported the hypothesis that gait is energy
efficient during level walking (Chou et al., 1995), the question
arose as to whether the strategy used for stepping over
obstacles could be explained by the criterion of minimum
energy consumption.

METHOD AND MODELING

Gait analysis was performed on eight healthy young adults (5
males, 3 females). The subjects had a mean age of 26 years
{range, 18 to 33 years), an average height of 166 cm (range,
155 em to 175 ¢m), and an average weight of 588.6 N (range,
435 N to 742 N). Subjects were instructed to walk barefoot
along a 9.5 m walkway at a comfortable self-selected speed
and step over an obstacle in their usual manner. Five
experiments were performed: level walking and stepping over
obstacles of 51, 102, 152, and 203 mm heights. Ground
reaction forces were measured with a multicomponent force
platform in the center of the walkway. Clusters of four infrared
light-emitting diodes were rigidly attached to the feet, shanks,
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thighs, pelvis and the torso of the subject. The kinematics of
the clusters were measured with an optoelectronic, 3-D
digitizing system. The kinematic and force parameters were
sampled at a rate of 100 Hz. The overall error of the system
was less than 7 mm for a volume 2 m long, 1.5 m high, and
0.7 m wide.

During the single support phase of gait the lower extremities
were modeled as a planar, five-link, open-chain (Fig. 1). A
sixth link reparesented the head arms and trunk (HAT) and
was attached to the lower extremities at the position of the hip
joinit. A two-dimensional search space was defined, large
enough to include that which might be traversed by the swing
ankle from toe-off to heel-strike when stepping over an
obstacle and excluded the space occupied by the obstacle.
During swing, angular velocities and accelerations were
predicted based on the assumption that the horizontal velocity
and vertical acceleration of the swing ankle when traversing
between two points in adjacent stages were constant. Then,
using the predicted kinermatic data for the swing Limb and the
experimentally obtained data for the stance limb, the recursive
Newton-Euler method was used to compute the linear
accelerations for all of the links and the forces and moments
for all of the joints. A more detailed description of this
methodology has been reported (Chou et al., 1995).

A multistage optimization method, dynamic programming
(Bellman, 1957), was adopted to predict the optimum
trajectory for the swing ankle (Chou et al., 1995). When
searching for the optimum trajectory of the swing ankle there
were two geometric constraints. First, the swing foot (heel-toe
segment) was required to clear the ground, and second, it was
required to clear the obstacle. The objective function selected
was to minimize the mechanical work required by the joints of
the lower extremities during the swing phase of gait.

Student’s t-test was used to determine differences between the
predicted and measured trajectories of the swing ankle and
differences between the predicted and measured levels of total
mechanical work during the swing period of obstacle-free level
walking and during stepping over obstacles of four different
heights. An 0=0.0025 level of significance was used based on
a Bouferroni adjustment for comparisons at 25 and 75 percent
of the swing period and at the swing time of maximum height



of the swing foot for each of the obstacles. Linear regression
analysis was performed to model the relationship between
obstacle height and mechanical work generated during the
swing period.

RESULTS

When stepping over the obstacle of 51 mm height, the
predicted trajectory of the swing ankle was elevated just high
enough for the toe to clear the obstacle and then the trajectory
remained nearly horizontal until the toe crossed the obstacle
(Fig. 2). When stepping over the obstacles of 102, 152, and
203 mm heights, the predicted trajectories of the swing ankle
increased after toe-off until the toe crossed the obstacle. Just
after the toe passed the obstacle, the predicted ankle
trajectories for all four obstacle heights decreased rapidly toa
height which was similar to the height of the ankle at heel-
strike and then remained relatively constant to heel-strike.
Except for the obstacles of 51 and 102 mm heights at 75% of
the swing period, significant differences (p<0.002) were found
between the measured and predicted trajectories of the swing
ankle.

Regression analysis demonstrated that the mechanical work,
normalized by body weight, required to generate the measured
and predicted trajectories of the swing ankle increased linearly
(p<0.02, *>0.92) with obstacle height (Fig. 3). For the
measured trajectories, there were significant increases in the
mechanical work necessary for stepping over the obstacles of
all four heights compared to level walking (p<0.001).
Significant differences in the work required to generate the
predicted trajectories were found between level walking and
stepping over obstacles of 102, 152 and 203 mm heights
(p<0.05). When stepping over obstacles the work required to
generate the measured trajectories were significantly greater
(p<0.001) than those required to produce the predicted
trajectories. However, during obstacle-free level walking a
significant difference was not found in the work required for
the measured and predicted trajectories of the swing ankle.

DISCUSSION

For the experimentally measured trajectory a significant larger
amount of work was generated when crossing any of the
obstacles compared to that generated for level walking, This
larger amount of work was necessary not only to elevate the
foot high enough to clear the obstacle, but apparently also to
produce a large safety margin, more than 120 mm, between
the toe and the obstacle. However, a similar increase in work
was not observed for the predicted trajectories, presumably
because a safety factor was not included in the model. When
stepping over an obstacle significant differences were
demonstrated in the trajectories of the swing ankle and in the
amounts of mechanical work required between those
experimentally measured and those predicted. This suggests
that when stepping over an obstacle, a safe clearance over the
obstacle may be more important than energy efficiency in
order to avoid the cost of falling.
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Figure 1. Planar linkage mode! for the swing phase of gait when stepping
over an obstacle.
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Figure 2. The measure (thick) and predicted (thin) trajectories of the swing
ankle when stepping over obstacles of 51, 102, 152, and 203 mm heights.
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Figure 3. The average mechanical work computed from the measured and
predicted trajectories of the swing ankle during level walking and stepping
over obstacles of 51, 102, 152, and 203 mm heights.
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REPRODUCIBILITY OF THE KINEMATICS AND KINETICS

OF THE LOWER EXTREMITIES IN STAIRCLIMB
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INTRODUCTION

The purpose of this study was to demonstrate and validate a
newly established method for kinematics and kinetics of the
lower extremities in stairclimbing. Three dimensional (3D)
video and force plate data were collected for three trials for
each subject during each of three conditions: ascending,
descending, and level walking. The coefficient of multiple
correlation (CMC) was used to determine the intra-subject
reproducibility of joint angles and resultant moments. The
results showed (a) that, generally, the kinematic and kinetic
data of normal stairclimbing were reproducible, (b) that the
sagittal plane data were more reproducible than those in the
other two planes; and (c) that the kinetic data of the transition
step from level walking to ascending or from descending to
level walking are significantly less reproducible than those of
the other steps, especially for the knee joint.

REVIEW AND THEORY

Stairclimbing (ascending and descending) is an important and
common activity of daily living. Quantitative analysis of stair
climbing has been suggested as an important evaluation
procedure in the treatment of patients with different lower
extremity disorders (Andriacchi, et al., 1991). To apply
quantitative analysis of stairclimbing as a clinical evaluation
procedure, an understanding of the reproducibility of the
kinematic and kinetic data in this activity is essential.
McFadyen and Winter (1988) conducted the only study on
intra-subject variance and inter-subject similarity of the
kinematic and kinetic data in stairclimbing. In their study, the
coefficient of variation (CV) was used to determine intra-
subject variance in kinematic and kinetic data, and the
Pearson product moment correlation coefficient was used to
determine inter-subject reproducibility of the kinematic and
kinetic data. The results of this study, to some degree,
demonstrated that there are basic patterns in the kinematic
and kinetic data of stairclimbing, especially for the knee.
However, this study was basically two-dimensional in nature.
Most of the results of this study were based on the data of
three subjects, and the comparison of stairclimbing and level
walking was actually based on the data of one subject on one
step of stairclimbing. In addition, intra-subject reproducibility
and the effect of walking condition on the reproducibility of the
kinematic and kinetic data were not evaluated.

Due to the importance of joint angles and resultant moments in
gait evaluation and limited knowledge on the reproducibility of
these kinematic and kinetic data, the purposes of this study
were: (a) to determine intra-subject reproducibility of the 3D
joint angles and resultant moments of lower extremity in
stairclimbing and (b) to examine the effects of walking
condition on the reproducibility of these kinematic and kinetic
data.

METHODS

Data Collection Six adults (3 males and 3 fernales) without
any previous history of lower extremity disorders were

recruited as the subjects for this study. Four video cameras
and three force plates were used to record the subject's motion
and ground reaction force at a sampling frequency of 60 Hz. A
specially designed staircase was made which allows a four
step staircase to be attached to two of the three force plates
for measuring ground reaction forces during stairclimbing.
Each step was 25.5 cm long and 80 cm wide. The rise
between two consecutive steps was 18 cm.

Twenty one reflective markers were placed on the body of
each subject as described by Kadaba ef al. (1989). Each
subject was asked to walk naturally at a self-determined speed
during either level or stair walking. The video and force plate
data were collected for the step immediately before ascending
(Step A0) and the first two ascending steps (Steps A1 and A2)
in ascending trials, the last two descending steps (Steps D2
and D1) and the step immediately after descending (Step DO)
in descending trials, and two consecutive steps (Steps L and
R) in level walking trials. Each subject had at least three trials
in which he or she landed his or her feet on the force piates or
stairs as required for each of ascending, descending, and level
walking conditions.

Data Reduction The video records were tracked and 3D
coordinates of the markers were calculated using the EV3D
system (Motion Analysis Inc., Santa Rosa, CA). The 3D
coordinates of the markers and force plate data were then
used as the input to the OrthoTrak Il System (Motion Analysis
Inc., Santa Rosa, CA) to calculate joint angles and resultant
moments at the ankies, knees, and hips.

Each gait cycle was divided into a stance phase and a swing
phase and normalized to the full gait cycle. Joint resultant
moments were normalized as the percentage of the product of
subject's body weight (BW) and standing height (BH).

Determination of Intra-subject Reproducibility. The
coefficient of multiple correlation (CMC) described by Kadaba
et al. (1989) was used to determine the intra-subject
reproducibility of each of the abduction/adduction (x),
flexion/extension (y), and internal/external rotation (z) angles
and moments at each of the ankle, knee, and hip joints.

Statistical Analysis. An analysis of variance with repeated
measures was conducted to test the effect of walking condition
on the CMC of each kinematic or kinetic variable. The 0.05
level of confidence was chosen to indicate statistical
significance for each analysis of variance. The Bonferroni
procedure was used in follow-up tests to guarantee the overall
significance level for each analysis of variance.

RESULTS

It was found that the magnitudes of the CMCs for most of the
joint angles were above 0.80, and that the magnitudes of the
CMCs for the joint flexion/extension angles were generally
above 0.95. Walking condition did not have a significant effect
on the magnitude of CMCs for most of the joint angles except
for the abduction/adduction angle of the hip joint. The



magnitude of the CMCs for the hip abduction/adduction angle
during Steps A0 and DO were significantly lower than those
during the other steps (p < 0.05). The magnitudes of the
CMCs for the hip abduction/adduction angle during different
steps were presented in Figure 1.

It was also found that the magnitudes of the CMCs for most of
the joint moments were about 0.90. Although, the magnitudes
of the CMCs for most of the abduction/adduction and
internal/external rotation moments are lower than that for the
flexion/extension moment for the same joint, they are generally
greater than the CMCs for the corresponding joint angles.

Walking conditions had significant effects on the magnitudes of
CMCs of hip flexion/extension angle and knee
flexion/extension and internal/external rotation moments. As
shown in Figure 2, the magnitudes of CMCs of the knee
flexion/extension and internal/external rotation moments during
Step A1 and D1 were significantly lower than those during the
other steps (p < 0.05)

The magnitudes of the CMCs for the joint angles and resultant
moments during level walking matched those obtained in the
study by Kadaba et al. (1989). There was no significant
difference in the magnitudes of CMCs for any joint angle or
resuitant moment between Steps L and R.

DISCUSSION

The results of this study suggest that both joint angle and
resultant moment data in stairclimbing are reproducible.
However, it appears (a) that flexion/extension angles are more
reproducible than abduction/adduction and internal/external
rotation angles, (b) that flexion/extension moments are more
reproducible than abduction/adduction and internal/external
rotation moments, and (c) that the abduction/adduction and
internal/external rotation moments are more reproducible than
the corresponding joint angles. These results indicate the
importance of kinetic data in the clinical evaluation of
stairclimbing.

There are at least two possible explanations for the
abduction/adduction and internal/external rotation angles and
moments being less reproducible. First, it might be due to the
error in the control exercised by the neuromuscular system
(Kadaba et al., 1989). Second, it might be due to the smaller
peak-to-peak values of these variables. The data obtained in
this study showed that the peak-to-peak values of the
abduction/adduction and internal/external rotation angles and
moments generally were smaller than those in the
flexion/extension angles and moments, and that the standard
deviations in the abduction/adduction and internal/external
rotation angles and moments did not seem to be greater than
those in the flexion/extension angles and moments. These
results suggest that the second explanation is likely to be true.

The significant effects of walking condition on the magnitudes
of the CMCs of hip abduction/adduction angle and knee
flexion/extension and internal/external rotation moments
suggest that these variables are less reproduciblie during the
transition step from level walking to ascending or from
descending to level walking than during the other steps. The
peak-to-peak values of these variables during Steps A0 and
DO were very similar to those in the level walking (Steps L and
R). No significant difference was found for these variables
between level walking and the other steps in stairclimbing.
These results combined together suggest that the lower
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reproducibility of these variables in Steps A0 and DO were due
to the adjustment or error in the control exercised by the
neuromuscular system. During stairclimbing, step length was
constrained by the dimension of the staircase. During Step
A0, the neuromuscular system may need to make some
adjustment to compensate for the error in foof placement
relative to the first stair while during Step DO, the
neuromuscular system may tolerate some extra error in the
control because of the sudden loss of the constraint in the step
length. These results indicate that the transition steps should
be considered cautiously in the evaluation of stairclimbing.
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INTRODUCTION

Since the 1980's, more and more people have become
interested in the use of exercise devices for the
improvement of health and fitness. The cycle
ergometer, rowing machine, stair climbing machine,
treadmill, and weight training equipment are among
the most popular products used. Stair climbing is the
fastest-growing form of aerobic exercise in the United
States. Millions of people are working out on
electromechanical stair climbing machines at home
and in health clubs across the country. Although stair
climbing machines provide for a flexible and
convenient way to exercise, their appropriateness as
an effective and biomechanically safe forms of
exercise has not yet been investigated. No objective
measures have been used to determine the impact
forces and moment applied to each joini when people
are walking on a stair climbing machine. Many
questions remain unsolved.

When using-a-stair climbing machine, the exereciser-is
going up and down. From a biomechanical viewpoint ,
it is quite different from level walking and stair
climbing (Andriacchi, 1980). The differences are
reflected by changes in the range of motion in the
different joints, and changes in the impact forces and
moment applied on each joint in the lower
extremities. In the study, we tested the hypotheses
that speed and experience had no effect on kinematic
and kinetic characteristics when people are walking on
a stair climbing machine. Specifically, we tested the
null hypotheses thai there is no difference in
biomechanical parameters a) with different speed of
the stair climbing machine; b) between experienced
and inexperienced people.

PROCEDURES

Subjects - Twelve healthy male stair climbing
machine users recruited from the University of Illinois
at Urbana-Champaign campus served as subjecis for
this study. Each subject was given written exercise
history questionnaires. The answer to the first
question "how often you use the stair climbing
machine during a week" was evaluated for placement of
the subject either in experienced or inexperienced
category. Seven subjects were in experienced Group
(EG) and five subjects were in inexperienced Group
aaG).

Climbing Apparatus - A StairMaster 4000PT
(StairMaster-Randal Sports/Medical Products, Inc.
Kirkland, WA) was used as a stair climbing machine
for this study. It was equipped with a pair of foot

pedals and a microcomputer that monitored the
climbing performance of the subject and displayed
exercise time, climbing speed and distance. The four
speed conditions were from 43 to 95 equivalent 8 inch
steps per minute,

Data Collection - Eigons were used in this study
to collect kinematic data. Five elgons were placed over
the hip joint, knee joint, ankle joint, and both right
and left pedal respectively. Output voltage signals are
immediately converted into a computer. Thus the angle
of hip, knee ankle joints and the right pedal were
recorded by the computer. Two force transducers were
placed on the pedals of StairMaster 4000PT, so the
impact force being applied by each subject were
recorded, thereby allowing the forces and moment in
each joint to be calculated.

Data Analysis - Based on the data collected by
elgons and force transducers, a sagittal plane rigid-
body-linked segment analysis was used to determine
joint kinetic parameters. This is commonly used to
characterize gait (Winter, 1990). Maximum force
applied on the pedal, maximum force applied on the
handrails, maximum hip moment and maximum knee
moment were normalized to the body mass as Fmax,
FH, HM and KM respectively (Winter, 1987). A two-
way ANOVA was used to test for significant effects
among four speed conditions and between EG and IG.

RESULT AND DISCUSSION

The average value of Fmax in BG was 14.9% higher
than that value in IG (p<0.001). The average value of
FH in IG was 59.3% higher than that value in EG
(p<0.001). Fmax was increased as the speed increased
both in EG and IG, it ranged from 10.3 to 11.7 in EG

and from 8.6 to 10.7 in IG (see Fig. 1)
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Figure 1. Fmax by main effect of subject and speed.



FH was decreased as the speed increased both in EG and
IG, it ranged from 1.6 to 1.1 in IG and from 1.1 to 0.6
in EG (see Fig. 2).
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EM in IG was in a different trend in the higher speed
condition than in EG. HM was decreased in 1G and
increased in EG with higher speed condition. The
Average values of HM in IG was 31.1% higher than
HM in EG. The average values KM in EG was 1.2; The
average values of KM in IG was 1.0 (see Fig. 3 and 4).
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CONCLUSION

1) There are significant differences in Fmax, FH and
HM crossing the four speed conditions and between
experienced and inexperienced people; 2) Because
inexperienced people tend to lean forward on the
handrails, they have lower maximum force applied on
the pedal but higher maximum force applied on the
handrails than experienced people; 3) Walking on a
stair climbing machine, people may have a lower risk
of degenerative damage than jogging on a level surface
because of the smaller magnitude of impact strides.
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INTRODUCTION

The biomechanics of gait while descending ramps at
varying angles was examined in a young and elderly
population. Joint angles and moments were
calculated for the lower extremities. Stride length
decreased as ramp angle increased, while cadence
slightly increased. Angle trajectories were affected
by ramp angle, primarily at the knee between mid-
stance and toe-off. Joint moments for the knee and
hip changed as a function of ramp angle between heel
contact and mid-stance. The elderly had significantly
shorter stride lengths and increased cadence at all
ramp angles compared to the young. The elderly also
had significantly greater knee extension and lower
knee moments at higher ramp angles. The results
suggest that higher joint moments are generated at
the knee and hip as ramp angle is increased in order
to maintain relatively constant gait kinematics, and
that the elderly reduce these moments by reducing
step length and adjusting joint trajectories.

REVIEW AND THEORY

Falis account for 33 percent of hospitalized injured
persons and 20 percent of those non-hospitalized.
(Rice, et al., 1989). Falls are a particularly important
problem in the elderly with the death rate due to falls
among the elderly being 12 times greater than all
other ages combined (Rice et al,, 1989). Ramps
present a falling hazard due to both slips and loss of
balance, particularly when descending. The elderly
may be at particular risk due to the motor control and

strength requirements during gait during descent.

Shear forces at the feet increase as the ramp angle is
increased, thus increasing the slip potential at the
feet (McVay and Redfern, 1994: Buczek, et
al.,1990;). Stride length, step period, and walking
velocity while descending ramps in young subjects
have been shown to decrease as ramp angle
increased (Kawamura, et al.; 1991). Studies on
treadmills report increased knee flexion during the
end of stance phase and reduced hip fiexion during
swing phase with increased incline (Wall, et al.,
1981). Joint moments as a function of ramp angle
have not been reported in the literature. Moment
generation will be directly related to strength and
control requirements which may influence falls,
particularly for the eiderly. The purpose of this study

o

was to determine the effect of ramp angle on the
kinematics and kinetics of descending ramps in
young and elderly subjects.

PROCEDURE

Fifteen healthy young subjects (20-29 yrs) and 10
elderly subjects (> 65 yrs) participated. All subjects
presented with no neurologic, orthopedic, or
vestibular disease . Small reflective markers were
placed on the left side of the subject, located at the
lateral malleolus, lateral femoral epicondyle, greater
trochantor, anterior superior illiac spine, radial styloid
process, lateral humeral epicondyle, acromion and
two markers on the head in line with the Frankfort
plane.

A ramp (1.8 m length) which incorporated a force
plate was used. A harness system with an overhead
trolley was used to prevent injury from potential falls.
Foot forces were recorded from the force plate on a
486 microcomputer via an analog-to-digital converter
at a sampling rate of 240 Hz. Whole body movements
in the sagittal plane were recorded using a standard
Panasonic DV5100 video camera. Video recordings
were digitized using the Peak Performance (Peak
5.0) motion analysis system. The kinematic data
were combined with the foot force data to calculate
joint moments at the ankle, knee and hip. Segmental
masses and moments of inertia were used based
upon Clauser et al. (1969).

The experimental protocol included five ramp angles
(0, 5, 10, 15, and 20 degrees). A full factorial design
was used with three replications per cell (5x3). Ramp
angles were presented in random order, with all trials
at that angle collected consecutively. Subjects were
required to wear shoes with a standard 3/4 inch heel.
They were instructed to walk at a comforiable pace
during the experiment and were allowed practice at
each ramp angle. During the trials, subjects walked
to the top of the ramp, waited for approximately 30 s,
then walked to the bottom of the ramp. Foot forces
and video were recorded while walking down the
rampway.



RESULTS

Mean walking speed in the young population (.58
(.12) m/s/stature) did not significantly change with
ramp angle. Mean step length significantly
decreased (p<.05) from .34 (.06) m/stature for level
walking to .28 (.05) m/stature for 20 O ramp angle.
Mean step period significantly decreased from .58
(.04) s to .53 (.05) s for a 20 © ramp angle. The
elderly followed the same trend, but with significantly
lower mean velocity (.43 (.05) m/s/stature) and step
length (.26 (.03) m/stature at 0 © ramp angle), and
increased step period (0.6 (.05)s at0 O ramp angle).

Joint angle trajectories of the young varied as a
function of ramp angle, primarily between mid-stance
and toe-off. The most pronounced changes were
found at the knee during the second half of the
stance. (Table 1) Joint angle trajectories of the
elderly were different from the young population as
ramp angle was increased, particularly at the knee.
Moments (normalized by body mass) generated at
the ankle, knee and hip changed as a function of
ramp angle, with the knee moment being most
affected. (Figure 1) This was also true for both the
young and elderly. Hip moments during the first 20 %
of stance did not vary across ramp angles, but
changed during the rest of stance from extension to
slight flexion. Ankle moments had an increased
dorsiflexion moment in the first 20 % of stance and a
decreased plantar flexion moment occurring between
70 % and 80 % of stance phase. Differences
between the young and elderly were most
pronounced at the knee for higher ramp angles. In
particular, the peak knee moments during the first
half of stance showed ditferences between the young
and elderly. (see Table 1)

Table 1: Key ramp angle effects on knee angles (@
80 % stance) and knee moments { @ 25 % stance)
for the young and elderly.

Ramp (deg) Angle (deg) Moment (Nm/Kg)

Young Elderly Young Elderly
0 170 172 .30 10
5 162 170 75 .70
10 152 160 1.25 .80
15 140 150 1,50  1.20
20 128 145 1,70 1.25
DISCUSSION

The results of this study suggest that control of knee
kinematics and moments is critical in walking down
ramps. The body is lowered on the ramp primarily by
increased knee flexion during the second half of
stance. Higher knee extension moments for a longer
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duration are seen to accomplish this transfer on an
inclined surface. Differences between the young and
elderly were found in gait speed, cadence, angle
trajectories and joint moments. The elderly subjects
adjust gait kinematics during descent of ramps,
resulting in a decrease in peak moments at the knee.
While this study considered healthy elderly, the long
duration of knee moments required during ramp
descent may be increasingly difficult in elderly
individuals with reduced function. Future work will
investigate the biomechanics of gait on ramps for
more functionally impaired or weak elderly.
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INTRODUCTION

The ability to rise from a chair is an important
activity of daily living that can be compromised
with age, particularly in frail elderly (Schultz et al.
1992). The role of muscle strength decline in
this problem is not known. in this study, we
quantified chair-rise biomechanics in frail elderly
before and after an exercise program to

determine if chair-rise was improved with training.

REVIEW AND THEORY

Chair-rise challenges both strength and balance
abilities. Schultz et al. (1992) suggested that
many elderly may have sufficient strength to
perform chair rise, and that factors such as
balance may be important. Strength may be
more of a limiting factor in the frail elderly,
however, and chair-rise ability may improve with
increases in muscle strength. The purpose of
this study was to examine the biomechanics of
frail elderly in a variety of chair-rise tasks
designed to challenge both strength and
balance, and to determine if chair-rise
biomechanics improve following an exercise
program in frail elderly.

PROCEDURES

30 subjects (mean age 84 yrs, range 69-93 yrs;
24 female) participated in the study. Subjects
were residents of a local retirement community.
Subjects were stratified by age, gender, and
ADL status, and were assigned to training or
control groups. Exercise subjects trained 3
times per week for 12 weeks on progressive
resistance devices and practiced chair rise with a
weighted vest. Control subjects participated 3
times per week for 12 weeks in group low-
intensity flexibility exercises.

Biomechanics of chair rise were assessed for
each subject at baseline (pretest), 6 weeks, and
12 weeks (postiest). Subjects rose from a chair
with seat height adjusted to 3 different knee
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heights (140%, 100%, 60%), with and without
use of hands. Subjects performed seven tasks:
140%, with hands (H140); 140%, no hands
(NH140); 100%, with hands (H100); 100%, no
hands (NH100); 100%, no hands, as fast as
possible (F100); 60%, with hands (H60); and
100%, no hands, onto an 11 cm beam (B100).

Retroreflective markers were placed on each
subject's left 5th metatarsal head, lateral
malleolus, lateral femoral epicondyle, greater
trochanter, acromion process, lateral humeral
condyle, ulnar styloid process, and hand. Three
60 Hz video cameras were used with a Motion
Analysis sysiem o generate 3D coordinaies of
the joint markers. Reaction force data were
obiained from force plates under sach foot and
in the chair seat. Hand forces were obtained
from strain gauges attached to the chair arms.

Motion data were smoothed with a digital filter
and differentiated to obtain joint kinematics.
Joint torques were normalized by body height
and weight. Linear momentum was normalized
by body mass. Movement time was based on
motion of the shoulder marker. Effect of training
was detected using repeated measures analysis
of variance with post hoc paired t-tests (p<0.05).

RESULTS

Movement times were shortest for F100
(2.01£0.70 s) and NH100 (2.29+0.56 s) tasks,
and longest for H60 (4.57+3.25 s) and B100
iasks (3.70+£0.85 s). Movement time decreased
slightly from pretest to posttest for both groups;
mean difference over tasks was 0.49+0.24 s.
However, the decrease was significant only for
the exercise group in the H140 task. Relative
ascent times were shortest for the H140 (60.7%)
and NH140 (55.4%) tasks, and longest for the
H60 (75.2%) and B100 tasks (74.7%). The
relative amount of time spent in the ascent
portion of the rise for each task was not affected
by training.



The trunk angle at lift-off depended on both task
and training. The trunk was most tlexed in the
H60, NH100, and B100 tasks, and was most
upright in the H140 task (Fig. 1). Trunk angle
increased significantly with training in the
exercise group in five of the seven tasks (H140,
NH140, H100, NH100, and B100 ) (Fig. 1).
Knee and ankle angles at liftoff were not affected
by training, except for a small but significant
increase in the knee angle in the H100 task
(83+4 and 8615 deg, respectively).

Maximum normalized vertical momentum
depended on task; it was greatest in the F100
(52.6+8.9 mvs) and NH100 (48.618.8 nVs) tasks,
and least in the H140 task (19.0+6.6 m/s). Peak
vertical momentum increased significantly with
training only in the H140 task (20.117.3 to
24.146.8 m/s, p<0.02). Similarly, maximum
horizontal momentum was greatest in the F100
(46.245.8 nvs) and NH100 (42.646.9 nvs) tasks,
and least in the H140 task (23.3+5.7 mvs).
Unlike vertical momentum, however, horizontal
momentum was also large in the B100 task
(46.646.6 m/s). There were no exercise effects
on maximum horizontal momentum.

Maximum normalized joint torques depended on
task but not on training. Peak hip and knee
torques decreased when hands were used at
both 140% (H=5.54 to 3.01; K=9.90 to 7.80)
and 100% (H=8.11 to 4.40; K=11.8 t0 9.65)
chair heights. Hip and knee torques were
greatest in the F100 and NH100 tasks, and
lowest in the H140 task. Unlike the more
proximal joints, ankle torques were greatest in
the H60 (4.10) and B100 tasks (4.36).

Stability was assessed by the location of the
center of pressure (COP) at liftoff in the hands
free tasks, and by the time of hand release with
respect to movement time in the other tasks.
The COP tended to shift anteriorly with respect
to the ankle from pretest to posttest (2.18+0.5
cm) for both groups, regardless of training. The
time of hand release relative to total movement
time did not change with training. Pretest mean
hand-release time varied from 76.5% t0124.7%.

DISCUSSION
Several tasks emerged which were particularly

challenging to subjects' strength and balance
abilities. The F100 and NH100 tasks had the
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shortest movement times and greatest vertical
and horizontal momentum, requiring the
greatest hip and knee torques. The H60 and
B100 tasks had the longest movement times,
longest relative ascent times, most flexed trunk
at lift-off, and greatest ankle torques.

The primary effect of training was that subjects
were more upright at the time of loss of contact
with the chair, which is consistent with chair rise
in young adults (Alexander et al. 1991).
Although movement times during chair rise
increase with age (Gross 1993; Alexander et al.
1991), movement time decreased significantly
for only one task (H140) with training. The
increase in vertical momentum with training for
the task was consistent with this change.

The ability to control the trunk may be particularly
important in performance of chair-rise. Although
trunk control improved with our exercise
intervention, stability. measures were not
changed and may be a limiting factor in some
individuals. Interventions that include balance
as well as strength training may further enhance
the effectiveness of interventions designed to
improve mobiiity in the elderly.
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INTRODUCTION

The alignment of trabeculae within cancellous
bone tissue has long been thought to arise and
to be maintained in relation to the distribution of
principal strain trajectories engendered through
functional activity (1,2). Though commonly
accepted and popularized as "Wolff's Law", the
trajectorial theory of trabecular organization has
been tested by few experimental data.

A goal of this study, therefore, is to attempt to
correlate trabecular architecture with recorded
patterns of functional in vivo strain within
overlying cortical bone. We chose the
calcaneus of the potoroo, a small Australian
marsupial, as our bone model. A key advantage
of the calcaneus is the simple and highly
uniform cantilever-like loading that it
experiences in transmitting Achilles tendon force
to extend the ankle during gait. in addition, we
also sought to examine how disuse would
influence trabecular architecture; testing the
hypothesis that, in the absence of functional
strains, trabecular thickness and trabecular
number would decrease, underlying an overall
reduction in trabecular bone mass. We also
hypothesized that the loss of elements would
lead to a more random configuration of
remaining trabeculae.

METHODS

Twelve adult male and female potoroos (0.87 to0
1.35 kg) were used in the study and divided into
two equal groups: Group A animals were
trained to run on a treadmill, and then
underwent surgery to attach a small rosette
strain gauge (type FRA-1, Tokyo Sokki
Kenkyujo) to the lateral aspect of the right
calcaneus. Following recovery from surgery, the
animals were exercised on the treadmill at
speeds from 0.45 to 1.67 m/s and in vivo strains
recorded. After these recordings were
completed the animals were sacrificed, their
calcaneii excised with the gauges intact, and the
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bones radiographed to determine gauge
orientation.

Group B animals had a 5-8 mm length of their
left Achilles tendon excised while under general
anesthesia and were then allowed to recover.
These animals were group housed for a period
of 8 weeks, during which time their left
calcaneus experienced little, if any, functional
loading. The contralateral calcaneus served as
the paired control in each animal.

After sacrifice, the calcaneii of Group A& B
animals were vacuum embedded in plastic and
sectioned to 8 to 10 um. Two mid-sagittal
sections of each bone specimen were then
analyzed on an automated Quantimet 720 video
image analysis system, which yielded the
following stereological parameters: fractional
trabecular bone volume (BV/TV), trabecular
thickness (TbTh), trabecular spacing (TbSp),
trabecular number (TbN) and trabecular
anisotropy (TbAn).

RESULTS

In vivo and in situ recordings (produced by
tensile forces applied to the Achilles tendon)
indicated that principal compressive strains (ca.
-600 to -1100 pe) were directed at an angie of
159 + 7° to the horizontal (longitudinal) axis of
the calcaneus. Measurements of trabecular
anisotropy correlated well with principal strain
angle, showing maximal anisotropy (ie.
alignment) close to 160° (Fig. 1; minimum TbAn
at an angle of 70° corresponds to those
trabeculae aligned in the principal tensile strain
direction).

Measurements of tenotomized and contralateral
control calcaneii revealed that following 8 weeks
of disuse, trabeculae were 25% thinner and
reduced by 16% in number (Fig. 2A). The
decrease in TbTh and TbN corresponded to an
overall 35% decrease in the trabecular bone
volume fraction of tenotomized calcaneii
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(Fig.2B) and a 30% increase in trabecular
spacing. Despite the thinning and loss of
elements, however, no significant change in
trabecular alignment (TbAn) was observed
(Fig. 2B).

DISCUSSION

Our results are consistent with earlier studies of
the sheep calcaneus, which indicated qualitative
alignment of principal strains engendered during
walking with underlying frabeculae (3) and
generalized loss of bone mineral content
following disuse (4). The present data show for
the first time a direct correlation between
measured /n vivo principal strains and
quantitated trabecular orientation. However, this
correlation relies on the assumption that the
orientation of surface cortical strains reflects the
orientation of strains within the underlying
trabecular network.

Our results support the hypothesis that disuse
results in overall loss of trabecular bone by
means of thinning and loss of trabecular
elements. However, the fundamental structural
alignment of the remaining trabeculae were not
altered. This is similar to observations of
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trabecular alignment in the proximal tibia of
rabbits with functional deficits induced by an
osteoarthritis knee model (N. Fazzalari pers.
obs.). It seems possible, then, that trabecular
alignment develops with principal strain
directions during growth and that the resulting
alignment constrains realignment at maturity .
To test this further, future studies could
determine the response in trabecular alignment
of growing bone to disuse, as the load-related
signal guiding the active formation of
trabeculae beneath the growth plate is altered.
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INTRODUCTION

Knowledge of the stresses and strains in individual
trabeculae (“tissue” values), and their relationship to
whole specimen (“apparent”) mechanical properties is
of interest in a number of orthopaedic and biological
areas, including osteoporosis, microgravity, and bone
remodeling. Recent finite element studies have
computed tissue stresses and strains and related them
to apparent moduli using anatomically accurate “high-
resolution” three-dimensional models of whole
trabecular bone specimens [1-4]. Generation of the
model geometry has been done by either serial
sectioning [5] or micro-computed tomography [6].
The resulting three-dimensional images are digitized
and converted into finite element models where each
imaging voxel is mapped directly into a single eight-
noded brick finite element, resulting in models with
= 500,000 elements [4]. Element sizes in these
models have ranged from 20-50 microns on a side
(thus the term “high resolution™).

Due to the recent development of this powerful
modeling technique, there remain a number of
modeling issues that need to be addressed in order to
ensure validity of the model predictions. One issue is
the element size used in these models, and the
dependence of model predictions, such as maximum
tissue strain and apparent modulus, on this primary
modeling parameter. To address this issue, we posed
the following questions: 1) What is the sensitivity of
the magnitudes of maximum tissue strain to element
size? 2) Do locations of maximum tissue strain
depend on element size? 3) What is the sensitivity of
whole specimen properties such as apparent modulus
and area fraction to element size? and 4) Are these
trends dependent on trabecular architecture?

METHODS

Sagittal slices of three different bovine trabecular
bone specimens, two tibial and one humeral, were
used to create a series of two-dimensional finite
element models of trabecular bone at different image
resolutions and of different architectnres (Figure 1).
The dimensions of the slices were 7.67 mm x 8.06
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mm, 7.78 mm x 8.14 mm, and 8.36 mm x 8.48 mm
for the two bovine tibia and bovine humerus
specimens, respectively. Each image was digitized at
a pixel resolution of approximately 10 microns.
These 10 micron pixels were consolidated into larger
pixels to produce a series of images at lower
resolutions, i.e. larger pixel sizes, ranging from 20 to
100 microns. The images were then converted into
finite element models, where each pixel was
transformed into a single eight-noded brick element
(with a thickness equal to the pixel height). The finite
element models ranged in size from 2,344 elements
(bovine tibial #2, 100 micron resolution) to 51,619
eiements (bovine humerus, 20 micron resolution).

Unconfined uniaxial compression tests-in the vertical
direction were then simulated with these finite
element models, using a custom linear elastic finite
element code running on a massively parallel super-
computer (CM-5, Thinking Machines Corp.
Cambridge, MA). The output parameters from these
analyses were the tissue level strains in the vertical
direction and the apparent modulus. To allow
comparison with literature data, tissue level strains
were expressed as percentages of the applied strain at
the whole specimen level, Area fraction of bone was
also calculated. Parameter studies were performed to
determine the effects of element size (20100
microns) on these output parameters, for all three
specimens.

RESULTS

Maximum compressive tissue strains varied non-
linearly with element size for the three specimens,
indicating that element size had a substantial effect on
maximum tissue strains (Figure 2); values in the
vertical direction ranged from 3.78 (20 micron,
bovine tibia #2 model) to 1.36 (100 micron, bovine
humerus model) times the applied strain. With respect
to the 20 micron model, percentage differences
between the 100 and 20 micron models for these data
were 42.9%, 35.4%, and 28.1% for the bovine
humerus, bovine tibia #1 and #2 specimens,
respectively. The location of maximum strain varied
with element size for some cases.



The apparent modulus was also sensitive to element
size, with percentage errors (with respect to the 20
micron model) ranging from 0.1-134%, depending
on the element size and specimen architecture. Once
again, the trends were non-linear. Area fraction
increased linearly with increasing element size for all
three models, with percentage errors of the 100
micron model (compared to the 20 micron model)
ranging from 29-53%.

DISCUSSION

The demonstrated sensitivity of maximum tissue
strain, apparent modulus, and area fraction to element
size indicates the importance of element size when
using high-resolution finite element models to study
structure-function relationships and tissue level
behavior for trabecular bone. One important finding
was the sensitivity of errors to the architecture of the
bone specimen under analysis. Thus, element sizes
that are acceptable for one type of trabecular bone
may not be acceptable for bone of a different
architecture. Knowledge of these limitations will
enhance interpretation of results from high-resolution
finite element analyses of trabecular bone, and thus
may lead to improved understanding of issues such as
tissue level properties, failure mechanisms, and
remodeling stimuli.

Our study is unique in that we examined as output
parameters various measures of tissue level strain as
well as apparent properties, and did so for specimens
that exhibited different trabecular architectures. Our
trends are consistent with those reported for fully
three-dimensional models of a single specimen [4],
providing support for our use of two-dimensional
trabecular geometries in this analysis. Any limitations
with the study relate primarily to the accuracy and
generality of our findings. We do not know the
“correct” values of tissue level strains. Toward this
end, further studies are planned using smaller element
sizes. However, the important issue here is that we
have demonstrated that element size can be
important, and that errors due to an inappropriate
choice of this modeling parameter may be sensitive to
the architecture of the bone. Since human trabecular
bone is generally less dense with thinner trabeculae
than the bone analyzed here, we expect similar or
accentuated effects for human bone.
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Figure 1: 2D models at high (left) and low (right)
resolution of bovine humeral (top) and tibial (middle,

#1, and bottom, #2) sections of trabecular bone. All
models were loaded vertically in compression.
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Figure 2: Maximum compressive tissue strain in the
vertical direction vs. element size.
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INTRODUCTION

Reduction in the ultimate strength of cancellous
bone with age is partly responsible for the
observed increase in vertebral fracture rate with
age. However, in addition to a simple reduction
in strength, it is possible that the trabecular
organization of vertebral cancellous bone
changes with age in such a way that older bone
is less damage tolerant than younger bone. If
this occurs, older bone will suffer a greater loss
in strength and stiffness than younger bone for a
given amount of damage (e.g., micro-cracking),
causing it to be more likely to fraciure. This
abstract reports on a nonlinear finite element
analysis of human vertebral cancellous bone:
Although no final conclusion can be made, the
results indicate that younger tissue may be much
more damage tolerant than older tissue.

PROCEDURES

Three vertebral cancellous bone cubes taken
from different donors were scanned using
microCT (Fyhrie et al, 1993). The first bone cube
(Figure 1) had a 5mm edge length and a 5.18%
hard tissue (bone) volume fraction (BV/TV). The
second (Figure 2) and third bone cubes had
3.5mm edge lengths and values of BV/TV of
15.83% and 12.66% respectively. Special
purpose programs were used to generate finite
element models with 50 um 8-noded hexahedral
elements. The cancelious bone hard tissue was
assumed to be elastic-perfectly plastic with a
Young’s modulus of 13 GPa and a yield stress of
67.5 MPa, approximately half the ultimate stress
of haversian cortical bone (Mow and Hayes,
1991). Applied displacements equivalent to 2%
strain were applied in the infero-superior (IS)
direction through sliding interfaces with all other
faces unconstrained. The finite element program
NIKESD was run on a SUN Sparcstation 20
workstation to perform the analyses.
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Figure 1: Low volume fraction model (5.18%).

The reaction force on the inferior face of the
model was used to calculate apparent stresses
at each increment of applied apparent strain.
Secant modulus at each strain increment was
determined and normalized by dividing by the
initial modulus (E/E,). At each strain increment,
the percentage of the hard tissue that had
become damaged (plastic volume fraction;
PL.V/BV) was calculated as the percentage of
elements with non-zero effective plastic strain.
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Figure 2: High volume fraction (15.83%).



RESULTS

The amount of plastic damage (PL.V/BV) in the
hard tissue was not a monotonic function of
applied strain (Figure 3). For the three models
currently completed, it was observed that lower
BV/TV was associated with a decreased
damage sensitivity to applied strain. For damage
(PL.V/BV) predicted by applied stress, a more
intuitive result was found with lower volume
fraction tissue associated with a more rapid
increase in damage with applied stress (Figure
4). The sensitivity of cancellous bone stiffness to
damage was estimated by plotting the secant
modulus versus plastic damage (Figure 5). For
the current model set, cancellous bone of lesser
volume fraction loses stiffness more rapidly with

damage than does higher volume fraction tissue.
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Figure 3: PL.V/BV as a function of applied strain.
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Figure 4: P1.V/BV as a function of applied stress.
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Figure 5: Residual stiffness (secant modulus) as a
function of damage fraction (P1.V/BV).

DISCUSSION

For the current model set, the sensitivity of the
residual modulus to tissue damage, as
estimated by secant modulus and PLV/BV,
respectively, is negatively related to bone volume
fraction (BV/TV). It is well known that BV/TV
declines universally with aging, leading to the
tentative conclusion that old, low volume fraction
bone is more damage sensitive than young, high
volume fraction bone.

We are currently investigating whether age
related increases in damage sensitivity will result
in an unstable “positive feedback” situation
where small amounts of initial damage reduce
bone stiffness sufficiently that the damage
process continues in an unstable manner during
normal activities of daily living.
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INTRODUCTION

Despite its importance in determining bone mass in later
life, much remains unknown about bone mineralization in
adolescence and the factors that influence it. We therefore
measured bone mineral and cross-sectional properties of the
femur in healthy Caucasian, African-American, Asian-
Armerican and Latino adolescents using DXA to study the
determinants of bone mass and structure during adolescent
growth and to evaluate gender- and ethnic-specific differ-
ences in bone accretion.

REVIEW AND THEORY

Bone mass and bone density in later life depend on both the
rate of bone loss and the maximum bone mass achieved at
skeletal maturity (Sambrook ez al., 1993). Because adoles-
cence is a critical time in skeletal development, an under-
standing of the factors that determine bone acquisition in
this stage of life is essential to maximizing peak bone mass -
and preventing osteoporosis.

Gender and ethnicity may play a significant role in the
acquisition and loss of bone mass. Men have a lower inci-
dence of osteoporosis than women, and African-American
women have a lower prevalence of osteoporotic fractures
than Caucasian women. However, few data are available on
bone mineralization in males and non-Caucasians. In addi-
tion, body mass, age, hormonal status, physical activity and
diet may influence bone acquisition in adolescence.

The purpose of this cross-sectional study was to 1) assess
femoral mid-diaphyseal geometry and structural parameters
in Caucasian, African-American, Asian-American and Lat-
ino adolescents and young adults, and 2) to determine the
relative influences of age, body mass, gender, pubertal
stage, and ethnicity on bone mass and structure during ado-
lescent growth.

PROCEDURES

Healthy subjects between the ages of 9 and 26 were
recruited in four ethnic categories: 98 African-American (57
females, 41 males), 97 Asian-American (48 females, 49
males), 101 Caucasian (53 females, 48 males) and 69 Latino
subjects (43 females, 26 males). (African-American and
Caucasian data were previously reported by van der Meulen
et al., 1994). DXA whole body scans were obtained using a
Hologic QDR 1000/W Densitometer. The human subjects

protocol was approved by the Stanford University Institu-
tional Review Board, and written consent was obtained
from each subject.

Body mass (BM), height, and pubertal stage (PS) based on
Tanner classifications (Katzman et al., 1991) were deter-
mined for each subject. The whole body scans were then
analyzed using subregional software to determine diaphy-
seal length (L, cm) and mid-diaphyseal periosteal diameter
(D, cm) of the left femur. L was measured along the longitu-
dinal axis from the greater trochanter to the distal epiphysis,
and D was calculated by dividing the projected area by the
subregion length, making appropriate geometric corrections
to account for the bone alignment angle in each scan. Bone
mineral content (BMC, g/cm) was determined for a 6 cm
section of the mid-diaphysis. Using the method of Martin
and Burr (1984), these parameters were used to calculate
bone mineral density (BMD, g/cmz), cross-sectional
moment of inertia (I, cm4), section modulus (7, cm3) and
whole bone strength index (Sy, cm?).

Simple linear regression analyses were performed to deter-
mine the correlation between the bone measurements and
age, pubertal stage, body mass and height. In addition, mul-
tiple linear regressions were performed on age, pubertal
stage and body mass with ethnicity and gender as factors.
Finally, a saturated model was used to regress body mass,
age, ethnicity, gender and pubertal stage on all bone mea-
sures. The statistical results were analyzed for predictive
power, and the effects of ethnicity and gender were tested
by comparing regression slopes and intercepts. Differences
were considered significant for p < 0.05.

RESULTS

Age-related increases in the structural parameters of all
groups were observed during adolescence as expected. All
femoral measures (L, BMC, BMD, D, 1, Z, Sp) correlated
more strongly with body mass than with age or pubertal
stage. With the exception of bone length and BMD, the cor-
relations between femoral measures and body mass were
stronger than those with body height (Table 1).

While accounting for race and gender resulted in statisti-
cally different models, these factors provided little addi-
tional predictive value to the simple regressions of body
mass on femoral measures. The saturated model explained
only an additional 1 - 3% of the variance in BMC, D, 1, Z
and Sy, compared to a model with body mass as the only pre-
dictor (Table 2).



Table 1: Coefficients of determination (adjusted rz) for
simple regressions

Age PS Height BM
L 0.28 0.36 0.83 0.48
BMC 0.41 0.46 0.66 0.86
BMD 049 0.50 0.68 0.65
D 0.24 0.33 0.47 0.77
I 0.15 0.21 0.32 0.70
Z 0.24 0.30 0.45 0.82
Sy 0.21 0.28 0.35 0.76

Table 2: Coefficients of determination (adjusted RZ) for
multiple regressions

2 Factor ANCOVA with Age, PS,
Ethnicity and Gender BM,

Ethnicity,

Age PS BM Gender

L 0.46 0.51 0.54 0.60
BMC 0.50 0.56 0.87 0.88
BMD 0.54 0.59 0.71 0.76
D 0.35 0.43 0.79 0.79
1 0.26 0.32 0.75 0.73
Z 0.36 042 0.84 0.83
Sp 0.30 0.37 0.79 0.78

Gender had a significant effect on the relation between age
and all bone parameters, with the male values generally
greater at any given age. Ethnicity, however, did not affect
the relation between age and the bone measurements. Add-
ing gender to the age regression increased the predictive
value of the model, but it was still less than that of body
mass alone. For all bone parameters, the correlations with
pubertal stage were greater than those with age, but still
weaker than the correlations with body mass. Both gender
and ethnicity had significant influences on the relations of
pubertal stage and body mass with the bone measurements.

A comparison of the regression behavior of the 8 groups
studied (Caucasian, African-American, Asian-American and
Latino males and females) revealed that all groups had sim-
ilar associations between body mass and bone measure-
ments except for black females. In this group, there were
slightly different regressions between body mass and L,
BMD, 1, Z, and Sy, (but not BMC and D) (Figures 1 & 2).
Despite these differences, accounting for ethnicity and gen-
der added little, if any, information to the regressions with
body mass alone.

DISCUSSION

Body mass is the best predictor of femoral bone mass and
structural properties in all four ethnic groups and both gen-
ders studied. The stronger relation between all cross-
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sectional femoral parameters (except BMD) and body mass
rather than height suggests that diaphyseal structure reflects
a response to mechanical loading of the bone and not
merely bone size. BMD may be an exception because it is
an areal density which is influenced by bone size and is
therefore influenced by body height (Katzman et al., 1991).
Furthermore, our results indicate that ethnicity does not
influence the manner in which the measured femoral param-
eters change with age, while it does affect the relation
between the femoral measures and pubertal stage or body
mass. In summary, despite the influence of gender and eth-
nicity, differences in femoral cross-sectional properties are
primarily related to differences in body mass.
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POTENTIAL INSTABILITIES IN BONE REMODELING

R.B. Martin
Orthopaedic Research Laboratories
UG Davis Medical Center, Sacramento, CA 95817

INTRODUCTION

Nonlinear dynamics has developed rapidly in the past decade.
Phenomena which have historically been viewed as random
and hopelessly unpredictable can often be shown to be
chaotic states of rather simple systems which, under other
conditions, behave predictably. This paper explores the
possibility that certain bone conditions may represent chaotic
states of the remodeling system, or perhaps pre-chaotic
situations in which the systermn jumps continually between
several states instead of maintaining an appropriate
equilibrium,

THEORY

The discussion will be for cortical bone, although the same
principles could apply to cancellous bone. Consider a region R
containing a few cubic millimeters of cortical bone (e.g., in the
femoral diaphysis). The remodeling variables defined hereafter
correspond to those measured in two-dimensional cross-
sections of R. We will be primarily concerned with
interactions between mechanical stresses and remodeling,
assuming biochemical variables constant. Remodeling is
conceptualized in the form of Frost's Basic Multicellular Units
(BMUs) inside the region R.

More recently, Frost (1987) introduced the "mechanostat”
theory. This theory holds - in part - that diminished loading
stimulates remodeling (to remove bone mass) and increased
loading inhibits remodeling (to conserve bone mass). It is
difficult for remodeling to add cortical bone since each BMU
contains a resorption cavity (the "remodeling space”) and each
new osteon adds a Haversian canal, increasing porosity.
Considerable experimental evidence exists supporting the
mechanostat theory (Jee et al,, 1990; Li et al., 1990). On the
other hand, fatigue experiments have shown that remodeling
is elevated by increased as well as diminished loading (Burr et
al., 1989), consistent with its role in repairing fatigue
damage.Therefore, remodeling is assumed here to be
increased both when loading is too low, and when it is too
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high, as shown by the solid curve in Fig. 1. This is called
the Biological Curve (BC) because it shows how strain
affects remodeling.

Through the elastic modulus, strain is governed by bone's
porosity. The dashed curve shows the mechanical effects of
porosity on bone strain, as opposed to the remodeling
effects of strain on porosity. This curve is therefore called
the Mechanical Curve (MC) because it depends only on the
bone's structure and composition. The BC and MC interact
to regulate the mechanical aspects of internal cortical bone
remodeling by BMUs.

The BC depends on the relationships between strain and
remodeling rate and between activation frequency and
porosity. There is convincing evidence that activation
frequency increases both in disuse states (Schaffler, 1990)
and when fatigue damage is substantial (Mori and Burr,
1993). Lacking quantitative data, a sigmoidal relationship is
assumed for the left and right ends of the BC:

(- T0)

i

fn = fao +
1+ BXp[D + A(fam - fao)(so - c)

Here, &, is an "set point" strain, f, is activation frequency,
and f,, and f, are its minimal and maximal values. A
controis the rate at which f, increases and D controls how
much the strain has to change before the activation
frequency is substantially affected ("dead zone"). To
approximate the relationship between f, and porosity, an
equation of the form

P= fa(TrE..) + PC
was derived, where 1 represents the periods of each
remodeling phase and ¢ the mean osteonal cavity size for
each. P is the Haversian canal porosity.

To define the MC, the relationship

€ =olE, (1-P)®
was used, where o is the applied stress (assumed fixed), P
is porosity and E, = 25 GPa.
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RESULTS

The behavior of the model is usually stable. If a local anomaly
increases P above the equilibrium value (Fig. 2), E is reduced
and ¢ increased. Through the BC, the new strain adjusts f,
such that porosity is reduced. Further corrections bring both P
and £ back to the equilibrium point at the intersection of the
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two curves. On the other hand, changes in the shapes of BC
of MC can change the behavior of the system. Two illustrative
situations, previously suggested by Frost (1987) as the basis
for metabolic bone diseases, assume new interpretations in
the context of this model. It has been postulated that some
osteoporoses are caused by errors in the "set point” for
adaptive bone remodeling. Here, this involves shifting the BC
to the right, keeping its shape and the MC the same. After
the optimal strain has increased about 50%, the system
pifurcates and a limit cycle is produced with an attractor of
period 2 (Fig. 3). P and ¢ shift endlessly between two values.
(The remodeling rates associated with these two states, one
abnormally high, the other essentially normal, mimic high and
low turnover osteoporosis patients.) Increasing g, further
produces more bifurcations, until the system becomes chaotic
(Fig. 4). The chaotic domain includes aimost the entire range
of possible remodeling rates.
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As a second example, consider the disease osteogenesis
imperfecta (OI), caused by a genetic defect in Type I collagen
synthesis. This may effect both the BC and MC. It is
reasonable to postulate E, for Ol bone is low; if so, strain will
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be increased at every porosity. in addition, the Ol bone may
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be more susceptible to fatigue damage, so that high strain
side of the BC will rise more steeply than normal. If the two
curves are thus modified, the system's equilibrium point can
be at very high strain and remodeling values. Fig. 5 shows
how such a system would move from the original
equilibrium P and ¢ values to an new, pathologic
equilibrium point if the MC and BC changes were great
enough. This could account for the severe osteopenia and
high remodeling rates, as well as the great fragility, of Ol
skeletons.

DISCUSSION

It must be emphasized that the correct shapes of the
Biological and Mechanical Curves are not known. They
could be quite different from those derived here. Even if
they are, however, the theoretical basis of this paper, and
its clinical implications, would not necessarily be
undermined. This is because the existence of the
instabilities which have been discussed is not critically
dependent on the precise shapes of the two curves. What
is important is that the Biological Curve is trough-shaped
(provides two values of strain for each porosity), and that
the Mechanical Curve is monotonic and intersects it at
some point. The latter conditions are required for
equilibrium under normal conditions, and double-valuedness
is bound to obtain if both disuse and fatigue responses
increase remodeling. Feigenbaum (1980) has shown that
the progression from stability, through a series of limit
cycles of increasing order, to chaos, is a universal behavior
for systems of this type, independent of the precise shapes
of the curves. This argues strongly in favor of the
usefulness of the present model as a tool for understanding
bone remodeling, Wolff's Law, stress fracture dynamics,
and metabolic bone diseases.
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BONE BLOOD FLOW IS ELEVATED PRIOR TO OSTEOQOCLASTIC ACTIVITY
INITIATED BY DISUSE OSTEOPENIA

Ted S. Gross, Ariff A. Damiji, Robert C. Bray, and Ronald F. Zernicke

McCaig Centre for Joint Injury and Arthritis, Department of Surgery

University of C

INTRCDUCTION

Bone is sensitive to a wide range of biophysical
stimuli, but the pathway by which the loss of
mechanical stimuii is translated into cellular
recruitment is poorly understood. One
physiologic process associated with remodeling
in a wide range of tissues is increased tissue
blood flow (1). Our study assessed whether
the bone blood flow alterations initiated by
disuse osteopenia precede the recruitment and
differentiation of osteoclasts ultimately
responsible for bone loss. Should these
changes precede osteoclastic activity, we
propose that blood flow, potentially via
endothelial cells, may actively participate in the
initiation of bone resorption.

REVIEW AND THEORY

Description of bone's vascular supply as an
active mediator of tissue adaptation (as
opposed to an entirely passive mechanism of
cellular and nutrient transport) was reported in
the early 1800's (2). More recently, endothelial
cells have been shown to respond to altered
fluid flow by adapting their morphology and
expressing a number of factors that enhance
osteoclastic differentiation or act as paracrine
regutators of bone ceii activity (3,4). in a
preliminary in vivo study, we assessed bone
blood flow following 4 wk of disuse, and found
that cortical bone blood flow was elevated (5).
However, as osteoclastic resorption had already
begun, it was unclear whether these flow
alterations were involved in initiating the
resorptive process or were the byproduct of
elevated cellular activity. Previous work with
the functionally isolated avian uina model
identified 10 days as the time period necessary
for disuse osteopenia to be transduced into the
differentiation and recruitment of osteoclasts to
bone surfaces (6). By examining flow
alterations following 7 days of disuse, the
cuirent study examined the hypothesis that
elevated bone blood flow precedes osteoclastic
recruitment initiated by disuse.
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PROCEDURES

Twelve adult white Leghorn roosters (1 yr) were
randomly assigned to three groups of four
animals each (1 wk disuse, 1 wk sham surgery,
zero-time controls). The left ulha of each
animal within the disuse group was isolated
from mechanical stimuli via paraliel
metaphyseal osteotomies (7). Small bone
wafers (2 mm thick) were removed at both
metaphyses, and the exposed diaphyseal bone
ends were covered with methacrylate filled
delrin caps. The right ulnae served as intact,
contralateral controls. The animals ambulated

freely in group housing for 1 wk, while the left

ulnae remained unloaded due to the
osteotomies. Animals in the sham surgery
group underwent an identical surgical procedure
to that used for the disuse group. Ali feathers
were removed from the wing, and the
metaphyseal bone ends were exposed via 2 cm
incisions. Parlial osteotomies were then
performed through 1/3 of the cortex at both
metaphyses. This procedure disrupted the
marrow and bone biood supply at these sites,
but maintained the structural integrity of the left
ulnae. The right uinae of these animals were
left undisturbed, and the animals were allowed
free ambulation in group housing. Zero-time
control animals were untouched prior to the
microsphere procedure. For blood flow
measurements, the animals were anesthetized
and the aortic root cannulated retrograde from
the right carotid artery. Colored microspheres
in mixed suspension with saline (6 million, 15.5
um dia.) were vortexed for 1 min and then
injected into the base of the aorta over a 30 s
period. Starting 10 s prior to the injection, a
reference blood sampie was drawn for 1 minute
at 3 mi/min from a second catheter placed in
the anterior tibial artery. After sacrifice, kidney,
lung, and reference blood samples were
removed and digested in 4M KOH. Using a
diamond wafer saw, a 5 mm long cross-section
was cut from the mid-diaphysis of each
experimental and control ulna. The sections



were cleansed of marrow, decalcified, and then
digested. Microspheres within the bone
samples were isolated by filtering the digested
tissues through a 7 um polyester filter, and then
directly counted with an epi-fluorescent
microscope. Spheres within the reference
blood sample, kidney, and lungs were assessed
by eluting the dye from the trapped spheres
with DMF and applying spectrophotometer
readings to manufacturer calibration curves.
Standardized blood flow (mi/min/100g) was
determined by relating the sphere count of a
tissue sample to the reference blood sample
and normalizing to the mass of the tissue
sample. Non-parametric Mann-Whitney tests
(p=0.05) were used to (a) identify any
differences between blood flow in the left (exp)
and right (control) uinae of each group, and (b)
to determine if blood flow within the left ulnae
differed between groups.

RESULTS

Mean (+ S.E.) blood flow values were within
10% for the left and right kidneys and lungs.
Mean blood flow was equivalent in the left and
right ulnas in the zero-time group 28+14vs
2.1 + 1.0 mi/min/100g). Sham surgery did not
alter blood bone blood flow at 7 days post-
surgery (2.3 £ 0.5vs 3.7 £ 1.4). However, 7
days of disuse stimulated a 520% increase of
blood within the experimental ulnae compared
to intact contralateral controls (14.5 + 5.5 vs 2.8
+ 1.3). Blood flow in the disuse ulnae was
significantly greater than blood flow measured
in the left ulnae of the zero-time and sham

surgery groups (Fig 1).
DISCUSSION

The left/right symmetry of kidney, lung, and
bone blood flows in the zero-time group
indicated that the injected microspheres were
adequately mixed and evenly distributed
throughout the animal. There were no
contralateral blood flow aiterations in the model,
nor did the sham surgery induce flow
alterations in the uina midshaft at 7 days

post surgery. Thus, the 5-fold elevation in
blood flow observed in the disuse bones was
not due to surgical influences. Importantly, the
flow elevation occurred prior to the onset of
osteoclastic resorption. Using a simplified
model to estimate shear stress due to flow in
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small vessels (8), we estimate that these flow
elevations are sufficient to induce local shear
stresses of 20 to 30 dynes/cmz. Recognizing
the extreme sensitivity of endothelial cells to
local flow fluctuations (9), this stimulus would
be sufficient to induce expression of vasoactive
substances by endothelial celis (e.g.,
prostaglandins, endothelins, and nitric oxide).
As these substances are known to initiate
osteoclastic differentiation or act as paracrine
regulators of bone cell activity, our data suggest
that tissue blood flow may actively participate in
the initiation of bone resorption.

i Left *
20 L & Left (exp)
1 Right (cont)

Disuse
(1wk)

Sham
(1 wk)

Zero-
Time

Bone Blood Flow {(m/min/100g)
=

Fig. 1. Mean standardized blood flow (+S.E.) in
the leff and right ulnae. Blood flow in the ulnae
exposed to 7 days of disuse was significantly
elevated when compared with contralateral
controls, and the left ulnae of the zero-time
control and sham surgery groups (p<0.05).
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FORCES APPLIED BY ELITE AND SUB-ELITE SPRINT KAVAK PADDLERS

R.J. Nesl and D.A. Aitken

Depastment of Human Movement Studies, The University of Queensiand
Brisbane, AUSTRALIA

INTRODUCTION

In response to the need to measure the forces applied to the
paddle, Aitken and Neal' developed a system that utilises
strain gauges attached to the ghaft of the paddle to measure
the forces applied by the kayaker whilst paddling on the
water, These data as well as the boat’s velecity relative to
the water were collected as subjects paddled over a 500 m
course. The purpose of this study was to use the system of
Aitken and Neal to investigate differences in technique
between elite and sub-elite paddlers.

PROCEDURES

Subjects

Ten male subjects aged between 18 and 30 years, with
varied paddling backgrounds, formed the experimental
group. The subjects were assigned to one of two groups
based on their performance at the 1992 Australian Sprint
Kayak Championships). The elite group (N=5) were those
paddlers who resched the final of either the K1 1000 m or
500 m races while the sub-elite was comprised of sprint
kayak paddlers who competed at the Australian
championships but did not reach the final in either the K1
500 m or 1000 m events.

Measurement procedures

Al testing was performed on a non-tidai 500 m marked
course. Each subject completed a 500 m time trial using
the instrumented paddle, with the pitch of the blade and the
length of the paddle adjusted so as to duplicate the
dimensions of his regular paddle. The subjects were able to
choosge between a Cleaver-X or Hungarian boat (the two
most commonly used boats in Australia). The seat position
and foot bar were positioned 50 as to mimic the athlete’s
regular boat. The paddlers were also given 30 min. before
the time trial to familiarise themselves with the test boat
and paddle.

The boat and paddler were modelled as a single system to
which the following forces are applied. Vertical and lateral
accelerations were considered negligible thus the buoyant
(Fy) and weight (mg) forces were considered equal. The
inertia force (my) of the boat could be obtained by
differentiating the velocity-time trace and the propulsive
force on the blade (F,) was measured using the strain
gauged paddle.

The strain gauges were arranged so that they could detect
the shear force applied by the water io the blade. Thus, the
propulsive force was assumed to equal this shear force.
(Note: Pilot testing using video cameras indicated that the
effect of paddle angle was less than 10% and that this ervor
occurred at the beginning and end of the strokes when the
force was small anyway). Pairs of gauges, one undergoing
comprcssion and the other experiencing ieasion, were
piaced at two positions at each end of the paddle, between
the hand and the blade. The sets of gauges were placed
perpendicularly to the direction of the force applied to the
blade. This sctup was duplicated at the other end of the
paddie so that the forces applied at the right and lefl hand
ends of the paddle could be measured,

Data on the forces applied to the paddle and the boat’s
velocity were coflected continuously on a 7 track Teac data
recorder and subsequently digitised using an A/D board
and eofiware at 200 Hz. The following variables wers
calculated and each group’s results were averaged for every
10 single sided sirokes throughout the entire time trial.

1. Peak force (Fw

2. Work ( | F ds)

3. Power (dW/dp)

4. Time to peak force

s. Time paddle was in the water
Statistics

To determine differences between the two groups the
dependent measures were submitted to a two way snalysis
of variance with factora of group (elite vs sub-elite) and
time in the race (strokes 1-10, 11-20, 21-30, etc.). The
mean values of each set of 10 strokes were used in this
analysis. Descriptive statistics and cocfficients of variation
were used to describe the shape of individuals’ force time
curves and measures of their inter-stroke consistency
respectively.

RESULTS

No significant differences were found between the groups
on a number of anthropometric measures indicating that
differences in performance and technique are not likely to
be due 1o size-differences of the athletes. The elite group
completed the time trial in a significantly (p <.01) shorter
time (X, = 102.5 s) than the sub-elite group (X, = 118 s)
and with fewer strokes (p <.001).

Figures 1 and 2 show typical force-time curve (41 $SD) for
an elite and sub-elite paddler respectively, at the middle of
the time triel. These graphs represent the average of 10
sirokes. These figures show that the elite paddiers have a
predominantly uni-modal profile whereas a bi-modal
pattern is typical of the sub-elite paddlers. Additionally, the
elite paddlers’ inter-stroke variation is much smaller than
the sub-elite paddlers, as evidenced by their smailer
standard deviations.

Significant differences (p <.01) were also found for stroke
distance (X, = 1.67 m vs X, = 1.45 m), time the paddle
was in the water (X, = 0.39 s vs X, = 0.34 5) and
coefficient of variation X, = 7 % vs X, = 17%). No
significant main effects were found for peak force, work,
power, and impulse although a number of significant
interactions were returned.

One important difference noted in the interactions was that
over the last 30 strokes, the sub-elite group’s performance
dropped off compared to the elite paddlers whose remained
viriuaily constant. This pattern was evident for stroke
distance, impulse and work, three variables that are critical
to performance.

DISCUSSION

Mann and Kearney® and Plagenhoef® reported that for their
subjects, the paddle was in contact with the water for



similar results for both groups in our study but noted that

the elite paddlers kept the paddie in contact with the water
for a significantly longer period of time than the sub-elite

peddlers.

Peak force was reached by the sub-clite paddlers in a
significantly shorter period of time than the elite paddlers.
The optimal force time curve has been described as one
where pesk force is as large as possible, reached in the
shiortest possible time, maintsined at this level, and then
reduced to zero as quickly as possible at the end of the
giroke.

On the surface of our results, it appears that the sub-elite
paddlers have an advantsge in their technique because they
seach peak force early. This apparent advantage may
however be due to poor balance, requiring them to place
the blade in the water to maintain boat stability. The
tendency of hurrying and slapping the paddle into the water
to maintain balance and causing an early time to peak force
is consistent with the national coaching director’s view on a
poor peddling style.

The elite paddlers had a significantly longes stroke distance
thsn the sub-elite group. As a result of this longer stroke it
was expected that if the force was applied over a greater
distance then greater work would be done by the elite
athletes compared to the other group. This hypothesis was
ot confirmed and although the mean amounts of work
done by the two groups were in the expected direction (X,
= 198 T vs X, = 159 J) they were niot significantly
different. The failure to reach significance was probably
due to small group numbers and high variance measures
(0%, = 2809 J vs ¢*, = 1024 ).

Three of the five sub-elite paddlers exhibited a bi-modal
force time cure. It was expected that there would be &
significant difference between groups on the impulses
applied to the paddies. Despite the elite paddiers having a
27% greater area under the force time curve than the sub-
elite group, no significant difference was found. Once
again, the small sample size and relatively large variance
scores probably accounted for this finding.

A highly important finding from the practical perspective
was that the elite paddlers showed significantly lower
coefficients of variation compared to the sub-elite subjects
indicating that the sub-elite were far less consistent in their
actions than the elite group. A possible reason for this
difference could be that the elite paddlers maintain 2
constant paddle and blade angle in the waler thereby not
allowing the paddle to slip through the water. The national
coaching director also suggested that the bi-modal shaped
curve of the sub-elite paddlers could be caused by the top
hand pushing too much and therefore causing & change in
the angle of the blade with respect to the water. This
change could, in turn, cause the measured force to be
reduced. Without the use of a system that quantitatively
measures forces under race-like conditions on the water,
small technial flaws such as the one suggested above, could
not readily be detected. The regular use of this type of
system allows the coach to continuously monitor technique
and evaluate how coaching interventions influence motion
of the bost and forces epplied to the paddle.

CONCLUSIONS

No significant differences were found between the two
groups on the variables of force, power, work and impulse
indicating that these variables alone may not be the ones
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that discriminate between performance at the elite and sub-
elite levels of sprint kayaking. Those measures that did
show statistically significant differences between the groups
were siroke distance, the time tsken to reach peak force,
the time that the paddle is in contact with the water, and
the degree of inter-stroke variation.
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Figure 1. Average force-time graph of an elite

paddler.
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Figure 2. Typical bi-modal pattern displayed by three
of the five sub-¢lite paddlers.



THE TWIST ROTATION IN HIGH JUMPING

J. Dapena

Department of Kinesiology, Indiana University, Bloomington, IN 47405,

INTRODUCTION

During the high jump takeoff the athlete makes forces on the
ground which determine the height of the parabola and the
angular momentum of the body. Once in the air, the high
jumper makes a twisting somersault rotation which leads to a
supine layout position over the bar (Fig. 1a). Probiems in the
twist rotation can produce a tilted position, with one hip lower
than the other (Fig. 1b); the lower hip limits the result of the
jump. Anundertwisted position with the hip of the lead leg
lower than the hip of the takeoff leg at the peak of the jump is
the most common problem. This research project studied the
mechanisms that produce the twist rotation in high jumping,
and the possible causes for an undertwisted orientation of the
hips at the peak of the jump.

METHODS

Twenty high jumps were studied: five normal trials by men,
and five by women; five markedly undertwisted trials by men,
and five by women. Body landmark locations during the
jumps were caleulated using standard three-dimensional (3D)
film analysis. The body was modeled as a 16-segment
mechanical system (Zatsiorsky and Seluyanov, 1983;
Zatsiorsky et al., 1990a, 1990b; parameter adjustments by de
Leva, 1995). Center of mass location and angular momentum
were calculated following a method based on Dapena (1978).
The orientation of the longitudinal principal axis (inirmum
moment of inertia) was calculated following Hinrichs (1978).

The longitudinal principal axis of the body and the locations of
the hips established a body reference frame defined by axes

Xs, Ys and Zs. Zs coincided with the ongitudinal principal
axis; X was mediolateral; ¥y was anteroposterior.

(a)

The angle between the bar and a line normal to the vertical
plane containing both hips at the end of the takeoff was
computed. Positive values were assigned to this initial hip
orientation angle ;o when the hips faced away
(counterclockwise) from the landing pit. At the peak of the
jump, the projection of a vertical vector on the plane normal io
the longitudinal axis defined the neutral ("face-up") twist
orientation. The actual hip twist angle at the peak (t:x) was
based on the angle between this neutral twist orientation vector
and axis Y. (The value T = 90° was arbitrarily assigned to the
neutral twist orientation at the peak; in undertwisted jumps,
x<90°) Rotation from one frame to the next was determined
by the Cardan angles (¢, B, ) of the three successive rotations
about the X, ¥y and Zj axes of the first frame that produced
the orientations of the axes in the next frame. The third angle
(y) defined the twist rotation between the frames. The yangles
in all the frame intervals between takeoff and the peak were
added to compute the cumulative twist rotation At between
takeoff and the peak. At was subtracted from s« to compute
the hip twist angle at takeoff, To. (The values of T7, and 1o
generally are not the same. This is because the twist rotation
needed toreach a face-up position at the peak of the jump
depends not only on the hip orientation at takeoff, but also on
the 3D path followed by the longitudinal axis in its somersault
rotation between takeoff and the peak.)

In each frame, the angular momentum vector H was projected
on the longitudinal axis, Z,, t0 compute the twisting
component of angular momentum, B, A positive sign was
given to H; if the vector pointed toward the head. The angular
velocity of twisting associated with H; in each interval
between frames was calculated as @y = Hy / I, where I, was the
moment of inertia about the longitudinal axis. The product of
o and the interval duration yielded the amount of twist

Figure 1: Normal high jump (a); high jump with problems in the twist rotation (b).
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(b)

female

Figure 2: Typical jumpers,

rotation produced by Hy during the interval. The amount of
twist rotation produced by the twisting component of angular
momentum between takeoff and the peak (AtTy) was calculated
as the sum of the twist rotations produced by Hy in the
intervals between takeoff and the peak. The contribution of
action and reaction rotations ("catting") to the twist rotation,
A1, was calculated as the difference between At and ATy

RESULTS AND DISCUSSION

The hip orientation relative to the bar at takeoff was similar in
the normally-twisted men and women {Tlro =29 * 10° (men);
28 + 4° (women)]. The average hip twist angle of the women
at takeoff was somewhat larger than that of the men, although
there was overlap between the two groups [Tro = 34 £5°
{(men); 41 £7° (women)]. Between takeoff and the peak the
women went through a slightly smaller twist rotation than the
men, although there was overlap again [AT=55 4° (men); 49
+ 7° (women)]. The larger twist rotation of the men
compensated for their smailer initial twist angle; the twist
angle at the peak was essentially the same for both normally-
twisted groups [Tex = 89 + 4° (nen); 90 3° (women)]. (Of
course, this had to be 50, since a T value near 90° was the
selection criterion for inclusion in these groups.) The men
achieved more of their twist rotation through the twisting
component of angular momentuin than the women [Aty= 33
+7° (men); 14 = 8° (women)], while the women twisted more
through catting [ATc =22 +6° (men); 34 £ 5° (women)]. This
was a clear difference between the two normally-twisted group
samples. The most surprising finding was the large
contribution made by catting to the twist rotation: Considering
both groups pooled together, catting produced more than half
of the total twist rotation.

Fig. 2 shows two typical normally-twisted jumps. Each image
is seen from a direction normal to the plane formed by the
resultant angular momentum vector and the longitudinal axis at
that time. (The direction of the view changed with each
successive image, keeping pace with the somersault of the
longitudinal axis.) The single-headed and double-headed
arrows represent the total angular momentum vector and the
principal longitudinal axis, respectively; the line is the plane
normal to the angular momentum vector. Afier takeoff the
longitudinal principal axis tilted toward the plane inall
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viewed normal to the plane containing the angular momentum vector and the longitudinal axis.

subjects. The tilt (a clockwise rotation in Fig. 2) seemed to be
due mainly to the counterclockwise rotations implicit in the
lowering of the lead leg and the lifting of the trailing leg
behind the body. The change in the orientation of the
longitudinal axis reduced the twisting component of angular
momentumn. In the men, the longitudinal axis almost never
reached the plane (Fig. 2a). But it did in almost all the women,
and actually crossed to the other side (Fig. 2b). This reversed
the sign of the twisting component of angular momentu,
which made a negative contribution to the twist rotation from
there on. The smaller twist rotation achieved by the women
through angular momentum (A1) was due mainly to their
smaller average twisting angular momentum between takeoff
and the peak [Hyavg = 15.8 £3.7 - 10° s* (men); 8050
10 st (women)]. The women compensated for this with more
effective catting than the men.

The differences between the normally-twisted and
undertwisted jumpers were not due to differences in the twist
angle of the hips at takeoff, but to the subsequent rotation in
the air. In the men, undertwisting was usually due mainly to a
smaller amount of catting; in the women, to a smailer twisting
component of angular momentum, ultimately traced to an
excessive backward lean of the longitudinal axis at takeoff.
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INTRODUCTION

To date, the only measurements of the buoyant force
(B) and the center of buoyancy (CB) have been
static. This measurement has limited applicability to
swimming. Therefore an indirect method of locating
CB was developed and compared to direct
measurements from an underwater reaction board.
The direct trials were videotaped and the CB was
located indirectly from digitized images for 8
competitive swimmers based on a segmental,
volumetric model. The correlation between the direct
and indirect methods was 0.87 for completely
submerged static trials and 0.77 for partially
submerged static trials. The mean absolute
deviation from the direct measurement was 3.1 cm
and 3.5 cm for the submerged and partiaHy

~ .-.- | [P N
submerged static trials, respectively. The correlation

of the direct and indirect measurements of the
buoyant force was 0.98 for both submerged and
partially submerged static trials. The indirect method
was applied to a-single hand propuisive phase of
freestyle for 3 subjects. The CB moved up to 20 cm
in a cranial-caudal direction and up to 10 cm in the
anterior-posterior direction during this phase.

REVIEW AND THEORY

Buoyancy has often been proposed to offer females
an advantage in swimming performance (Chatard st
al., 1991, Toussaint et al., 1988, and Montpetit et af.,
1983). However, from the literature that discusses
the nature of the buoyant force and its effect on
swimming, only two studies have identified buoyancy
characteristics applicable to competitive swimming
(Gagnon and Montpetit, 1981, and McLean and
Hinrichs, 1993). More importantly, all speculation of
the contribution of buoyancy to performance has
been based on static measurements of B and CB. It
is apparent from the literature that buoyancy is
affected by body position. However, this variable
changes when swimming thus limiting the
applicability of static measurements. A dynamic
measurement of B and CB will help improve the
understanding of the kinetics involved in swimming.
To date swimming kinetics is limited to the study of
hand propulsive forces (Schieihauf, 1986) and
estimates of the resistive force encountered by a
swimmer (MHollander, 1986). Thus there exists a
need for an indirect method to locate the CB and the
magnitude of the buoyant force during a dynamic
situation.

The purposes of this study were:

(1) To develop a procedure to indirectly locate the
CB and determine the magnitude of the buoyant
force in a swimmer for a static, horizontal, streamline
position while completely and partially submerged.
(2) To validate the indirect method with direct
measurements. (3) To apply this indirect method to
locate the CB and estimate the magnitude of the
buoyant force of a swimmer dynamically during a
single hand propulsive phase in freestyle swimming.

METHODS

Individual segmental, volumetric models of eight
subjects were created from measurements taken
from sagittal and frontal videotaped views. The body
was divided into 15 segments defined to avoid drastic
or odd contour changes. The videotapes were
digitized using an Ariel Performance Analysis
System. The shape of each segment in both views
was traced using up to 18 digitized points for each
side of the segment. Cubic spline functions were fit
to these points using a segmental reference frame
whose origin was at the proximat joint center. These
spline functions were interpolated at 1% increments
of the segment length to provide medial, lateral,
anterior, and posterior surface points,

Each segment was modeled as a series of 100
elliptical cylinders whose major axes were defined as
half the distance between the medial and lateral
surface peints, and minor axes were defined as half
the distance between the anterior and posterior
surface points. The submerged segmental volume
was computed by summing the individual submerged
cylinder volumes. The y (A-P) and z (long axis)
coerdinates of the segmental CB were calculated in a
manner similar to a segmental determination of the
center of mass. The segmental CB was equal fo the
sum of the submerged volume moment about its
respective axis divided by the total submerged
segmental volume.

The subject's CB was measuied directly for two
levels of submersion (fully submerged and floating at
the surface) using an underwater reaction board
(McLean and Hinrichs, 1993). These trials were
videotaped using an an underwater camera. The
subjects were then videotaped while performing a 25
m freestyle sprint swim.



RESULTS

Table 1: Comparison of Direct and Indirect Methods
of Measuring the Buoyant Force and Locating the
CB.

Submerged Surface
AbsDev r AbsDev r
B 2.77% 0.98 4.18% 0.98
(2.76%) (3.13%)
CB 3.10 0.87 3.53 0.77
(3.25) (2.46)

Note: AbsDev = Mean absolute deviation from the
direct measurement. (Standard deviations).

There was good correlation between the indirect and
direct methods of measuring the buoyant force. The
correlation between methods for determining the
location of the CB was slightly lower but was still
considered strong. The mean absolute deviation
represented an estimate of the measurement
acouracy. The prediction of the buoyant force was
within approximately 4% of the directly measured
value. The prediction of the location of the CB was
within approximately 3 cm.

Dynamic CB and buoyant force data for one subject
is presented. The movement of the CB during the
dynamic trial was characterized by three phases.
The first phase lasted for approximately 30% of the
propulsive phase. The CB moved cranially during
this phase as the lead arm entered the water and the
trailing arm exited the water. The second phase
lasted for approximately 40% of the propulsive
phase.

15 .
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Figure 1 - Y-Z plot of the coordinates of the CB
expressed relative to the hip (0,0). Comparison
points for the static, indirect measurements are
included. Data points are separated by 0.067 s.
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The CB moved caudally and anteriorly during this
phase as the lead arm began the pull back towards
the hips. The final phase lasted for approximately
30% of the propulsive phase. The CB moved
primarily in a posterior direction with a small amount
of cranial movement as the lead arm completed the
propulsive phase and the trailing arm entered the
water cranial to the head.

DISCUSSION

The indirect method of locating the CB provided good
estimates of the actual CB location. The increased
variability in the indirect surface measurements of the
CB were due in part to errors associated with
locating the water surface relative to the body for
these trials. This was done by modeling the surface
as a line by locating two points along the surface.
This procedure is susceptible to small errors in
digitizing these points. Further work should be
conducted to improve the ability to more accurately
represent the water surface relative to the swimmers'
body.

The measurement of the CB during a freestyle stroke
represents the first reported dynamic values of this
point. These data suggest that this method may
provide an additional piece of information for the
study of swimming Kinetics.
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INTRODUCTION

At the Olympic level, rowing is an extremely physical activity
utitizing ail the major muscle groups. However, based on the
physiological processes involved in rowing, the useful power
that can be delivered by the human body to an external source
such as the oar and boat is dependent on the person's
strength, anthropometrics, and limb kinematics as well as the
external load. Despite this understanding of human muscle
function, very little work has been done to design man-oar-boat
systems which optimize specific features of the human
machine. The computer simulation discussed in this paper
incorporates some of the fundamental characteristics of the
boat, oar and human in an attempt to gain further insight into
the man-oar-boat system. The results indicate that it is
possible to calculate the joint torques necessary to cause the
motion and also to identify those torque bounds which limit
performance. In addition, the model may be used to identify
novel rowing motions and oar designs which maximize or
minimize an oarsman's unique strengths and weaknesses.

REVIEW AND THEORY

The rowing motion used today has been developed mostly
through trial and error rather than as a result of design based
on an understanding of the potential and limitations of the
human body. As the differences between winning and losing
become smaller, it becomes increasingly more important to
identify new areas where either the boat/oar design or
human performance can be improved. One approach that
can be used fo increase boat velocity is to improve the
impedance matching between the human and the boat.
Proper impedance matching allows the human to generate
his/her greatest power through proper design of the boat/oar
hardware interface. The purpose of this study was to
develop a realistic model that can be used to study the
rowing motion in order to identify specific improvements in
either the motion or in boat/oar hardware.

METHODS

The model for the rowing simulation consisted of a boat, a
six rigid-link planar human and a rigid oar (Fig. 1).

Figure 1: Man-oar-boat system
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Appropriate drag forces proportional to the boat and oar
velocities were implemented (Zatsiorsky and Yakunin, 1991).
Constraints to the paths of the boat, seat, hand, and oar,
reduced the system to the following four degrees of freedom:
boat position, knee angle, hip angle, and elbow angle. The
system was driven by applying five torques at the ankle,
knee, hip, shoulder, and elbow. The upper bounds were
established based on experimentally determined maximum
isometric joint torques and a Hill-type force-velocity
relationship.

The equations of motion, derived using Kane's Method
(Kane and Levinson, 1985) and AUTOLEV® (a PC-based
dynamic system analyzer) can be written in the following
generalized form:

T
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where
€,.4 contains the coefficients of accelerations of the four
generalized coordinates
by 01> 05, @, are the accelerations of the four

generalized coordinates (boat, knee, hip, and
elbow, respectively)

A, are the sensitivities of the left hand sides to the joint
torques

Tt is the matrix of joint torques

F,,, contains the contributions to the accelerations not
dependent on the torques, i.e. boat and oar drag
forces and Coriolis and centripetal accelerations of
the rigid links.

Even if the motion of the three body configuration
generalized coordinates were specified, (1) cannot be used
in an inverse dynamic way o calculate the torques required
because there are five joint torques in (1) and the motion is
specified with only three generalized active forces.

However, inspection of the right hand side of (1) reveals that
the first row of A is identically zero. Thus, the joint torques
directly affect only the three accelerations, é,, ¢2 and ¢3
Therefore at any instant in time, three "effective” torques, T

can be written as a linear combination of the five joint
torques. Hence, (1) becomes:
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Rearranging (2) also demonstrates that it is possible to solve
for both the acceleration of the boat, ¢0 and the required T¢
if the three accelerations ¢, ¢,, and ¢, are specified, i.e. if

the three angles ¢,, ¢,, andg, {the kinematic profile) and the
cadence are known.

B =[~(Cuath + Cuthy + Cuudh) + R ]/Cy 4)
10 o Cu Cp Cy Cy 20 F, (5)
[Tj: 010 Cy Cn Cy Cy él“ Fy
0 01 Coq Cn Cu Cyu ¢7 F,
3

Although any kinematic profile can be specified, a low order
Fourier decomposition of ¢,, ¢,, andg, was used whose
amplitudes, frequencies and phases most closely
approximated the shape of an actual rowing motion. The
advantage of this approach is that accelerations for a given
shape can be calculated analytically and the cadence
(strokes per second) can be controlled by changing the
fundamental frequency. Thus, cadence can be used as an
independent contro! variable to maximize boat speed,
subject only to restrictions on the ability of the human to
generate the joint torques required.

in order o determine if T« is physiologicaily possible for a
given kinematic profile, it is desirable to calculate the bounds
for T*. Becauss the linear refationship between T* and T’ is
known through (3), it is possible to calculate bounds for T*
knowing bounds for T.. However, (3) also indicates that,
according to the signs of the entries of A, T, increases
one element of T° while simultaneously decreasing another.
A method based on the linearity of (3) was derived to
determine the value of T, that would keep all elements of
T- within their bounds. Thus, adjusting the shoulder torque
delays, until the highest possible cadence, the inability of the
joints to supply the required torques. The maximum possible
cadence for a given rowing motion shape was then
calculated by increasing the cadence gradually until one or
more of the elements of T* reached their bounds. The
resulting torque profiles and their corresponding bounds may
then be evaluated to determine if either the rowing motion or
boat/oar hardware could be modified to increase boat
velocity.

RESULTS

lllustrated in Fig. 2 and 3 is T* for the knee and hip,
respectively, and the corresponding bounds for a single
rowing stroke optimized by cadence. Typical boat and oar
parameters as well as human anthropometric and maximal
torque values were used. Torque bounds were reached at
12% of the rowing cycle for both T, and T+, at a stroke rate
of 42.25 strokes/min. T¢,,., was within its bounds and was
not a limiting factor in this rowing profile. The effective joint
torque profiles do not track those of the maximum effective
joint torque profiles. This suggests that there is considerable
opportunity for improving the impedance matching of the
man-machine interface in rowing.

DISCUSSION

This computer simulation provides a uniqus tool for studying
the effects that both human and boat/oar parameters have
on rowing performance. !t can be used to design oars and to
predict optimal cadence. For example, from Fig. 2, itis
apparent that the effective torque profile of the knee through
much of the stroke may be greatly modified to increase

cadence, possibly through changes in oar length, paddle
size, etc. Additional utility may come from the development
of novel kinematic profiles that would maximize the power
generating potential of the human. Oar and boat parameter
optimization for the current rowing motion and individual's
torque generating capabilities is also possible.
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The approach presented here represents a first
approximation toward modeling the complex
physiological/mechanical aspects of the man-boat-oar
system. improvements may attempt to impose more realistic
constraints on the path of the hand (a spherical motion
centered on the oariock) and torque bound calculation which
accounts for fatigue.
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INTRODUCTION

In biomechanical analyses of human movement, skin markers are
typically used to represent the spatial positions of segments. Skin
markers, however, may move considerably with respect to the
underlying bone, especially during fast movements, such as
running. Thus, large errors (skin movement antefact) may be
introduced as a result of this relative movement bstween skin and
underlying bone. The purpose of this paper was 10 investigate the
difference between skin and bone based segmental kinematics
during running,

Review AND THEORY

The skin movement artefact is a major source of error in routine
motion analysis studies, and this error can be expected to be much
larger than the system error of todays motion analysis systems. For
exaimple, Cappozzo et al. (1993) found that, at the thigh and shank,
the relative movement between skin markers and underlying bone
can be expected 10 be in the order of 1-2 cm during walking.

The number of studies investigaiing the skin movement artefact is
limited. Previous publications were. sither confined 1o 2-d analyses
(e.g. Lafortune et al., 1993) or slow movements (e.g. Holden et al.,
1994). In particular, there are no investigations available that
assessed the skin movement artefact during a highly dynamic
movement such as running.

PROCEDURES

Five male subjects (age 28.6 + 4.3 yrs) participated in the study.
Prior to the running trials, Hofimann bone pins (2.5mm @) were
inserted under local anesthesia into the lateral femoral and tibial
condyles, and into the lateral aspect of the calcaneus of the
subject’s right leg. Light weight aluminum triads each with three
reflective markers (appr. 6 cm apart) were attached to the
intracortical ping of the femur, tibia and calcaneus.

Six reflective skin markers were sach attached 1o the thigh and to
the shank, while three markers were glued directly to the lateral
aspect of the subject’s shoe. The skin markers were glued to small
strips of fabric which were fixed 10 the skin by double sided tape,
and additionally, the ends of the strips were secured with tape. The
thigh and shank markers were placed at standardized locations
determined by the subject’s anatomical landmarks. The first 3 thigh
markers were placed at 0, 40, and 80% of the distance between the
greater trochanter and the distal end of the lateral femoral condyle.
Similarly, the 3 other thigh markers were placed at 45, 70, 95% of
the distance between the anterior superior iliac spine and the
proximai end of the pateila. The 6 shank markers were also
arranged in two rays. The first 3 shank markers were fixed at 20,
60 and 100% of the distance bstween the proximal end of the
lateral tibial condyle and the iateral malleclus. The other three
shank markers were attached at 0, 40, and 80% of the distance
beiween the mid fibial plateau and the distal end of the libia.

In order to accommodate the calcaneus pin, the mnning shoes
(Adidas equipment cushioning) were slightly altered by removing
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the lateral part of the “Achilles tendon protector”, and also by
removing a half-ircular (r = 1.2 cm) piece of the heel cap at the
lateral part of the right shoe.

Five running trials (2.9 0.2 m/s) and one standing trial (“neutral”
position) were collected for each subject. The motion recordings
(stance phase) were performed with 3 high-speed film cameras
{LOCAM) each operating at a nominal frequency of 200 Hz. The
cameras were synchronized with the use of a threshold detector
connected to the force plate which the subject were asked 1o hit
with their right feet. The threshold detector triggered small infrared
lights mounted in front of the cameras. The lights were active
during the entire stance phase, and determined the duration of
stance phase in each film. Differences and fluctuations in camera
speed were corrected with the use of internal LED (200 Hz) lights.
A high precision calibration frame was used to determine the 11
DLT (Direct Linear Transformation) coefficients for each camera.
Additionally to the frames determining stance phase, five frames
before touch-down and five frames after take-off were digitized.
The coordinates of all markers in all three cameras were then
normalized with respect to stance phase. The coordinates of all
markers in the 3 cameras together with the DLT goefigients
allowed the determination of the 3-dimensional coordinates of the
skin arid bone markers during the running trials as well as during
the standing trial.

During the standing trial, it was arbitrarily assumed that the
segmental coordinate systems were aligned with the global
coordinate system. Generally, a similar procedure as describad in
Lafortune et al. (1992) was employed 1o caiculate the attitude
matrix between two adjacent (anatomical) segment coordinate
systems. The use of a singular value decomposition method
(Soderkvist et al., 1993) allowed to use 3 or more markers per
segment 1o obtain the coordinate transformation between a set of
markers in two different coordinate systems. For the thigh and
shank, all 6 skin markers were used for these calculations.
Cardanic angles were used fo represent the intersegmental
motions for the tibiofemoral and calcaneus-tibia motion {Grood et
al., 1983; Cole et., 1994), based on bone, skin, or shoe markers.
The Cardanic angles were filtered with a bi-directional iow-pass
Butterworth filter with a cut-off frequency of 12 Hz.

RESuLTS

Qualitatively, the running style of the subjects appeared to be
normal. In other words, psychological effects and effects due to the
local anesthesia did not appear to influence the running style.
Drring the experiments, the femur pin (foosening of the pin) had to
be removed in one subject. It was suspected that the slit cut into
the iliotibial band through which the femur pin was inseried may
have been too small in this subjects. Hence, the daia for ihe femur
and thigh cannot be used for this particular subjects.

To date, the data of one subject are available. In Fig. 1, the
tibiofemoral as well as the calcaneus-tibia motions are displayed
based on skin and bone markers. Generally, the skin and bone
based curves were very repeatable across the five trials. However,
it appeared that the skin based motions showed more variability for
the different running trials (Fig.1).



Tiblofemoral Motlon. The ad/abduction at the knee joint was
substantially different for the skin and bone markers. The skin
markers indicated an adduction movement of 10° whereas the
“rue” adduction was in all trials less then 3°. The shape of the
skin and bone marker based curves for ext/internal tibial rotation
were very similar. However, the skin based curves of the five
running trials were much more variable than the bone based knee
rotation curves. Knee flexion and extension curves for the skin
and bone markers were again very similar in shape. The
differenice between the two average curves was highest at
around 15% and 50% of stance phase, and was in the order of
8°.

Calcaneus-Tibla Motion. The skin marker based infeversion
movements at the ankle-joint-complex (AJC) overestimated the
eversion movement by more than 10°. This is a considerabie
diffierence considering the magnitude of the maximal eversion
movement. The ad/abduction movement of the AJC was rather
small for this subject and only small differences between the skin
and bone marker based kinematics were found. The
flexion/extension curves were similar, however, the skin marker
based curves showed generally higher amplitudes. The highest
differences in the order of 6° were found at around 15% and 60%
of stance phase.

DiSCUSSION

Generally, the shape of the skin and bone based curves were
similar, and it appeared that movemenis based on the skin
markers typically exceeded the “true” movements. For both the
tibiofemoral and calcaneus-tibia motion, the largest differences
were found in the rotations around the anterior-posterior axes, i.e.
ad/abduction at the tibiofemoral joint and in/eversion at the ankle
joint complex. Unexpectedly, the difference in rotations along the
proximal-distal axes (knee rotation, ab/adduction at the AJC)
between skin and bone marker based kinematics was relatively
small. However, the skin marker based curves of the single trials
showed more variability. Based on the results of this subject, it
may be speculated that a relative good estimate of rotation at the
knee and abduction at the AJC may be obtained with skin
markers when averaging over several triais.

In the present study, six skin markers were used for the thigh as
well as for the shank. The difference between skin and bone
marker based kinematics may be different when using different
skin markers or skin marker combinations. In order to find out
which thigh and shank marker placements/ arrangements are
expected to give the best estimate of femur and tibia movements,
it is planned to calculate tibiofemoral and calcaneus-tibia motion
based on different marker combinations.

The analyses of the other subjects will show if the skin movement
antefact is similar across subjects. If the differences between the
skin and bone marker based kinematics were systematic across
subjects, correction algorithms may be a powerful tool to get a
better estimate of the bone movements through the use of skin
markers.
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Figure 1: Tibiofemoral and calcaneus-tibia motion of subject #1 based
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BIOMECHANICAL PROFILES OF NEW AGAINST USED RUNNING SHOES

Ewald M. Hennig, Thomas L. Milani / Universitit-GH Essen, Germany

During running a deterioration of footwear
material occurs when shoes are exposed to
many repetitive impacts with high
mechanical loads. The protective functions
of footwear such as the restriction of rearfoot
motion and shock attenuation will change
with the number of miles, run with the shoe.
It should be expected that a good running
shoe provides adequate protection for at least
1000 km of running. The purpose of the
present study was to investigate the changes
in biomechanical variables after wearing
running shoes for a relatively short distance
of 220 km.

METHODS

L

Two identical pairs of 19 different models of
running shoes were available for this study.
While one pair of all shoe models remained
unused, 22 subjects with the same foot size
ran in the second pair a distance of 10 km.
To guarantee identical wear, each of the
subjects ran in all available running shoe
models along the same course on flat and
hilly terrain. Using this rotation scheme,
each of the shoes was worn by all subjects
on different days for a total distance of 220
km. In the subsequent biomechanical test 12
subjects ran in the 38 pairs of new and used
shoes in a single experimental session. The
sequence of footwear selection was
randomized. Five trials of rearfoot strike
running across a "Kistler 9281 B" force
platform were performed at a speed of 3.3
m/s in each of the footwear conditions. All
shoes were high quality running footwear
from internationally renowned
manufacturers. An impacter assembly served
to characterize the midsole properties of the
rearfoot constructions. A pressure
distribution unit PD-16 (Halm Inc.) with
eight discrete piezoceramic transducers was
used to record in-shoe pressures. The
measuring elements were 4 by 4 mm with a
thickness of less than 2 mm. Using adhesive
tape, the transducers were positioned at

o~
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specific anatomical locations underneath the
foot: medial and lateral heel and midfoot, the
metatarsal heads I, IIT and V, and the hallux.
Simultaneously with the recording of the
ground reaction force (GRF), acceleration
along the tibial axis was measured with a
low weight Entran accelerometer (Type
EGAX-F-25). The accelerometer was
embedded in a small piece of balsa wood. It
was fastened to the skin above the medial
aspect of the tibia, at half the distance
between medial malleolus and the medial
tibial condyle. Rearfoot motion was
measured with an electrogoniometer. A light
weight half circular metal construction with a
potentiometer was fixed at the heel counter
with its axis of rotation at the approximate
height of the subtalar joint. The movable part
of the goniometer was fixed at the lower leg
in parallel to the achilles tendon orientation.
For reference, the goniometer output of the
achilles tendon neutral position was
determined before the trials for all subjects in
the different shoe conditions. Data collection
occurred in pretrigger mode at a rate of 1
kHz per channel. A threshold of 5 N in the
vertical GRF component was set to identify
foot strike. Following an ANOV A post-hoc
comparisons were made, and significance
was accepted at p<0.05.

RESULTS AND DISCUSSION

In the table below, the averaged values across
all new and used shoes are given for the
impacter score (IMP-AC), the peak tibial
acceleration (PACC), the maximum achilles
tendon angle vs. neutral (PRON), and the peak
pressures in the lateral heel (PP-LH), the lateral
midfoot (PP-LM), and under the first metatarsal
head (PP-I) (* p<0.05, ** p<0.01). Although
the values for the impacter scores are about the
same for the new and used shoes the higher
peak tibial accelerations and the higher peak
pressure values indicate a loss of cushioning in
the used shoes.



IMP-AC (g) | PACC (g)| PRON (°)

PP-LH kPa) | PP-LM _(kPa) | PP-I (kPa)

New | 13.0 6.4 10.1

794 392 775

Used | 12.7 ns 7.0 ** 11.9 **

8§57 ** 406 ** 837 **

Peak tibial acceleration was significantly
higher in 10 footwear constructions with a
mean increase of 16.6 %. A maximum value
of 27.2% was found for one specific shoe
model. From the 19 shoe models 15 showed
significantly higher maximum pronation
values. Across these 15 models the increase
was 27.3 % with a highest value of almost
70% for one type of footwear. For this shoe
construction the achilles tendon angle was
enlarged from 10.7 degrees in the new to
17.7 degrees in the used shoe. Maximum
pronation velocity for the used shoes was
significantly higher in 8 footwear models
and significantly reduced in 2 models. The
highest increase in pronation velocity was
29.8% for one type of footwear and the
largest reduction 21.4% in another shoe
model. The reduction of 21.4% for the
maximum pronation velocity in a used shoe
appears surprising. However, for this
particular shoe construction the peak tibial
acceleration increased by 27% and the heel
pressures by more than 20%. The loss of
cushioning seems to have resulted in a
reduction of rearfoot motion velocity.

\ [~ New shoe
Used shoe after 220 km

9
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Visual inspection of the shoe demonstrated
that the midsole height in the rearfoot region
was lower for the used shoe, thus reducing
pronation (Nigg & Bahlsen, 1988). Across
all shoes, the peak plantar pressures for the
eight anatomical locations were
approximately 8% higher in the used shoes.
Generally, foot areas which are exposed to
more loading (heel and forefoot)
demonstrated higher elevations in peak
pressures for the used shoes. The figure
below shows for a selected type of footwear
a loss of shoe cushioning that is particularly
high under the heel and under the first
metatarsal head.

CONCLUSION

A relatively short running distance of 220
km resulted in substantial changes of
footwear properties for some shoe models.
Shock attenuation is reduced, plantar in-shoe
pressures become higher, and rearfoot
motion increases. For 15 out of 19 shoe
constructions an average increase of rearfoot
motion by almost 30% was determined in
this study. Because excessive rearfoot
motion has been linked to a variety of lower
extremity complaints, this deterioration of
protective function in high quality running
shoes is not acceptable.
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Finite Element Modeling of Surgical Procedures for
Refractive Correction in Human Evyes

Peter M. Pinsky, Deepak V. Datye, Shou-sung Chang
Department of Civil Engineering, Stanford University, Stanford, CA 94305-4020

INTRODUCTION

There are a variety of refractive surgical procedures
for the human cornea which alter its shape to correct re-
fractive errors. These procedures include the implanta-
tion of intrastromal devices, incising of the cornea as in
keratotomy (the most well-known being radial kerato-
tomy), and the ablation of corneal tissue as in photore-
fractive keratectomy. Mechanical modeling of such suz-
gical procedures requires tissue constitutive modeling
that is based on the ultrastructure features and prop-
erties of the tissue constituents, along with objective es-
timates of in vivo corneal mechanical properties. In this
paper we describe a constitutive model for the corneal
tissue, and a nonlinear finite element implementation
of this model suitable for simulating refractive surgical
procedures. We also describe an experimental set-up
for obtaining the in vivo values of the constitutive pa-
rameters for individual corneas. The tissue properties
obtained are, to our knowledge, the first reported values
for in vivo corneal tissue.

REVIEW AND THEORY

The human cornea is about 0.5 mm thick, and is
divided into five layers. Ninety percent of the corneal
thickness is accounted for by the stromal layer, which
consists of thousands of collageneous ribbon-like lamel-
lae placed one on top of the other and running contin-
vously from limbus to limbus. The stroma is the prin-
cipal load carrying layer of the human cornea which
resists external forces principally through the devel-
opment of tension in the collagen within individual
lamela. Accordingly, the mechanical response of the
cornea is governed by the nonlinear load-deformation
behavior of the individual lamella. The angular distri-
bution of these lamellae is more or less random. Each
lamella is composed of collagen fibrils embedded in a
jelly-like ground substance, whose shear modulus is sev-
cral orders of magnitude smailer than the longitudinal
modulus of the collagen fibrils.

In keratotomy surgical procedures very deep cuts, up
to 95% of the corneal thickness, are introduced. Such
procedures change the epithelial corneal contours by in-
ducing an anisotropy in the corneal membrane rigidity
which in turn results in a profound stress redistribu-
tion within the stroma. In an earlier work, Pinsky and

Datye [1,2] developed a membrane model for kerato-
tomy based on the premise that cut lamellae may slide
relative to adjacent uncut lamellae until they achieve a
stress-free configuration. The cut lamellae in this model
were hence unable to contribute towards the corneal
membrane rigidity. Based on geometric arguments, a
quantitative representation for the induced anisotropy
and inhomogeneity in the corneal membrane rigidity
was obtained. This constitutive model was then em-
ployed in a geometrically nonlinear finite element mem-
brane formulation.
In this paper,
dimensional finite element formulation which is an ex-
tension of the membrane model by Pinsky and Datye
[1,2] having wide applicability. We illustrate the model
with applications . to-radial keratotomy- and-for-simulat-
ing the effects of implanting intrastromal devices, such
as rings. The constitutive model is based on the as-
sumption that the corneal lamellae are orthotropic with
a free energy density function of the general form,

ithe a new nanlinasn P .
we describe a new nonlinear three-

W = k(EFDE ) (1)
where E is the Green Lagrange strain, and D is a fourth
order elasticity tensor satisfying certain isotropy condi-
tions. The constitutive model for the stroma is con-
structed from the lamella constitutive model using a
microstructurally-based averaging technique that takes
into account the effects of load transfer between adja-~
cent lamellae through the shear stiffness of the ground
substance. The resulting model is incompressible and
has high membrane and low transverse shear stiffness.
Potential locking effects in the finite element model are
avoided through the use of a mixed variationa) formu-
lation.

A number of investigators have attempted to deter-
mine in vitro tissue property parameters, e¢.g. [3]. Re-
ported values vary over a large range and have been ob-
tained by performing experiments on isolated corneal
tissues, or by conducting experiments on enucleated
eye-balls inflated to non-physiological intraocular pres-
sures. Hence these properties probably do not reflect
the true mechanical properties of in vive human corneas
and therefore may not be reliable for modeling pur-
poses. We have developed an experimental procedure
for obtaining in wivo corneal mechanical properties rel-
evant to the constitutive model in Eqn. 1. This pro-



cedure, described in the next Section, is based on ob-
taining load-contour histories for apical indentation of
the cornea in conjunction with inverse estimation using
finite element techniques. Hitherto, there have been
no measurements of the mechanical properties if the in
vivo corneal tissue.

PROCEDURE

We have developed an optomechanical testing device
which can measure the contour of a cornea deformed in
situ by a mechanical probe. The computer-controlled
instrument built to perform the indentation is capable
of three dimensional positioning, and is comprised of
a mechanical probe, a load cell, a CCD camera, and
light sources. After applying topical anesthetic on the
subject’s eye, the spherical end of the probe is pushed
against the apex of the cornea in steps, and at each step,
the corneal contour is captured by the CCD camera,
and the force exerted is measured. The geometry of
the undeformed cornea and the intraocular pressure are
measured right before the experiment, and are used for
constructing a finite element model of the individual
cornea. In the axisymmetric nonlinear finite element
model, the cornea is assumed to be fixed at the limbus,
and loaded on the bottom surface by the intraocular
pressure.

The conditions of incompressibility and transverse
isotropy result in the need to determine three inde-
pendent mechanical parameters. In this preliminary
model, we choose two of the three to be independent,
and these correspond, in the small strain limit, to the
in-plane Youngs modulus, F, and the transverse shear
modulus, . These in vivo properties are obtained by
inverse estimation. An objective function of £, and
G is first defined to measure the discrepancy between
the experimental data and the numerical simulation of
the experiment. The simulation is performed over a se-
lected range of parameters values and those values of £
and G which minimize the objective function are taken
to be best estimates of these parameters.

RESULTS AND DISCUSSION

Constitutive Parameters The indenting proce-
dures were repeated at least twice on each human sub-
ject. The inverse estimation provided unique values for
the parameters. Figure 1 shows a typical result from
the inverse estimation. Results for the in-plane Youngs
modulus ranged over 1 to 5 MPa, and the transverse
shear modulus ranged over 10 to 30 KPa, with repro-
ducibility within 15%. It is important to note that the
shear modulus is determined independently from the
Young’s modulus. In vivo measurement of the mechan-
ical properties of the cornea opens the possibility of
characterizing the cornea of individual patients and of
allowing for variations of the properties in planning a
surgical procedure.

meter

- : Finite Element Simulation
0.5 +: Exp Oata - initial load

o : Exp Data - highest load

Figure 1:

Simulation of Refractive Surgery The finite ele-
ment model was used to simulate radial keratotomy and
has provided useful data on the effects of critical param-~
eters, including number of incisions, incision depth and
length, intraocular pressure, etc. Good correspondence
was obtained between clinical findings and the numeri-
cal values predicted by the model. The model has also
been employed in investigating the effects of implant-
ing an intrastromal ring. Figure 2 shows the deformed
mesh. Results compare well with parameters measured
in the clinic.

Figure 2:
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AN ANALYTIC MODEL TO PREDICT
THE STRENGTH OF TENDON REPAIRS

J.C. Lotz, PhD, J.S. Hariharan, MD, E. Diao, MD, O. Soejima, MD
Department of Orthopedic Surgery, University of California San Francisco,
San Francisco, CA 93143-0514

INTRODUCTION

The goal of this project was to develop a simple
model for the behavior of the multi-component
suiure repair of flexor tendons, which could
predict suture load sharing and thus serve as a
basis for the design of stronger suture
techniques. We experimentally tested the
stifiness and strength of the individual
components of the tendon repair {core and
epitendinous suture) as well as that of the total
repair. We collected data and evaluated the
proposed model for two repair techniques: core
suture plus epitendinous suture with shallow
penetration (SES); and core suture plus
epitendinous suture with deep penetration
(DES).

REVIEW AND THEORY

Recent studies have demonstrated that early
active mobilization following primary tendon
repair improves tendon gliding and function1-2,
However, currently popular repair techniques do
not provide sufificient tensile strength to
withstand the forces that would be associated
with early active mobilization3. While many
suture techniques have been evaluated
experimentally in attempts to achieve greater
tensile strength, no analytic model has been
presented which could serve as a basis for the
development of improved methods. In tendon
repairs with both core and epitendinous suture
components, the uitimate ioad of the repair will
equal the sum of the load in the core stitch plus
the load in the epitendinous stitch at failure. The
strongest repair will result when both the
individual core and epitendinous sutures reach
their maximum load simultaneously. However,
stifiness imbalances inherent in current suture
techniques result in less than opiimal load
distribution between the two sutures, causing
one suture to fail before the companion stitch
has achieved its potential maximum load.

PROCEDURES

The tendon repair was modeled as two springs in
parallel, representing the core and epitendinous
sutures. These springs were in series with a
spring representing the tendon itself (Figure).

Therefore, the effective stiffness of the tendon
repair, Kiot, was represented as-

1
Kot = 73 1
{ K1* E mmsj }

where K1 is the iendon stifiness, K2 is the
spitendinous stiich stiffness, and K3 is the core
stitch stiffness. This spring model was used in
conjunction with our experimental data
(described below) to predict the stiffness and
strength for the complete suture constructs
(Kiot). To determine values for the stiffness K1,
K2, and K3, we isolated 36 flexor digitorum
superficialis tendons from 18 fresh frozen
human hands over a length of 12 cm. The distal
and proximal portions of each tendon were
separated (resulting in 72 specimens) and
placed into one of six groups. The six test
groups were: 1) tendon alone (n=12); 2)
severed tendon repaired with core stitch only (4-
0 Dermalon using the modified Kessler
technique; n=12); 3) severed tendon repaired
with superficial epitendinous suiure placement
only (SES) (6-0 Surgilene; n=10); 4) severed
tendon repaired with deep epitendinous suture
placement only (DES) (6-0 Surgilene
penetrating to half the distance to the center of
the tendon; n=10); 5) severed tendon repaired
with core plus SES (n=12); and 6) severed
tendon repaired with core plus DES (n=12). We
controlled for the length and diameter of the
tendon, the site of the repair, the distance of the
applied force from the repair, the length and
tension of the core stitch, and the number and
depth of bites of the epitendinous suture.
Further details of the SES and DES techniques
are described elsewhere?. All specimens were
distracted io faiiure at a raie of 0.33 mmvsec.,
while submerged in physiologic saline. The
specimen stifiness was calculated as the slope
of the most linear region of the resulting load-
deflection curve. .

RESULTS

The predicted stiffness and strength of the total
repair for both the SES and DES groups were
statistically equivalent fo those determined
experimentally (5.9 N/mm & 22.3 N versus 6.8
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N/mm & 21.7 N for the SES group and 10.33
N/mim & 37.2 N versus 12.9 N/mm & 38.9 N for
the DES group;Table 1). For the SES
technique, the model predicts that 65% of the
total repair failure load was carried by the
epitendinous suture, as compared to 83% for
the DES technique. The model also suggests
that the for both SES and DES, the total repair
fails when the epitendinous suture reaches its
maximum load, while the core suture is only at
50% of its capacity.

DISCUSSION

The simple analytic formulation derived using a
spring analogy accurately predicted the behavior
of both the SES and DES tendon repairs. Our
model demonstrated that for both constructs,
the epitendinous suture is stiffer and stronger
than the core suture and reaches its maximum
load at the point of construct failure. The model
also demonstrates that the core suture achieves
only 50% of its potential maximum load at the
point of construct failure. These results suggest
load sharing between parallel suture constructs
may not be optimal, and that the strength of both
the DES and SES constructs could be further
improved by increasing the stiffness of the core
suture such that it reaches its maximum load
capacity concurrent with the epitendinous
suture. Our results also demonstrate that a
model based on a simple spring analogy can
accurately represent the interaction between
suture constructs loaded “in parallel”. This
model can thus provide an objective basis for
developing predictable improvements to current
{endon repair techniques.

Table 1: Stiffness (N/mm) and Strength (N)

> K1
tendon

> K3
epi€

& core

SES
Figure: Spring Model
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Resulis
Tendon Core SES DES Full repair Full repair
(K1) (K3) (K2) (K2) experiment modsl
Stiffness  32.8 25 47 126 SES 6.8 SES 5.9
+10.1 +0.7 2.2 +3.6 +2.0
DES 12.9* DES 103
+3.3
Strength 124 145 311 ggs 217 SES 223
+2.7 +0.9 3.2 +3.6
DES 38.9% DES 37.2
+13.9

* p>0.10 by one-way t-test to model results
T p>0.60 by one-way t-test to model results



COLLAGEN CROSS-LINKING IN THE SKIN OF NORMAL AND DIABETIC FEET:

INDIRECT MEASUREMENTS US

ING LASER-INDUCED TISSUE FLUORESCENCE.

B. L. Davis, R.M. Cothren, J.T. Arendt, J.E. Perry
Department of Biomedical Engineering, Research Institute,
The Cleveland Clinic Foundation, Cleveland, OH 44195.

INTRODUCTION
In the case of diabetic patients it is generally
agreed that non-mechanical factors such as
peripheral neuropathy, dry skin and/or
vascular problems are often major
contributing causes of skin ulceration.
However, current opinion is divided as to the
principal mechanical factors leading to ulcer
formation--tissue changes, repetitive loads,
shear and pressure have been cited as being
potentially detrimental. Irrespective of the
cause, foot ulceration is a diabetic

At o I1s
complication that has been estimated to result

in $800,000,000 worth of medical expenses
per year in the United States alone A’ﬁnvm

1993),

REVIEW AND THEORY
There is evidence that in the presence of
hyperglycemia some proteins, such as
collagen-- a structural protein in the skin--can
undergo nonenzymatic glycosylation
(Brownlee et al. 1984, Monnier et al. 1984).
This process causes glucose to attach to the
protein and leads to increased cross-linking,
thereby altering the protein's structure.
Increased cross-linking is believed to
contribute to increased mechanical stiffness of
collagen containing tissues (Reiser 1991) and
to be a major contributor to many of the
complications of diabetes (Kennedy and
Baynes 1984). In addition to highly cross-
linked tissues being more rigid, they are more
resistant to enzymatic digestion by collagenase
(Reiser, 1991). This can result in greater
callus buildup which also increases the risk of
ulceration. Spectroscopic fluorescence
techniques can be used to detect the presence
of cross-linked proteins (Brownlee et al. 1984)

and studies utilizing these methods have
shown that diabetic skin tissue has increased
fluorescence relative to non-diabetic tissue
(Monnier et al. 1984). In all of these studies,
results were based on the analyses of tissue
acquired from cadavers or from skin biopsies.

PROCEDURES
Tissue autofluorescence techniques have been
primarily used to detect cancer, dysplasia or
atherosclerosis. In this study these techniques
were adapted to study differences in the
fluorescence spectra of three groups of
subjects: 7 non-diabetic (i.e., control), 9
neuropathic diabetic (NP) and 9 non-
neuropathic diabetic (NNP) patients.

The skin on the plantar surface of the foot and
on the forearm was excited (to a depth of
about 300um) with weak ultraviolet light from
a nitrogen-pumped dye laser. The
autofluorescence spectra were obtained using
an optical multichanne] analyzer and quantified
with a 12-bit A/D board that was interfaced
with an IBM-compatible computer. The
primary variable of interest was the area under
the spectrum. This is related to the total
fluorescence energy, and therefore the extent
(or amount) of cross-linking.

RESULTS
The area under the fluorescence spectrum was
significantly greater for neuropathic diabetic
patients (p < 0.01) compared to control or
non-neuropathic patients (Figure 1). Actual
mean scores for the three groups were in the
proportion 99 : 140 : 108 for controls, NP and
NNP, respectively.
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In addition to patient category, skin region
also significantly affected the area under the
fluorescence spectrum. The metatarsal head
region had significantly higher total
fluorescence than the arch of the foot, which in
turn had a significantly greater "area"
measurement than the skin of the forearm (p <
0.001). There were no significant differences
between the skin's total fluorescence at the
hallux and metatarsal head regions (Figure 2).

300 350 400 450 500 550 600 650 700

wavelangth (nm)

Figure 1. Fluorescence spectra for three
groups of patients: Control (C), Non-
neuropathic (NNP) and Neuropathic (NP)
diabetic patients.

180 1

Area under spectrum

Arch MTH Toe

Forearm

Figure 2. Area under fluorescence spectra for
four regions of the body (averaged across
patient groups).

DISCUSSION
While these data suggest that diabetes affects
weightbearing skin differently than non-
weightbearing skin in terms of total
fluorescence, the finding of greatest
importance is that neuropathic diabetic skin
has a greater area under the fluorescence
spectrum. This implies that neuropathic skin 1s
almost certainly stiffer than skin from either
non-neuropathic or control patients.

It is conceivable that patients with a stiffer
epidermis on the plantar surface of the foot
could experience deleterious stresses at the
interface between the stiff outer layer and the
relatively "softer" inner connective tissue. For
instance, it is known that delamination can
occur in polyethylene knee implants that have
been surface hardened (Schmotzer, 1992). It
is also known that certain diabetic ulcers
initiate a few millimeters beneath the plantar
skin surface (Delbridge et al., 1985). While
the link between tissue stiffness gradients and
foot ulceration needs further investigation, the
conclusion of the present study is that laser-
induced tissue fluorescence is a non-invasive,
quick and painless method for assessing
collagen cross-linking in the epidermis of
diabetic patients.
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THE MECHANICAL BEHAVIOR OF HUMAN LUMBAR DISCS
WITH NUCLEUS VOLUME VARIATIONS
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Department of Bicengineering, Clemson University, Clemson, SC 29634
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INTRODUCTION

The intervertebral disc shows a loss of nucleus volume
after a day's activity, with disc degeneration or
herniation and after certain clinical treatments such as
discectomy and chemonucleolysis. This nucleus volume
loss will initiate changes in the mechanical behavior,
and may influence the normal functioning of the
intervertebral disc. To add insight to this problem, we
developed a 3D finite element model of the L2-1.3 lumbar
intervertebral disc, both intact and with a nucleus volume
loss, to determine the roles of the disc components in its
mechanical behavior. We propose that a loss of nucleus
volume may significantly affect the mechanical behavior
of the disc and cause stress redistribution in disc
components.

REVIEW AND THEORY

A Joss in nucleus volume due to fluid flow during diurnal
activities causes a decrease in disc height and affects disc
stifinesses (Botsford et al. 1994; Adams et al. 1990).
The loss of disc materials caused by clinical treatments
such as chemonucleolysis and discectomy may also
significantly decrease the disc height and intradiscal
pressure (Brinckmann et al. 1991; Konings et al. 1984)
and influence the mechanical properties of disc (Goel et
al. 1986). Shirazi-Adl (1992) simulated the gains and
losses in nucleus content using a 3D finite element
model and showed that volume change had a significant
effect on the forces of facets and anular fibers. However,
the simulated volume loss (12%) was small as compared
to the daily volume change of 21% (Botsford et al. 1994)
and the change in disc bulging behavior was not
emphasized. Therefore, the purpose of this study was to
study the changes in the load transfer mechanism and
disc bulging behavior of the lumbar intervertebral disc
after a loss in nucleus fluid content or in disc material.

PROCEDURES

A 3D finite element model of human lumbar motion
segment L.2-L3 with posterior elements (ligaments and
facet joints) was developed from Computer Tomography
(CT) scans of a fresh cadaveric lumbar spine. The FE code
PATRAN was used for reconstructing the geometry and
generating the FE mesh, and ABAQUS v.5.3 was used for
processing and post-processing. The details of the model
have been presented in a previous article (Lu, et al.
1995). In brief, the disc height was 8 mm. The cross
sectional area was 13 cm? and 38% of it was the nucleus
pulposus. The anulus fibrosus was simulated as a
composite material of homogenous ground substance
reinforced by collagen fibers (modeled by cable
elements) with fiber volume fraction ranging from 5% in
the innermost layer to 23% in the outermost layer. The
endplates were 1 mm thick. The nucleus pulposus was
simulated by 3D hydrostatic fluid elements. Loss of
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nucleus volume was simulated by applying an outward
flux to the nucleus cavity in increments. Two procedures
were employed: 1) a constant axial force of 1000 N was
applied to the top surface of L2 to simulate the force
acting on the lumbar disc in erect standing. Then, 22% of
the total nucleus volume (900 mm3) was removed in six
increments. This procedure simulates diurnal volume
change in the disc; 2) to simulate a loss of nucleus
volume due to clinical treatments, 20% of the total
nucleus was first removed. Then an axial compressive
displacement up to 3.2 mm was gradually applied to the
top surface of 1.2,

RESULTS

Intradiscal pressure and disc height were found to
decrease significantly as a result of the nucleus volume
loss. With a decrease in nucleus volume under a constant
axial force of 1000 N, the radial disc bulge at
posterolateral and posterior anulus sites became smaller,
but increased slightly at the peripheral anterior and
lateral sites. At the innermost anulus layer, the radial
bulge decrease linearly and eventnally bulged inwards
(Figure 1). Compared with the intact disc, the disc with a
volume loss of 20% did not show significant increase in
radial disc bulge (less than 0.3 mm) (Figure 2). Nucleus
volume loss also resulted in changes in the tensile stress
in anulus fibers under a constant axial force of 1000 N
(Figure 3). The tensile stresses increased moderately in
both anterior and lateral peripheral fibers but dropped
sharply in posterolateral and posterior fibers. The
increase in tensile stress correlated well with the increase
in radial disc bulge at the corresponding sites. After a
loss of nucleus volume, the force transmitted through the
outer region of the inferior endplate (corresponding to
the area under the anulus fibrosus) increased while the
force through central region (the area under the nucleus
pulposus) decreased due to the drop in intradiscal pressure
(Figure 4).

DISCUSSION

In a normal disc, the nucleus pulposus of lumbar discs
carries a substantial portion of the applied load by
generating an intradiscal pressure, which in turn,
stretches the surrounding anular fibers to resist radial
disc bulge (Shirazi-Adl 1992). With a loss in nucleus
volume, the load-transfer capacity of the nucleus is
compromised. Therefore, the question that arises is: is
the anulus able to compensate for the load-transfer
capacity loss and maintain a functioning disc?

The results from this study show that at a loss of 20% of
nucleus volume, the lumbar intervertebral disc can still
carry an axial force up to 4500 N without significant
increase in radial disc bulge at anterior, lateral,
posterolateral and posterior anulus periphery as
compared to the intact disc (Figure 2). The stress



redistribution between nucleus pulposus, anulus, and
anular fibers occur due to the reduced or diminished
intradiscal pressure after a loss of nucleus volume. As the
load transmitted through nucleus decreases, the anulus
wall will take the applied compressive load by itseif but
at a mild increase in radial bulge on the disc periphery.
This seems to occur mainly at the thicker anulus portion
i.e. anterior and lateral parts in the current model because
the thinner anulus wall tends to be more compliant in
compression (Figure 4). Collagen fibers no longer play a
role in resisting axial compression. But the peripheral
anular fibers still sustain tensile stress due to the mild
increase in radial disc bulge. Even when the compressive
load supported by the anulus increases significantly, no
instability of anulus wall was seen at a loss of nucleus
volume up to 22%. Thus, the anulus is able to effectively
resist compression after the load-bearing capacity of
nucleus is damaged. These results are supported by an
experimental observation (Markolf et al. 1974) that the
anular wall after complete removal of all of the nucleus
exhibited near-normal compressive stiffness.

Radial disc bulge following a nucleus volume loss
increased at all sites in the periphery except in the
posterior periphery when the applied axial force was
below 2000 N (Figure 2). This agrees with a mild
increase in radial disc bulge following chemonucleolysis
confirmed from CT scans by Konings et al. (1984). This
tends to suggest that the reduction in nerve root
compression as a result of chymopapain injection may
not come from a decrease in posterior disc bulge (as
suggested by Kim et al. 1988) but may be more likely to
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come from the direct softening or dissolution of the
extruded disc material (Krempen et al. 1975) or from
localized disc bulge reduction at an injured region where a
small section of the protruded anular wall compresses a
nerve root.

In summary, the anulus was able to maintain a near-
normal mechanical behavior intervertebral disc under
compression by transmitting a high compressive load
without significant increase in radial bulge following a
loss of nucleus volume up to 20%.
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CHANGES IN CIRCUMFERENTIAL STRAIN GRADIENTS DURING
LOCOMOTION
Stefan Judex, Ted S.Gross, Ronald F. Zernicke
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University of Calgary, T2N 4N, Calgary, Alberta, Canada

INTRODUCTION

In vivo strains were recorded from the
tarsometatarsus bone (TMT) in mature roosters
during treadmill locomotion. The distribution of
longitudinal normal strains acting on the midshaft
cross-section and the circumferential strain gradients
generated by this environment were determined using
beam theory. In this study, we attempt to identify
changes in these parameters induced by elevated
locomotion speed. As bone is extremely sensitive to
its mechanical environment, we anticipate that
alterations in these mechanical stimuli will allow us
to predict sites of adaptation engendered by an
exercise regimen.

REVIEW AND THEORY

Bone is a highly dynamic tissue, and it is commonly
accepted that the addition or deletion of mechanical
stimuli induces rapid and substantial changes in its
morphology. Nevertheless, the specific parameter
responsible for controlling adaptation has not been
identified. Numerous mechanical parameters have
been proposed, including, but not limited to, strain
magnitude (Rubin et al., 1985), frequency (McLeod
et al., in press), rate (Goldstein et al., 1991), and
history (Carter, 1987). Recently, Gross and
colleagues (1994) applied exogenous loads to
isolated turkey radii and found that the sites of new
bone formation correlated highly with the
circumferential strain gradient of longitudinal normal
strain. As this parameter was validated by its ability
to predict adaptation under alternate loading
conditions, the authors proposed that it was related to
the process by which cells sense their mechanical
environment, Although the hypothesis of
circumferential strain gradients promoting bone
formation is contrary to the premise that new bone is
laid down primarily at sites subjected to the largest
strains, strain gradients are proportional to fluid flow
within the bone, and may therefore induce a number
of physiologically relevant processes such as fluid
shear and streaming potentials. Here, we determine
the gradients induced during normal locomotion, and
identify any alterations in these stimuli induced by
elevated locomotion speed.
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PROCEDURES

Three miniature triple rosette strain gages were
attached with cyanoacrylate to the medial, anterior,
and lateral aspects of the left diaphyseal TMT-
midshaft in three mature White Leghorn roosters (40
wk old). After a 24-hour post-operative recovery
period, strains were recorded while the roosters
“walked” (0.51 m/s) and “ran” (1.66 m/s) on a
treadmill. Data were sampled at 200 Hz for 10 s.
Using linear beam theory, the distribution of
longitudinal normal strain acting on the midshaft
cross-section was determined. The cortex was then
divided into 12 equal angle pie sectors with the cross-

sectional center of mass as an origin (see inset Fig.2).
The circumferential strain gradient within each sector
was calculated as the difference between the normal
strains on the periosteal surface of either border of
each sector normalized to the linear distance between

these points.
RESULTS

The position and orientation of the neutral axis varied
little during the stance phase of each gait, and was
similar across animals (< 20°).
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Figure 1. Distribution of peak longitudinal normal strain
across the mid-diaphyseal TMT cross-section in a
representative rooster walking at a speed of 0.51 m/s. The
neuiral axis is dashed with strain isopleths parallel to it,
Compressive strains are negative, and tensile strains are
positive.

The neutral axis spanned the medial/posterior and
anterio/lateral cortices (Fig.1). In addition, the
magnitude of the peak compressive strain was similar



across speeds (0.51 m/s: -1466+133 pg; 1.6 m/s: -
156633 pe). Peak tensile strains were also
consistent across speeds (0.51 m/s: 1033+£16.7 pe;
1.6 m/s: 1050£29 pe).
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Figure 2. Circumferential strain gradient distribution of
longitudinal normal strain (mean+S.E.) across a mid-
diaphyseal transverse section (0.51 m/s). Sector numbers
correspond fo the cross-sectional sectors in the inset. Sectors
with high strain gradients are located near the neutral axis.

Strain gradient distributions generated during stance-
phase were similar between treadmill speeds, with
largest gradients found on the medial and lateral
cortices (Fig.2). However, when strain gradients
generated during the swing phase were taken into
account (i.e., maximum range of gradients during the
entire gait cycle), increased treadmill speed was
found to significantly elevate strain gradients in those
sectors already demonstrating large magnitude
gradients. (Fig.3)
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Figure 3. The mean increase +S.E. in total circumferential
strain gradients between a low (0.51 m/s) and a higher speed
(1.66 m/s). The six sectors with the highest strain gradients
(e.g., sector 0,5,6,9-11; Fig.2) were grouped as “high strain-
gradient sectors,” while the remaining six were grouped as
“low strain-gradient sectors.” Strain gradients within the high
strain gradient sectors were significantly (P<0.05) increased
by lecomotion speed.
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DISCUSSION

We found that despite a three-fold increase in
locomotor speed, peak normal strains and the
location of the neutral axis did not vary. Since
normal strain distributions were determined across
the midshaft cross-section, sites of peak strain were
calculated without assumptions of the manner in
which the bone was loaded. These observations are,
therefore, not limited to the sites of strain gage
attachment. /n vivo circumferential strain gradients
were found to be non-uniform and similar in
distribution across locomotor speeds (i.e., locations
of the largest gradients were maintained across
speeds). This extremely stable strain environment
may be one explanation for the minimal adaptation
demonstrated in previous exercise studies (Loitz et
al. 1992).

As increased speed elevated the range of strain
gradients at specific sites, we would predict that, if
these stimuli are of sufficient physiologic magnitude,
sites of new bone formation induced by exercise
would be focused here. Currently, we are
investigating whether modified exercise regimens
(e.g., uphill running) more substantially elevate these
gradients and thus provide a larger stimulus for
adaptation.
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Nonlinear Radial Tensile Properties of the Lumbar Annulus Fibrosus:
Effect of Site and Disc Degeneration
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INTRODUCTION

Disc disruption has historically been attributed to
acute traumatic loads of a magnitude sufficient to
produce sudden tensile failure of the collagen
fibers of the annulus. Yet, the observation that
the annulus often displays circumferential clefts
suggests that disruption of the annulus may be
the result of failure of the matrix between lamella
rather than the collagen fibers.! In support of
this, significant radial stresses have been
predicted within the annulus during flexion and
subsequent to a reduction of nuclear pressure.?

REVIEW AND THEORY

We previously reported the ultimate stress,
elastic modulus and ultimate strain of radially
oriented annular specimens as a function of
radial and circumferential location.3 The elastic
modulus that we reporied was calculated from
the iinear region of the stress strain curve.
However, the predicted annular radial strain in-
situ is near 50%, where the radial stress-strain

relationship is nonlinear.2

The purpose of this study is to determine the
nonlinear tensile behavior of radially oriented
annular specimens to provide the needed data
for accurate modeling of this tissue. In addition,
the effect of site and degree of degeneration on
the tensile properties is also investigated.

PROCEDURES

Tensile test: Eight intervertebral discs were
harvested from fresh-frozen human lumbar
spines. All discs were examined macroscopically
and the degree of degeneration was assessed
according to the Thompson grading scheme.4
We prepared 145 rectanguiar specimens from
the following six annular regions -~ Anterior
Outer: AO (23); Anterior Middle: AM (27);
Anterior Inner: Al (27); Postero-lateral outer;: PO
(20); Postero-lateral Middle: PM (29); Postero-
lateral Inner: Pl (19). These specimens were cut
parallel to the anatomic horizontal plane into 1
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mm thick slices using a vibratome (Micro-Cut,
H1200). Subsequenily, the specimens were
cut to a width of 3.2 mm using a precision die.
The long dimension of the rectangular
specimens was oriented in the anatomic radial
direction, perpendicular to the annular lamina.
The ends of each rectangular specimen were
attached to a sandpaper frame using
cyanoactrylate adhesive to facilitate easy transfer
to the materials testing grips. The testing
protocol consisted of submersion in 0.15M NaCl
at room temperature, preconditioning with five
cycles of tension to 0.5 N at 0.4 Hz, and
distraction to failure at a rate of 1.2 mm/min.
(0.4% strain/sec.). The applied load was
measured using a precision force transducer
(Sensotec, Model 31), and the specimen
deformation was measured as the grip travel
using the testing system LVDT. Stress and
strain were calculated based on the initial
undeformed dimensions.

Curve fitting: Typical stress-strain curves
demonstrated an initiai nonlinear (toe) region
followed by a linear region. Therefore, the
exponential function

o=A{exp (Be)-1),
was chosen to fit the stress-strain data.’
The slope of this function was

do/de=Bo+AB.
and hence parameter B represented the rate of
change of the elastic modulus with respect to
stress, and the parameter AB represented the
initial modulus. The elastic modulus was
calculated as the slope of the stress-strain curve
at 70% of the failure strain.
Mean values of these parameters for each
specimen group were compared statistically by
3-way analysis of variance.

RESULTS

For all parameters, there were no significant
differences between anterior and postero-lateral
regions(Table1). However, statistically
significant differences were noted between
some parameters at different radial positions.



The initial modulus(AB) is similar at all 3 sites,
however, in the middle specimens, the
parameter, B, was significantly greater than inner
and outer specimens. Consequently, the elastic
modulus of outer specimens was significantly
smaller than that of the other groups (Table 2). In
addition, significant differences were noted
between Grade 1 and Grade 2 specimens. While
the elastic modulii were similar, the initial
modulus(AB) was significantly smaller and the
rate of change of the modulus(B) was
significantly greater for the Grade 1 specimens
compared to those of Grade 2 (Table 3, Fig.1).

Table 1. Region specific radial tensile properties of annulus
Region
MeantS.E Mean Anterior _ Postero-lateral
Modulus (MPa) 0471002 050t004  0.4310.03
AB(MPa) 0.214+0.02 02240.03 0.1840.02
B8 2.3640.12 2.5040.18 219+0.15

Table 2. Site specific radial tensi|se properties of annulus
ite
MeantS.E. Outer Middie inner
Modulus (MPa)*0.3510.04 0.5240.04 0.4410.04
AB(MPa) 0193002 0231003  020+0.02
B** 1.7640.16 2974023 2.1710.14
*Inner>Outer, Middie>Outer, p=0.009
**Inner>Quter, Middle>Outer, p=0.03

Table3. Grade specific radial tensile properties of annulus

MeantS.E. Grade 1 Grade 2
Modulus (MPa) 0.4610.03 0.47+0.04
AB(MPaS*** 0.16+001 0284003
B 2674017 1,.9410.14

***Grade 1< Grade 2, p=0.0001
****Grade 1> Grade 2, p=0.01

DISCUSSION

The results of our study suggest differences in
the nonlinear radial properties of the annulus
that are dependent on both radial position and
degree of degeneration. Though both Grade 1
and Grade 2 discs were of similar stiffness in the
linear region, Grade 2 discs were significantly
stiffer at lower strains which resulted in higher
stresses at higher strains.

Disc degeneration causes significant
biochemical and biomechanical changes. For
example, Thompson et al. reported a threefold
decrease in proteoglycan concentration
occurred between Grade 1 and Grade 2 discs in
the nucleus pulposus.® In addition, Uemura et
al. reported that the capacity to retain water in the
nucleus pulposus was reduced as the degree of
disc degeneration advanced.’ Despite these
nuclear biochemical and biomechanical findings,
there has been little data reported for the effect
of disc grade on the biomechanical properties of
annular tissue. Further work is needed to
establish whether the nonlinear tensile
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properties of radially oriented specimens we
report here are correlated with tissue
biochemistry.

Our results suggest that the mechanical
propetties of the annulus fibrosus start to
change at an early stage of disc degeneration.
These findings have important implications
toward understanding the pathomechanics of
disc disruption and the development of
circumferential clefts in the degenerated disc.
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Fig.1. Average stress-strain curves
(mean+SEM) for radially oriented
annular specimens.
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THE MOTOR CONTROL OF STEPPING RESPONSES TO POSTURAL PERTURBATIONS

M.R. Carhart and G.T. Yamaguchi

Whitaker Center for Neuromechanical Control
and Department of Chemical, Bio and Materials Engineering
Arizona State University, Tempe, AZ 85287-6006

INTRODUCTION

In this study, perturbation induced stepping responses
are examined for the characteristic kinetic, kinematic,
and muscle activation patterns that have been reported
previously for voluntary gait initiation. The motivation
for this study is to determine how normals, subjected to
large and unexpected perturbations, effect a step to
maintain equilibrium. These responses will provide
insight into the feasibility of providing paraplegics,
standing via functional neuromuscular stimulation
(FNS), with the ability react to perturbations.

REVIEW AND THEORY

While a number of studies have examined postural
responses of man to small perturbations of standing, the
process of equilibrium maintenance when "ankle" or
"hip" strategies are insufficient is not clearly understood.
It has been suggested that stepping responses to large
postural perturbations consist of an initial unsuccessful
ankle sway strategy followed by the initiation of a step or
steps (Horak er al., 1986; Maki et al., 1993). However,
such a superposition of the response strategies has yet to
be demonstrated. Considerable data exist concerning
anticipatory postural adjustments and temporal and
synergistic behavior of the prime movers during gait
initiation (Breniere et al., 1987; Crenna et al., 1991;
Herman ez al., 1973). However, whether these patterns
are evident in stepping responses to postural
perturbations has not been investigated. Accordingly,
the goal of this study is to examine stepping responses to
postural perturbations for: (i) the anticipatory postural
adjustments commonly observed in gait initiation
(specifically, a shift in center of pressure toward the
initial swing limb), and (ii) evidence of synergistic
patterns of muscle activations driving the stepping
motions.

PROCEDURES

Seven healthy adult male subjects participated in this
study. Subjects stood in the center of the force sensing
area, with their feet comfortably spaced and one foot on
each of two Bertec (40x80 cm) six-component force
platforms. Tracings of the feet were made to ensure
consistent initial stance position across trials. Variable
amplitude anterior waist-level perturbations were applied
via an electro-pneumatic perturbation system. This
system, illustrated in Figure 1, consisted of: (i) a belt
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secured over the subject's anterior superior iliac spines,
(ii) an adjustable length cable and pulley system that
connected to the belt anteriorly, (iii) a remotely
controlled pneumatic actuator, and (iv) a tensile loadcell
to measure the perturbation force. Five distinct levels of
perturbation amplitude, ranging from 'small' to large’,
were administered without precue information by
randomly fixing the stroke length of the pneumatic
cylinder at one of five levels: 1.2", 2.4", 3.6", 4.8", or6".
The magnitude of the 'large’ perturbation was selected,
based on a pilot study, to represent a significant postural
challenge (i.e., one that required a stepping response to
prevent falling). Subjects were instructed that they
would be pulled randomly and should simply avoid
falling. Each subject was perturbed three times at each
of the five perturbation amplitudes for a total 15 trials
per subject.

Bilateral surface EMG was collected from the medial
gastrocnemius, tibialis anterior, vastus lateralis, rectus
femoris, and biceps femoris. Raw signals were digitally
recorded at 1000 Hz and stored for off line analysis.
Burst parameters were determined as follows: (i) 'on' and
'off' times were determined through visual inspection, (ii)
iniensity was calculated as the area under the channel
linear envelope over the 'on/off period, and (iii) centroid
was calculated as the time corresponding to 1/2 of the
burst intensity. Three-dimensional body segment
kinematics were measured using spherical reflective
markers (three per rigid-body-segment) and a four
camera, 60Hz Motion Analysis system. Force plate and
perturbation force data were digitally sampled at 180 Hz
and stored for off line analysis.

{ Belt Cable

<@~ Pulley

@g Tensile
T Loadcell

Force Platforms = lglelx.m:jaﬁc
ylinder

Figure 1: Illustration of the experimental apparatus.



RESULTS

Perturbation induced stepping was observed in 60% of
the trials. As indicated in Table 1, subjects responded
primarily with a "feet-in-place” response strategy when
pulled at small perturbation amplitudes and adopted a
stepping strategy when subjected to the larger
perturbation amplitudes.

For the step trials, step onset time (defined as the time
from perturbation onset to toe off) was 573 & 173 ms.
Additionally, a lateral shift of the center of pressure
toward the initial swing limb (exceeding 10 percent of
the base of support width) was observed in 94% of these
trials. This lateral shift had an onset time of 204 + 56 ms
after perturbation onset and a maximum value of 30+
1.7 cm. For the non-step trials, a similar lateral shift of
the center of pressure toward the preferred swing limb
was observed in 86% of trials, occurring at 228 + 82 ms.

Table 1: Occurrence of Stepping Response.

Perturbation #of "No Step” # of "Step”
Amplitude Responses Responses
1.2" 19 2
2.4" 16 5
3.6" 7 14
48" 0 21
6.0" 0 21

For the step trials, normalized swing limb heel velocity
profiles exhibited striking similarity within and across
subjects, and a near zero foot velocity at heel contact
(see Figure 2). Likewise, similar temporal patterns of
activation of the swing side gastrocnemius, tibialis
anterior, and rectus femoris muscles were observed
within and across subjects. Burst onset, centroid, and off
times for each of these muscles were strongly correlated
with toe off time (see Table 2).

Table 2. Pearson's correlation coefficients between toe
off time and muscle onset, centroid, and off times.

Onset Centroid Off

Gastroc. 0.86 0.94 0.95

Tib. Ant. 0.97 0.97 0.93
Rec. Fem. 0.96 0.98 097
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Figure 2: Normalized heel velocity profiles for all 63
stepping trials. Time normalization is over the period
from step onset (defined as onset of swing limb hip and
knee flexion) to heel contact; velocity is normalized by
peak value.

DISCUSSION

The center of pressure results for the both the step and
non-step trials indicate a similar low-latency lateral shifi
in center of pressure toward the preferred swing leg.
This shift, commonly observed in the initiation of gait, is
believed to represent preparation for stepping in that it
generates necessary postural and dynamic conditions for
the lateral progression of the center of mass toward the
stance leg (Breniere et al., 1987; Maki er al., 1993).
Taken together, the short latency of this shift and its
presence in both the step and non-step responses

suggest that preparation for stepping is embedded in (or
is executed in parallel with) the early "automatic"
postural response.

While the absolute timing of the step responses observed
in this study was highly variable, relative timing of the
swing limb muscle activations and foot trajectory
profiles were consistent within and across subjects.
These results suggest that the swing limb dynamics are
governed by an underlying synergy of muscle activations
that can be scaled to accommodate the speed and
amplitude of the stepping movement (i.e., a motor
program).
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INTRODUCTION

We studied how anticipatory postural adjustments
(ADA) changed with respect to predictability of
postural perturbations and the magnitude of a
motor action by the subject that induced the
perturbation. Subjects stood on a platform and hold
a balloon with a load in extended arms. The
unloading was induced either by bilateral shoulder
abduction movement, or by popping the balloon
with a tack attached to the subject's middle finger,
or by popping the balloon by the experimenter,
ADA were observed during all self-triggered
perturbations. They were larger in series with
shoulder movements. We conclude that a voluntary
motor act is a necessary and sufficient factor for
ADA while, in unusual conditions, ADA
magnitude may scale with respect to the magni
of the motor act rather than of the expected
perturbation.

REVIEW AND THEORY

When a task to perform a fast, focal voluntary
movement coexists with a task (o maintain
equilibrium in the field of gravity or posture of a
limb, feed-forward adjustments in the activity of
apparently postural muscles are used to counteract
the expected perturbing forces (ADA; for a review
see Massion, 1992). Several studies used non-
graded postural perturbations triggered by a
voluntary movement. These experiments involved
a postural task performed by one arm and an action
by the other arm that could bring about a postural
perturbation (Dufosse et al., 1985; Paulignan et al.,
1989; Struppler et al., 1994). In particular, these
studies raised a basic question related to the
relative importance of predictability of a
perturbation and a major motor action used to
trigger the perturbation. Their preliminary
conclusion was that only major movements,
involving proximal muscles, are associated with
ADA. We have decided to use the smallest possible
finger movement Lo trigger postural perturbations
in standing subjects, to quantify anticipatory
changes in the muscle activity and displacements of
the center of pressure, and to answer the basic

59

question: [s predictability of a self-inflicted

i N in in fficient for
ADA?
PROCEDURES

Subjects (n = 7) stood on a force platform and hoid
a 2.2 kg load or a balloon with the load suspended
on a short, rigid cord in extended arms. In different
series, they were required to release the load either
by a low-amplitude, quick bilateral shoulder
abduction or by touching the balloon with a tack
taped to their right middle finger. In another series,
the balloon was popped by the experimenter either
unexpectedly for the subject or while the subject
waitched how the experimenter did it.
Electromyograms of rectus abdominis (RA),
erector spinae (ES), rectus femoris (RF), biceps
femoris (BF), tibialis anterior (TA), and soleus
(SOL) were recorded. An accelerometer was taped
to the left palm and used for trial alignment.
Displacements of the center of pressure (ACP) and
EMG integrals within certain time intervals were
calculated using averaged records.

RESULTS

ADA were seen in all three series when the
unloading was induced by the subject. They
represented a forward displacement of the center of
pressure (ACP), an inhibition of the background
EMG activity in ES, BF, and SOL, and an increase
in the activity of RA, RF, and TA (Fig. 1). These
effects were smaller in the series when the subjects
popped the balloon with the tack as compared to
the series with bilateral shoulder abduction
movements. ADA were not seen in series when the
balloon was popped by the experimenter, both
when the subject's eyes were closed and when the
subject watched how the experimenter touched the
balloon with the tack.
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Figure 1

Anticipatory shifts of the center of pressure
(ACP) and changes in the background EMG activity of
postural muscles in experimental series with dropping
the Joad with shoulder movement (Ser.1), dropping the
balloon (Ser.2), popping the balloon by the subject
(Ser.3), and popping the bailoon by the experimenter
(Ser.4). Statistically significant changes are shown by *.

DISCUSSION

Our findings let us formulate the following two
major hypotheses related to the generation of
anticipatory postural adjustments:

1). Self-initiation of a postural perturbation by a
motor action is necessary and sufficient for the
generation of an anticipatory postural reaction; and
2). The magnitude of an anticipatory postural
adjustment is, to a large extent, determined by the
magnitude of the voluntary motor action used to
bring about the perturbation.

We suggest that postural adjustients may
constitute an inherent part of a motor command
generated by a hypothetical controller which is
later transformed giving rise to commands to
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individual joints, jj(t). Classification of the joints
into "focal” and "postural” may be done by the
experimenters but not by the central nervous
system. According to this scheme, one may expect
commands to apparently postural joints to be
closely tied to commands to apparently focal joints.
Thus, anticipatory postural adjustments are not an
addition to 2 "voluntary motor command” but an
inherent component of this command. This scheme
suggests the possibility of a close relation between
the magnitude of anticipatory postural adjustments
and the magnitude of a motor action that triggers a
postural perturbation, if the same transformation
process is used. Note that the actions by the
subjects, by themselves, did not endanger
equilibrium. Postural perturbations resulted from a
contextual interaction of the focal voluntary
movements with the load. Dropping a load is
apparently a rather common action and, as such, it
did not present a tough task for the subject's central
nervous system. Popping the balloon is apparently
an action that is rather uncormunon., Its effects may
be compared to the rebound experienced during
rifle shooting. In such cases, apparently, the central
nervous system does not have in stock an
appropriate transformation of x(t) into j;(v), and
scales the adjustments with respect to the
characteristics of the voluntary movement using an
available, albeit inadequate transformation. We
may only speculate that prolonged practice would
have probably brought about an increase in the
magnitude of postural adjustments {0 an
appropriate level, just as it happens in experienced
marksmen who do not show major postural
perturbation during shooting (cf. Belenkiy et al,,
1967).
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INTRODUCTION

Investigators have identified two distinct strategies,
termed ankle and hip strategies, used in human pos-
ture. Testing and rehabilitation programs have been
developed, based on these findings, to train patients
with poor balance. Unfortunately, little is known about
how training should be directed for specific diseases
or deficits. Though specific conditions are known to
trigger particular strategies when responding to a
postural disturbance, these findings do not describe
the relative stability of these strategies. However, the
field of control theory offers numerous methods for
assessing performance and stability. Application of
these methods to study of posture control may help
describe the relative merits of the two strategies, and
result in improved postural rehabilitation programs.
This abstract compares the two strategies with re-
spect to avoidance of stepping, speed of stabilization,
and tolerance to time delays such as neural conduc-
tion time.

REVIEW AND THECRY

Standing human subjects, when perturbed by back-
wards translation of the suppoit surface, tend io re-
spond with one or a combination of two strategies
(Horak & Nashner, 1986). Small disturbances typically
result in movement predominantly about the ankles
(the ankle strategy), keeping the other joints nearly
motionless. Larger disturbances tend to result in
combined motion about the ankles and hips in oppo-
site directions (the hip strategy), keeping the knees
nearly motionless. An analysis of the mechanics of
the ankle and hip strategies predicted that the hip
strategy is more effective at stabilizing the body
against large disturbances if the feet are to remain flat
on the ground (Kuo & Zajac, 1993). Moreover, the hip
strategy can produce far larger accelerations of the
center of mass, making it particularly effective for
countering large disturbances. These larger accelera-
tions may also make the hip strategy a faster means
of bringing the body to the upright position. To test
this possibility, it is necessary to construct a mode! of
feedback control of balance.

PROCEDURES

Optimal control techniques were used to develop a
simple full-state feedback control mode! of human
balance (Kuo, 1995). The feedback gains were
parametrized by two values. The first parameter de-
scribes response magnitude, and scales the overall
gains. This parameter is also proportional to the
maximum acceleration of the center of mass. It is pre-
sumed that the human can scale a postural response
based on either desired response quickness, or to
counter disturbances of different magnitudes. The
second parameter selects the proportion of ankle and
hip strategies, and models the ability of humans to
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use combinations of the two. The system was de-
signed so that these two parameters could de scribe
responses to a variety of disturbances.

The model was tested against previously-collected
experimental data of humans responding to initial-
position disturbances. For a variety of initial positions,
the model was able to capture the general character-
istics of the human motion, as shown in Fig. 1.
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Fig. 1. Control model response for three different initial
conditions. Solid line shows model response, dotted line
shows experimental response. Left column shows ankle
angle vs. time, right column shows hip angle vs. time.

Three characteristics of the ankle and hip strategies
were studied. A “step index” is proportional to the
ground reaction force under the heels. A large step
index will cause the heels to lift off the ground, and
may necessitate stepping to avoid falling. The settling
time index describes the amount of time required not
only to bring the center of mass to a stable position,
but alse to return to an upright stationary position. The
tolerance to time delays describes the maximum
amount of additional transmission delay that can be
added to the system without making it unstable.

RESULTS

The model was used to assess three aspects of pos-
tural responses using the ankle and hip strategies.
The first aspect, the step index, shows that for a given
response index, that use of the ankle strategy has
greater potential than the hip strategy in causing the
heels to lift off the ground after a backwards distur-
bance (Fig. 2a). This relative difference increases with
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Fig. 2. Comparison of ankle and hip strategies against re sponse quickness for three indicators of performance. Response
quickness is proportional to maximum acceleration of the center of mass. Hip/ankle strategy describes the proportion of
the two strategies. a. Step index describes the susceptibility of lifting the heels off the ground, thereby inducing a step. b.
Settling time describes time to reach within 1% of equilibrium position. ¢. Maximum time delay tolerance describes

maximum delay possibte in stable feedback.

the response index, implying that for larger distur-
bances, the hip strategy is more effective, if it is de-
sired to avoid stepping. The second index, settling
time, shows that the ankle and hip strategies are ap-
proximately equivalent for a given response index
(Fig. 2b). Note that smaller response indexes, which
imply slow responses, have long settling times.
Finally, the maximum tolerable time delay is identical
for fast responses using either strategy (Fig. 2¢).
However, as the response index decreases, the
maximum delay increases significantly for the hip
strategy, while the ankle strategy changes very little.

DISCUSSION

The control mode! verifies the predictions made based
on analysis of the mechanics of posture. As expected,
if the subject wishes to avoid stepping, the hip strat-
egy is more effective than the ankle strategy, espe-
cially for large disturbances. This also confirms obser-
vations that a shortened support surface forces sub-
jects to use the hip strategy (Horak & Nashner, 1986),
because such a condition effectively places an upper
bound on the step index. The results also show that if
a subject desires to return to upright quiet stance
quickly, neither strategy is particularly advantageous.
Though the hip strategy can result in faster accelera-
tions of the center of mass, this advantage is offset by
the additional motions necessary to return to the up-
right position. Analysis of the time delay results pre-
dicts that if neural conduction delays are excessive,
the subject will be limited in the size of disturbances
that can be stabilized, and also that the hip strategy
will be more effective than the ankle strategy. This
suggests that for some patients, for example those
suffering from peripheral neuropathy, that posture re-
habititation may benefit from training for the hip strat-

egy.

The control model describes the relative differences
between the ankle and hip strategies with regard to
stabitity. The criteria by which humans select strate-
gies may be related to these and other characteristics.
In particular, joint mobility and the performance of
sensors may impinge on choice of postural re-

b. Settling time

sa 100 <
m/s?

¢. Maximum tolerable time delay

sponses. More complex models are needed to ad-
dress these issues.
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INTRODUCTION

After elderly subjects performed a 12-wk
strength training program, there was an im-
provement in their ability to sustain steady
submaximal forces (Keen et al., 1994). This
improvement was unrelated to changes in
the distribution of motor unit forces. Be-
cause the degree of fusion in tetanic force is
influenced by the time course of motor unit
twitches and because both contraction time
and half-relaxation time can be altered by
training, the purpose was to determine the
association between changes in steadiness
and the time course of motor unit twitches.
The data indicated that the training-related
improvement in steadiness was unrelated to
changes in the contraction time and half-re-
laxation time of spike-triggered averages of
motor unit force.

REVIEW AND THEORY

One of the consequences of strength training
for elderly persons is an improvement in
their ability to exert steady submaximal
forces. This adaptation could be caused by a
change in the activation pattern of the motor
neurons or in the twitch properties (time
course and amplitude) of the activated motor
units. We have found previously that differ-
ences in motor unit force due to age cannot
account for the improvement in motor per-
formance (Keen et al., 1994). Alternatively,
the improved steadiness (decreased force
fluctuations) could be caused by an increase
in the degree of fusion of the twitch forces,
due either o an altered activation pattern or
a prolonged twitch time course. The time
course of a motor unit twitch can be altered
with training (Hainaut et al. 1981). The
purpose of this study was to determine the
association between the training-related
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decline in normalized force fluctuations
(coefficient of variation) during a constant
force task and changes in the time course of
the twitch force from single motor units
following a strength training program.

PROCEDURES

Twenty healthy subjects were assigned to
one of two age groups, an elderly group with
an average age of 65 yrs (range = 59-74) and
a young group with an average age of 23 yrs
(range = 18-27). All subjects were right-

Each subject participated in a 12 wk strength
training program. The exercise involved
concentric and eccentric contractions of the
first dorsal interosseous muscle of the left
hand. The subjects performed 3 training
sessions every week, each involving 6 sets
of 10 repetitions of the exercise. The index
finger was displaced through a 0.5-rad range
of motion in the exercise. The training load
was set and maintained at 80% of the maxi-
mum load that the index finger could lift.

Each subject participated in 4 experiments
(at 0, 4, 8, and 12 wks). In these experi-
ments, the subjects were required to perform
an isometric MVC, constant-force
ontractions, and a recruitment-threshold
task in which single motor units were re-
corded. For the constant-force task, a target
force was displayed on the oscilloscope and
the subject was encouraged to exert a steady
abduction force with the index finger for 20
s to match the target force as closely as
possible. Based on the MVC force of the
subject for that session, target forces of 2.5,
5, 20, and 50% MVC force were calculated.
The standard deviation (SD) and the coef-



ficient of variation (SD / mean x 100) of the
force fluctuations about the target force were
calculated. For the threshold task, a single
motor unit was recorded with a bipolar in-
tramuscular electrode while it discharged at
a minimal rate for 3 minutes. An average of
8.4 motor units were recorded during each
of the experimental sessions. The spike-
triggered average of the force yielded twitch
force, contraction time and half-relaxation
time for each unit. The contraction time was
measured from the action potential to peak
force. All events less than 145 ms apart
were not included in the average; this
minimized the fusion between motor unit
twitch forces.

RESULTS

The training program caused a reduction in
the coefficient of variation of the force
fluctuations for the elderly subjects at the
lower target forces of 2.5, 5, and 20% MVC
force by -29.3, -20.5, and -11.6%, respec-
tively. The young subjects showed no sig-
nificant changes with training. The majority
of the improvement observed in the elderly
subjects occurred in the first 4 wks of train-
ing. The elderly subjects had significantly
longer contraction times (64.0 = 1.4 vs 59.5
+ 1.2 ms) and half relaxation times (75.8 &
2.3 vs. 69.2 = 1.6 ms) than the young
subjects. The improvement in the coefficient
of variation, however, was unrelated to
changes in the distribution of any of the
motor unit contractile properties (Figure 1).

DISCUSSION

The main finding of this training study was
that the improved ability of the elderly sub-
jects to maintain a steady submaximal force
was not associated with changes in the time
course of motor unit twitch force. This im-
provement occurred in the first 4 wks of
training, and was not associated with a con-
sistent change in any of the contractile prop-
erties of the motor units. When combined
with our previous findings, it is evident that
the improved steadiness is not due to
changes in the amplitude or time course of
motor unit twitch forces. This leaves the
possibility that the elderly subjects improved
their performance by changing the activation
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of the muscle, such as the pattern of
activation of the agonist and antagonist
muscles (Vallbo & Wessberg, 1993) or the
modulation of motor unit discharge rate.
The latter could involve, for example, rais-
ing the minimum discharge rate so that there
is greater fusion of motor unit force.
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Figure 1. Changes in the normalized force
fluctuations (A), the contraction time (B),
and the half relaxation time of single motor
units (C) over the 12-wk training program.
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INTRODUCTION

The elbow joint complex (EJC) refers to the articulations re-
sponsible for the combined movements of elbow flexion-ex-
tension (f/e), forearm pronation-supination (p/s), and
abduc tion-adduction (passive motion). Based on previous
isometric and dynamic EJC studies, we hypothesized that
muscles that cross the EJC are affected by both the orientation
of the elbow and forearm and by the task performed. We
further hypothesized that these effects could be represented
by a 3-D musculotendinoskeletal computer model that
mathematically represents the musculoskeletal geometry
and the joint’s motions for various ballistic movement tasks.

REVIEW AND THEORY

Although isometric muscle interactions at various elbow and
forearm positions have been studied (Buchanan et al., 1989,
Jamison et al., 1993), little research has been conducted to-
wards fully understanding how the muscles contribute to
dynamic elbow and forearm movements. Previous studies of
ballistic movements for the elbow (Brown et al., 1981;
Meinck et al., 1984 ) have not thoroughly analyzed how the
elbow and forearm orientation and its fask affect the actuators
crossing this joint. Yet they have shown that the EMG
patterns of both the agonist and antagonist muscles have a
tri-phasic behavior (ABC; A = Activation, B = Braking, C =
Clamping; Hannaford et al., 1985) in ballistic movements.

PROCEDURES

Computational Modeling

Development the biomechanical model of the EJC required
the quantitative description in which the general
components were skeletal, muscular, and neural. The
muscles included in the model were: Biceps brachii (BIC),
triceps brachii (TRI), brachialis (BRA), brachioradialis (BRD),
pronator teres (PRT), pronator quadratus (PRQ), supinator
(SUP), and anconeus (ANC). A complete description of the
EJC musculotendinoskeletal model can be found in
Gonzalez et al. (1995).

Optimal control was used in determining the individual
musculotendon activations that best minimized the
performance index (movement time) while maintaining a set
of constraints. A numerical optimal control method (Pandy
et al., 1992) was used to converge on minimum time sub-
optimal solutions of isolated and combined ballistic EJC
movements starting from rest and ending at rest (i.e. zero
velocity and zero acceleration) at the final experimental
position. The initial controls (muscle activations and final
movement time) were based on inspection of the EMG and
movement data.

Experimental

A specially designed electrogoniometer (Chao et al., 1980)
was used to gather the kinematic data. Surface and intra-
muscular electrodes were used to measure muscle activity
and subjects were asked to move through a loosely defined
angular range of motion as quickly as possible, with speed
emphasized over accuracy of movement, and to hold the fi-
nal position. EJC movements were performed which incor-
porated isolated ballistic movements of elbow flexions and
extensions, and combinations of elbow flexion or extension
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with forearm pronation or supination. The raw EMG signal
was digitally filtered by creating a zero mean, band-passing
(50-200 Hz), rectifying, and low-passing (10 FHz). Both signals
were normalized to 70% of a dynamic maximum EMG value
for each individual muscle determined from all the protocols
measured.

To determine the strength of the tri-phasic bursts, the values
of the processed EMG signal and predicted activations were
averaged per normalized time intervals. The movement time
intervals used to determine muscle bursts strengths were: A
burst - 0->43%; B burst - 43->86%; and C burst - 86->100% of
movement time. These intervals were determined based on
Brown et al., 1991, visual inspection of the EMG’s, and on the
interval between the model’s activation nodes (14%).

RESULTS

Ballistic elbow flexions were performed at forearm orienta-
tions of full supination (F@S), neutral (F@N), and full prona-
tion (F@P) to investigate how forearm orientation affected
the activation of the BIC, BRA, BRD and PRT muscles during
a ballistic flexion (likewise, isolated extensions for TRI and
ANC). Combined movements were also performed to
investigate the dynamic interactions of two dfs (/e and p/s).
Four 2-df movements were experimentally performed and
modeled. These protocols were an elbow flexion with fore-
arm pronation (FAP), with forearm supination (FAS), and an
elbow extension with forearm pronation (EAP), and with
forearm supination (EAS).

Strength of Tri-phasic Bursts

The intensity of the ABC bursts in the subject and model is
shown for the BIC (Figure 1). In general, the model always
had higher average intensities for the B and C bursts. The A
burst in the model and subject agreed for the BIC muscle.
This is especially evident in the large averages in F@N, F@s,
FAS and median averages in E@S, EAS, F@P, and FAP given
by the model. The average BIC activation being larger with
forearm supination and yet smaller with forearm pronation
orientation or task was represented well in the model data.
The main difference was the larger average in the A burst of
the BIC muscle in the F@N protocol of the model. The model
selected to recruit the pronator muscles to counter the
additional superimposed supination moment caused by the
higher BIC activity. The BIC’s B bursts for the model were
much larger but appeared to occur at the proto cols where
the subject had some activity. Clearly in the E@S and EAS
protocols, the BIC was braking the movement, and the lower
BIC activities of the other extension protocols are
representative of the final f/e velocity constraint going
unmet. While the BIC’s C bursts were very small in the
subject, the model was selective in the amount of activity it
produced depending on the task.

Sequencing of A Bursts

Acceleration bursts for 4 muscies, which indicate the tasks in
which the muscie was active and its relative magnitude, are
shown in Figure 2. This figure indicates how the optimal
controller altered the given A burst to minimize the final
movement time. The BIC activity for the subject and model
displayed a very similar activity envelope except that the
model’s BIC magnitude was twice as large for the F@N. The
excess supination moment produced by the model’s BIC was
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Figure 1: Strength of the tri-phasic muscle activations for the
Biceps Brachii (BIC) for all ten tasks. The experimental
averages (top) and model averages (bottom) are shown
based the selected normalized time intervals.

countered by increased PRT activity. Lower BIC activity for
pronation activities or when the forearm was in a pronated
position, as seen in both the subject and model, has also been
observed (Buchanan et al., 1989; Jamison et al., 1993). The
general BRA activity patterns were also similar yet the EMG
magnitudes were lower (except for F@P). The increase in the
model’s BRA magnitude in FAP was used to increase flexion
moment and therefore reduce the movement time. The
subject probably could not increase the activity of the BRA
without affecting the BIC activity. In the model, the
magnitude of the BRA A burst in F@N was lower than in the
other flexion tasks due to the initial conditions taken from
the EMG. Why the subject only partially activated the BRA,
aone df muscle, in the forearm neutral position is not clear
(subject two also displayed a decrease in BRA activity with
respect to the other isolated flexions). BRD patterns were
very similar but larger in the model. BRD activity in F@N
was lower in the subject because of the lower BIC activity in
the subject and these two muscles activations were
independent in the model. BRD activity in F@S was larger in
the model because the model was able to oppose the
secondary supination moment of the BRD with PRT and
PRQ activity (similarly for FAS). The envelopes of TRI mus-
cle activity were also very similar yet, in contrast to the other
muscles, the EMG magnitudes were slightly larger. This
figure indicates that the subject had small amounts of co-
contraction during flexion tasks while the model minimized
TRI activity, as TRI moment would be counter productive to
the performance criteria. Lastly, PRT activity patterns were
all directed toward flexions where the model shows a large
PRT magnitude in FAS. This is not observed in the subject
data. Since the PRT is a flexor, in order to minimize the
movement time, the model created a larger acceleration
flexion moment by activating the PRT and countering the
secondary pronation moment with increased SUP activity.
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Figure 2: Agonist muscle activation (A) used to accelerate
the forearm toward its destination in both model (bold) and
subject (light) are shown for 4 muscles in all ten protocols.
BIC is top left, BRA is top right, BRD is bottom left, and TRI
is bottom right.

DISCUSSION

This model elucidated how muscles that cross the elbow
joint complex are activated based on the orientation of the
joint and on the task involved and not on any particular syn-
ergistic rule (Buchanan et al., 1989; Jamison et al., 1993 )
Findings presented here, which are supported by the litera-
ture, are that muscle synergies at the elbow joint are rather
uncommon and that the activation of these muscles is
situation dependent. This is due to the necessary coupling of
joint torques proceed by the multijoint muscles such as the
BIC, BRD, and PRT, which sometimes produce secondary
torques countered by other muscles. No fixed synergies were
observed as the activation of individual flexor muscles
crossing the elbow joint during elbow flexion and extension
tasks was affected by the position of the forearm. Lastly,
protocols F@P, FAS, and EAS showed how non-contributory
or antagonist muscles can reduce movement times in ballistic
movements by allowing other multi-df muscles to be more
fully activated. Whether subjects can be trained to replicate
the patterns of muscle activations deemed by the model as
“more appropriate” for movements performed “as quickly
as possible” remains to be seen.
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SIMULATED CHANGES IN CONTROL STRATEGY
DURING ALTERED GRAVITY PEDALING

B.J. Fregly' and R.T. Whalen?
"Rasna Corporation, 2590 North First Street, Suite 200, San Jose, CA 95131
°NASA Ames Hesearch Center, Life Science Division, Moffett Field, CA 94035

INTRODUCTION

Treadmill locomotion is the primary exercise used to
maintain muscle and bone mass in space. The gravity
loading needed to perform the exercise can be
approximated by applying an external downward force
equal to the astronaut's 1-g body weight to the body's
center of mass (CoM). If this force is created by
tethering the astronaut to the treadmill with elastic
chords, only about 0.6-g body weight can be achieved
(Davis and Cavanagh, 1993). For this reason, an
alternate methodology has also been proposed. By
enclosing the upper body in a positive pressure air
chamber, larger downward forces equal to the
pressure differential times waist cross sectional area
can be applied to the approximate CoM (Whalen et al.,
1994).

While this second approach may be able to emulate
gravity loading on the body's CoM, it does not
account for gravity loading on the individual lower
extremity limb segments. Thus, an altered control
strategy may be required in space in order to produce
an Earth-equivalent motion. The purpose of this
investigation was to determine the extent to which
gravity forces acting on the limb segments affect the
control of locomotion. Computer simulations of seated
ergometer pedaling under 0-g and 2-g conditions were
used for the investigation, since the control strategy
necessary to produce the motion is not affected by
gravity's influence on the body's CoM (assuming the
rider remains fixed to the seat).

REVIEW AND THEORY

The influence of gravity on the control of pedaling has
not been widely investigated. Recently, however, a
state-space analysis of mechanical energy flow
during seated ergometer pedaling revealed that
gravity forces acting on the limb segments play an
important energy transfer role (Fregly and Zajac,
1995). For roughly the first haif of the crank cycle
(i.e., the downstroke), because the weight of the limb
presses down on the pedal, ipsilateral gravity forces
transfer energy from the limb to the crank, thereby
assisting in crank propulsion. In contrast, during the
second half of the cycle (i.e., the upstroke), because
the weight of the limb still presses down on the pedal,
gravity forces transfer energy from the crank back to
the limb, thereby assisting in limb recovery.

Interestingly enough, the analysis also revealed that
the net ankle joint torque functions in a similar
fashion. Because the ankle joint remains essentially
fixed throughout the crank cycle, the net ankle joint
torque primarily transfers (as opposed to generates or
absorbs) mechanical energy, with the direction of
energy transfer (i.e., from the limb to the crank or vice

versa) being the same as that produced by ipsilateral
gravity forces in each half of the crank cycle.

PROCEDURES

Two dynamic optimizations were performed to predict
the pedal force and net muscle joint torque control
strategies needed to produce a 1-g pedaling motion in
0-g and 2-g environments. The optimizations utilized a
three degree-of-freedom, two-legged cyclist model
which included the bicycle ergometer as well as the
limb segmental dynamics (Fig. 1). Each leg of the rider
was modeled as part of a planar five-bar linkage,
where the crank angle 8, and the two foot segment
angles 6, and 6, defined the three generalized
coordinates. All lower extremity joints were assumed
to be frictionless and revolute, and both hips were
assumed to remain stationary. Including both legs in
the model permitted the investigation of both intralimb
and interlimb conirol issues.

[i ) /""'T“‘"‘r”’"‘ <\

Figure 1: Three degree-of-freedom two-legged
cyclist model used in the dynamic optimizations.

The starting point for both optimizations was experi-
mental 1-g ergometer pedaling data collected at a 75
rpm cadence and 225 W workload (Fregly and Zajac,
1995). A parameter optimization approach (Pandy et
al., 1992) was used to reproduce the 1-g kinematics
under 0-g and 2-g conditions. The cost function
minimized rms changes in the 1-g net muscle joint
torques, while control symmetry and terminal
constraints were used to obtain a symmetric motion.

RESULTS
Large changes in driving pedal force (calculated using

Kane's method) were required to reproduce the 1-g
pedaling kinematics under altered gravity conditions
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(Fig. 2). Increasing gravity from 0-g to 2-g resulted in

more driving pedal force in the downstroke (e.g., near
90°), more retarding pedal force in the upstroke (e.g.,
near 270°), and an increase in overall force range.

400
300
200
100

0

Driving pedal force (N)

-100

-200 —
90 180 270

Crank angle (deg)

Figure 2: Simulated 0-g and 2-g driving (i.e., torque
generating) pedal force relative to 1-g experimental
data. Positive force advances the crank.

These pedal force changes were caused primarily by
the net ankle joint torque (Fig. 2). While the net hip
and knee joint torques changed little with increased
gravity (Fig. 2a and b, respectively), the entire net
ankle joint torque curve shifted upward by 6 N-m for
each 1-g increase in gravity (Fig. 2c). Large changes
in only one net muscle joint torque were somewhat
surprising given that the cost function penalized
changes in all three net muscle joint torques equally.

DISCUSSION

The predicted changes in pedaling control strategy
can be explained by understanding how mechanical
energy flows to the crank. The net ankle joint torque is
the only net muscle joint torque whose primary
function is to transfer mechanical energy (Fregly and
Zajac, 1995). Since ipsilateral gravity forces transfer
mechanical energy in a similar manner, as discussed
above, the simplest way to compensate for changes
in gravity is to change only the net ankle joint torque.

There are two ways this compensation could occur,
assuming an overall balance of mechanical energy
flow must be maintained. First, the net ankle joint
torque could compensate for gravity forces acting on
the same leg, meaning that increased gravity would
necessitate.decreased ipsilateral net ankle joint
torque. Second, the net ankle joint torque could
compensate for gravity forces acting on the opposite
leg, meaning that increased gravity would necessitate
increased contralateral net ankle joint torque. Due to
bilateral symmetry, this would result in increased
driving pedal force in the downstroke and increased
retarding pedal force in the upstroke (Fig. 2). This
second possibility apparently results in the smallest
changes in net muscle joint torques, since this is the
result found by the optimization.

The above results suggest that the body must adjust
its control strategy to produce a 1-g pedaling motion
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Figure 3: Simulated 0-g and 2-g net muscles joint
torques relative to 1-g experimental data. (a) Net hip
torque. (b) Net knee torque. (c) Net ankle torque.
Extensor and plantarflexor torque are positive.

in an altered gravity environment. We would therefore
expect to find measurable changes in control strategy
during 0-g treadmill locomotion as well, although the
extent of these changes remains unclear.
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INFLUENCE OF BACK BELTS ON DYNAMIC LIFTING MOTIONS
K.P. Granata, W.S. Mairas and K.G. Davis
Biodynamics Laboratory
The Ohio State University

INTRODUCTION

Back belts have become a topic of significant interest
in the industriali, rehabilitation and ergonomics
communities, but very little research has been
performed to examine the biomechanics associated
with back belts. The influence of back belts upon
liting dynamics was examined to document the
biomechanical relation between back belts and trunk
motions. Dynamic lifting exertions were performed
while trunk and pelvic motion parameters were
recorded. Although total flexion angle was not
influence by the back belts, a significant trade-off was
demonstrated between the trunk and pelvis. Reduced
trunk flexions, velocities and accelerations were
observed from belted lifting exertions while pelvic
motions increased. Although back belts influenced
kinematic parameters associated with dynamic spinal
loads, biomechanical analyses of muscle coactivity
and spinal loads must be performed before
conclusions can be reached regarding back belts and
spinal loads during lifting exertions.

REVIEW AND THEORY

Previous studies of back belt have failed to reach a
consensus as to their effectiveness. Clinical trials
have hinted that injured subjects may benefit from
back belts, but there are indications back belt use by
healthy subjects may increase the risk of low-back
pain (Reddell et.al., 1992). Biomechanical analyses
have demonstrated increased intra-abdominal
pressure (IAP) with back belts. Although some argue
that biomechanical support from IAP may reduce
compressive loads on the spine, others (Nachemson
et.al., 1986) have measured increased spinal loads
with IAP, most likely due to associated muscle
coactivity (McGill and Norman, 1987).

Trunk angle, velocity and acceleration have been
linked to spinal loads via their influence upon muscle
co-contraction and dynamic loading (Granata and
Marras, 1995). Kinematic analyses have indicated
twisting and lateral range of motions are reduced with
a back belt, but flexion was not influenced (Lavender
et.al., 1994). Trunk stifiness and load support from
lifting belts have been examined by assessing the
acceptable lifted weight. Some have indicated the
acceptable load increases with lifting belts (McCoy
et.al. 1988) whereas others suggest back belts
offered no significant increases in lifting strength
(Kenyeri and Lavender, 1993), and may reduce
endurance (Helmstrom and Moritz, 1992).

There have been no conclusive biomechanical
analyses which have attempted to examine
biomechanical loads as a function of back belts
during dynamic lifting exertions. The objective of this
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study was to examine the influence of back belts on
the dynamic motion parameters associated with
spinai loads.

PROCEDURES

Nine male subjects lifted boxes weighing 14 and 23
kg from a platform set to knee elevation, 25 cm.
above knee elevation, and at a horizontal distance of
45 cm. from of the center of stance. Asymmetric
exertions were performed from a platform located 60°
from sagittal at an elevation of 70 cm. Dynamic trunk
motions were monitored by a Lumbar Motion Monitor
and pelvis motions recorded from an eleciro-
mechanical goniometer fixed to the pelvis. Applied
kinetic data and ground reaction dynamics were
measured from a force plate (Bertec 4060A).

Subjects performed lifting exertions without a back
belt (No Belt) and identical exertions while wearing
each of three styles of back belts. The belts included
an elastic beit and suspenders (Streich Belt), a cloth
belt with rigid posterior support (Rigid Belt), and a
leather weight-lifting belt (Weight Belt). All belts were
commercially available, were applied as per the
manufactures specifications and tensioned to 4.5 kg.

RESULTS AND DISCUSSION

Although spinal loads were not directly measured, the
dynamic lifting parameters associated with those
loads have been documented in relation to back belt
use. Trunk flexion angle has been associated with
increased loads on the spine due to increased
moment arm distances and increased muscle
coactivity (Mirka and Marras, 1992). Peak trunk
flexion angle,velocity and acceleration were
significantly (p<.01) influenced by lifting height, and
back belt. Post-hoc analyses demonstrate the
unbelted exertions generated significantly greater
trunk flexion than when wearing than when wearing
the weight belt. Although all of the beited conditions
were characterized by reduced peak trunk flexion,
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Figure 1. Peak flexion angles of the trunk decreased with
back belts. Pelvic angles increased to compensate.



there were no statistically significant differences
between the peak trunk flexion angle of the other two
belts and the no-belt or weight belt conditions.
However, subjects were able to bend and reach the
origin heights with reduced trunk flexion through
greater pelvic flexion during the belted conditions.
Post-hoc analyses demonstrated all of the belted
conditions were associated with increased peak
pelvic flexion, but only the no-belt and stretch belt
values were significantly different. Task asymmetry
did not influence sagittal trunk or pelvic motions and
no significant interactions were evident.

Biomechanical analyses examining isokinetic lifting
exertions have demonstrated spinal load increases
with lifting velocity (Granata and Marras, 1995).
These trends agree with epidemiologic assessment
(Marras et. al., 1993) that show high risk jobs in
industry were associated with significantly greater
trunk velocities. Peak trunk and pelvic extension
velocities were significantly influenced by origin
height, box weight and back belts. Each of the back
beits significantly reduced trunk velocities compared
to the no-belt condition. Reduced trunk velocities
were compensated by pelvic velocities, which
increased in the belted conditions. The stretch belt
and rigid belt were associated with peak velocities
significantly greater than the unbelted condition.
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Figure 2. Peak extension velocity of the trunk decreased
and pelvic velocity increased with back belts.

Acceleration of the trunk generated inertial forces and
moments which contribute to the loads on the spine.
Research indicates spinal compression during
dynamic lifting conditions may be as much as 45%
greater than static lifts. All of the tested back belts
significantly reduced the peak trunk extension
acceleration compared to the unbelted condition.
Although the pelvic acceleration increased with the
use of lifting belts, post-hoc analyses demonstrated
there were no significant differences between the
belted or unbelted conditions. There were no
statistical differences in trunk or pelvic angle, velocity
or acceleration between the belt styles.

Since back belts influenced dynamic lifting motions,
peak lifting moments were examined to discern
whether or not the modified kinematics influenced the
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Figure 3. Peak extension accelertion of the trunk decreased
and pelvic acceleration increased with back belts.

the external loads. Analyses revealed there was no
change in the peak lifting moment with any of the
belted or unbelted conditions.

Although the dynamic motion parameters associated
with spinal loads were influenced by back belts, we
have not demonstrated a change in spinal load. The
results indicate a mechanism by which those loads
may be influenced by back belts, but other factors
must also be considered. Dynamic motion
parameters influence spinal loads via their influence
upon muscle coactivity (Granata and Marras, 1995).
Reduced trunk velocity may be associated with
reduced muscle coactivity and concomitantly lower
spinal loads. Conversely, back belts may influence
the relationship between dynamic motion parameters
and muscle coactivity. Therefore, one can not
logically conclude that back belts influence spinal
loads one way or the other. Results of this study
demonstrate that dynamic motion parameters of lifting
exertions are partially transferred from the trunk to the
pelvis when wearing one of a variety of back belts.
Future analyses should be conducted to examine the
twisting and lateral motion parameters and
biomechanical loads on the spine.
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THE RELATIONSHIP OF MUSCLE ACTIVITY TO THE INTERACTION OF SPINE
FLEXION AND PELVIS ROTATION DURING DYNAMIC LIFTING TASKS

D.C.Ursulak and J.R. Potvin
School of Human Biology, University of Guelph, Ontario, Canada, H1G 2W1

INTRODUCTION

In a previous study conducted by Ursulak & Potvin
(1994), different relative contributions of spine
flexion and pelvic rotation were observed between the
genders. Females had higher pelvic rotation, while
males had higher spine flexion for the same lifts.

Extensor muscular involvement can greatly influence
strains placed on the posterior ligaments, and shear
forces created at the LA/S disc. Dolans et al.(1994)
found there were effects of load on flexion angles.
They aiso found that females used less passive lumbar
exiensor moment than the males. Differences in
EMG activity and kinetics between the genders may
greatly influence the stresses and strains placed on the
passive tissues including the intervertebral dises and
posterior ligaments. This current study was designed
to further investigate the previously found kinematic
relationships in the hopes that there may be a
functional muscular relationship to the gender

differences observed.

METHODS

Five female subjects (age 23+3.3 yr, height
1.63+0.045 m, weight 65+15.0) and five male
subjects (age 29+8.3 yr, height 1.79+0.027 m,
weight 80+11.0), volunteered to participate in the
study after informed written consent. Subjects were
screened for low back traumas or recurrent pain.

Subjects performed three types of lifts in the saggital
plane: 1) bending predominantly at the knee, called a
“squat”lift, 2) bending predominantly with the trunk
, called a “stoop” lift, 3) subjects were allowed to lift
in whatever manner they were either most
comfortable with or did on a regular basis, called a
“freestyle” lift.

Subjects performed the above lifts with three loads
(female: 7, 13, 20 kg., male: 9, 18, 27 kg.), with
three repetitions of each. The highest loads for males
and females was determined from maximal acceptable
loads recommended by Mital et al. (1993). The total
number of lifts equaled 27, with lifting techniques and
Ioads presented in random order. The various
techniques were chosen to ensure that all ranges of
trunk inclination would be observed. There were no
lirnitations as to the speed of the lift nor the time
allowed between lifts.
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Each subject was instrumented with five unilateral
pairs of surface electrodes (thoracic erector spinae
(ES), lnmbar erector spinae (LS), rectus femoris or
quadriceps (Q), biceps femoris (BF), and giuteus
maximus (G)), all on the right side of the body.
Maximal voluntary contractions (MVC) of the five
muscle groups were obtained immediately prior to
performing the lifts. EMG data was sampled at 30
Hz, full-wave rectified, low pass filtered at 3 Hz, and
non-linearly normalized using the MVC values as
100% .

Lifts were performed using a load pan with handles
approximately shoulder width apart, 15 cm from the
floor and parallel to the saggital plane. Subjects were
allowed ten warm up lifts with the medium load to
help avoid injury and to facilitate a prediction of the
exertion required.

Reflective markers were affixed to the lateral
malieolus, lateral epicondyle, greater trochanter,
LALS, C7T1, with sacral and thoracic triangular
frames cemented to the sacrum and T12L.1
respectively. Videography was recorded at 60 Hz,
with digitizing completed on a Peak5 system at 30
Hz. Erect standing biases were used to determine the
zero reference point for normal lordosis and pelvic
rotation. Pelvic rotation was monitored with the
rotation of the sacrum triangle. Spine rotation was
defined as the T121.1 minus the sacrum triangle
rotations.

For the third lift in each condition, maximum spine
flexion, pelvic rotation and knee flexion were
recorded. EMG data were recorded for each lift and
means (MVC standardized) were compared across
muscle groups, techniques of lift, loads and gender
with a repeated measures ANOVA on the data from
the lifting phase of the lift/lower cycle.

RESULTS

The observed gender differences for the means of peak
spine flexion and pelvic rotation were consistent with
the previous study of Ursulak & Potvin (1994).
Since the previous kinetic measurements were
collected under identical conditions, the two data sets
were combined to yield 12 females and 12 males in
the final kinematic analysis. However, EMG was
collected only for the 5 male and 5 female subjects
described in this paper.



With the kinematic variables, males were observed to
have higher mean peak spine flexion (M 55° vs F
48°) and knee flexions (M 102° vs F 96°) , while
females had high peak pelvic rotations (M 15° vs F
25°) (P<0.05).

Significant differences in EMG existed between the
genders in mean activation levels for various muscle
groups (Fig. 1)(P<0.01). Differences were consistent
across the different lifting techniques. Increasing load
was found to increase EMG levels in the thoracic ES,
lumbar ES, gluteus and biceps femoris (Fig.
2)(P<0.01). This load effect was consistent between
the genders.
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Fig. 1 Mean muscle group EMG for each gender
pooled across loads and techniques.
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Fig.2 Effect of load on mean muscle group EMG
pooled across techniques and genders.

Discussion

The data are consistent with a previous study that
indicates that a kinematic difference between males
and females in spine flexion and pelvic rotation
during lifting. Incorporation of EMG data for the five
major muscle groups with the kinematic data has
offered insight into the controlling aspects of lifting
mechanics.

When compared to males, females will rotate about
the hips more and flex the spine less. An EMG
analysis showed that females had significantly higher
erector group activity, suggesting that this activity
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might be serving to limit spine flexion. The
converse was true for the males, who exhibited higher
gluteus activity. This may suggest that the pelvis
flexion is being arrested by the gluteus, necessitating
a continuation of spine flexion .

There was a significant increase in EMG as load
increased. This would confirm a previous suspicion
that muscles, and not ligaments, are primarily
responsible for meeting the demands of increased
loads. This has been demonstrated previousty (Potvin
et al. 1991). However, differences observed between
male and female recruitment levels might suggest that
this is not accomplished equally between the genders.
The observation that males flex the spine further than
females, may indicate that they utilize the passive
extensor tissues more than females. This is consistent
with the findings of Dolan et al. (1994) who
demonstrated higher ‘passive’ extensor moments in
males during lifting.

When compared to females, males performed the lifts
with less biceps femoris and more gluteus activity.
This may be related to the higher knee flexion angles
observed in the males, especially with the squat and
freestyle techniques. With lower amounts of forward
pelvis rotation, males seem to resort to more spine
and knee flexion during lifts from the floor.
Conversely females utilize more pelvic rotation and
less spine and knee flexion to perform their lifts. The
paradox that exits with the two joint musculature of
the biceps femoris and rectus femoris of the thigh
may explain the interaction of knee flexion and pelvic
rotation. Rectus femoris activity was found to be
consistent between genders. Therefore, it might be
suggested that biceps femoris activity must be
increased to control the pelvic rotations through the
larger angle seen in females.

In conclusion, it appears that males and females
perform lifting movements with different relative
contributions from spine and pelvis rotations when
lifts are performed from the floor. EMG data has been
presented in an effort to explain the neural control
mechanisms that result in these observed differences.
Females appear to have higher erector spinae activity
to control the degree of spine flexion. Differences in
pelvic rotations result from a complex interaction of
the one and two joint muscles controlling movements
about the hips and knee.
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A COMPARISON BETWEEN THE STOOP, SQUAT AND FREE
STYLE LIFTING TECHNIQUES

S. Sadek, PhD, T. Khalil, PhD, PE, E. Abdel-Moty, PhD
University of Miami, Comprehensive Pain and Rehab Center - 600 Alton Road, Miami Beach, FL 33139

INTRODUCTION

The aim of this study was to compare the squat, stoop and
free style lifting techniques based on EMG activity of the
erector spinae and the rectus femoris muscles and the peak
kinetic and kinematic variables of the ankle and knee joints
and trunk; and to utilize these parameters to determine the
preference of one technique over the other for two conditions
of load weight and two positions.

REVIEW AND THEORY
Available scientific smdies and commercial literature present

conflicting explanations of the mechanism of lifting, which
has led to controversy regarding the use of the "proper” or
“safe” lifting technique. There are basically two main lifting
techniques: straight legs-bent back (stoop) and straight back-
bent legs (squat); and many others that could be considered
"derivatives" or hybrids of those two.

Supporters of the stoop lift report that most people have weak
leg muscles and very strong, broad and extensive back
muscles which are powerful which when used correctly,
usually protect the spine (The Back Book, 1988 and The Back
Pain Monitor, 1992). Park and Chaffin (1974) reported that
lifting of objects that cannot pass between the legs should be
done with the traditional stooped-over torso posture. Giat and
Pike (1992) concluded that humans may naturally prefer the
stoop lifting method to the squat lifting because of the greater
demand the squat lift imposes on the knee exiensors.

Sullivan (1989) reported that using the squat lift shortens the
horizontal distance between the load and the body thus
reducing the compressive forces in the invertebral discs.
Sullivan also reported that the lower center of gravity in the
squat 1ift improves balance and the ability to redirect force
rapidly if needed. Another reason for preferring the squat
method over the stoop method is that the hamstring muscles
operate closer to their resting length, which could improve
their efficiency as stabilizers of the pelvis {(Gossman, et al,
1982).

Anderson (1970) reports that the method of instruction of
workers is "harmful”. Workers are being taught to acquire "a
kind of drill" in which they constantly have to think about
bending their knees and keeping their back straight and to
consciously position their head, hands and feet while
performing their tasks. He reports that trying to consciously
regulate different parts of the body at the same time will
produce unnecessary muscular tension which will
consequently lead to an increase in the risk of injury. He
believes that it is safer to "allow workers to use their own
common sense and muscle sense than to teach them new
drills".

PROCEDURES

Subjects:

Nine male subjects whose ages ranged from 20 to 31 years (x°
=25.89, sd=4.20) volunteered for this study. The subjects
had no reported history of musculoskeletal disorders.

Variables:

Independent Variables:

a. Lifting technique - The back, squat lift and the free style
techniques were studied.

b. Weight of load - The loads selected were: 10 and 50 Ibs.

¢. Load distance - The box conumining the weights was placed
at the subject’s tip toes and double-tip-toes distances.

Dependent Variables:
a. EMG activity - EMG activity of the erector spinae (lumbar

paraspinals), and rectus femoris (quadriceps) muscles was
recorded throughout the activity. The measure of EMG
was the integrated rectified signal/time.

b. Kinetic and kinematic parameters - Peak displacements of
ankle, knee and trunk; and torque at the 1.5/S1 level and
knee joint were calculated from the motion analysis of
videographic recordings of activity.

¢. Sway - Sway was measured throughout the lift and the
"sway rectangle" was calculated. The sway rectangle is a
rectangle drawn as an envelope of the center of gravity of
the body (plus the box) during the lift.

d. Duration of activity - The duration of the lift was
calculated based on the number of frames that were
digitized.

Controlled Variables:
a. The load was placed in a 12" x 12" x 12" box.
b. The lift was performed from floor to 30" table height.

Equipment:

a. For motion analysis, Ariel Performance Analysis System
(APAS).

b. The Kistler force platform (Piezo-Instrumentation Kistler,
Nr 6.9287, Type 9287) connected to the APAS was used
for sway measurements.

c. EMG was recorded using the Grass EMG system (Grass,
Model 12, Neuroacquisition System for signal recording
and the APAS for signal analysis).

Experimental procedure:

1. [Initially, there was a basic set-up of the system.

2. The subject was informed of the procedure and was
asked to read and sign a "consent form",

3. Reflective markers were placed at the ankles, knees,
hips, shoulders, elbows, wrists, midway between
shoulders, midway between hips, and forehead. Two
markers were also placed on the box. EMG surface
electrodes were placed at the L3-L4 level approximately
0.5 inches from the spine and on the rectus femoris.

4. To standardize instructions, the subject was shown a
video tape narrated by an occupational therapist
explaining the different common lifting techniques.



5. A box containing the test weights (either 10ibs or 50lbs)
was placed in front of the subject on a wooden platform
at the same elevation as the balance platform and at the
predetermined distance from the subject (either at tip toes
or at double tip toes).

6. The subject was asked to lift the box using his preferred
technique. Video recording took place continuously.

7. A rest period of 1 min was allowed before the following
treatment was performed. The order of the load/positions
was randomly assigned.

8. During each lift, motion was videotaped, EMG was
collected, and area of sway was measured.

9, The subject was then shown another video on the squat
and stoop lifting techniques. He received as much
practice as he requested on those two techniques.

10. Steps 5-8 were repeated for the back & squat techniques.

11. Analysis of the lifts was done as follows: for the stoop
and squat, 2D, unilateral analysis was performed. For the
free style trials 3D, bilateral analysis was performed.

RESULTS

Twelve treatments were administered to nine subjects. The
resuls presented in Table I are based on a significance level
of «<0.05. They are based on the adjusted degrees of
freedom, if the assumption of sphericity was violated. A
repeated measures design was adopted using the MANOVA
command of the SPSS/PC*.

Table 1 Percentages of the peak values of the dependent variables

Back “ Squat Free
107 10D | 50T | 50D |f tor | 10D fsor}sop i 0T 10D | 50T | 50D
AnkDi wlo |l ]ssjualaa|[M{M{M]|M
o oo ]n]nls]slelelrirlrlr
Back*Squat*Free

Squat*Back,Free

Tt o] s o o e s [nlelvlvlvin

- —-I(;bs: Squat*Back*Free  20ibs: no diff TT: Squat*Back,Free  DT: no diff
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_____ 10lbs: Back*Free 20ibs: Squat*Free*Back

Squat*Back,Free
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Back*Squat,Free

Free*Back,Squat
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Back*Squat

AnkDisp = Displacement of the ankle KnDisp = Displacement of the knee
TrkDisp= Displacement of the trunk
TrqL5S1="Torque at the L5/S1 level
ParaEMG = EMG of the lumbar paraspinals
Time= Duration of activity

TT= Tip Toes

M = Maximum (100%)

TrgKnee= Torque on the knee
QuaEMG= EMG of the quadriceps
Sway = Area of sway

DT = Double Tip Toes

N = Not Applicable
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For the free style, the results are based on the higher of both
sides. Results are displayed as percentages of the maximum
values attained (eg. for the 10lbs double tip toes lift,
quadriceps EMG was: 38% of max for the back lift, the max
for the squat lift and 97% of the max for the free style). The
lower row shows the significance or lack of between the
different independent variables (eg. for the torque at the knee,
there was a significant difference between the back lift and the
squat lift for the 10lbs weight and a significant difference
between the three techniques for the 50lbs weight). This table
can be used as a selection tool to select the technique of lift
based on weight characteristics.

Results show that there are significant differences between the
three lifting techniques that were studied. Each lift minimizes
on some variables and not the others. Weight of the load and

position of the load also appear to have a significant effect on
several of the variables under study for each lifting technique.

CONCLUSIONS

Findings suggest that no one technique minimizes on ail of
the dependent variables on all the body parts simultaneously.
Selecting a technique that will produce lower values of a
particular variable of interest (for a specific weight and
position) is possible; however, selecting a technique that is
considered a "safe lifting technique" or a "perfect lift" in
order to train ALL people to use regardless of their personal
characteristics, pain or prior injury, or the characteristics of
the load to be lifted is not fully justified. Instead, basic
guidelines should be followed in order to achieve a "safer"
lift. An understanding of individual characteristics and
limitations including joint and muscle strength appears also
important in recommending the least stressful lifting style for
that individual.
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INTRODUCTION

The initiative to mvestigate the stresses associated with
occupational bedmaking arosc as a result of a trend towards
the use of larger and heavier beds in the hospitality industry
and the perception amongst linen maids that this was related
to an apparent increase in the incidence and severity of low
back injury. It washypothesised that these increased loads,
coupled with extreme forward flexed lifting postures,
confined working spaces and the high repetition lifting over
intense work periods, may increase the physical stress on the
employee to a potentially hazardous level.

REVIEW AND THEORY

The stresses imposed on the musculoskeletal system during
bedmaking were initially investigated using a static planar
model (Barrett et al., 1991). Observational techniques were
used to deiermine the predominant movement patterns
assumed to be associated with the greatest potential for
excessive lumbar stress and were subsequently defined as (i)
bedding on, (ii) bedding off, (iii) lifting the comer of the
mattress, (iv) pushing the bed, and (v) pulling the bed.
Results indicated that some aspects of the bedmaking task
may exceed safe lifting limits. However, estimates of lumbar
loads using static models have been shown to underestimate
the stresses associated with dynamic loading by up to 40%
(Frievalds et al.. 1984, McGill et al., 1985). In order to
properly account for the effect of inertial forces on humbar
spinal loads, it was necessary to conduct a full dynamic
analysis of each simulated bedmaking task.

Therefore, the purpose of this study was to assess the effect
of bedmaking task and bed size on the dependent measures
of dynamic lumbosacral (L5/S1) compression and statically
determined L5/S1 shear forces.

PROCEDURES

Fifteen paid female linen-maids employed in the hospitality
industry volunteered to participate in the study. The mean
age, height. weight and work experience were 33.5 years,
161.0 cm. 57.7 kg and 4.8 years respectively. The
bedmaking tasks selected for analysis were the same as those
used by Barrett et al. (1991) with the addition of one extra
task determined from further analysis of standard work
practices (Fig 1).

Abbreviated task definitions were as follows:

Bedding on: The symmetrical planar action used to apply a
blanket to a bed.

Bedding off: The symmetrical planar action used to remove
atucked sheet from a bed.

Lift comer: The planar action used to raise the comer of the
mattress 200mm with one hand for the purpose of fixing the
sheet in place.
Lift middle: The planar action used to raise the centre of the
mattress 200mm with one hand for the purpose of fixing the
sheet in place.

Push bed: The symmetrical planar action used to push the
bed 400mm away from subject.

Pull bed: The symmetrical planar action used to pull the bed
400mm toward subject.

Subjects performed all tasks while standing on a Kistler
600x400mm force platform positioned so that the plate
coincided with the midline of the long axis of the bed with
the exception of the “Lift corner” task for which the bed was
moved so that the comner was positioned adjacent to the force
plate.

Figure 1. Subject performing the Lift middle task. This task
was not aalysed n the original study but was added to the
present study for completeness.

Following completion of a medical screening questionnaire
and informed consent procedures, all subjects performed one
trial of the six simulated bedmaking tasks for the three bed
size conditions. The mass characteristics of the beds and
bedding are shown in Table 1.

Table 1. Mass charactenistics of beds and bedding

Bed size Bed mass Bedding mass | Total mass
kg kg (kg)
Single 47.8 2.7 50.5
Double 59.7 4.0 63.7
King 100.2 5.2 1052

The two dimensional dynamic strength prediction program
(Lift Trak version 2.1, 1992) was used to assess average
dynamic 1.5/S1 compression and static shear forces for each
test condition. The model required input defining the (i) load
at the hands, (ii) subject anthropometry, and (iii) a distance
scaling tactor for the computation of segmental
accelerations.

The load at the hands was measured directly using a & 1kN
load cell (Lebow model 3167). Three trials of each task on
each bed size were performed by one subject and the
calculated averages were assumed to be representative of the
load at the hands for all subjects. Video film (60Hz) was
automatically digitised by the Lift Trak system following
identification of joint markers. The height and weight of
each subject were used by the model to scale segment lengths
and masses for the computation of joint forces and moments.
The distance scaling factor employed was the actual distance
between the hip and the knee markers (upper leg length).

A two factor (6 x 3) multiple analysis of variance
(MANOVA) was used to test the effect of bedmaking task
and bed size on the dependent measures of L5/S1
compression and shear force.



RESULTS

The estimated forces acting at the hand for each task x bed
size condition are displayed in Table 2. Results indicated
that the estimated hand loads for the double and king size
bed conditions were similar and that the “push” and “pull
bed” tasks were associated with the greatest load.

Tabie 2. Forces at the hand for each bed coudition

Task Bed size

Single Double King

™ ) ™

Bedding on 20 32 37

Bedding off 65 73 74

Lift corner 51 79 79
Lift middie 32 113 109
Push bed 110 188 232
Pull bed 155 180 255

Both task and bed size had a significant main effect on
average dynamic L5/S1 compression (p<0.0001). A task x
size interaction effect was also determined (p<0.0004).

Average dynamic 1.5/81 compression forces exceeded the
NIOSH Back Compression Design Limit (BCDL) of 3427N
for the tasks of “bedding on™, “lift comer”, “lift middle” and
“pull bed” at the double and king size bed conditions and for
“bedding off” at all bed sizes (Fig 2). Loads in excess of this
limit are counsidered to place the worker at increased risk of
musculoskeletal njury and warrant ergonomic and/or
administrative intervention. The task X size interactions
occurred for “bedding off” where the maximum average
1.5/S1 compression was recorded for the single bed condition
and for the “lift middle” task where the average dynamic
1.5/S1 compressive force was greatest for the double bed
condition.

Average dyaamic L5/S1 compression forces were between
54% and 67% greater than average L5/S1 compressive
force estimates, with the greatest differences associated with
the tasks performed more rapidly (“bedding on™ and
“bedding off™).

4500

Average dynamic L5/S1 compression (N}

—@—Single
—{F—Double
—A—King
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Figure 2. The effect of task and bed size on average
dynamic LS/S1 compression force.

Task and bed size also had significant main and interaction
effects on average static 1.5/S1 shear forces at the 0.0001
level (Fig 3). The lowest shear forces were measured in the
“push bed” task where the average L5/S1 compressive force
had been correspondingly high. Similarly, average static
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L5/S1 shear forces were relatively high for the “pull bed”
task where the average dynamic 1.5/S1 compression had
been low. The greatest average static 1L5/S1 shear forces
were associated with the “lift” and “pull” tasks. Average
static L5/S1 shear decreased with increased bed size in the
“push bed” task but increased with increased bed size m the
“pull bed” task. Bed size had relatively little effect on
average static L5/S1 shear n “bedding on” and *beddmng
off™.

Average static L5/S1 shear (N}

Bed off

Bed on

Lift
comer

Lift
middle

Task

Push
bed

Pult
bed

Figure 3. The effect of task and bed size on average static
1.5/S1 shear force.

DISCUSSION

The results of this study indicate:

1. the extent to which static estimations of average
dynamic 1.5/S1 compressive force underestimate the
loads on the body for mertial lifting conditions;,

2. that increased hand load was generally associated with
increased L5/S1 load, ’

3. that the greatest hand loads were not associated with the
greatest L5/S1 loads due to differences in the way each
task was performed;

4. that lumbosacral loads produced in bedmaking may
exceed safe lifting limits for certain task-size
combinations; and

5. the trend toward the use of larger and heavier beds in the
hospitality industry imposes increased load on the
lumbar spie.

The investigation of alternative work practices designedto
minimise loads on the lumbar spine is recommended.

REFERENCES
Barrett, R.S. et al. Proceedings XIIth Int. Cong,
Biomechanics, 210-211. 1991,
Frievalds et al. J. Biomechanics, 17, 251-262, 1984.
McGill et al. J. Biomechanics, 18, 877-885, 1985.
ACKNOWLEDGMENTS

This study was supported by a Worksafe Australia grant.



A NETWORK-BASED MODEL OF LUMBAR MUSCLE COORDINATION DURING
STATIC ASYMMETRIC TRUNK LOADING

M.A. Nussbaum' , D.B. Chaffin , B.J. Martin' ,and S.A.. Lavender®
1Center for Ergonomlcs The Unlversxty of Michigan, Ann Arbor, Ml, 48109-2117
2Rush Presbyterian-St. Luke's Medical Center, Chicago, IL 60612-3864

INTRODUCTION

The mechanisms by which complex patterns of muscle
recruitment are planned and coordinated are of great interest to
both biomechanists and motor control investigators. A model
that can predict these motor pattems would provide useful
insight regarding central control of the redundant physical
system and allow for determination of mechanical loading of at-
risk tissues during physical exertions. The development of such
a model, based on a modification of a common artificial neural
network (ANN) architecture, is described here for the lumbar
musculature. The model is based on simple assumptions
regarding muscle physiology, geometry, and interactions. The
model is shown to generate realistic patterns of muscle activity
through comparisons with existing EMG data, and its behavior
is further examined to offer hypotheses regarding the
mechanism of central control and the existence of antagonism.

REVIEW AND THEORY

Contemporary approaches to muscle activity prediction have
traditionally employed two approaches: optimization and EMG
measurement. Both techniques have associated advantages
and drawbacks. Some recent work has created a hybrid
between the two (Cholewicki et al., 1995). While these
methodologies can generate reasonably valid predictions, none
has offered convincing evidence that an underlying control
process is being simulated. Most of the objective functions
proposed for optimization-based models have not been given a
physiclogical basis, and often have failed to predict realistic
levels of antagonism. The EMG-driven models, while providing
estimates of muscle force with a high degree of veracity, offer
no explanation for how or why these patterns of force occur, nor
can they be employed outside an experimental setting.

ANN models provide a third alternative. Previously, an ANN
model was presented which could generalize from a subset of
‘teaching' patterns of muscle activity (Nussbaum, 1992). The
model was able to extract regularities in the muscle recruitment
patterns and estimate accurate levels of activity for novel
moment loading situations. This mode! was limited, though, in
its dependence on a 'training' set of moment-EMG patterns. To
overcome this dependency, several modifications were
undertaken to create a medel that relieves some of the
dependency on experimental data and which can be givena
stronger physiologic justification.

PROCEDURES

The model is intended io mimic muscle recruitment during
static asymmetric moment loading of the lumbar spine at L3/1.4.
The architecture is that of a feed-forward ANN (Figure 1). The
model is composed of several layers of simple processing
units. Each unit receives input through weighted connections
from units in the previous layer. An activation level is
associated with each unit, and is computed as a non-linear
function of the sum of inputs muttiplied by corresponding
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connection weights. An input layer of units receives the
magnitudes of externally applied triaxial moments. A first
hidden layer contains a variable number of units (4 used to
generate results below) and is used to develop an internal
representation of the moment loading. A second hidden layer,
the muscle layer, contains 10 units corresponding to the major
bilateral torso muscles (ES, RA, EQ, 10, and 1.D). The
activation levels of muscle layer units are the model predictions
of muscle activity. Output units correspond to the model
estimates of triaxial reactive moments.

The network is a variant of the basic backpropagation neural
network (Rumelhart et al., 1986). The differences occur in the
muscle and output layers. Connections between muscle units
and output units are interpreted as the moment generating
potential of a given muscle about a particular axis. A second
difference involves interconnections within the muscle layer
(Figure 2). Each muscle unit sends an inhibitory signal to itself
(S) and to all other muscle units (I). These inhibitory
connections serve to limit the activation of a unit and aliow an
active unit to fimit the activation of other units. The inhibitory
connections were intended to mimic feedback signals from such
sources as Golgi tendon organs and Renshaw cells.
Development of the model required three steps. First, the
connection strengths between muscle layer units and output
units were determined using a geometric mode! of the torso
musculature. Second, suitable magnitudes of the S and |
inhibitory connection weights were found through a trial-and-
error process wherein predicted patterns of muscle activity
were compared with experimental normalized EMG (NEMG)
data (Lavender et al., 1992a). Third, a leaming process was
needed to allow the model to achieve moment equilibrium. The
standard backpropagation algorithm was employed to iteratively
update all other weights within the mode! until moment
equilibrium could be reached within £ 5%. Behavior of the
model was empirically evaluated by statistical comparison of
predicted muscle activity levels with additional experimental
EMG data.

RESULTS

Upon testing the model with a distributed set of triaxial moments
of moderate levels (0-60 Nm), the static moments were closely
equilibrated (°=0.99; s.e.=1 66Nm). Predicted patterns of
muscle activity, in response to moments applied from several
orientations, were smooth and continuous (Figure 3). These
predicted recruitment patterns closely maiched the subject
averaged NEMG data of Lavender et al. (1992b), a distinct data
set from that used during training and while determining the |
and S parameter values. Comparisons using finear regression
confirmed the veracity of model predictions (average r§=0.79).

The patterns of predicted muscle recruitment could be
systematically altered by varying the inhibition parameters.
Decreasing S resulted in an increase in the overall muscular
activity level. Increasing | yielded higher competition between
active muscles. As an example, with a combined flexion and



right lateral bending moment, the activity of the left ES increased
when | increased. The associated increase in inter-muscular
inhibition caused a subsequent decrease in right ES activity. In
general, the qualitative behavior of the various muscles was
altered as a function of the magnitude of 1.

DISCUSSION

An ANN model was developed, as an abstract representation of
the human motor control system, to provide predictions of
Jumbar muscle activity over a range of static external loads. In
contrast to existing EMG-based methods, the present model,
once trained, is applicable to novel situations in the absence of
EMG measures. In contrast to several optimization-based
approaches, the model may more easily be given a
physiological justification or interpretation. The present model
may be considered as an analogy for the ‘central pattern
generator,’ which is hypothesized to act without significant
feedback (Schmidt, 1988). The training methods employed here
offer a possibie mechanism whereby such a pattern generator
could emerge in the absence of specific training examples.

Fully animated, dynamic responses would involve the open-loop
operation of the generator within the larger framework involving
higher levels of control and proprioceptive input.

Only static loads in a single posture were examined to maintain
simplicity. Asymmetric postures can be implemented by
modifying the connections between muscle and output units.
Since each of these connections specifies the moment
generating potential of a muscle, changes in capacity due to
length and geometry must be incorporated.

The results may help in understanding the presence of
antagonistic muscle co-contraction. The model predicted
realistic levels of antagonism (e.g., Figure 3) for all the included
muscles with the exception of the LD. Though not presented
here, predicted levels of antagonism (e.g., during torsional
efforts) could be varied by changing the inhibition parameters (|
and S). Individuals may thus have similar recruitment plans,
and variations in observed antagonism could be a consequence
of differences in muscular interactions and competition. That
varying patterns of antagonisms could be simulated in this way,
suggests this may be a mechanism by which the nervous
system can achieve goals cther than moment equilibrium.
Further, it implies that elevated levels of co-contraction should
exist at an early state in motor learning, before the inhibition
mechanisms have fully developed. Perhaps the focus on
antagonistic co-contraction, rather than explaining why it occurs,
might more profitably consider why it does not occur.
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Figure 3. Response patterns of the left ES for static moment
loads (10, 20, 30, 40, and 50 Nm) applied at L3/L4 from a range
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Introduction

Cerebral Palsy (CP) is the most prevalent physical
disability originating in childhood with an incidence of
2-3 per 1000 live births. Caused by a static injury to the
motor centers of the brain, it results in muscle spasticity
and difficulties with selective muscle control. Musculo-
tendinous lengthening surgery is frequently performed to
relieve joint contractures resulting from muscle tightness
in CP. By lengthening the muscle-tendon unit, passive
tension at any given joint angle is decieased, and joini
range of motion may thereby be increased. It has been
observed however, that overlengthening of a tendon
decreases the force-generating capacity of the muscle, and
leads to weakness about the joint across which a muscle
acts. At the present time, precise guidelines for the extent
of lengthening do not exist, nor does the surgeon have ai
his disposal a method for quantifying tendon tension in
the operating theater. A tension measuring device (TMD)
which could be applied to an intact tendon in vivo during
the course of a surgical procedure was designed and
constructed. Initially tested on cadaveric specimens and
later applied in the operating theater, this device is
currently being utilized in research protocols designed to
evaluate the length-tension curve for muscles affected by
CP.

Review and Theory

The TMD described above is based on the buckle
transducer originally conceived by Salmons et al, in 1969.
it functions to translate a longitudinal tension in an intact
tendon into a force in the transverse direction which is
then measured using a standard force transducer. Several
types of transducers have been described in the literature
(Salmons et al., 1969; Barnes and Pinder, 1974; Lewis
and Frasier, 1979; Barry and Ahmed, 1986; An et al.,
1990). These systems have used some type of buckle
frame and strain gauges deforming under load. These
designs were temperature sensitive, difficult and
expensive to construct, and required that the strain gauges
be meticulously insulated to provide electrical isolation
from surrounding tissues. Over time, with repeated use
and sterilization of the frames, the insulation would
degrade and require attention. The buckle frames were
also quite sensitive to specimen size and several were
needed to accommodate a study population. The TMD is
innovative in that it utilizes a combined force transducer,
power supply and display which is attached to, but not
integral with, the tissue interface, thereby eliminating
temperature sensitivity and enhancing durability. The
force transducer has a digital output port to simplify data
recording and is battery powered. The tendon interface is
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of stainless steel and may be autoclave-sterilized. In
addition, the TMD is adjustable to accommodate a wider
range of specimen sizes. The goal is to validate the TMD
as a tool which can be used to intra-operatively measure
tension in a muscle-tendon unit.

Procedures

The tendon interface consists of two concave rollers
separated by a fixed distance, which cup the tendon. The
roller assembly inserts to an adjustable-depth fixture
mounted on the force transducer. A hook is threaded
behind the tendon and attached to the strain gauge of the
force transducer. The rollers are advanced to deflect the
tendon creating the offset in Fig. 1. This offset determines
the geometry of the TMD, and is a variable in Equation 1.
Increasing the offset yields greater sensitivity, but this
shortens the specimen, and forces it to flex at a more acute
angle. This increase in sensitivity with increasing offset
was also seen in the buckle-type transducer described by
An et al., (1990).

':I I(-w-SB mm-—)l
Tension
Theta Offset
Force
L
Figure 1
offzet . force
= J —=5— tension = oo—r
& = ATAN 29 2 (sins)
Equation 1

The device underwent six test cycles using four
embalmed, cadaveric hamstring muscle-tendon specimens
in our materials testing laboratory. The specimens were
clamped into holding fixtures and stretched at 150N



several times to remove any slack in the system, and to
test for slippage or tearing of the specimen through this
range. The device was then applied to the tendon using a
15mm offset, in an area where the tendonous aponeurosis
envelopes the muscle belly (this is typically where a
surgical lengthening would be performed). The MTS was
programmed to apply a constant displacement of
0.25mm/sec, and readings were taken from the device at
four second intervals.

When used to measure tendon tension in hamstring
muscles intra-operatively, the device is applied as
described above. The desired offset is generated, and the
leg extended. Using a goniometer, incremental
measurements are made at varying angles of knee flexion.
The hook of the TMD remains in place while the surgeon
performs the tendon lengthening, and a second set of
measurements is then made.

Results

Results from the calibration trials show that, like the
MTS, the TMD is a valid indicator of passive muscle
tension as demonstrated by near perfect correlation in all
trials (Pearson r > 0.99). At higher loads there was
progressive error in the absolute values, with the MTS
consistently reading higher tensions than the TMD (Fig.
3). The difference between the slope of the curves is
higher at low offsets and smaller at high offsets. We have
found that when working at the muscle-tendon interface,
the specimen is progressively flattened at high loads by
both the rollers and the hook thus reducing the actual
offset in Equation 1. When employing a mathematical
correction factor, the absolute values of the TMD more
closely approximate those from the MTS.

Calibration with 15mm. Offset
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The pre and post-lengthening results for one patient-leg
are plotted in Figure 3. The reduction in tension produced
by lengthening of the spastic muscle-tendon unit is clearly
demonstrated by the TMD, and is seen throughout the
range of motion. In this patient-leg, passive range of
motion, measured under anaesthesia, was increased
approximately 25 degrees through lengthening of the
semi-membranosis muscle.
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Discussion

Currently there is much research underway examining
theeffects of various treatment modalities on muscle
strength in CP. The TMD was conceived out of a need for
a portable, durable, and easy to use device that could be
applied to the intact muscle-tendon unit within the
operative field. Results of calibration trials with the MTS
have validated the TMD as a means for measuring tension
during musculo-tendinous surgery. Intra-operative
experience is being gathered, and the data collected
suggest that the TMD could be used as a clinical gaide to
suggest the amount of length that need be added to a
tendon in order to achieve the desired range of joint
motion. In cases where more than one tendon crosses a
single joint, the TMD could be used to determine the
relative restriction to joint motion offered by these, and
hence, the amount of length that need be added to each.
Further, if after a degree of lengthening the desired range
of motion is not achieved, the TMD could be used to
suggest whether the operated tendon continues to be the
restrictive factor, or if another spastic muscle-tendon unit,
a tight joint capsule, or intra-articular pathology might be
involved. Ultimately, the goal of the design and testing of
the TMD is to provide a clinical tool for use by
orthopaedic surgeons and researchers endeavoring to
improve the outcome of musculo-tendinous surgery in
cerebral palsy.
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INTRODUCTION

Cerebral Palsy (CP) is a prevalent neurological disorder
originating in childhood. A common orthopedic problem
in spastic CP is “crouch gait” which is characterized by
excessive knee flexion during walking. As a result, high
knee joint moments occur at the knee during stance phase.
Surgical lengthening of the hamstrings tendon is often
performed to reduce the degree of crouch. The procedure
allows a more erect posture, at the expense of reducing the
effective strength of the hamstrings due to the shift in the
muscle length-tension curve. The goal of this study is to
analyze the biomechanical effects of the hamsiring
lengthening procedure, focusing on strength and moments
at the knee.

REVIEW AND THEORY

Relatively few studies have been published which consider
gait effects of hamstring lengthening in cerebral palsy.

" - it Lismormafin
Thometz et al. (1989) studied crouch gait kinemati

patterns in the sagittal plane pre- and post-operatively, as
well as time and distance parameters. Total arc of motion
at the knee did not change appreciably, but range of motion
was shifted towards extension. Unfortunately, kinetics
were not studied. Gage (1991) reported a case study of the
kinematic and kinetic effects of a bilateral hamstring
lengthening, in which post-operative internal knee
moments during gait were reduced. In agreement with
Gage (1991), we hypothesize that extension moments at the
knee will be reduced post-operatively.

The surgically elongated tendon should allow greater
passive and active knee extension. Overall passive joint
excursion increases, although active excursion may not
necessarily increase. The hamstrings are effectively
“weaker” due to a shift in the length-tension curve, and the
quadriceps/hamstrings strength ratios are also altered. We
postulate that these angle-dependent strengths and ratios
directly affect gait patterns.

PROCEDURES

A total of four subjects (eight sides) with CP underwent
tendon elongation procedures performed by the same
surgeon. All subjects had bilateral gastrocnemius
lengthenings (GL). In addition, one subject had bilateral
hamstring lengthenings (HL) (two sides) and two of the
subjects had unilateral HL (two sides). One subject
underwent GL only. The four GL sides were included as a
comparison group to the four HL + GL sides. Gait
analyses and voluntary strength measurements were done
pre-operatively and 6-month post-operatively at the Motion
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Analysis Lab at the University of Virginia. Kinematic and
force plate data were collected to analyze joint angles and
moments. Maximum voluntary contractions of the
quadriceps and hamstrings muscle groups were measured
isometrically with a hand-held dynamometer. Hamstring
strength was measured in a seated position at 90° knee
flexion. Quadriceps strength was measured with the
subject seated and the knee alternately at 30 ° and 90° of
flexion.

RESULTS

The sides undergoing hamstring surgery experienced the
greatest effects at the knee in the sagittal plane and are
illustrated below. (Table 1, Figures 1-3). Pre-operative,
post-operative, and typical normal curves are overlaid.
Post-operatively, knee extension increased throughout the

entire gait cycle as expected (Figure 1). Knee extension

moment (normalized to % body mass) was reduced for
most of stance phase (Figure 2) while the vertical GRF
pattern also changed (Figure 3). The first vertical peak
force was reduced, and the second peak force was restored
since prior to surgery no second peak was evident.
Strength is illustrated in Figure 4, showing a decrease in
hamstrings strength and an increase in quadriceps strength
at 30” of knee flexion. Except for a reduction in knee
excursion and stride length, minimal changes in
kinematics, kinetics, and strength were found in the
comparison group.

Table 1. Knee parameters

HL Group GL Group

Parameter Pre | Post | Pre Post

total excursion (deg.) 32 41 46 37

max. ext. moment 1.07 | 0.54 | 0.47 | 0.52
(Nm/kg)

hamstrings strength (N) | 88.8 | 60.9 | 80.0 | 83.0
quadriceps strength (N) 75 102 106 104

stride length (m) 080 | 0.85 ] 0.73 | 0.67

DISCUSSION

Post-operative knee kinematic patterns in the HL group
appear much closer to the normal patterns, and the subjects
are in a more erect posture, in agreement with Thometz et
al. (1989) and Gage (1991). Overall excursion of the knee
joint increased post-operatively, in contrast to Thometz et
al. This may be partially attributable to the gastrocnemius
lengthening (Rose et al., 1993), however based on the
comparison group data, this point is arguable.



Knee extension moment was reduced post-operatively for
most of stance with a shift towards flexion. During late
stance, the vertical GRF has increased, yielding a second
peak. The GRF vectors in the sagittal plane have similar
directions before and after surgery, but the magnitude has
increased post-operatively. This apparent inconsistency
with the moment data can be explained by the reduction in
the moment arm at the knee due to the more upright
position post-operatively. An illustration of one of the HL
subjects while on the force plate before and after surgery at
late stance is provided in Figure 3.

As expected, hamstrings strength is reduced post-
operatively in the HL group. Meanwhile, quadriceps
strength at 30° has increased post-operatively. There are
two possible explanations for-this trend. Since restraint by
the hamstrings is reduced, quadriceps are functioning more
effectively, and therefore exhibit an increase in strength.
Second, the increase in hamstring length promotes function
of the quadriceps in the more extended portion of the
range. Thus, it is interesting to see that the quadriceps
strength increases post-operatively, although their activity
during level walking does not increase the knee extension
torque.
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EFFECTS OF INCREASED EXERTION DURING PEDALING EXERCISE ON KINETIC MEASURES OF
MOTOR PERFORMANCE FOR HEMIPLEGIC PERSONS

S.A. Kautz, D.A. Brown, C.A. Dairaghi
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INTRODUCTION

While a neurologically norrmal individual can exercise
against high woridoads at high movement speeds, a
hemiplegic stroke patient has limited ability to perform
under these exertional conditions. Controversy exists
as to whether the hemiplegic person should avoid
exertion during exercise since it may exacerbate his
or her already impaired motor performance . We
have previously shown that hemiplegic persons have
significantly reduced work output for their plegic leg,
as compared to their non-plegic leg, during pedaling
exercise at moderate workioads and speeds (Brown
et al, 1994). Will increased exertion (workload and/or
movement spead) further impair force production by
the affected leg, thereby compromising motor
performance, and by implication reduce the potential
rehabilitative benefits? This study examines kinetic
measures of motor performance during pedaling in a
neurologically normal and a hemiplegic population as
exertion is increased to provide a clinical rationale for
prescribing the exettional level for exercise in
hemiplegic stroke patients.

REVIEW AND THEORY

Hemiplegic stroke patients with unilateral lower limb
dysfunction constitute a sizable portion of the
rehabilitation patient population. The impaired
function observed in plegic limbs is partially due to
decreased muscuiar strength and poor timing of
muscular activation, both of which should potentially
benefit from exercise. However, exerticnal effort by
hemplegic persons has been discouraged:
"excessive effort is worse than useless in spastic
conditions, for it reinforces the abnormal patterns of
posture and movement and increases spasticity
{Bobath, 1978)." This view is somewhat controversial
and whether exertion exacerbates impaired motor
performance and, therefore, should be avoided during
exercise, remains an open question.

We are investigating pedaling because it is a common
clinical exercise for addressing problems associated
with hemipiegic lower limb dysfunction, and it allows
standardized conirol of workload and movement
speed (cadence). Pedaling is complex enough to
provide a functionally relevant test for motor
performance since it demands multi-segmental
coordination of a bilateral, reciprocal movement.

This study investigates both increased workload and
speed to differentiaie their effects and study their
interactions. Voluntary movement deficits have been
linked to ineffective muscular contractions which
reduce muscle force output (Bourbonnais et al., 1989)
and delayed termination of agonist activity at the end
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of movement (Sahrmann et al., 1977). Increased
speed may be especially detrimental to motor
performance if significant effects from delayed
termination of agonist activity exist during reversal
periods in this cyclical movement. We hypothesize
that the measured motor performance of the plegic
limb during pedaling is related to the level of exertion
associated with both workload and cadence.

PROCEDURES

A standard Monarch ergometer was modified to
include a backboard seating mechanism with
shoulder and lap harnesses to stabilize subjects.
Reaction forces oriented normal and fore-aft to both
pedal surfaces were measured by instrumented
pedals. Angular rotation of the crank and pedals
were measured using optical encoders. To more
precisely define pedaling kinematics, 3D coordinates
of both anterior superior iliac spines (ASIS) were
recorded using a two-camera 3D video system.

Experiments were conducted on nine healthy elderly
subjects (5 male, 4 female) of age 72.9 + 4.5 years
(mean = std. dev.) and 5 hemplegic stroke patients (3
male, 2 female) of age 64.4 + 7.4 years (4 right and 1
left CVA, with no associated cognitive or sensory
deficits). Ali subjects were instructed to pedal (while
given visual cadence feedback) at each of three
cadences (25, 40 or 55 rpm) and four workloads (45,
90, 135 and 180 J) for 20 seconds. The 3 x 4
presentation of cadences and workloads was
randomized (with adequate rest allowed between
trials to prevent fatigue) and the extrinsic cadence
feedback presented the difference from the goal
without reference to the absolute cadence.

Motor performance measures were then calculated
from the experimental data. First, filtered pedal-
system data were converted to radial and tangential
forces (with respect to the crank arm) and the
exiernal work done was caiculated. Second, sagital
plane hip joint center coordinates were located by
assuming fixed locations relative to the video data of
ASIS positions. Third, the pedai-system data,
anthropometric measures and hip joint center data
were used to calculate the kinematics and joint
torques of the legs using a five-bar linkage model
{(Hull et al, 1985). Fourth, the absolute sum of the
negative work done by the net joint torques were
calculated by integrating the individual joint powers
while allowing intercompensation between joints
spanned by biarticular muscles (Kauiz et al., 1994).

To test for differences with changes in cadence and
workload, the experimental model was a randomized
complete block design. Mean values of external work



done and the negative work done by the net joint
torques were calculated for each subject-cadence-
workload combination. The results were blocked by
subject, and a two-way ANOVA tested for significant
differences due to cadence and workload allowing for
interactions (p<0.05). When significant differences
were evident, Duncan's multiple range test was used
to determine which means differed.

RESULTS AND DISCUSSION

Kinetic measures of motor performance indicate that
increased workload does not exacerbate the impaired
motor performance of hemiplegic persons during
pedaling exercise. The amount of work done by the
plegic limb was significantly affected by workload
(p<0.001, Figure 1) with posthoc tests revealing an
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Figure 1: Increased workload resuits in increased
work output of the plegic limb (symbol types represent
different subjects).

ordered effect with all means different. Neither
cadence nor interaction effects were significant
(p>0.05). The work done by the plegic limb is a

meaningful measure of motor performance because it
represents the functional output of the limb. This
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Figure 2: Negative work done by the joint torques

was not associated with increased output of the plegic
limb (symbol types represent different subjects).
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increased output did not reduce the quality of the
movement since the negative work performed by the
net joint torques of the plegic limb was unchanged or
lower at higher workloads (p>0.05, Figure 2}.

Analysis of the negative work done by the net joint
torques for the hemiplegic subjects implied that the
calculated values were a sensitive measure of motor
performance. A paired t-test revealed the average
magnitude of the negative work across all conditions
for the plegic limb (19.7 + 10.0 J) was significant
greater (p<0.0001) than for the non-plegic limb (11.0
+8.8J). Also, the magnitude of negative work for the
non-plegic limb was of comparable value to the
average magnitude of the control subjects (8.9+£86
J). Since negative work provides a measure of motor
performance that is able to differentiate between the
plegic and non-plegic limbs, the lack of change in the
negative work with workload argues strongly that the
already impaired motor performance was not further
degraded by increased exertion. While our
calculations allow intercompensation of net joint
torques by biarticular muscles, future research will
inciude electromyographic measures to assess motor
performance at the individual muscle level.

The results of this study provide evidence for
encouraging high levels of exertion during pedaling
exercise in persons with post-stroke hemiplegia.
However, these results do not address whether
training at higher levels of exertion will result in better
transfer of motor performance to daily tasks such as
walking. Also, high levels of exertion should be
approached with caution in patients with a history of
cardiac and/or orthopedic problems. Additionally, the
results of this study demonstrate that there may be
differences between exertion due to increases in
speed versus workload. Workload challenges
resulted in enhanced force production, whereas no
significant effects on motor performance with respect
to increased movement speed were detected.

Therefore, this study can be used a model for
developing an exercise protocol. By monitoring
quantitative measures of motor performance at
different cadences and workload, the appropriate
exertional level for exercise can be determined.
Future studies will investigate the training effects of
pedaling at optimally determined speeds and
workloads, with special emphasis on functional
measures.
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INTRODUCTION
While the kinematics and crank mechanics have been described for subjects with cerebrovascular accident (CVA)
(Rosecrance & Giuliani, 1991, Benecke et af., 1983, Brown et al., 1992), the cycling mechanics of the lower leg have not been
explored. Particularly as the bicycle has many advantages ~s a training tool for symmetry, it has potential benefits for
increased loading of the involved leg. The purpose of this study was to examine the cycling mechanics of the lower legin
subjects with CVAs to address the asymmetrical refationship between the involved (IN) and noninvolved (NI) legs.

REVIEW & THEORY
Hemiplegia caused by CVA is the most common neurologic impairment accounting for approximately 25% of all severely
disabled persons. Physical therapy programs utilize strengthening, range of motion exercises, in addition to gait training, to
facilitate independent walking. In addition, the bicycle ergometer has been used in the treatment of hemiparesis.

The asymmetrical nature of hemiplegic posture and gait results from abnormal muscular activity, abnormal postural
mechanisims, and sensory deficit. Treatment for improving posture and gait focuses on increased loading of the invoived leg.
The bicycle can serve as a tool for enhancing rehabilitation of patients with CVAs. Bicycling provides an opportunity for to
evaiuate bilateral reciprocai paiterns of ihe iower leg without the weight bearing demands that locomotion requires. Cycling is
similar to gait in that it requires reciprocal use of both legs, fosters symmetry of movement, can have a rate similar to normal
walking, is a pre-CVA learned task, is rich in proprioceptive and timing cues, and provides alternating muscle activation of
antagonists (Brown & DeBacher, 1987).

PROCEDURES
Eight male subjects with unilateral CVAs. at least six months post stroke were evaluated. All subjects were outpatients of the
West Los Angeles Veterans' Administration Medical Center (WLA VAMC). All subjects were right hand dominant. Each
subject was able to locomote independently with the use of a single-point or four-point (quad) cane.

The bicycle apparatus was a recumbent bicycle (ProTech Sports PTS Turbo 1000) with the seat adjusted for each subject's
leg length. Attached to each crank were custom built pedals capable of measuring normal (F N) and tangential {F1)
components of the applied load. Pedal forces were collected (200 Hz) during the final 15 seconds of the one-minute trial.

Joint markers were placed on the subject's greater trochanter, knee joint center, lateral malleolus, and 5th metatars»'-
phalangeal (MP) joint bilaterally. Markers were also placed on the anterior and posterior portions of the pedal, on the pedal
spindle, and on the portion of the crank attached to the bicycle for purpose of measuring pedal and crank angle. Trials were
filmed at 50 frames per second. Subjects were instructed to cycle at a comfortable speed for one minute. Fiim data for each
leg were collected during separate trials.

Kinematic and kinetic data describing two consecutive pedal revolutions were isolated for analysis. Coordinate data were
obtained by digitizing serial film images (Numonics digitizer - IBM XT computer). Cutoff frequencies were determined using a
power spectrum analysis program. The cutoff frequency for each coordinate was selected at the point where 97% of the signal
energy was maintained. Data were smoothed using a 4th order, zero-lag Butterworth filter.  The lower extremity was modeled
as a planar, three-segment rigid body system with an external reaction force located at the pedal spindle. Equations of motion
for the three segments were formulated using conventional Newtonian mechanics.

RESULTS & DISCUSSION
Exemplar data from one subject is shown in Fig. 1 for the ankle, knee, and hip generalized muscle moments (GMMs)
bilaterally. As presented in Fig. 1A the IN leg Jacked an ankle dorsiflexor GMM during the first 90° of the pedaling cycle found
in the Ni leg. This dorsiflexor GMM in the NI leg aids in pulling the NI leg up through 0° when the leg is most flexed in the
recumbent configuration. The ankle GMM pattern, however, was quite variable between subjects depending on the amount of
ankle control the subject had. A lack of knee extensor GMM (Fig. 1B) was evident in the IN leg during the power phase (0-
1809). Atthe hip, two patterns emerged. In three subjects, the IN leg showed no hip flexor GMM during the recovery phase
(180-380°%) whereas the NI leg transitioned from an extensor GMM to a flexor GMM midcycle (Fig. 1C). The other five
subjects demonstrated a hip flexor GMM throughout the cycle. This second pattern limited the power generation of the IN hip
to the recovery phase, consequently the NI hip was required to produce power throughout the entire cycle.

The average + SD percent contribution of each joint to the total positive muscle work across subjects is shown in Table 1. The
hip joint overwhelmingly contributed the greatest percentage in the IN leg while a more even distribution beiween the knee and
hip was seen in the Ni leg. Power production during the power phase of the IN feg was quite fimited in all subjects except
those with the hip extensor GMM during the power phase, while all three joints contributed to power production during the
power phase of the NI leg.
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FIGURE 1
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TABLE 1: PERCENT CONTRIBUTION OF EACH JOINT TO THE TOTAL POSITIVE
MUSCLE WORK ACROSS SUBJECTS

NONINVOLVED LEG INVOLVED LEG
ANKLE 3.74+245 1.09+ 0.60
KNEE 39.34 +13.08 22.00 +19.97
HIP 56.81 +11.79 78.60 +17.05

Pattems of muscle torques showed similarities between normal data reported by Gregor et af,, (1985) from recreationai cyclists
on an upright bicycle and the noninvolved leg of the subjects with CVAs on the recumbent bicycle in this study. The resulting
muscle power patterns were similar in all joints for the noninvoived leg to those patterns reported by van ingen Schenau ef al.,
(1990) except that power absorption was more apparent in the ankle and knee of the noninvolved leg of subjects with CVAs.

This is partly explained by slower pedaling rates.
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INDWELLING EMG OF PSOAS:
CLINICAL IMPLICATIONS FOR LOW BACK INJURY AND REHABILITATION
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Introduction

Very little is known about the activation leveis of psoas,
due to the inaccessibility with surface EMG electrodes. Past work
reporting the activation levels of this deeper muscle, has been sparse,
and the data has been qualitative in nature. The objective of this
work was to obtain normalized activation amplitudes from psoas to
understand its role in spine mechanics - and more specifically, for use
in rehabilitation and investigations into the injury process. The
specific purpose of this paper was to report the normalized and scaled
EMG activation profiles of psoas over a wide variety of tasks.
Furthermore, simultaneous collection of several surface muscle
EMG?s facilitated analysis of whether surface electrodes can be used
to predict psoas activity.

Specific hypotheses to be tested were as follows: HI)
psoas is predominantly a hip flexor; H2) the psoas is activated at low
levels during challenging barbell lifting, at least lower than the back
extensors; H3) psoas activity is higher during upright sitting than
during slouched unsupported sitting and standing; H4) psoas is less
active during bent knee situps than straight leg sitaps; H5) during
situps, psoas is inhibited by pressing the heels down and activating
the hamstrings; H6) psoas is least active during curlups compared to
all other abdominal exercises; H7) psoas is equally active during
internal and external hip rotation; H8) during symmetric bucket
holding, psoas will increase its activity with increasing load in the
hands; H9) a single surface electrode may be used as an EMG
surogate fo represent psoas in all activities.

Methods

Five men and three women were recruited from a student
population. Also these were healthy and had never experienced
disabling low back pain. Experimental protocol was approved by the
ethics committee, the Faculty of Medicine, University of Bern.

Both surface and intra muscular wire electrodes were
used: psoas - two pairs of wire electrodes inserted posterio-laterally
at the L3 level using a 12 cm hypodermic needle under the visual
guidance of ultrasound imaging; quadratus lumborum - same
pathway was used as with psoas; external oblique, intemal oblique
and transverse abdominis - midway between the linea semi lunarus
and the midline laterally and at the transverse level of the umbilicus;
surface electrodes were placed over rectus abdominus 3 cm lateral to
the umbilicus; external oblique approx. 15 cm lateral to the
umbilicus and at the transverse level of the umbilicus, internal
oblique below the external oblique electrodes just superior to the
inguinal ligament. All raw myoelectric signals were preamplified,
filtered (10-500 Hz) and amplified to produce signals of approx. +
3V. The sagittal plane of the subjects was also filmed on video tape
and scaled so the joint coordinates could be obtained for input into a
biomechanical link segment model to calculate moments about the
Tumbar spine and hips.

Two sets of tasks were performed in this study. The first
set consisted of a series of maximal effort isometric exertions
intended to produce the largest possible amplitude of myoelectric
activity to provide a basis for EMG normalization. In a second set of

staied earlier. The tasks were grouped into subsections: those
primarily used for examining the mechanics of torso flexion
(including bent leg and straight let situps and leg raises, curlups,
pushups), lateral bend (standing lateral bends, side supports, twisting,
standing and seated) extension (and lifting loads up to 70 kg) and hip
internal/external rotation (scated and standing).
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Resuits and Discussion

The EMG activity from the muscles monitored from
indwelling electrodes are listed in Table 1 together with a few surface
muscles listed for reference and to further document the demands of
each task. In addressing the specific hypotheses listed earlier: H1)
the quantitative activation data of this study agrees with the clinical
conclusions from several qualitative studies (e.g., Basmajian, 1958;
Nachemson, 1966) that the psoas activity is most closely linked with
the generation of hip flexion moment. Further, the activation data is
consistent with the morphology and geometry of psoas reported by
Bogduk et al, (1992) and Santagnida & McGill, (1995)
demonstrating that its mechanical advantage gives highest priority to
flex the hip; H2) the hypothesis is accepted as the psoas is activated
at levels of 16% MVC or less even during the lifting of barbells up to
70 kg. The fairly high demands of this task are exemplified by
erector spinae activation of 62% MVC on average, H3) the
hypothesis is accepted as both sitting postures required higher
activation levels than during standing (less than 1% MVC).
Furthermore, sitting upright caused activation in the psoas to reach as
high as 12% MVC while sitting slouched was never higher than 4%
MVC; H4) hypothesis is rejected as both the psoas and abdominal
musculature have higher levels of activity during bent knee style of
situps. However, although the neural drive to psoas may be larger,
the muscle is shorter during the bent knee position and force
production is likely modulated (i.e., reduced) by the force-length
relationship; H5) hypothesis is rejected as our data does not support
the clinical notion that psoas activity can be somewhat inhibited by
activating hamstrings in the manner described; H6) hypothesis is
accepted as certainly curlups activate psoas (less than 10% MVC)
less than any style of situp where psoas is active between 15 and 34%
MVC; H7) this hypothesis was rejected, the psoas activity was higher
during external rotation in both seated and standing postures than
during internal rotation. However, while psoas activity is biased
towards external hip rotation, the co-contraction would suggest that
the psoas is not a prime mover in either of these hip rotation
movements; H8) while there was a trend, the variability in psoas
activation preciuded any solid conclusions regarding the role of psoas
as a lumbar stabilizer during externally applied compressive load;
H9) the hypothesis is rejected as psoas activity is best represented by
rectus femoris (surface) for flexor tasks (R? = 0.45, RMS diff 12%
MVC), twisting tasks (R? = 0.55, RMS diff 10% MVC), hip rotation
tasks (R? = 0.45, RMS diff 10% MVC) and extensor tasks (R? =
0.37, RMS diff 7% MVC). During lateral bending internal oblique
(surface) is the best EMG surogate (R* = 0.35, RMS diff 9% MVC).

Major clinical implications can be summarized. The best
abdominal flexion exercise to minimize psoas activation level is the
curfup. It appears that any type of situp activates psoas to levels in
the range of 15-34% MVC and the clinically relevant issue is not
what type of situp should be considered - but, should situps be
considered at all? The issue as to whether psoas is an internal or
external rotator of the hip appear to be a clinical non-issue since
psoas activity is not heavily modified by performing any one of thess
activities. Several have suggested that the psoas stabilizes the fumbar
spine {¢.g., Nachemson, 1966). From the daia of this study we
question the importance of psoas in this role since its activation level
was not greatly modulated with increasing compressive load on the
spine, and its relatively low activity during very demanding tasks
such as heavy barbell lifting. We are currently in the process of
examining quadratus lumborum given its geometric advantages to
laterally stabilize with multi segmental attachment and greater
moment arm than the psoas.
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Table 1. EMG activation noralized to 100% MVC - subject mean and (standard deviation). Note Psoas channels (1 and 2), External Oblique,
Internal Oblique, and Transverse Abdominis are intramuscular electrodes while Rectus Abdominis, Rectus Femoris, Erector Spinae are surface
clectrodes. Activation levels are reported for the most strenuous part of the task. All electrodes are on the left side of the body.

TASK Psoas 1 Psoas 2 Ext. Int. Trans. Rect. Ab. Rect. Erect.
Oblique Oblique Abdominis S) Fem. (S) Spin. (S)
Straight-leg situps 15(12) 24(7) 44(9) 15(15) 119 48(18) 16(10) 4(3)
Bent-knee situps 17(10) 28(7) 43(12) 16(14) 10(7) 55(16) 14(7) 6(9)
Press-heel situps 28(23) 34(18) 51(14) 22(14) 20(13) 21(20) 15(12) 43)
Bent-knee curlup 7(8) 10(14) 19(14) 14(10) 12(9) 62(22) 8(12) 6(10)
Bent-knee leg raise 24(15) 25(8) 22(7) 8(9) 7(6) 32(20) 8(5) 6(8)
Straight leg raise 35(20) 33(8) 26(9) 9(8) 6(4) 37(24) 23(12) (11
Isom. hand-to-knee
left hand-right knee 16(16) 16(8) 68(14) 30(28) 28(19) 69(18) 8(7) 6(4)
right hand-right knee 56(28) 58(16) 53(12) 48(23) 44(18) 74(25) 42(29) 5(4)
Cross curlup Rshoulder-across 5(3) 4(4) 23(20) 24(14) 20(11) 57(22) 10(19) 5(8)
LShoulder—across 5(3) 5(5) 24(17) 21(16) 15(13) 58(24) 12(24) 5(8)
Isom. side support 21(17) 12(8) 43(13) 36(29) 39(24) 22(13) 11(11) 24(15)
Dyn. side support 26(18) 13(5) 44(16) 42(24) 44(33) 41(20) 9(7) 29(17)
Pushup from feet 24(19) 12(5) 29(12) 10(14) 99) 29(10) 10(7) 3(4)
Pushup from knees 14(11) 10(7) 19(10) 7(9) 8(8) 19(11) 5(3) 3(4)
Lift light load (20 kg) 9(10) 3(4) 33) 6(7) 6(5) 14(21) 6(5) 37(13)
Lift heavy load (up to 70 kg) 16(18) 5(6) 5(4) 101D 1009) 17(23) 6(5) 62(12)
Symmetric bucket hold, Okg 1(2) o1) 21) 2(2) 2(1) 10(9) 2(h) 2(1)
20kg 2(4) 1(1) 7(4) 5(3) 5(1) 10(7) 3(3) 3(6)
30kg 3(4) (1) 9(5) 6(4) 6(1) 10(8) 3(3) 47
40kg 3(5) 1(1) 10(6) 8(6) 6(2) 10(8) 3(3) 3(2)
Seated Isom. twist CCW 30020) 17(15) 18(8) 43(25) 49(35) 17(22) 7(4) 14(6)
Seated Isom. twist CW 23(20) 11(8) 52(13) 15(11) 18(19) 13(10) 9(10) 13(8)
Standing hip internal rotation 21(18) 10(9) 18(12) 24(23) 33(20) 13(9) Y] 18(6)
Standing hip external rotation 27(20) 22(19) 17(13) 21(19) 31(17) 13(8) 19(11) 17(9)
Sitting hip internal rotation 19(15) 21(18) 36(31) 30(30) 31(29) 18(8) 20(19) 12(8)
Sitting hip external rotation 32(25) 25(20) 11(9) 15(17) 16(13) 15(9) 16(13) 8(8)
Sitting upright 12(7) 7(5) 3(6) 3(3) 4(2) 17(9) 402) 5(8)
Sitting slouched/relaxed 4(4) 3(3) 2(5) 2(2) 4(3) 17(11) 3(2) 5(8)
Standing lateral bend
bending left 9(10) 1(2) 11(8) 18(14) 12(7) 13(7) 32) 11(13)
bending right 6(5) 1(2) 19(18) 18(14) 25(20) 14(9) 3 3(8)
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FOREFOOT PLANTAR PRESSURE MEASUREMENTS MAY BE
USEFUL IN PREDICTING INTERNAL SKELETAL LOADING

N. Sharkey, L. Ferris, T. Smith, D. Matthews

Orthopaedic Research Laboratories, University of California, Davis, CA

INTRODUCTION

Studies of plantar pressure have been used
clinically to identify sites of high pressure that
may be sources of pain or that may signify
regions af risk for soft tissue breakdown, and to
evaluate the effects of interventions, such as the
use of orthotic devices or surgery on pressure
redistribution under the foot (Patel et al., 1994).
We hypothesis that such measurements might
also be used to predict abnormal loading in the
metatarsals of the foot; bones frequently affected
by stress reaction and fracture during intense
military or athletic training. This study was
undertaken to determine if distinct characteristics
of forefoot contact could be correlated with

second metatarsal strain and loading.
REVIEW AND THEORY

Proper loading and efficient function of the foot
during gait is dependent on the simuitaneous
and coordinated contraction of the controlling
musculature. During stance phase gait, active
deceleration of dorsiflexion and then plantar
flexion at heel-rise depends on the coordinated

hallucis longus (FHL), flexor digitorum longus
(FDL), peroneus brevis and longus (PB/PL), and
tibialis posterior (TP) (Perry et al., 1992).
Dysfunction of any of these muscles as a result
of tendon rupture, neuromuscular disorder, or
physiologic fatigue may result in abnormal gait
and foot deformity despite normal skeletal
siructures.

Recently, we presented data which suggests
that physiologic muscle fatigue may precipitate
metatarsal stress fracture (Sharkey et al., 1995).
We found that reduced tension in the FHL and
FDL during simulated plantar flexion of cadaver
feet caused significant increases in metatarsal
strain and bending. Because compromised
muscle function will also influence plantar
pressure, in principle, one might use the pattern
of plantar pressure to infer the loading
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environment of the metatarsals. Such a
procedure might be used to identify individuals at
increased risk for metatarsal stress fracture due
to muscle dysfunction or physiologic fatigue.

PROCEDURES

Three strain gauges were applied
circumferentially to the second metatarsal of
nine fresh cadaver feet and the feet were
mounted in a custom loading apparatus
designed to simulate the action of the triceps
surae, tibialis posterior, peroneus longus and
brevis, flexor digitorum longus, and flexor
hallucis longus. Specimens were rigidly fixed in
the heel-rise position with the tibial shaft angled
fifteen degrees forward in the sagitial piane and
the ankle in 0-5 degrees of dorsiflexion. The
forefoot rested on a pressure measurement
platform (Pedobarograph, BTE, Hanover, MD)
with the heel elevated 5-10 mm (Fig 1). A load
cell placed in series with the pedobarograph
enabled simultaneous measurement of ground
reaction force (GRF) and pressure distributions
under the forefoot.

Liquid
“Nitrogen
inlets

Force Transducer

7

Figure 1: The foot loading apparatus.

Specimens were loaded to 750N GRF by
simulated contraction of the various plantar
flexors. Repetitive tests were run on each
specimen using the following combinations of



simulated active muscle conditions: 1) TS,
PB/PL, TP, FDL, and FHL; 2) same as group 1
except no FHL; 3) same as group 1 except no
FHL or FDL; 4) TS and PB/PL; 5) TS and TP;
and 6) TS only. Strain in the three metatarsal
gages and pressure distribution images were
captured at 750N GRF. In-situ bending
moments and loads on the second metatarsals
were calculated from strain data. Digital
pressure map files obtained from each muscle
condition were translated and imported into
IMAGE software (W. Rasband, NIMH) for
analysis. Contact area, mean pressure, peak
pressure, and force were determined for the
entire forefoot, the metatarsal region of the
forefoot excluding the toes, the great toe, the
second toe, and the three lesser toes. Peak
pressures under the first and second metatarsal
heads were also measured.

Simple correlations were performed to isolate
any associations between the plantar pressure
parameters and second metatarsal strain and
loading. Stepwise multiple linear regressions
were then used to develop predictive equations
for second metatarsal loading. Statistical tests
yielding p < 0.05 were considered significant.

RESULTS

Correlations between foot contact parameters
and second metatarsal strains were weak.
Second toe contact area correlated inversely
with dorsal strain (r = -0.356; p < 0.006), peak
pressure under the first metatarsal head
correlated inversely with lateral strain (r = -
0.402; p < 0.001), and peak pressure under the
second metatarsal head correlated positively
with medial strain (r = 0.349; p = 0.005).

The greatest positive correlation was found
between peak pressure under the second
metatarsal head and plantar-to-dorsal bending
moment in the second metatarsal (r = 0.801).
Correlation analyses between mean pressure
under the first toe or peak pressure under the
second metatarsal head and axial loading of the
second metatarsal yielded coefficients greater
than 0.50. Contact area, peak pressure, and
mean pressure under the entire forefoot
including the toes, and peak pressure under the
metatarsal region of the forefoot, all correlated
significantly with the second metatarsal plantar-
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to-dorsal bending moment (r between 0.477 and
0.492; p < 0.000).

Using stepwise multiple regression and plantar
pressure distribution parameters, the equation
which most closely estimated dorsal strain
yielded an r-value equal to 0.691 (* = 0.477; p <
0.001) and a standard error of 710 microstrain.

The equation which most closely estimated the
actual plantar-to-dorsal bending moments in the
second metatarsal was more accurate and had
an r-value equal to 0.897 (* = 0.805; p <
0.001; Fig 2). The standard error of the estimate
was 1.306 Nm. The regression formula was:

PDM (Nm) = [2.92 X PPyri (MPa)]-[1.70 x
PP;, (MPa)] - [2.64 x W (cm)] + 25.6 (Nm)

Where: PDM = plantar-to-dorsal bending
moment, PPym, = peak pressure under the
second metatarsal head; PPy, = peak pressure
under the second toe, and W = foot width (as
measured at the widest point of the forefoot).

o S ©
(=] (=] =1

Piantar-to-Dorsal Bending Moment (Nm)
=S
(=

Calculated from Regression Formula

0.0

20 4.0 6.0 8.0 100
Plantar-to-Dorsal Bending Moment (Nm)

Measured

0.0 12.0

FIGURE 2: Plot comparing experimentally determined and
calculated second metatarsal bending moments.

DISCUSSION

Plantar-to-dorsal bending moment in the second
metatarsal was highly correlated to plantar
pressure under the second ray and width of the
foot indicating the potential use of plantar
pressure measurements in diagnosing
metatarsalgia and stress reactions.
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THE BIOMECHANICS OF LONGITUDINAL ARCH SUPPORT MECHANISMS IN FOOT ORTHOSES
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INTRODUCTION

In this investigation, several types of foot orthoses were
evaluated on cadaveric donor limbs to determine the efficacy
of their respective longitudinal arch support mechanisms,
Strain in the plantar aponeurosis was employed as a
performance measure to quantify the integrity of the foot’s
arch. Orthoses which produced a statistically significant
decrease in plantar aponeurosis strain compared to the
barefoot control were considered effective as an arch
support. Three of the five orthoses studied had efficient
longitudinai arch support mechanisms. Two of the orthoses
and the test shoe exhibited no arch support properties. The
time-to- load data showed statistically significant differences
among the various test conditions indicating the relative
cushioning properties of the shoe/orthosis systems.

REVIEW AND THEORY

One of the primary mechanisms of a foot orthosis is the
longitudinal arch support, hence the origin of its earlier
descriptive term ‘arch support’. Despite its wide use for the
treatment of various foot pathologies, few scientific studies
have documented its biomechanical influence on foot
function and its effectiveness as a structural support. The
diversity of orthotic techniques and designs associated with
foot orthoses has led to a degree of uncertainty as to
magnitude of control they will provide to the foot.

Morphologically the foot has an arciform appearance when
viewed in the sagittal plane. Structurally it is not a true arch
since it relies on adjacent soft tissues to maintain its curved
posture. The plantar fascia is of fundamental importance to
the biomechanics of foot function (Sarrafian, 1987). Much of
the load transmitted by the foot is experienced by the plantar
fascia (FHicks, 1955). When subjected to a load (body weight)
the foot’s arch elongates producing a tensile force in the
plantar fascia (Wright et al., 1964). Repeated loading of the
foot and excessive tension of the plantar fascia has been
implicated to be a causal facior for the condition plantar
fasciitis, which resulis in symptomatic heel pain and
inflasnmation (Campbell ef al., 1974). The objective of
orthotic intervention is to resist depression of the foot’s arch
during weight bearing through skeletal support, thereby
decreasing tension in the plantar aponeurosis. We
hypothesized that if strain is alleviated with the longitudinal
arch support mechanism of a foot orthesis, 2 quantifiable
reduction in tension of the plantar aponeurosis should be
seen via fixation of a strain transducer. The aims of this study
were (1) to quantify the longitudinal arch support properties
of various foot orthoses, and (2) to explain the fundamental
biomechanics of longitudinal arch support mechanisms and
the features of their design in terms of their orthotic
attributes for skeletal foot control.
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PROCEDURES

Seven fresh frozen cadaveric limbs disarticulated at the knee
were used in the study. A differential variable reluctance
transducer (DVRT) (The Microstrain Co., Burlin gion, VT.)
was surgically implanted into the plantar aponeurosis of
cadaveric Jower limb feet, through which strain was
calculated in each condition. The experiment consisted of
seven different conditions: specimen barefoot (t #1),
specimen with shoe (t #2), and five tests combining specimen
with shoe and foot orthosis; a prefabricated orthosis (t #3), a
soft orthosis (t #4), a semi- rigid orthosis (t #5), a rigid
orthosis (t #6); and a UC-BL foot orthosis (t #7). The barefoot
condition ( #1) was used as a control. Each specimen was
instrumented and mounted o a Scott electro-mechanical test
machine Model CRE/500 (GCA Precision Scientific, Chica £0,
IL.). Specimens were preconditioned just prior to testing by
cyclical loading. Ten cycles were performed at the selected
parameters which consisted of a loading rate of 508
mm/min. and a load application from 0-900 N. Following
specimen preconditioning the reference length and ‘zero’
position of the strain transducer were determined. Initial
length was established by positioning the limb in an upright
position and using the respective limb mass to produce slight
tension in the plantar aponeurosis. This permitted a
proportional load for each specimen calibration. Five test
runs were conducted with each condition bringing the total
number of test runs performed on each specimen to 35. All
specimens were subjected to the seven conditions in a varied
order utilizing a “Latin testing sequence square.” A shoe
alignment plate and a mounting fixture assured that limb
placement and position would be unchanged as a specimen
was prepared for each treatment condition. The voltage
output from the ransducer and load cell were transferred
via amplifier/signal conditioner to a data acquisition board
for analog to digital conversion sampled at 750 Hz fora 1.5
second test. As data was sampled it was simultaneously
stored on a micro-computer. Time, load, and sirain data
were collected and analyzed at four load levels (225, 450,
675, 900 N). In addition the measurements and test design
were evaluated for reliability.

RESULTS AND DISCUSSION

Three orthoses exhibited exceptional longitudinal arch
support properties, the semi-rigid orthosis (t #5), the soft
accommodative orthosis (t #4) and the University of
California Blomechanics Laboratory (UC-BL) foot orthosis (¢
#7). Similar results were reported in a pilot study by the
authors (Kogler et al., 1995). The findings favor the orthotic
prindiples espoused by Camapbell and Inman (1974) which
emphasized decreased tension in the plantar aponeurosis for
the treatment of plantar fasciitis. In addition to being



statistically significant (p< 0.05) from all other tests
conducted, they typically generated negative strain values
(Figure 1, Table 1). This occurrence exemplifies the resistive
properties of the longitudinal arch support mechanisms of
these devices, since the measured strains remained lower
than the designated zero position of the strain transducer
even at the highest load of 900 N. This has important clinical
implications when plantar aponeurosis strain reduction is
the desired treatment objective. Time-load histories showed
that certain orthoses were more effective than others at
cushioning the foot during loading (Table 2). This is of
interest since delayed loading has also been suggested asa
form of treatment for plantar fasditis by cushioning the foot
during weight-bearing (Helal et al,, 1988).

The distinguishing features of the orthoses which decreased
plantar aponeurosis strain were: surface contours of medial
and central regions, the magnitude of their longitudinal
curvatures, medial trimline delineation, and negative
impression methods. In general, the effective longitudinal
arch support mechanisms possessed higher medial profiles
and the angles related to their arch shapes were more acute.
Trimline delineation complimented this trait by
encompassing a greater portion of the foots medial aspect
which proportionally increased the surface area of the
orthosis. In contrast, the two orthoses which demonstrated
poor longitudinal arch support capabilities, the stock
orthosis (t #3) and the rigid orthosis (t #6), had relatively
planar surface contours with longitudinal curvatures
nominal in height and acuteness as compared to their more
supportive counterparts (t #4; L #5; t #7). Medial trimline
extensions were also less encompassing.

We theorize that to decrease the arch-flattening moment of
the foot, the longitudinal arch support mechanism of an
orthosis must suppott the apical bony structures of the foot's
arch: the proximal shafts of the metatarsals, cuneiforms, and
talus via the navicular and sustentaculum tali of the
calcaneus. Orthotic restraint in this region encourages
plantar flexion of the metatarsals and calcaneal inversion
which together limit and control arch depression. In contrast
a longitudinal arch support mechanism that confines support
to only distal structures, the distal shaft of the metatarsals
and distal portion of the calcaneus, will produce a
dorsiflexion moment at the tarsal-metatarsal joint which
translates to an arch-flattening effect. This may explain why
shallow longitudinal arch support mechanisms did not show
any arch support properties and in fact often increased the
strain in the plantar aponeurosis relative to the barefoot tests.
It is unclear if this occurrence was the result of a ‘bowstring’
effect to the plantar aponeurosis described by Campbell and
Inman (1974) or an arch lengthening response. The
presupposition of many clinicians, that an orthosis with a
relatively low arch is capable of providing some support to
the foot’s skeletal structure is refutable with respect to our
findings.
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Figure 1. Representative load-strain curves of the plantar
aponeurosis of a donor specimen.

Table1. STRAIN %

test 225N 450 N 675 N 900 N
#3 (FO) 2.88(201) 3.98(218) 471(230) 529241

shoe 250 (1.78) 3.66(1.83) 4.50(1.89) 5.20(1.95)
#6(FO) 231(1.78) 3.51(1.89) 4.35(1.98) 5.03(2.05)
barefoot 1.31(146) 2.62(1.78) 3.54(2.02) 4.29(2.20)

Mean values and (SD) for percent strain. (n=7)
Shaded area indicates foot orthoses (FO) that had efficient
Iongitudinal arch support mechanisms. Their values were statistically
different from all other tests (p<0.05)

Table 2. TIME (s)

test 225N 450 N 675 N 900 N
foot  0.32(0.18)d 047 (0.17Ye  055(0.19e 0.61(021)e
#7 031 (0.11)d  049(0.12)d, e 0.60(0.13)d 0.69(0.14)d
shoe 0.33(0.13)cd 052(0.15)d  063(0.17)d 0.72(0.18)d
43 036015bec 056(017c 0.69(019c 0.80(021)c
#6 0.36 (0.13) 0.58 (0.15) 071(0.18)  0.82(0.19)
b,c b,c b, ¢ b, ¢
#5 0.40 (0.1 b 061(0.16)b  0.75(0.18)b 0.87 (020)b
#4 043 (0.1 a 0.67 (0.16)a  0.82(0.18)a 0.94(0.1%a

Mean values and (SD) for time-to-load. (n-7)
Results of Duncan’s multiple range test . All grouped values (a,b,c.d.e)
were statistically significant from each another (p<0.05).
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INTRODUCTION

Total joint arthroplasty has improved the function
and quality of life for millions of individuals. In the
United States alone, over 200,000 hip replacements
and 200,000 knee replacements are performed
annually (Praemer et al,, 1992). Although the
success rate for primary joint replacement is good
(averaging 95% survival at 10 year follow up), with
an increased number of implanted joints, the
number of revision joint replacements is also
increasing. Twenty thousand revision hip
replacements are performed annually in the
United States (Peliicci, 1990), and have poorer
function than primary surgeries. The 1994 NIH
Consensus Developbment Conference on Total Hip
Replacement noted that "outcomes of revision hip
surgery are less reliable and satisfactory than those
of primary procedures” (NIH Consensus

Conference, 1994).
REVIEW AND THEORY

Several comprehensive schema for the initiation
and progression of prosthesis i00sening have been
proposed (Figure 1). An initially stable implant can
destabilize as a result of trabecular fracture or due
to local bone destruction caused by particulate
wear debris. If it does not stabilize, an unstable
implant (unstable from the time of surgery, or
initially stable but subsequently unstable) will,
through bone resorption and fibrous repair, for a
bursa. Motion (which can also generate particulate
debris and metal ions) then stimulates the bursa to
produce bone resorbing factors such as cytokines.
This cycle can repeat itself, causing further bone
resorption, loosening and pain. Clinical studies
have vielded findings that corroborate this view of
implant instability and the confounding factor of
particulate debris as mechanical initiators of
prosthetic loosening.

The term "mechanical instability" refers to relative
motion between the impiant and the bone. This
instability contributes to implant loosening in two
ways; through the direct effect of motion on cells,
and through its role in increasing production of
particulate debris.

Particulate debris may be the direct initiator of
the biochemical bone response. Particle size,
material, quantity and shape are all important
factors in the character of the response. The
present study focuses on the effect of particle
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Size. Debris smaller than 10-15 sm can be
phagocytosed by macrophages, thereby
potentiating the release of cytokines. In clinical
retrieval studies, larger particles are usually walled
off by fibrous tissue or foreign body giant celis.

Retrieved particles from membranes surrounding
failed joint replacement implants have shown
variable size, ranging from 0.1 um to 250 um, with
approximately 75% to 90% being less than 1.0 ym
(Shanbhag, 1994),
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Figure 1: Events leading to aseptic loosening of
joint replacement implant

The hypotheses examined in this study are: the
density of macrophages, histiocytes, synovial-like
cells, and foreigh body giant cells in the
membrane and bone surrounding an unstable
implant depend on (1) the presence of, and (2) the
size of polyethylene particles.

PROCEDURES

An unstable Sgballe impiant (Figure 2, Sgballe,

1993) was used to represent a loosened human
implant. it is a2 6.0 mm diameter cyiinder whic
pistons 500 um in the medial femoral condyle of a
dog during each gait cycle. The magnitude and
axial direction of motion during weight bearing is
carefully controlled via a centralizing bearing. A
bolyethylene cap on the distal end protrudes
above the articular cartilage, and is axially
depressed during weight bearing. A loose
cemented implant was modeled as a molded



polymethyimethacrylate (PMMA) cylinder threaded
on the unstable implant's core.

Figure 2: Unstable implant with controlled motion
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Type APEDebris|  YES YES DENSE NO
TypeBPEDebris|  YES YES DENSE NOQ

Table 1: Summary of histologic findings

Twelve mature mongrel dogs were randomized to
three treatment groups, all with unstable implants
having: (a) no debris, (b) particulate high density
polyethylene (PE) (Type A: 4.7 um mean (.5-12 um))
and, (©) PE: (Type B: 0.5 - 50 um; 50% < 1.0 um; 85%
< 10 um). Eight implants were evaiuated per
group. The particulate was ultrasonically and
manually mixed with hyaluronic acid (LifeCore
Biomedical, Chaska, MN) and injected in the
implant cavity at a concentration of 0.5 x 108
particles /implant (Lalor et al., 1994). Animals were
allowed unlimited cage activity, and were
euthanized eight weeks following implantation.
The above protocol was approved by our
institution's Animal Care Committee prior to
commencing the experiments.

RESULTS

Effect of implant motion alone All implants were
surrounded by fibrous tissue. Under histologic
examination, there was a reparative response with
no inflammation. There was no neutrophilic,
macrophage/histiocytic or lymphocytic response.
New cartilage formation and abundant vascularity
was observed. Fibroblasts were mature spindie
shaped cells, characteristic of a reparative
response.

Effect of implant motion and Type A debris 0.5 -
12 um): All impiants were surrounded by fibrous
tissue. Sheets of macrophages and histiocytes
were present, often with intracellular PE particles.
The membrane had synovial-like celis at the
surface interfacing with the implant, and was
composed of spindle shaped fibroblasts. PE
particles were identified with polarized light and
0il Red O staining, and were seen to remain in the

membrane surrounding the implant. PE was also
seen in the adjacent bone. No foreign body giant
cells were seen. Rare lymphocytes and cartilage
formation, and rare osteoclasts were seen.

Effect of implant motion and Type B debris (0.5 -
50 um): Histologic examination of the interface
membrane reveals a very similar picture to that
seen with the smaller Type A debris; i.e. dense
fibrous tissue with synovial-like cells, and
macrophages with intra- and inter-cellular PE. The
expected finding of foreign body giant cells in
response to larger debris was not seen in the
interface membrane, although 15% of the
particles were >10um. Foreign body giant cells
were seen in the synovial tissue.

DISCUSSION

The results in this model of a cement-
coated implant pistoning 500 um for eight weeks
suggest that motion by itself did not generate an
aggressive membrane characteristic of that
retrieved from human revisions (Athanasou et al.,
1992, Goldring, 1986). The addition of both Types
A and B particulate polyethylene to the unstable
implant recruited macrophages, histiocytes,
synovial celis and osteoclasts. Foreign body giant
cells were not seen in the membrane. These
results suggest, that in this model of an unstable
implant, particulate debris is necessary to generate
an aggressive membrane as seen in clinical
loosening (in agreement with Hypothesis 1), but
within the size range and concentration studied,
there is not a size dependent difference in the
periprosthetic tissue response (not in agreement
with Hypothesis 2). Other factors not studied
here, including concentration of particulate, time
frame, and shape may piay a role in moduiating
the tissue response.
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IN VITRO STABILITY OF THE HIP AFTER SIMULATED

TRANSVERSE ACETABULAR FRACTURES

Mark S. Vrahas, Kevin A. Thomas, John W. Noble, J. Spence Reid,
Christopher M. Bearden, and Miguel Guzman,
Louisiana State University Medical Center, Department of Orthopaedic Surgery,
2025 Gravier Street, Suite 400, New Orleans LA 70112

INTRODUCTION

One of the primary considerations in
determining whether an acetabular fracture
should be managed operatively or non-
operatively is the relationship of the fracture to
the weight-bearing portion of the acetabulum.
To address this problem, a method was
developed to measure hip stability after
simulated transverse acetabular fractures.

REVIEW AND THEORY

Unreduced fractures involving the weight-
bearing portion of the acetabulum lead to post-
traumatic arthritis, while fractures outside this
area portend a better prognosis. Little previous
work has carefully examined hip joint stability
following either actual or simulated acetabular
fractures. None of the numerous clinical
studies examining hip fracture dislocations
clearly define what is meant by stability or
quantify the amount of acetabulum necessary t
maintain stability.

The purpose of this study was to distinguish
fractures that require operative reduction from
those that can be treated with traction and those
which require even less aggressive measures to
prevent posi-traumatic arthritis.

PROCEDURES

An in vitro model simulating transverse
acetabular fractures was developed utilizing
cadaveric pelves and proximal femora. Nine
human cadaveric pelves were harvested,
radiographically examined and stripped of all
soft tissues prior to testing. There were no
significant abnormalities noted by radiographic
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or visual inspection of the specimens. A full
complement of data was obtained from nine
specimens {consisting of an acetabulum and
proximal femur).

For testing each specimen was mounted in a
servo-hydraulic mechanical testing machine.
Each femur was potted in a cylindrical fixture,
mounted onto an instrumented x-y displacement
table, and secured to the load cell of a
mechanical testing machine (858 Bionix, MTS,
Minneapolis MN). Each acetabulum was
potied and mounted to the test machine actuator
using an articulated fixture which allowed
accurate positioning of the specimens to
simulate various degrees of hip flexion,
extension, abduction, and adduction.

Prior to potting two Steinmann pins were
inserted into the acetabulum to provide a
standard reference to the sagittal, coronal and
transverse planes. During all preparation and
tests the articular cartilage was kept moist by
frequent misting with physiologic saline.

Each specimen was first evaluated with the
acetabulum intact. The specimen was loaded in
multiple positions simulating hip flexion from
0° to 80° with either 0°, 10°, or -10° of
adduction. After application of a 50 N
preload, the specimens were loaded in
compression to 800 N (at 200 N/sec in load
control for three cycles). Simultaneous
recordings were made of the load,
displacement, and x-y translation of the femur.
The specimen was then loaded a fourth time at
each position with pressure sensitive film
inserted to evaluate intra-articular stresses.



A custom guide was then used to make an
osteotomy simulating a transverse acetabular
fracture at a roof arc angle of 90°. The
loadings were repeated at all positions, with
displacements carefully monitored to determine
if the osteotomy had made the hip unstable.
The entire process was repeated with simulated
fractures at roof arc angles of 60°, 30° and 0°.

For statistical analysis a score was computed
weighting the stability by the angle of flexion:

Stability Score = flexion weight X stability

where flexion weight = 1 for 0° flexion, 2 for
20°, 4 for 40°, 6 for 60°, and 8 for 80°, and
stability = 1 for a stable hip, 0 for an unstable
hip. The stability scores were computed
separately for each specimen at each roof-arc
angle and each ab/adduction angle. The scores
were analyzed using the Wilcoxon rank sum
test.

RESULTS

In all test positions, the specimens were
consistently observed to be either stable or
unstable during loading. Peak loads for the
unstable conditions were generally less than
400 N.

The results are summarized in the graph below,
which shows the range of flexion over which
the specimen remained stable. With the
acetabula intact the specimens remained stable
when loaded with the hip flexed from 0° to
60°, but dislocated when the hip was flexed to
80°. For simulated fractures with a 90° roof
arc angle the specimens were again stable with
the hip flexed 0° to 60°, but dislocated when
the hip was flexed to 80°. With 60° roof arc
fractures the specimens were stable only at hip
flexion of 0° to 40°. For the 30° roof arc
fractures the specimens were stable with the hip
flexed from 0° to 40° degrees, but dislocated at
very low loads for flexion beyond this. For the
0° roof arc fractures the specimens were
unstable at all position of flexion/adduction.

Analysis of the stability scores demonstrated
that stability was not affected by ab/adduction
angle alone, but was significantly affected by
the roof-arc angle, and by the interaction of
roof-arc angle and ab/adduction angle
(Wilcoxon rank sum test, p< 0.05)

DISCUSSION

Our results suggest that transverse fractures
with a roof arc angle of 90° do not affect the
weight bearing portion of the acetabulum.
However, fractures with a roof arc angle of
60° begin to infringe on the weight bearing
area, and fractures with roof arc angles less
than 30° are clearly in the weight-bearing
region.
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Plot showing the range of stability after
simulated transverse acetabular fractures.
NO = intact acetabulum; n=9 specimens.



THE INFLUENCE OF POST-OPERATIVE FOLLOW-UP TIME ON “EARLY” PREDICTION
OF LONG-TERM WEAR RATE IN TOTAL HIP ARTHROPLASTY

S.M. Shaver, T.D. Brown, J.J. Callaghan

Department of Orthopaedic Surgery, The University of Towa, Iowa City, TA 52242

INTRODUCTION

Polyethylene wear is a major factor affecting the longevity
of total hip arthroplasty [4]. The ability to accurately
make early wear measurements and then confidently
predict long-term wear, based on these measurements,
would give early insight into long-term behavior.
Inaccuracies of most techniques effectively prohibit
application to early or small wear cases {1-3], and
therefore, a digital edge detection computer algorithm was
developed to estimate early polyethylene wear in total hip
arthroplasty. In comparison to previous wear methods, the
automated technique substantially reduces observer
subjectivity by evaluating intensity gradients in digitized

radiographic images and objectively inferring the
components’ margins. Application of the new

measurement method was demonstrated by measuring
a of 18 patients and then constructing
regression models between follow-up and long-term wear
rates. Results show follow-up wear rates generally predict
long-term rates, with the models becoming more precise at
later follow-up times.
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REVIEW AND THEORY

Since only anteroposterior films exist for most long-term
patient series, techniques relying on more advanced
modalities (e.g., computed tomography scans, Roentgen
stereophotogrammetric analysis) cannot be used in a
retrospective manner. In addition, it is not common
practice to use these time and labor intensive techniques
prospectively on large cohorts of patients. For these
reasons, we developed and a new digital image analysis
method [5] to measure wear in archived radiographs.
Using a numerical method gradient operator, the technique
estimates the elliptical shadows of the femoral head and
cup backing on digitized images, and computes the
separation distance between the ellipses. (Ellipses - rather
than circles - are fitted since the spherical components cast
elliptical shadows whenever the beam source lies in the
mid-sagittal plane.) Changes in the ellipse separation
distance on each follow-up image, as compared to the
post-operative image, represent the linear wear. Linear
wear rates are calculated by dividing each linear wear
measurement by the follow-up time. The technique was
validated by proving capable of estimating both small and
large magnitudes of polyethylene wear [5]. With this
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teliable tool, the predictability of long-term wear is
evaluated, based on corresponding follow-up wear
measurements.

PROCEDURES

Eighteen patients were selected for wear evaluation, each
having components consisting of a Ti-BAC (titanium
backed, cemented) acetabular system, articulating with a
28 mm diameter chrome cobalt femoral head (Iowa total
hip system, Zimmer, Inc., Warsaw, IN). An antero-
posterior pelvic post-operative radiograph and periodic
follow-up films were available for each patient, all having
been obtained in the same suite, with the same
radiographic machine, and with a standardized
positioning procedure. The post-operative film and serial
radiographs closest to 2-(short-term), 6-(intermediate-
term}, and 10-(long-term) years follow-up were digitized
as two-dimensional gray scale arrays of 8-bit (256 gray
levels) integers using a QCS-1260 flatbed imaging scanner
(Imapro Corp., Ottawa, Canada). The images were
rendered on a CRT screen of a 4000-60 VAXStation
workstation (Digital Equip. Corp., Maynard, MA).

pelvic

A linear regression model was constructed between the
linear wear rate measured on each patient’s earliest
follow-up film (~2yrs) and the linear wear rate measured
on each patient’s most recent film (~10yrs). The
coefficient of determination (R?) and regression
confidence intervals (95%) also were calculated. Three
additional models were developed with the constraint that
the follow-up time must exceed a varying threshold. For
those patients whose earliest follow-up film existed prior
to this time threshold, the follow-up data points were
substituted by follow-up data points from a succeeding
film (~6yrs). The thresholds were chosen such that the
first regression model contained only 2 yr data (no
substitutions) and the last regression model contained only
6 yr data (all substitutions).

RESULTS AND DISCUSSION

The short-term follow-up period ranged from 17 to 37
months (mean, 25 months), the intermediate-term follow-
up period ranged from 46 to 115 months (mean, 76
months), and the long-term follow-up period ranged from
110 to 139 months (mean, 122 months).
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Figure la-d: Regression models for early wear rates at various follow-up times versus corresponding long-term wear
rates. Sample regression lines (—) and 95% confidence intervals (---) are shown for each model.

The short-term linear wear rate averaged 0.170 mm/yr
(range, 0.065 to 0.461 mm; standard deviation, 0.094
mm), the intermediate-term linear wear rate averaged
0.123 mm/yr (range, 0.025 to 0.388 mm; standard
deviation, 0.083 mm), and the long-term linear wear rate
averaged 0.103 mm/yr (range, 0.014 to 0428 mm;
standard deviation, 0.083 mm).

The four linear regression models are shown in Figure la-
d. The (+) symbols represent corresponding follow-up and
long-term linear wear rates, the solid line is the sample
regression line, and the dashed lines are the confidence
intervals. The coefficients of determination increase as
the average follow-up measurement times approach the
average long-term measurement time, indicating that wear
data taken closer in time to the long-term wear data
greater predict those long-term values. The confidence
intervals generally decrease in width with increasing R®
values, and exhibit a characteristic minimum width at the
average follow-up wear rate.
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In general, long-term wear rates can be predicted on the
basis of earlier follow-up wear rates.  Long-term
predictability might have increased by using non-linear
regression, or by multi-variable regression fo
simultaneously  incorporate both  follow-up  wear
measurements. These results obviously are influenced by
the non-uniform distribution of the follow-up wear rates
and the small sample size, as occasional outlier data points
greatly influence the precision of the confidence intervals.
Yet, early identification of high wear rate outliers are of
primary interest, as precautions may be taken to reduce the
long-term rate of polyethylene wear in such cases.
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FEMORAL SURFACE STRAIN ANALYSIS: A COMPARISON
BETWEEN A CUP ARTHROPLASTY AND CONVENTIONAL LONG-
STEM PROSTHESES

S.J. Hazelwood, J.J. Rodrigo, N.A. Sharkey, K. Raiszadeh
Orthopaedic Research Laboratory
University of California, Davis

INTRODUCTION

The destructive effects of stress shielding in
the proximal femur following hip replacement
surgery have been the subject of much
research in recent years. it is desirabie to
predict how much stress shielding occurs for
certain types of implants to determine which
will produce the least amount. This was
accomplished in this study by a strain gage
analysis, which was used to determine the
femoral surface sirain distribution on normal,
intact femurs and those implanted with a
surface arthroplasty or conventionat long-stem
prostheses. A statistical analysis was then
performed to determine which femur-implant
configuration produced a strain distribution
more similar to the intact femur.

REVIEW AND THEORY

It is recognized that the transmission of load
from the implant to the bone is one of the most
important factors in determining the longevity
of femoral prostheses (Huiskes, 1990). Bone
resorpiion of the proximal femur, believed to
be the normal remodeling response due to the
shielding of bone from stress by the femoral
component, has been atiributed as the major
cause of several long-term failures of the
implant and surrounding bone (Bobyn et al.,
1992). This is particularly a problem for
younger hip implant recipients, who tend to be
more active and need an implant which lasts
longer than normal. With the recent increase
in the number of young patients receiving hip
implanis, an interest has been rekindled
among several orthopaedists to return to the
femoral “cup” type of arthroplasty, whose
design is such that bone resorption due to
stress shielding may be prevented.
Specifically, the design simulates the actual
femur head size and preserves a majority of
the original bone stock, which will theoretically
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approximate the normal transmission of
stresses to the bone. To quantitatively
determine which femur-implant construct
produces a more natural strain distribution of
the femur, a femoral surface strain analysis
was performed comparing a cup arthroplasty
with both a cemented and a cementless
conventional long-stem prosthesis.

PROCEDURES

Freshly harvested human cadaveric femurs
(donor age range: 35-70 years) were stored at
-4°C until use. The distai ends of each were
removed and their shafts were potied in a
polymethylmethacrylate base for fixation into
an Instron 1122 universal material testing
machine. Axial strain gages were bonded
longitudinally to each femur surface at five
locations: medially on the neck, medially and
taterally on the proximal femur shaft in the
trochanteric region (P/M and P/L respectively),
and medially and laterally on the distal femur
shaft (D/M and D/L respectively). The femurs
were mounted into the Instron in a 10° varus
position, simulating the single leg stance
phase of gait. Compressive loads were
exerted on the head of the femur (at a load
rate of 2mm/min) to 2000N, and strains were
recorded at 10N increments.

Strain levels of the intact ferurs were
measured {0 provide baseline values. Strain
measurements were again performed after
resurfacing the head of the femurs with TARA
trial prostheses implanted both with (n=24) and
without the stem (n=23). Finally, long-stem
prostheses were either cemented (n=10) or
press-fit (n=10) into place, and the sirain
levels were again recorded. Implanting the
long-stem prostheses necessitated elimination
of the neck strain gage. A comparison was
then made between each configuration at each
gage location using analysis of variance



(p<0.05 significant). When significant, a
follow-up t-test determined which variable was
statistically different.

RESULTS

Figure 1 provides mean strain results at each
gage location for each configuration tested at a
load of 2000N. Strains are presented as a
percent of the intact femoral strain for
purposes of clarity. Error bars were
determined from one standard deviation. For
the three proximal gage locations (neck, P/M,
and P/L) there were no significant differences
in strain measurements made with the intact
femurs or either cup configuration. Intact
strain results, which provided the baseline
values, are represented on the graph by the
line at 100%. The strain gage measurements

250

8 cup arthro. (with stem)
200 - Bcup arthro. (wo stem)
{1cementedlong-stem

1 Bpress-fitlong-stem

150 1

100 -

% of intact strain

50 1

gage position

* significantly different than intact
Figure 1. Axial strain distribution on
femur surface for 2000N load

made with the conventional long-stem
implants, on the other hand, decreased
significantly at both the P/M (cemented: 70.9%
+ 17.1%, p=0.0001; press-fit: 72.6% *+ 19.1%,
p=0.0032) and P/L (cemented: 57.7% *
24.8%, p<0.0001; press-fit: 47.4% + 20.6%,
p<0.0001) locations.

The strain measurements at the D/M and D/L
gage locations were statistically similar for all
configurations tested, primarily due to the
rather large variation in values. This was
thought to be a result of the relatively small
distal strain measurements (up to 20 times
smaller than corresponding proximal strains);
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causing these values to be more sensitive to
the testing procedure.

Statistically similar resuits were also obtained
for the strain measurements of a given implant
as a function of load, thus this graph is
representative of the results for the other loads
at which data were collected.

DISCUSSION

The trial femoral prosthesis of the cup
arthroplasty procedure, with or without the
stem, provided a strain distribution more
similar to the intact femur than either
conventional long-stem prosthesis. This was
particularly true at the proximal femur, where
strain values for the long-stem prostheses
were significantly below the intact results.
Though cup arthroplasties cannot be used in
all situations (bone of good quality must
remain after the femoral head has been
resurfaced for the implants to be supported),
this study shows that they should be
considered a viable option in certain cases for
younger patients because they preserve more
bone stock at the time of surgery and, by
providing more natural loading to the femur,
may be expected to prevent bone loss as a
result of stress shielding.
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BIOMECHANICAL FEATURES OF THE ORGANIZATION OF HIGHLY SKILLED LOCOMOTOR MOVEMENTS
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INTRODUCTION

Assuming after Bernstein (1947) that highly skilled movements are
performed with the minimum necessary muscle activity,
biomechanical features of the organization of highly skilled
movements were derived from the formulation of an optimization
problem and optimization criteria typically used in the literature to
predict nuscle forces. These features were: 1) activity of
antagonistic muscles are the minimal necessary to provide a given
movement; 2) the phases of movements where a high net moment at
a joint should be produced are characterized by longer muscle
moment arms about this joint; 3) the phases of movements where
high muscle forces should be produced are characterized by high
instantaneous contractile conditions of the muscles; 4) the external
and passive joint forces are used (i) to move segments of the body in
the desired direction without muscle activity, where possible, and/or
(i) to increase muscle force and power per unit of muscle activity;
5) activity of multi-joint muscles is organized in such a way that the
total muscle force (and, possibly, activity) is decreased. In this
study, the above features of the movement organization were
experimentally sought and found in human walking, running, and
jumping.

REVIEW AND THEQRY

The principles underlying the organization of highly skilled multi-
joint movements are not well understood. In particular, it is not clear
why certain patterns of joint angles and muscle forces are chosen by
the central nervous system (CNS) from an unlimited number of
possible patterns to perform a given motor task. Bernstein (1947)
suggested that completely acquired motor skills are performed with
the minimum necessary muscle activity. This hypothesis may
explain why skilled movements are performed in the certain way.
The results of muscle force predictions in human skilled movements
using the minimization of the total muscle force, muscle stress, or
mechanical work done by the muscles support Bemstein’s
hypothesis. The predicted optimal muscle forces are typically in a
qualitative agreement with activity patterns of the corresponding
muscles (Davy and Audu, 1987; Prilutsky and Raitsin, 1993).
Assume that the patterns of muscle forces satisfy one of the above
optimization criteria; that is, the muscle forces are approximately the
minimum necessary to provide a given skilled movement. Then the
organization of this movement should have certain features which
can be derived from the analysis of the optimization problem
formulation, the optimization criterion, and the design and
properties of the musculoskeletal system. These features can be
sought experimentally in highly skilled movements in order to
support or reject Bernstein’s hypothesis that completely acquired
skills are characterized by the minimum necessary muscle activity.
The aim of this study was to analyze how skilled locomotor
movements are organized mechanically, or which (and how)
features of these movements may provide economy of muscle
activity.

PROCEDURES

Five features of the organization of highly skilled movements were
derived from the analysis of the optimization problem formulation
(Prilutsky and Raitsin, 1993), the optimization criterion (the
minimum sum of muscle forces), and the design and properties of
the musculoskeletal system. These features are listed in
INTRODUCTION. In order to check if these features occur in

human locomotion, a serics of experiments was conducied.
Recording of the electrical muscle activity. Ten subjects took part in
the experiments. Electrical muscle activity was recorded by surface
bipolar silver electrodes 8 mm in diameter at a sampling frequency
of 2000 Hz. Eight muscles of the right lower limb were studied. The
electrical activity was recorded during walking and running on a
treadmill operated at different constant speeds. The EMGs were
rectified and integrated every 40 ms. Discrete IEMG values were
connected by an interpolation spline function from which IEMG
values for each percent of the walking cycle were determined. The
IEMG amplitude of each muscle was normalized to its maximum
level in a single cycle of locomotion. For each percent of the cycle,
the average IEMG and its standard deviation over all cycles
available for all subjects were calculated. A total of 20 walking and
running cycles were processed.
Determination of mechanical characteristics of locomotion.
A total of five subjects participated in the second series of
experiments. Three of them walked and ran at different constant
speeds on a special wooden rostrum 40 m in length. In the middle
of this rostrum, two force platforms were embedded. Two subjects,
high-performance athletes, performed their maximal running long
jumps (up to 7.0 m). A built-in force platform was fixed within the
area of take-off. The force platforms were used to record the three
components of the resultant vector of the ground reaction forces,
and coordinates of its point of application. The bilateral
stereophotogrammetric filming was used for the registration of
kinematics (for details see Priluisky and Zatsiorsky 1994). Twenty
one reflective markers attached to the main joints of the subject’s
body were flashed by stroboscopes operated at 100-150 Hz. Traces
of the markers were exposed onto photoplates of four
photogrammetric cameras. Coordinates of the body markers were
digitized with a precision of 1 jm using a stereocomparator. A 16-
link, 3D model of the human musculoskeletal system and the
software HUMMOT (Prilutsky, 1993) were used for computation
of kinematic, dynamic, and energetic characteristics of locomotion.
The model allows for estimation of individual muscle forces from
the net moments at joints using two different approaches: an
elimination of redundancy approach (Prilutsky and Zatsiorsky,
1994), and an optimization approach (Prilutsky and Raitsin, 1993).
Mass and moments of inertia of the subjects’ body segments
necessary for calculations were obtained from anthropometric
measurements of the subjects using the empirical regression
equations (Zatsiorsky and Seluyanov, 1985). Muscle moment arms
and changes in muscle lengths were calculated from the joint angles
using the empirical regression equations (Aruin et al. 1988). Cross-
sectional areas of the muscles were estimated from Pierrynowski
(1982).

RESULTS AND DISCUSSION

Activity of antagonistic muscles. Fig. 1 shows the averaged IEMG
and its standard deviation for twe pairs of antagonistic muscles -~
hamstrings and rectus femoris, and soleus and tibialis anterior -
during a walking cycle. It can be seen that the antagonistic muscles
are typically not active simultaneously. A low activity of the
antagonists allows the agonists to produce the desired joint moments
with less activity.

The use of muscle moment arms. Fig. 2 shows the net moment at the
knee joint of the support leg and the moment arms of m. quadriceps
at the knee joint of the support and swing legs, respectively, during
the support phase of the nmning long jump. During the support



phase where the large extensor moment occurred, the moment arm
of the knee extensor muscles was typically longer in the support leg
than in the swing leg. Similar results were obtained in walking and
running. The larger moment arms allow the muscles to produce the
desired moments with less activity.

The use of muscle contractile conditions. Fig. 3 shows estimates of
the instantaneous muscle force as a function of the instantaneous
muscle length and velocity of m. gastrocnemius medialis during the
support phase in running. High muscle forces occurred at a longer
muscle length and at a rate of muscle length change close to zero.
Taking into account that the ability of a muscle to produce force
increases with increasing muscle length up to the optimal length
(Blix, 1891) and with decreasing the muscle shortening velocity
(Hill, 1938), and assuming that the muscles function on the
ascending limb and plateau of the force-length relationship (Zajac,
1989), one may conclude that the observed instantaneous force-
length and force-velocity relationships during locomotion allow the
muscles to produce the required force with less activity.

The use of external forces. During the early stance phase in running
and the long jump, powers of the net moments at the leg joints were
typically negative. The active leg extensor muscles were stretched
by the ground reaction force. This stretch might allow the knee
extensor muscles to produce extremely high positive power during
the subsequent shortening in the long jump (10.780 kW), which is
many times higher than the maximum power produced by the knee
extensor muscles during isokinetic knee extension without a pre-
stretch. In running, the preliminary muscle stretch may be a reason
for a high economy of running (Cavagna et al., 1964). Thus, it may
be suggested that the effective use of the ground reaction force
during locomotion increases power output of the muscles per unit of
their activity.

[he use of inertial forces. During the second half of the swing in
walking, running, and the long jump, the knee joint is extended
without any moment produced or positive work done by the knee
extensor muscies. The extension of the knee is caused by the hip
extensor muscles which contracting eccentrically decelerate the
thigh that causes the knee extension. Taking into account that
producing force during the eccentric contraction requires less
muscle activity than during concentric contraction (Bigland and
Lippold, 1954), it may be suggested that the observed organization
of movement of the swing leg allows muscles to reduce their
activity.

The use of two-joint muscles. During walking and running, there are
phases where the flexion and extension moments at the adjacent
joints should be produces simultaneously. For example, in the
second half of the stance phase of walking and running, the hip
moment tends to flex the hip, and the knee moment tends to extend
the knee; in the second half of the swing phase of walking and
running, the hip moment tends to extend the hip, and the knee
moment tends to flex the knee. These combinations of joint
moments are efficiently produced with the participation of two-joint
m. rectus femoris (Fig. 1, second half of stance) and m. hamstrings
(Fig. 1, second half of swing) which produce the desired joint
moments with less total force of all muscles crossing these joints.
Thus, the features of the movement organization derived from the
optimization problem formulation were found experimentally in
highly skilled locomotor movements. This result supports
Bernstein’s hypothesis that completely acquired motor skills are
performed with the minimum necessary muscle activity.
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Figure 1: Normalized IEMG of two pairs of antagonistic muscles --
hamstrings (HA) and rectus femoris (RF), and soleus (SO) and
tibialis anterior (TA) -- as a function of the normalized cycle time
during watking. Thick lines represent the average values of ten
subjects; thin lines represent the standard deviation. The vertical
lines separate the stance and swing phases. The nominal speed of
walking was 1.82 m/s.
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Figure 2: The net moment at the knee joint and the moment arm of
the knee extensor muscles (quadriceps) during the support phase of
the running long jump. The solid and dashed lines represent the
moment arm in the support and swing leg, respectively. Positive
moment corresponds to extension at the knee. The result of the long
jump was 7 m.
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Figure 3: The force of m. gastrocnemius medialis as a function of
muscle length change (left) and the rate of muscle length change
(right) during the stance phase of running. The arrows show the
direction of force, length, and rate changes. The positive rate of
length change corresponds to muscle elongation.



THE EFFECT OF EXTREME WALKING SPEEDS ON NET KNEE JOINT MOMENTS

John P, Holdenl, Gloria Choul, Steven J. Stamhopﬁ2
1If‘Jaﬁu“)nal Institute of Arthritis and Musculoskeletal and Skin Discases
“Rehabilitation Medicine Department, Clinical Center
Biomechanics Lab, National Institutes of Health, Bethesda MDD 20892- 1604

INTRODUCTION

Neuromuscular function and adaptation are often
evaluated by comparing a patient's kinematic and
kinetic gait patterns with those obiained from
healthy individuals. A feature of many patients' gait,
however, is a much slower than normal walking
speed which affects many other gait variables. It is
important when interpreting a patient's gait data to
distinguish which variations from normal are due
solely to differcnces in walking speed and which are
due to neuromuscular abnormalities or adaptations
other than speed. The current study examined the
effects of dramatically different walking speeds on
the net flexion-extension moment patterns at the
knee during walking by healthy adults.

REVIEW AND THEORY

The effect of walking speed on net moment patterns
at the knee is not entirely clear. Winter (1991)
reported that, despite high inter-subject variability,
the shape of average koee moment patterns remains
essentially the same at slow, natural, and fast
cadences, with moment amplitudes decreasing as
cadence decreases. Andriacchi et al. (1985)
identified three different patierns of normal knee
moments, and the frequency of occurrence of each
pattern depended on walking speed (slow, normal,
fast). As speed decreased, there was an increase in
the percentage of subjects with a net internal flexor
moment present throughout early and mid stance
phase. This pattern was similar to the "quadriceps
avoidance” gait that Berchuck et al. (1990) later
reported for 75% of the ACL-deficient patients they
studied. The mechanism of this "quadriceps
avoidance" adaptation remains uncertain because
the walking speeds of the subjects and patients were
not reported.

The purpose of the current study was {0 examine net
flexion-extension moment patterns at the knee to
determine if a "quadriceps avoidance” gait can be
demonstrated by healthy subjects walking at slower
speeds. It was hypothesized that two different
modes of walking exist, i.e., that there is a walking
mode at slow speeds which requires net knee flexor
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moments rather than extensor moments in early to
mid stance phase.

PROCEDURES

Data were collected from 18 healthy subjects (9
male, 9 female) who walked barefoot at 25%, 50%,
75%, 100%, and 125% of a normalized speed of
0.785 statures/s (= 2.5%). The means (and range)
of the subjects' age, height, and body mass were
28.8 yrs (21-37), 1.719 m (1.549-1.848), and 68.5
kg (48.2-96.5), respectively. During data
collection, speed was measured over a 2.28 m
distance using two photocells (at head height) and a
gait speed indicator circuit, which was used to
provide feedback to the subjects and to determine if
the speed for a given walk fell within the required
vange. The calibrated data collection volume
extended 2.08 m in the direction of progression and
was 1.00 m high and .61 m wide. A four-camera,
50 Hz video-based system was used to measure the
3-D locations of reflective targets mounted on
polyform shells on the foot, shank, and thigh of the
right lower limb. A static subject calibration trial
employing landmark targets and two additional
cameras was used to create anatomically-based,
orthogonal coordinate systems for each segmenti. A
force plate sampled at 200 Hz measured the ground
reaction forces and moments. Low-pass digital
filtering was applied to target trajectories at 6 Hz
and to force plate data at 15 Hz. The six degree-of-
freedom motions of the body segments were
estimated using a least squares technique, and
inverse dynamics analysis was performed to
calculate net knee joint moments (reported relative
to the thigh coordinate system) throughout the
stance phase (defined by 20 N of vertical loading on
the force plate) for three trials by each subject at
each speed. For inter-subject comparisons,
moments were normalized to percent of body
weight times height.

RESULTS
Two-thirds of individual subjects had knee flexion-

extension moment patterns that were similar across
all five walking speeds, with no evidence of a



distinctly different mode of walking (Fig. 1a). One-
third of the subjects, however, did demonstrate a
quadriceps avoidance strategy (net flexor moment
or zero moment) in at least one trial at the slowest
speed (Fig. 1b). On average, peak knee extensor
moments during early to mid stance phase
decreased progressively from 6.7 at the fastest
speed to 1.2 at the slowest. (Compare with -1.3
reported by Berchuck et al. for ACL patients
utilizing "quadriceps avoidance".) Decreased
moment amplitude was related to decreased knee
flexion during the "loading response” phase in early
to mid stance. Absence of knee flexion during this
period produced the quadriceps avoidance pattern at
the slowest speed (Fig. 2).

DISCUSSION

Averaged across subjects, knee moment patterns
were similar in shape across a wide range of speeds
(consistent with Winter, 1991). For several
individuals, however, a quadriceps avoidance
strategy was demonstrated at the slowest walking
speed. In these trials, the subject used a different
mode of walking in which the knec was maintained
near full extension throughout the early and mid
stance phase. This finding for net knee moments is
consistent with Andriacchi et al. (1985), who
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reported a quadriceps avoidance pattern in 27% of
their 29 healthy subjects walking at slow speeds.
The use of such an adaptation, and the speed at
which it is implemented, may depend on a variety of
factors that are affected by specific injuries or
pathologies. Similar kinds of adaptations may also
occur at the other joints in the lower limb.
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Figure 1: Individual trials of stance phase knee moments from two subjects at five walking speeds,
demonstrating decreased moment amplitude (a) and quadriceps avoidance (b) patterns.
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Figure 2: Individual trials of stance phase knee flexion angles from two subjects at five walking speeds.

Decreased knee flexion in early stance contributed to decreased moment amplitudes (Fig. 1). The extended
knee throughout early and mid stance at the stowest speed (b) produced the net flexor moment in Figure 1b.
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INTRODUCTION

Arthiropods, such as insects and crabs, present many
experimental opportunities for integrating musculo-
skeletal mechanics with neural organization.
Moreover, studies of 2-, 4-, 6- and 8-legged runners
have allowed the discovery of general principles
underlying locomotion (Full and Tu, 1990).
Experiments on cockroaches, in particular, have
shown that insects have a unique combination of
stability and maneuverability (Ting at el., 1994).
Further study of insect locomotion can aid the
construction and control of autonomous legged
robots.

The kinematics of straight-ahead locomotion, and of
more complex behaviors like turning and climbing,
have been described for several species of insects.
The kinetics (i.e. the patterns of leg force production)
of locomotion have also been studied, but
measurements have thug far been limited to
cockroaches running straight ahead (Full and Tu,
1990). We investigated the kinematics and kinetics of
a more complex behavior, turning during running.
We studied the behavior of the cockroach, Blaberus
discoidalis. Since dynamic adjustments may be
necessary to maintain stability, kinematic analysis
alone is an insufficient descriptor of a complex and
dynamic behavior like turning., We videotaped
cockroaches running and turning on a photoelastic
gelatin track to measure the ground reaction forces
generated by individual legs.

REVIEW AND THEORY

Insects have been shown to employ several kinematic
mechanisms to turn in place or to turn while walking.
Increasing the distance traveled by the legs on one
side of the body will cause the animal to turn away
from those legs (the "outside legs"), in the direction
of contralateral legs (the "inside legs"). Decreasing
the stride frequency, or shoriening the stride length,
of the inside legs relative to the outside legs will
increase the distance traveled by the outside legs
relative to the inside legs and turn the animal.

Using a dynamic mechanism (employing kinematic
and kinetic adjustments) to turn the body is also
possible. Cockroaches could increase the lateral
forces produced by the outside legs (simply
increasing the yaw observed in siraight running; Full
and Tu 1990), increase the lateral forces produced by
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both the outside and inside legs in a force couple (a
mechanism proposed for the cockroach escape
response; Nye and Ritzmann, 1992), or pull with the
inside legs.

Our experiments addressed the following question:
1. Do cockroaches use a kinematic mechanism or a
dynamic mechanism to turn their bodies while
running?

PROCEDURES

The cockroaches were filmed at 500 frames per
second using an intensified high-speed video camera
(Kodak EktaPro 1000), as they ran in a circular track.
Head, midsection, tail, and tarsal contact points were
digitized using a computer motion analysis system
{Peak Performance Technologies). Ground reaction
forces were measured using the photoelastic
technique (Full, Yamauchi, and Jindrich, J. Exp.
Biol., in press; Figures. 1 and 2).

|
1 Licht source” |

Figure 1. The animals ran across a plate of gelatin between
two orthogonally-oriented polarizing filters, and were
filmed from above. Each video frame was captured using a
video capturing board (Neotech, Inc.) in a Macintosh
computer, and analyzed using a specialized image analysis
program, implemented using the Ultimage Concept V.i.
(Graftek, France) extensions of the LabVIEW data
acquisition software (National Instrumenis).

Data were filtered using a Butterworth low-pass filter
with zero phase shift. Body angles and center of
mass coordinates were filtered using a 25 Hz cui-off
frequency; force data were filiered at 200 Hz.

The location of the animal's center of mass was
estimated as a point 54% of distance from the head to
the tail of the animal (Kram, Wong, and Full, in
review). Data were analyzed using a two-
dimensional model that considered only horizontal



forces (those in the surface plane of the gelatin;
Figure 3).

Figure 2. Force produced by individual legs stressed the
gelatin and produced clover-shaped light patterns. Given a
set of calibrations, the vertical and horizontal components
of the force produced by the legs, as well as the direction of
the horizontal force relative to the axes of the polarizing
filters could be determined.

Resultant Horizontal Force
Inside Legs Direction
! Sy . of turn

Rotational
Component

Outside Legs
Figure 3. Each leg was modeled as a rigid bar (moment
arm) connecting the animal's center of mass to the tarsus.
The resultant horizontal force was resolved into
components parallel and perpendicular to the bar. The
rotational moment (a torque) was calculated by multiplying
the force component perpendicular to the moment arm by
the length of the moment arm. Positive rotational work was
calculated by integrating the positive moment with respect
to the angle of the body during periods when the body was
rotating in the direction of the tumn.

RESULTS

Cockroaches were able to turn through a yaw angle of
over 20 degrees within one stride. The alternating
tripod gait (characteristic of insects, in which the
front and hind legs on one side of the body and the
contralateral middle leg form a tripod) was
maintained throughout the turn. Stride frequency
therefore did not differ between the inside and the
outside legs. Measured stride length differences could
only account for 25% of the observed turn,
suggesting a dynamic turning mechanism, The
outside middle legs contributed the most to turning
the body (Figure 4). Front legs produced small forces.

Hindlegs produced large forces that tended to
accelerate the body without rotating it.
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Figure 4. Positive work in the direction of the tum
contributed by each leg. Values are expressed as a
percentage of the sum of the positive work in the direction
of the turn produced by all legs.

DISCUSSION

Cockroaches turned using a dynamic mechanism.
Leg forces appear similar to those predicted during
the escape behavior (Nye and Ritzmann, 1992).
However, the front legs contributed little to turning
the body. The dynamic nature of cockroach turning
appears to be more similar to the equivalent
behaviors of quadrupeds or bipeds than the turning
behaviors of slow, statically-stable hexapods
(including hexapedal robots; Angle, 1991).
Discoveries about many-legged locomotion, such as
those yielded by the present study, are being used in
the design of autonomous legged robots (Binnard,
1995).
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INTRODUCTION

Much altention has been given to understanding
the energeiics and mechanics of terrestrial
locomotion in animals using symmetrical gaits.
Although symmetrical gaits are common, many
animals use metachronal or wave gaits.
Metachronal galts have received little attention in
the literature and no real quantification of their
mechanics has been attempted. We quantified
the mechanics of locomotion in a centipede,
Scolopendra heros, that uses a metachronal
gait.

REVIEW AND THEORY

Symmetrical gaits are characterized by two sets
of propuisers alternating out of phase. Two-
legged walking humans and six-legged
cockroaches, using an alternating tripod, both
use symmetrical gaits. Metachronal gaits are
best characterized by legs being picked up and
set down more closely in time than in
symmetrical gaits. In metachronal gaits it
appears as if a wave of leg movement passes
down along the body.

Full (1989) has shown that pedestrians, using
symmetrical gaits, which vary greatly in
morphoiogy can have similar whole body
locomotor mechanics during constant speed
locomotion. Gray (1953) suggested that animals
with many legs using metachronal gaits, such as
in millipedes and centipedes, will function more
like wheels than other animals. If one leg hits
the ground soon after another, body weight can
be supported almost continuously. Thus, we
hypothesized that the center of mass of animals
using metachronal gaits undergo little fluctuation
during constant speed locomotion. This implies
that the whole body ground reaction forces in the
vertical, horizontal and lateral directions should
not vary from a steady-state value.

While whole body mechanics are similar,
individual legs have different functions in
animals using symmetrical gaits. In humans and
dogs each leg shows a similar pattern of ground
reaction forces. In these animals each leg first
decelerates the animal and then accelerates it in
the horizontal direction. In the 6-legged
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cockroach, each leg has a different paitern of
ground reaction forces (Full et al., 1991). This
lead us 1o address the question of how individual
legs function in metachronal gaits.

PROCEDURES

We used centipedes of the species Scolopendra
heros, from the Arizona dessert. This species
has 22 sets of legs, a total of 44 legs, and is 5-6
inches in length. The mean mass of our animals
was 7.56 + 1.54 (SE) gm.

Centipedes were run across a force platform
capable of simultangously measuring whole
body ground reaction forces in three directions.
Trials were videotaped using a high-speed video
cameras (Kodak EktPro 1000). Video and force
records were synchronized by matching the first
frame in the video that the animal touched the
force plate with the beginning of the vertical
force record.

To measure forces for individual legs, a thin
balsa wood cover with two rectangular holes
was suspended above the force plate. These
holes were the only place were the animals legs
touched the aclive plate. These trials were also
videotaped.

RESULTS

The whoie body ground reaction force in the
vertical direction oscillated around body mass.
The lateral force oscillated around zero as the
animals pushed from side to side. The
horizontal force also oscillated around zero as
the animal accelerated and decelerated the body
as it locomoted.

Single legs of the centipede are only on the
ground for a brief period of time before the next
leg is set down. Since the centipedes very
nearly generate a standing wave relative to the
ground, a leg touches down in the same footprint
as the leg ahead of it. Legs hit the ground on
the inner portion of a concave bend in the body
and radiate around a focal point (Fig. 1).



We therefore considered these focal points or
foci as effective legs that generate force as they
travel along the body. A single focus force
recording is shown in Figure 2.

Fig 1: The dark legs and spots indicate which legs
are in contact with the ground, Each of these
points on the concave side of the body is a focus.
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Figure 2: Example of the ground reaction forces from
the legs passing through a single focus.

When the single focus horizontal force was
correlated to the leg which generated the force,
we found that the anterior legs (legs 3-9)
decelerated the body (negative values), the
middle legs (10-14) could either accelerate or
decelerate the body and the rear legs (15-20)
tended to accelerate the body (Fig. 3).

DISCUSSION

The oscillation of the whole body ground
reaction forces indicates that the Arizona
centipede does accelerate and decelerate its
center of mass as it locomotes at constant
speed. This implies that animals using
metachronal gaits do not necessarily roll like
wheels as Gray (1953) hypothesized. Instead,
the center of mass of animals using metachronal
gaits undergo significant fluctuations during
constant speed locomotion, just as in animals
using symmetric gaits.
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Figure 3: The average horizontal force as a
function of leg number. Leg number increases
from anterior to posterior. Ewor bars are + 1 SE.

The single focus force measurements reveal that
anterior legs decelerate the centipede and the
posterior legs accelerate it. There is a switch
from decelerating to accelerating horizontal force
in the middle legs. This is analogous to the
cockroach where during ground contact the
anterior leg decelerates the body, the middle first
decelerates and then accelerates it and the rear
leg accelerates the animal (Full et al., 1991).

In running humans, a leg first decelerates the
body during landing and accelerates it during
takeoff. The same force pattern is seen in
trotting dogs, cockroaches and crabs, but is
produced by more legs acting synchnously. Two
legs of a trotting dog, 3 legs of a cockroach and
4 legs of a crab sum to function as a single leg
of a human. In centipedes, 22 legs generate the
characteristic ground reaction force pattern. The
effective leg of a centipede is a wave of 22 legs
passing along the body.
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THE STIFFNESS OF THE HUMAN LEG AS A FUNCTION OF SURFACE STINKFNESS

D.P. Ferris, C.T. Farley, and G. Chen
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INTRODUCTION

This study examined the effects of surface compliance
on the leg stiffness of humans. Subjects hopped in
place on both a hard surface and a compliant surface
over a range of frequencies to test the hypothesis that
humans would maintain a constant leg stiffness
regardless of the stiffness of the surface. Our findings
show that this hypothesis is incorrect. We find that
humans increase their leg stiffness on compliant
surfaces. As a result, the total stiffness of the
combination of the leg and the surface is similar
regardless of the surface stiffness.

REVIEW AND THEORY

When humans and other animals hop or run, they
literally bounce along the ground using muscles,
tendons, and ligaments to store and return elastic
energy. The mechanics of these bouncing gaits can
be accurately described by a simple spring-mass
system consisting of a single linear leg spring and a
point mass equivalent to the body mass (McMahon
and Cheng, 1990). Over a wide range of speeds, the
stiffness of the leg spring remains nearly the same in
a variety of running, hopping and trotting mammals,
including humans (Farley et al., 1993; He et al.,
1991). However, humans can alter their leg stiffness
to accommodate changes in stride frequency (Farley et
al., 1991; Farley and Gonzalez, in press) and surface
slope (Iverson and McMahon, 1992).

The goal of this study is to determine whether the
stiffness of the leg spring is adjusted to accommodate
surfaces with different properties. Previous research
has shown that surface properties affect the mechanics
of running (McMahon and Greene, 1979). However,
it is not known whether the stiffness of the leg is
altered to accommodate different surfaces. Our study
tests the hypothesis that humans maintain a constant
leg stiffness regardless of surface stiffness during
bouncing gaits. We test this hypothesis by having
humans hop in place on a hard surface and on a
compliant surface. Hopping in place is a convenient
experimental system because the musculoskeletal
system behaves like a simple spring-mass system
much like it does during forward running (Farley et
al., 1991).

PROCEDURES

We collected ground reaction force data as three
subjects hopped in place at a range of frequencies (2.0
- 3.2 Hz) on both a hard surface and a compliant

surface. A force platform served as the hard surface.
The compliant surface was an area elastic surface
constructed from plywood and steel springs. It was
mounted on a force platform. The compliant surface

had a constant stiffness (ksyrf) of 57,300 N m-! and a
damping ratio of 0.01. The inertial force due to the
surface acceleration was less than 5% of the peak
veitical ground reaction force during hopping in place.
The inertial force due to the surface was calculated
from the surface acceleration and the effective mass of
the surface. We determined the surface acceleration by
videotaping (120 images/second) the surface while a
person hopped on it, and we determined the surface
effective mass from the natural frequency of loaded
free vibration. Because of the small surface inertial
forces compared to the vertical ground reaction force,
we used the vertical ground reaction force as an
approximation of the force experienced by the leg
spring during hopping in place on the compliant
surface,

Hopping in place was modeled as a simple spring-
mass system consisting of a single linear leg spring
and a point mass, equivalent to the mass of the
subject (Blickhan, 1989; Farley et al., 1991;
McMahon and Cheng, 1990). Using force platform
measurements, we calculated the stiffness of the total
system (i.e., compliant surface in series with leg
spring) as well as the stiffness of the leg spring.

The total stiffness of the system (kiot) was defined as
the ratio of the peak force (Fpeak) to the peak

displacement (AXq¢) of subject and the compliant
surface during the ground contact phase.

kot = Fpeak / AXiot €Y)
The total vertical displacement of the system (AX¢orp)
during the ground contact phase was calculated from
the vertical ground reaction force as described by
Cavagna (1975). On the compliant surface, this
displacement (AXjnt) was the sum of the
displacement of the surface (AXgyrf) and the
displacement of the leg spring (AL).

AXtot = AXgurf + AL 2

The displacement of the compliant surface (AXgy:f)
was calculated from the ratio of the peak vertical force
to the surface stiffness. The displacement of the leg
spring could then be found using Equation 2. Given
the peak force and the displacement of the leg spring,
the leg stiffness (kieg) was calculated using Equation
3:

kleg = Fpeak / AL 3.
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RESULTS

On both surfaces, the stiffness of the leg spring
increased at higher hopping frequencies (Figure 1).
When the subjects hopped at the higher frequencies,
the stiffness of the leg spring was as much as 64%
greater on the compliant surface than on the hard
surface. At the highest hopping frequency (3.2 Hz),
kjeg was 54 kN/m on the compliant surface and 33
kN/m on the hard surface. By contrast, at the lowest
frequency (2.0 Hz), kjeg only slightly higher on the
compliant surface than on the hard surface.
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Figure 1: Leg stiffness as a function of hopping
frequency. Each point is the mean for the three subjects.
Error bars are the standard error of the means.

The total stiffness of the system (the series
combination of the leg stiffness and the surface
stiffness) was only slightly less on the compliant
surface compared to the hard surface at each frequency
(Figure 2). For example, during hopping at 2 Hz, the
total stiffness was 27.0 kN/m on the compliant
surface and 30.1 kN/m on the hard surface. On
average over all of the frequencies, the total stiffness
was only 15% less on the compliant surface than on
the hard surface.
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Figure 2: Total stiffness as a function of hopping

frequency. Each point is the mean for the three subjects.
Error bars are the standard error of the means.

DISCUSSION

We conclude that the stiffness of the leg spring is
adjusted to accommodate changes in surface
properties. We find that the leg spring stiffness during
hopping in place can be increased to accommodate a
more compliant surface. As a result, at a given ~
hopping frequency, the total stiffness of the series
combination of the leg spring and the compliant
surface remains nearly the same regardless of surface
stiffness. Our future research will examine
adjustments to leg spring stiffness to accommodate
surfaces with a broad range of stiffnesses. We predict
that the stiffness of the leg spring will be increased at
all hopping frequencies when humans hop on surfaces
that are less stiff than the one used in the current
study.

Our findings about the adjustment of the
musculoskeletal system to accommodate different
surfaces may provide insight into the prevention,
diagnosis, and treatment of locomotion-related
injuries. In addition, they will provide insight into
the design of spring-based prostheses and legged
robots intended to traverse a variety of terrain.
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INTRODUCTION

By applying a simple, linear mass-spring model to running,
the leg spring stiffness, the effective vertical stiffness, and
the work rate of the spring were determined and correlated
with running economy (RE). Recreational runners (n=16)
ran on a treadmill at 3.35 m-s™ for physiological measures
and overground for biomechanical measures. The latter
included a sagittal plane video record of the running motion
and ground reaction data. The stiffness coefficients and the
work rate of the leg spring model were determined from
computations presented by McMahon and associates (e.g.,
McMahon & Cheng, 1990). Both coefficients were
inversely related to aerobic demand. The work rate of the
spring was positively correlated to aerobic demand.
Although the model greatly simplifies the mechanics of
running, the effective vertical stiffness accounted for nearly
25% of the inter-individual variability in RE. The inverse
relationships found in the present investigation are in
agreement with similar results from studies which
examined relationships between static measures of
flexibility and aerobic demand.

REVIEW AND THEORY

Biomechanists have identified several variables describing
structural characteristics and running mechanics which are
related to RE. Many of these relationships are weak and
inconsistent from one study to the next (Martin & Morgan,
1992). For example, when several modeling schemes for
calculating overall mechanical power output were examin-
ed, no single approach was found to be superior in explain-
ing inter-individual variability in RE (Martin et al., 1993).

McMahon and associates (Farley et al., 1993; McMahon &
Cheng, 1990; McMahon et al., 1987) have shown that a
simple linear spring model of the leg can accurately predict
running mechanics. The model consists of a mass and a
simple leg spring (Fig. 1). He et al. (1991) showed that as
humans run faster the stiffness coefficient of the leg spring
does not change. Farley et al. (1993) have shown this
effect to hold for a variety of trotting and hopping animals.

This simple model describing overall stiffness of the
musculoskeletal system during running in combination with
recent experimental evidence showing that more flexible
runners may be less economical (Craib et al., 1994) led us
to the following hypothesis: The coefficients describing
stiffness in the model developed by McMahon and
associates should be inversely related to \702 (i.e., greater
stiffness associated with greater economy). In addition,
\/O should be positively correlated with the work rate of
the sprmg if the model can accurately predict overall
mechanical output.

PROCEDURES

Slxteen well-trained men (mean VO2mm§ =62.2 ml- kg .
min’ ) performed treadmill running for determination of
running economy and overground running for which
blomechamcal measures were determined (running speed =
335ms” ) Specifically, time of contact (t), peak vertical
ground reaction force (F) and peak vertical displacement
during stance (Ay) were determined from force platform
data and leg length at foot contact (L o) Was determined
from a sagittal plane video image. These measures
correspond to descriptors of the leg spring model (Fig. 1)
and were used to calculate dependent measures.

The leg spring model contains a mass and a single linear
spring (Fig. 1). The figure depicts a runner going from left
to nght and shows the mass-spring model at three positions

Figure 1. Leg spring model (adapted from McMahon &
Cheng, 1990). @ is half the angle swept by the leg spring
during stance.

The stiffness of the leg spring, kleg, was defined as the ratio
of F to AL, where
AL=Ay+L0*(1-cos®) and

©=sin" [335ms” *t)/ (2L, )

The effective vertical stiffness, o> Was defined as the
ratio of F to Ay. This does not correspond to an actual
spring in the model, but instead describes the vertical com-
pliance of the running gait (McMahon et al., 1987). Both
stiffness coefficients were multiplied by the ratio of L,to
body weight resultmg in unitless meaures which were then

correlated with VOz. The work rate of the spring was de-
termined from the following equation (Farley et al., 1993):

=105 *F* )/ (K * M)

where f is the step frequency and M is body mass.
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RESULTS AND DISCUSSION

The magnitudes of the stiffness coefficients before
normalization (mean klegz 12.6 kN'rt{1 ;meank . =34.5
kN-m'l) were similar to previously reported values (e.g.,
Farley & Gonzalez, 1994; He et al., 1991). The
normalized leg spring stiffness appeared to be a poor
indicator of \702 with several outliers influencing the
already poor relationship (Fig. 2). However, the effective
vertical stiffness displayed a moderately strong inverse
correlation (Fig. 3) with \702, whereas the work rate
associated with the leg spring showed a moderate positive
relationship (Fig. 4).
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Figure 2: Scatterplot of aerobic demand and unitless
coefficient of stiffness for the leg spring (Kleg)'
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Figure 3: Scatterplot of aerobic demand and unitless
coefficient describing the effective vertical stiffness of the

leg spring (K ;). * p <.05 (one-tailed)

The inverse relationships between \702 and both stiffness
coefficients were expected and agree with studies which
have examined the link between RE and static flexibility.
Craib et al. (1994) and Gleim et al. (1990) found negative
relationships between some flexibility measures and \702.
Both studies, however, noted significant inverse

correlations between the amount of trunk rotation and \'IOZ.

This potential store of elastic energy during running was
not accounted for in the leg spring model examined in the

present study. More generally, how \"O2 changes with

manipulations of flexibility remains unknown.
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Figure 4: Scatterplot of aerobic demand and the work rate
of the simple linear leg spring. * p < .05 (one-tailed)

McMahon et al. (1987) manipulated k . by having
subjects run with exaggerated knee flexion during stance
(Groucho running) and found thatk ., was reduced to 82%
of its original value. The effects of this decreased vertical
stiffness were twofold: a dramatic decrease in the shock
transmission to the head (to 20% of its value for normal
running) and an increase in \'702 (by as much as 50%).

The positive correlation between VOQ and P_ was greater
than any correlation reported by Martin et al. (1993) when
we examined several biomechanical expressions for total
mechanical power output with these same data. In that
study, the correlation between \'/O2 and power based on the
kinematics of the center of mass, assuming no exchange
between potential and kinetic energy, was 0.40.

Collectively, the results reported here suggest that greater
vertical stiffness and lower work rate of the leg spring are
associated with better economy. Consequently, the
directions of these associations are consistent with our
stated hypotheses. Whether stiffness characteristics of the
body change as a result of increased or decreased flexibility
remains unanswered.
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STRUCTURAL FEATURES AND THICKNESS OF
THE VERTEBRAL CORTEX IN THE THORACOLUMBAR SPINE
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Syracuse, NY 13210

INTRODUCTION

The strength of the vertebrae is dependent on
the thickness of the cortex of the vertebral body
and the density of the trabecular centrum
(McBroom et al. 1985). The thickness and
structure of the cortex and the endplates were
measured to provide a mode accurate basis for
the mathematical modeling of the vertebral
strength. Previous analyses have overestimated
cortex thickness and have overlooked common
structural variations along the endplates.

REVIEW AND THEORY

Few studies have directly examined the
thickness of the human veriebrai cortex. Non-
invasive techniques, such as quantitative
computed-tomography and dual-energy x-ray
absorptiometry, commonly applied in the study
of osteoporosis, cannot directly quantify cortex
thickness and variation in comparison to the
underlying trabecular structure. In mathematical
models it is generally assumed that the cortex
and the endplates are uniform with a thickness
of about 1 mm. The objectives of this study
were: 1) to identify principal structural features of
the cortex, 2) to directly measure the minimum
and maximum thicknesses of the cortex along
the thoracolumbar spine, and 3) to compare the
regional variations in cortical structure.

PROCEDURES

The vertebral bodies of the thoracolumbar spine
(T1,T5, T9, L1 and L5) were obtained from 20
fresh cadaver spines, aged 49-82 years ( mean
70.4 years). Specimens were examined by
radiograph to rule out gross defects, and frozen
at -20° C. Any specimen which exhibited bony
abnormalities or had a history of metastatic
disease was eliminated from the study. The
specimens were thawed and stripped of all
muscle and soft tissue leaving only the
ligamentous structures. The specimens were
then dried and sectioned. Each vertebral body
was encased in an epoxy block and sectioned at
8 mm increments from the mid-sagittal to lateral-
sagittal regions. The medial surface of each

section was then ground smooth, cleaned of
residue, and air dried. The sections were then
stained with India ink and dried. After drying
each section was brushed with Confectioner's
sugar to provide a sharp contrast between bone
and non-bone, as the final step of section
preparation. Color 35 mm slides of each of the
mid-sagittal sections were obtained and
scanned. The images of the vertebral sagittal
sections were digitized by a high resolution
video system with a resolution better than 0.063
mm/pixel. Cortex thickness were obtained from
the images using the NIH-image computer
program (v1.55). The minimum and maximum
thickness was measured at twenty regions along
the cortical margin, five along each endplate
{labeled Regions 1-5, from anterior to posterior)
and five along the anterior and posterior cortex
(labeled Regions 1-5, cephalad to caudal). The
regional variations in cortical thicknesses were
statistically compared using Student's t-test and
ANOVA assessment.

RESULTS

The mean thickness of the cortex was less than
1 mm along the endplates and the anterior and
posterior surfaces. There was a decrease in
thickness of about 0.25 mm over the centrai
portion of the endplates. The eight corner
regions of the specimens where the cortex shell
and the endplates intersect had an increased
thickness in comparison to the other twelve
regions. Structurally, a double-layer of bone
formed the endplates in a significant number of
specimens. The percentages of double-layers at
the superior and inferior endplates in the
vertebrae T9 and L1 were 32% and 80%,
respectively. The highest percentage of the
double-layered endplate was observed at the
super L5 level in 88% of specimens.

The anterior surface was significantly thicker
(Tmin and Tmax were greater anteriorly ) than
the posterior surface, p<0.0001. The cortex was
significantly thicker for the lumbar vertebrae in
comparison to the thoracic vertebrae, p<0.0008.
The overall range for the minimum thickness
was 0.10-1.53 mm, and for the maximum
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thickness was 0.19-2.42 mm, 0.63+0.26 mm

(meant1 SD). 1
DISCUSSION 08 &

E
The vertebral cortex supports 15-30 percent of E A
the compressive force of the spine {(McBroom, 8 06
1985). The strength of the compact bone within &
the cortex is dependent on the thickness and B 04 — :
support from the underlying trabecular structure. F O ~#— Anterior cortex
Unfortunately, the thickness of the cortex can § —@.. Posterior cortex
not be measured by CT and other non-invasive = g0
techniques and therefore has been estimated in —4~ Upper Cortex
strength analyses and in finite element —&— Lower Cortex
modeling. In analyses of the vertebral strength it 0

has been generally assumed that the bone of
cortex is uniform and 1.0 mm thick (Shirazi-Adl
et al. 1986). Our measurements showed that
the mean minimum and maximum cortical
thicknesses varied and may be as thinas 0.4
mm or as thick as 0.85 mm, with an overall
mean of 0.63 mm. The thicker anterior coriex
appears to reflect the normal loading patterns of
a compression-flexion stresses through a
vertebral body. Since most injuries in the
sagittal plane are the results of some
combination of a compressive force and a
bending moment (White et al. 1990), the
thickened anterior cortex would reduce the risk
of compression fractures and contribute to
added vertebral body strength. The thickened
cortex in the lumbar vertebrae suggests a
remodeling process with age. With a reduction
in trabecular bone content which occurs
predominantly in the lumbar spine and lower
thoracic vertebra, the cortex may thicken to
provide adequate vertebral strength. In addition
the structure of the endplate may contribute to
strength. The endplate, a solid compact bony
ring, is formed by the fusion of primary and
secondary ossification centers at the cranial and
caudal ends of the vertebral body (Edelson &
Nathan 1988). it appears that this double-
layered structure may provide added strength in
the lower thoracic and lumbar vertebrae.
However, the biomechanical properties of the
double-layered endplates have not been
previously been presented.

i H
Region 1 Region 2 Region 3 Region 4 Region 5

Fig. 1 Mean cortex thickness at five positions along the four
vertebral faces.
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ABDOMINAL EXERCISES: SEARCHING FOR THE OPTIMAL MUSCLE CHALLENGE WITH MINIMAL SPINE LOADING

Craig T. Axler and Stuart M. McGili
Occupational Biomechanics and Safety Laboratories, Department of Kinesiology, University of Waterioo, Waterloo, Ontario, Canada

INTRODUCTION

Weak torso musculature is highly correlated with the presence
of chronic low back pain (LBP) (Addison and Schultz, 1980;
Biering-Sorensen, 1984; Smidt, et al., 1983). Although it has
not been established if the weak musculature leads to LBP or
vice versa, it has been shown that reduced abdominal and spinal
extensor strength is a factor in the recurrence and/or persistence
of chronic LBP (Biering-Sorenson, 1984;). Because of this
relationship, abdominal exercises are used to strengthen the
abdominal portion of the torso musculature in clinical settings,
as well as for general fitness purposes and for athletes. The
abdominal exercises most often recommended are those which
maximize abdominal muscle activity (Flint, 1965). However,
the load cost on the lumbar spine from these exercises has not
been sufficiently examined.

The purpose of this study was to quantitatively identify
abdominal exercises that optimize the challenge to the
abdominal muscles with minimal loading penalty to the lumbar
spine. This would provide clinicians with the information
necessary to choose which exercise would be most appropriate
given stage in either the rehabilitation or training process

o
€ einner ine v Hon or iy g Process,

fora

PROCEDURES

Nine male university students (mean age 23 years, SD=4.8,
height 1.78m, 8D=0.07, weight 85.1kg, SD=19.0) volunteered
to perfori five repetitions of twelve different abdominal
exercises. The exercises represented a variety of techniques
used to exercise the abdominal muscles, such as lifting the legs
vs. lifting the torso, full situps vs. partial curlups, twisting
actions, etc. The iwelve exercises were as follows:

1) straight-leg situp (STRLSP)

2) beni-leg situp (BNTLSP)

3) Canadian Standard Test of Fitness partial curlup with feet
fixed (CSTFFIX)

4) Canadian Standard Test of Fitness partial curlup with feet
free (CSTFFREE)

5) quarter situp (curlup with bent knees raised in the air)
(QSF)

6) straight-leg raise (STRLRS)

7) bent-leg raise (BNTLRS)

8) dynamic cross-knee crunch (XKNEEDY)

9) static cross-knee crunch (XKNEEST)

10)hanging straight-leg raise (HANG)

1 Dhanging bent-leg raise (BNTHANG)

12)isometric side support (ISOCSS).

Surface EMG was recorded from the rectus abdominis (upper
and lower), external and internal oblique, rectus femoris,
latissimus dorsi, and erector spinae (upper and lower) from
both the right and left sides. Lumbar spine kinematics were
obtained using the 3SPACE ISOTRAK magnstic source and
sensor system. Video data was used to generate a link-segment
model of cach subject for each frial. These three sources of
information were combined to generate compression and shear
values at the L4/LS5 lumbar spine level, using an anatomically
dstailed EMG-driven computer model (McGill and Norman,
1986). Using the biological signals of spine kinematics and
muscle activation signals 1o drive the model enabled a
sensitivity to the different motor control sirategies that each
subject employed to accomplish each exercise.

(a3

The maximum electrical activity from each abdominal muscle
duving a trial (normalized o 100%MVC), was incorporated
into a ratio with the maximum model-generated compression
value for that trial. The activity level was used as the
numerator for this index, and the compression value formed the
denominator, resulting in an index of muscle activity versus
lumbar spine compression. Substituting different abdominal
muscle values ingo the numerator provided an index for each
muscle of interest, for each trial. This information facilitated
the ranking of muscle challenge versus load penalty imposed on

the spine form each exercise.
RESULTS AND DISCUSSION

In the figures below, the trials are presented in increasing order
of maximum EMG signal for the muscle of interest, with the
corresponding activity versus Joad ratios immediately below.
The values obtained using the Rectus Abdominis muscle (See
Figure #1 and Figure #2) reveal that although some exercises
elicit greater muscle activity than others, these tasks do not
always optimize the activity-to-load ratio. Essentially, some of
the tasks also generate considerable compression values,
dex‘:reﬁgin_g the effectiveness of an activ gty i_f'spinal comnTression

ecreasng ihe eifectiveness or an act) 12l comp

were a concern (e.g. for a recovering LBP patient).

When the trials are presented in order of increasing activity for
the other abdominal muscles (internal and external oblique), the
order in which the trials appear is not the same as the rectus
abdominis (See Figure #3 and Figure #5). From this result it
could be concluded that different exercises activate each
abdominal muscle to different degrees. The corresponding
activity-to-load ratios of the internal oblique and external
oblique, show the same effect as with the rectus abdominis; that
the activity versus load ratios do not mirror the pattern of the
maximum EMG values (See Figure #4 and Figure #6). The
fact that the order of increasing EMG activity does not match
the order of increasing activity-to-load ratio for three of the
main abdominal muscles illustrates that one should not
evaluate an abdominal flexion exercise on EMG activity alone.
Also, although an exercise may not elicit the largest EMG
activity, it is possible that considerable activity can be effected
with relatively low loads on the lumbar spine, and vice versa.

This experiment has revealed that no one abdominal exercise is
best suited for every person, nor for every situation. Some
exercises may generate high activation of the abdominal
musculature, but also generate considerable lumbar spine
compression forces. This type of exercise may be suitable for
an athlete who is seeking maximal muscle challenge and is able
to supporti high spine forces. In contrast, this type of exercise is
contraindicated for someone who is being rehabilitated from a
fow back injury. Conversely, exercises which optimize the
muscular activity versus spine load index may be very useful to
someone with LBP, but they may not challenge the abdominal
musculature to the degree that is required for intensive training.
The quantitative information obtained from this experiment
should provide a more comprehensive overview regarding
which exercises are appropriate for ceriain people and/or
situations.
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MUSCLE ACTIVITY AND LOW BACK LOADS
UNDER EXTERNAL SHEAR AND COMPRESSIVE LOADING

Jack P. Callaghan and Stuart M. McGill
Occupational Biomechanics & Safety Laboratories, Department of Kinesiology
University of Waterloo, Waterloo, Canada

introduction:

There has been considerable work in recent years to
determine the loads on low back tissues. Knowledge of these loads
are necessary for understanding spine mechanics and to elucidate
injury mechanisms. Estimating tissue loads has required the
development of sophisticated, anatomically detailed models that
capture the architecture of the load bearing tissues. Recognizing the
architecture of the muscles, specifically their moment arm length
and line of action, can result in substantial differences in joint
loads. Clearly, the two erector spinae muscle groups (thoracic and
lumbar) have very distinct functions; the thoracic group would be
preferential to support moment and minimize joint compression
while the lumbar group is better suited for supporting shear loads.
Given the dramatic differences in lines of action of various groups
of muscles within the low back extensors, we were motivated to
examine whether the motor control system recognizes the benefit of
certain architectural features and chooses to minimize joint loading
during different moment, compression, and shear support
requirements by assigning muscle activation in the most appropriate
way.

Therefore, in this study, the migration of EMG activity
between the thoracic and lumbar erector spinae groups was
examined while the applied compression and shear loads on the
spine were manipulated but the external reaction moment was held
constant. Activity in the abdominals and the multifidus at the L5
level was also monitored.

Methods:

Two experiments were performed to assess activation
levels of various trunk muscles. The first experiment examined
loading on eleven male subjects. The second experiment followed
the same paradigm but intra-abdominal pressure (IAP) and an
increased range of applied compressive and shear loads were
examined on 4 additional male subjects.

recorded (rectus abdominis,internal and external oblique, latissimus
dorsi, lumbar and thoracic erector spinae, and multifidus). Data was
normalized to maximal isometric contractions for all monitored
muscle groups following the methods of McGill (1991). A video
monitor and a 3SPACE ISOTRAK were used to provide feedback
to the subject, enabling them to maintain a constant posture, which
also served to monitor lumbar curvature after Sutarno et al. (1995).
The posture maintained throughout the task was similar to that
adopted in upright standing. The hip angle was maintained at
approximately 135° to create passive elastic equilibrium of the
anterior and posterior hip muscles (Keegan, 1953) thus eliminating
any possibility of lumbar posture change through pelvic rotation.
TAP measurements were made using a pressure catheter placed in
the stomach via the naso-oesophageal pathway.

Subjects were positioned into a restraini jig where they
were loaded with shear and compressive loads. An equal extensor
moment about the L4/L5 joint was ensured with similar load
moment arms and body posture. The low back reaction moment
was examined post-hoc via a planar-static linked segment model
(WATBAK, Norman, 1984). Examination of the computed reaction
moment verified that the low back moments were of equal
magnitude between shear and compressive trials. Muscle forces and
low back joint loads were estimated from a three-dimensional

myoelectrically assisted model (McGill, 1992, McGill et al., 1986).

The first experiment examined six trials (3 compression
and 3 shear) at the maximum [oad the subject could hold for the 5
second task (isometric). The same methodology was followed for
experiment two, but with the inclusion of monitoring (IAP), and
manipulating different levels of shear (5-25 kg in 5 kg increments)
and compression (5-15 kg).

Results:

Activation levels for all muscles and all subjects from
experiment one demonstrated higher activation in the compression
trials than the shear trials (figures | &2). The same trend was also
evident in experiment 2. In every muscle the compressive trials
resulted in much higher levels of activation than corresponding
shear trials reinforcing the finding of part one of the study. Even
with the wide range of inter-subject variation, statistical analysis
showed that the level of activation was significantly larger (p >
0.01) for all channels, in the compressive trials.

The AP data from the four subjects was averaged (mean

little change from the lowest to highest loac {(5-25 kg) while the
IAP levels are substantially higher for the compressive tasks (5-15
kg) with the lowest compressive load of § kg resulting in an [AP
value close to that produced by the highest shear load of 25 kg.

The mean L4/L5 joint compressive and shear forces
estimated from the model, of the four subjects examined in part two
of the study, are presented in figure 4 and 5 respectively. The
increased levels of activation observed in the compressive trials
resulted in an increased joint compressive penalty. The 15 kg
compressive load created almost 800 N of increased load on the
L4/L5 joint when compared to the same magnitude of shear load.
Similarly the net anterior shear load at L4/L5 was higher for the 15
kg compressive load than the 25 kg shear load.

Discusston:

It appears that the motor control system does not arrange
muscle activation levels in a way to minimize lumbar spine loading
at least for the relatively low levels of loading in this study. Even
though some muscle groups are architecturally arranged io sustain
moments and contribute support to offset applied shear loads, this
potential for minimization of joint loading was ignored.
Optimization procedures, to solve for mathematical indeterminacy,
have assumed that the motor control system works to minimize
Joint load. Given this data, this may not be appropriate. The
increases seen in both extensor and abdominal muscles with rising
levels of applied compressive suggest that some other mechanical
requirement must be met. Perhaps the abdominals are working to
offset changes in lumbar posture as compressive loading would tend
to accentuate lordosis requiring additional flexor effort. On the
other hand Crisco et al. (1992) demonstrated a need for muscular
coactivation under compressive loading to stabilize the spinal
column to prevent buckling. A lumbar spine, stripped of muscle
will buckle under compressive loads as low as 90 N. Perhaps at low
loading levels the motor control system is preventing buckling at
the expense of increased joint compressive load. Perhaps the
applied compressive load must be increased to critically dangerous
levels before the motor control system will utilize the architectural
advantages of certain portions of the extensor musculature to



optimize safety.

The shear forces supported by the low back were found
by Potvin et al. (1991) to remain at approximately 200 N regardless
of the mass lifted. Potvin et al. (1991) concluded that the low levels
of joint shear left to be supported by passive tissues (facets and
disc) suggests that the musculature acts to reduce the amount of
joint shear. In the present study the values of joint shear in the
shear trials are well below the external applied force due to the
shear support provided by the pars lumborum laminae of the
extensors. However, it appears that while shear support is provided,
it is not optimized at the loading levels tested in this study.

In summary, it would appear that the collective role of
the various components of the extensor muscles of the low back is

to support extensor moments and that minimum joint loading is not
optimized.
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Figure 1: Lower erector spinae EMG signals as a resuilt of applied

external compressive and shear loads, with equal extensor moments,
in experiment 1.
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Figure 2: EMG signals for the upper erector spinae during the same
task as figure 1.
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Figure 3: IAP mean and SD for each of the eight load conditions in
experiment 2.

72:COMPRESSION TRIALS

Mass (kg)
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Understanding mechanical properties of biological
tissues is a necessary component for optimizing injury
prevention and rehabilitation of the injured. Few studies have
examined the effects of load rate on spinal motion segment
behaviour; these studies indicate a frend toward load-rate
dependence in an uncontrolied non-homogenous population and
under position control loading which clouds the interpretation
of stiffness and energy storage. The purpose of the current
study was to augment the available data but more specifically, to
vary the load rate on a homogeneous group of spine specimens
under load control leading.

METHODS

Twenty-five cervical spines were collected immediately
post mortem with all soft tissue in place. The spines were
ioaded to failure under five loading rates (100, 1000, 3600, 10,000
& 16,000 N/s) using a servohydrolic dynamic testing machine.
After the specimens failed they were dissected to determine the
mode of failure using the classifications of Brinckmann et. al.
(1989).

A two-way ANOVA design was used to detect effects
of load rate and spinal level (C24 & C57) on the energy stored
at failure, deformation to failure, ultimate compressive load at
failure and the stiffness of the specimen. Post hoc tests (1LSD)
were utilized to identify the load rates that accounted for the
differences recognized by an ANOVA.

RESULTS

Ultimate compressive load was found to increase with
increases in loading rate (p < .05). Post hoc analysis revealed
that the increase occurred at low loading rates and higher
loading rates did not augment the effect (Figure 1). Stiffness
behaved in a similar manner (Figure 3). The displacement to
failure of specimens decreased as load rate increased but again
the significant (p < .05) effects occurred at low loading rates
and not at higher loading rates, at least up to 16,000 N/s (Figure
2). Energy stored in the segments at failure was unaffected by
ioad rate (Figure 4). Furthermore, failure at low load rates
occurred exclusively in the cartilaginous endplate while failure
of the bony vertebrae appeared with greater frequency at higher
load rates (Figure 3).

DISCUSSION

The sirain rate response of isolated cortical and
cancellous bone is well established (McElhaney, 1966). Failure
in bone appsars to be dependent more on deformation than on
the amount of internal stress resisted by the specimen
(McEthaney, 1966). Specifically, bone has been found io
become stiffer and to resist higher ultimate compressive loads

—
——
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before failure as sirain rate increases. The displacement to
failure has been found to remain constant in bone until a critical

velocity occurs where the displacement at failure decreases
significantly. The effect of load rate on the composite tissues of
the vericbral column is less defined. Kazarian et. al. (1977)
tested isolated human thoracic vertebral bodies and found that
the ultimate compressive load before failure and stiffness
increased in a similar trend to the current results. Hutton et. al.
(1979) in a study of isolated human lumbar vertebral bodies also
found a significant increase in ultimate compressive load at
higher load rates. The previous studies reported trends similar
to the current study, which tested homogenous motion segments,
but they tested uncontrolled non-homogeneous populations over
relatively few load rates.

Porcine spinal motion segments were found to be
affected by increasing load rate but not in a manner similar to
bone. In fact, increases in load rate resulied in a decrease in
displacement, while isolated bone has been found to have
constant displacements at failure (McElhaney, 1966). The
failure in bone may be determined by deformation, but the
interaction of the mechanical variables that regulate failure in
the composite vertebral motion segment remains unknown. The
data of this study which produced mechanical failure under load
control on a homogenous set of spines further defines the effect
of load rate on injury behaviour.

ACKNOWLEDGEMENTS
Financial support from the Natural Sciences and Eagineering

Research Council of Canada (NSERC) is gratefully
acknowledged. Special thanks to the statistic consulting of D.

g o

REFERENCES

Brinckmann, P., Biggemann, M. Hilweg, D. (1989) Cln.
Biomech. 4(supp 2):51-827.

Hutton, W.C., Cyron, B.M,, Stott, LR.R. (1979) J. Anat. 129(4):
753-758.

Kazarian, L. & Graves, G.A. (1977) Spine. 2(1): 1-14.

McElhaney, J.H. (1966) J. Appl. Physiol. 21(4): 1231-1236.



0 2 4 8 8 100 12 14 18

Figure 1:Ultimate compressive
load to failure increased
with higher load rates.

Figure 2: Displacement to
failure decreases as load
rate increases in a spinal
motion segment.
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Figure 3: Stiffness increases
significantly (p < .05) as
load rate increases.
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INTRODUCTION

Unembalmed cadaver thoracic spinal motion segments
(two vertebrae and one joint) were tested in sagittal
flexion with both quasistatic and high rates of
loading. The resulting moment-angulation
characteristics were analyzed to examine their
sensitivity to the rate of loading.

REVIEW AND THEORY

Spinal injuries commonly occurring in motor vehicle
accidents, contact sports, falls, and diving are often
related to high speed loading. In addition to factors
such as the load magnitude, the structural behavior
and failure of the spine is also related to the speed of
loading in these incidents. Studying the structural
and failure characteristics of a spinal functional unit
in isolation and under a well-controlled setting is an
essential step toward understanding its behavior in
vivo. Although many biomechanical studies have
been conducted in the past, they are primarily focused
on the response of the structure under low level, sub-
injury physiologic, and slowly applied quasi-static
loads. Kazarian (1972) tested human vertebral body-
disc-body units (without posterior components) in
cyclic axial compression up to 50 Hz and found the
structural properties. The dynamic stiffness, appeared
to be higher at higher loading frequencies.
McElhaney et al. (1988) reported no significant
differences in bending stiffness of the cervical spine
under 0.01, 0.1, and 1 Hz load-unload frequencies. A
similar conclusion was reached by Doherty (1990) for
the cervical and lumbar spines subjected to combined
cyclic bending and axial loading within the same
range of loading rates. However, most of the spinal
injuries are associated with much higher rates of
loading. The only high-speed bending test of the
spinal segment was reported by Gadd et al. (1971) on
the cervical segments (three vertebrae with two
intervertebral discs) in combined bending and axial
loading. The rate of flexion angulation ranged from
quasistatic to as high as 500 deg/s. Only two
specimens were tested in their study and the effect of
loading rate on the bending response of the cervical
spinal segment was not conclusive. Yoganandan et
al.(1989) found that the tensile stiffness of cervical

anterior longitudinal ligament and ligamentum
flavum increases with the stretch rate in the range
from 8.89 to 2500 mm/s.

The spinal motion segment in flexion subjects its
anterior aspect (intervertebral disc) in compression and
its posterior components (ligamentum flavum,
capsular ligaments, interspinous ligament) in tension.
In view of the works of Kazarian (1972) and
Yoganandan et al. (1989), it was hypothesized that
the bending stiffness of the spinal motion segment in
fiexion was also likely to be higher for higher rates of
loading. It is the purpose of this study to examine
the moment-angulation characteristics of a single
spinal motion segment in sagittal flexion with low
and high rates of loading through in vitro
experiments.

PROCEDURES

Fresh cadaveric thoracic spines were determined to be
of good structural integrity based on a review of
medical history and by radiographic evaluation. The
functional unit (vertebra-joint-vertebra) was isolated
and potted in rigid fixation at both ends. The inferior
mount of the preparation was then bolted to a six-axis
load cell on a custom-designed servo-controlled
electrohydraulic testing machine (MTS Systems
Corp., Minneapolis, MN). Compressive force was
applied by the piston approximately 240 mm anterior
to the posterior margin of the vertebral bodies

through a lever arm which was rigidly attached to the
superior mount of the preparation. The other end of
the lever arm was attached to a string potentiometer
for the measurement of its end deflection in both
quasistatic loading and high-speed dynamic loading.

Each specimen was subjected first to quasistatic load-
unload for three cycles at a rate of 7.6 mm/s and then
to a single impulsive loading to failure at a piston
speed of 3800 mm/s. Compressive force, shear force
(posterior-anterior) and sagittal plane bending moment
were measured by a six-axis load cell underneath the
specimen. Lever arm free-end deflection, piston
displacement, and piston contact force were also
measured. Data sampling rates were 60 Hz for
quasistatic tests, and 20 kHz for dynamic tests.



Force-time and displacement-time data were
simultaneously collected into a 486 computer for
analysis. The specimen behavior in dynamic loading
was recorded at a rate of 4500 full frame/s by a high-
speed video camera system (Kodak, Rochester, NY).

Vertebral angulation-time data were derived from
lever-arm deflection-time data. Moment-angulation
characteristics were obtained by eliminating the time
variable. The flexion stiffness of the structure was
defined as the slope of the moment-angulation
response in its most linear phase. Specimen failure
in the study was considered to be the point where the
moment decreased markedly while the angulation was
still increasing.

RESULTS

Six T3-4 specimens, with age ranging from 50 to 72
years, were tested for this study. The speed of
angulation ranged from 1.8 to 2.5 deg/s in quasistatic
tests and from 1088 to 1450 deg/s in dynamic tests.
The specimens were slightly stiffer under dynamic
loading than under quasistatic loading (Table 1). A
paired t-test showed that mean stiffness values were
different at the level p < 0.05.

Table 1: Flexion stiffnesses (Nm/deg)

Sample Ks* Kd* Kd/Ks
1 1.82 2.15 1.18

2 4.37 4.50 1.03

3 5.06 6.08 1.20

4 6.94 6.96 1.00

5 3.40 4.79 1.41

6 4.63 5.56 1.20
Mean 4.37 5.01 1.17
S. D. 1.71 1.66 0.15

* Ks = static stiffness ; Kd = dynamic stiffness;
S.D. = Standard Deviation.

DISCUSSION

Flexion bending stiffnesses Ks (static) and Kd
(dynamic) had standard deviations greater than 30% of
the mean value (Table 1), mainly due to the
biological variation in the structural properties of the
specimens. When Kd is normalized by its
corresponding Ks, the standard deviation reduced to
less than 13% of the mean (Table 1). Although the
dynamic bending stiffness proved to be higher than
quasistatic with a relatively high level of statistical
confidence, their relative difference in the mean was
only 17%.

The dynamic loading rates in this study fell in the
estimated velocity range of neck angulation (up to
1784 deg/s) in the human volunteer sled-impact
experiments by Ewing et al. (1969), as quoted in
Gadd et al. (1971). In their study of responses and
tolerances of human neck, Gadd et al. (1971) reported
similarly shaped moment-angulation curves from
quasistatic and dynamic sagittal bending tests of two
multi-segment cadaveric cervical spinal columns.
Their effective angular velocity of the top vertebra
ranged from quasi-static to nearly 500 deg/s. The
loading rate effect could not be discerned from that
study due to the small sample size of only two
specimens.

The difference between the dynamic bending stiffness
and quasistatic was not found conclusively in the
reports by McElhaney et al. (1988) for cervical spine
and by Doherty (1990) for cervical and lumbar spines.
The range of loading rates in their study were
probably too low (0.01 to 1 Hz) show any dynamic
effects. The loading rates in our dynamic tests were
at least two orders of magnitude higher than their
highest rate.

In conclusion, flexion bending stiffness of the
thoracic intervertebral joint is higher under high speed
dynamic loading comparing to its quasistatic value.
The ratio of the dynamic stiffness to static stiffness is
relatively constant while the stiffness values
themselves vary widely among specimens. Further
studies on the cervical and lumbar spines will likely
confirm that similar patterns exist in the cervical and
lumbar intervertebral joints as well, since their
structural and material properties are similar with
respect to the responses in sagittal flexion.
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INTRODUCTION

hypothesis, we measured the rotation moment arms___

Excessive internal rotation of the hip is a important
problem for individuals with cerebral palsy. To
analyze causes and treatments of this problem, we
have undertaken a set of computer simulations and
anatomical studies to determine which muscles
contribuie to internal and external rotation of the hip.
We have studied how muscle contributions to rotation
are altered by excessive hip flexion, which often
accompanies exaggerated internal rotation. The goal
of this study was to determine how the rotation
moment arms of the muscles about the hip vary with
hip rotation and flexion. Our results indicate that the
internal rotation moment arms of many muscles
increase as the hip is flexed, whereas the exteinal
rotation moment arms decrease. These results have
important implications for the treatment of flexed,
internally rotated hips.

REVIEW AND THEORY

Persons with cerebral palsy frequently walk with
excessive flexion, adduction, and internal rotation of
the hip. Although the muscles that contribute to
flexion and adduction are well defined, the muscles
that potentially contribute to rotation have not been
clearly identified. Few investigators have attempted
to quantify hip rotation moment arms (Dostal et al.,
1986, Mansour et al., 1987), and none have given a
full account of how rotation moment arms vary with
hip rotation and flexion. As a result, the rotational
function of the muscles about the hip remains
unclear, and the success of derotational procedures is
limited. The long-term goal of our work is to
determine which muscles have the greatest potential
to rotate the hip and to develop more effective
methods to treat excessive internal rotation.

We developed a computer model to study the rotation
capacity of muscles about the hip (Delp et al., 1990).
Analysis of this model suggested that maximum
isometric rotation moments at the hip were altered
with hip flexion; the maximum moment-generating
capacity increased for the internal rotators and
decreased for the external rotators. Based on this
analysis, we hypothesized that the internal rotation
moment arms increase and the external rotation
moment arms decrease with hip flexion. To test this

of selected hip muscles in four anatomical specimens
at a variety of hip flexion angles.

PROCEDURES

Moment arms were estimated from measurements of
muscle length change throughout a range of internal
and external rotation. Four anatomical specimens
were dissected and the areas of muscle attachments
were marked. The following muscles were analyzed:
gluteus maximus (Gmax), gluteus medius (Gmed),
gluteus minimus (Gmin), iliopsoas (Ilps), piriformis
(Pirif), quadratus femoris (Quad Fem), obturator
internus (Obt Int), and obturator externus (Obt Ext).
Muscles with broad areas of attachment were divided
into several compartments to accurately represent
their geometry. Wires were used to represent the
compartments of each muscle. The gluteus maximus
was represented with six wires, gluteus medius with
four wires, the gluteus minimus with three wires, and
all other muscles with one wire each. The length of
the wire was measured using a Celesco position
transducer for a range of hip rotation angles (35°
internal rotation to 35° external rotation). These
measurements were repeated at five different flexion
angles (0%, 207, 45°, 60°, 90°). Fourth order
polynomials were fit to the muscle length vs.
rotation angle records with a least-squares fit. The
derivative of the polynomial fit was taken as an
estimate of the moment arm (An et al., 1984). The
polynomial fit was chosen because it effectively
smoothed noise evident in the numerical derivatives
of the muscle length vs. joint angle data. In our
analysis, the experimentally derived moment arms
were compared to the moment arms estimated with
the computer model.

RESULTS

Our results demonstrate that the rotation moment
arms of hip muscles vary substantially with hip
flexion. For example, at 0° hip flexion the
intermediate compartment of the gluteus medius
(Gmed? in Table 1) has a slight external rotation
moment arm (Fig. 1). However, with the hip flexed
to 45°, which frequently occurs in cerebral palsy, the
gluteus medius has an internal rotation moment arm.
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Fig. 1 Internal rotation moment arms at 0° hip rotation vs.
hip flexion for the gluteus medius. Each specimen is shown
with a different symbol. Results from the computer model are
shown in the solid fine. Note that the internal rotation moment
arm increases with hip flexion.
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Thus, as the hip is flexed, the intermediate
compartment of the gluteus medius switches from an
external rotator to an internal rotator. Almost all of
the muscle compartments we have examined thus far
show a trend similar to the intermediate compartment
of the gluteus medius (Table 1). A positive number
in Table 1 indicates an increase in internal rotation
moment arm (or a decrease in external rotation
moment arm) as the hip is flexed from 0° to 90°.

DISCUSSION

This study provides new data needed to understand the
biomechanics of normal and pathological hip
rotation. For 16 of the 18 muscle compartments we
have studied, the internal rotation moment arms
increase (or external rotation moment arms decrease)
with hip flexion. Flexion deformities frequently
accompany rotational deformities in individuals with
cerebral palsy. The variation in hip rotation moment
arms demonstrated in our results suggest that
excessive internal rotation may decrease if excessive
hip flexion is corrected.

There are several important limitations of this
analysis that will be addressed in future studies.

First, we have examined only a subset of the muscles
that potentially contribute to hip rotation.
Specifically, the adductors and hamstrings must be
examined in detail since they are commonly
lengthened surgically in an attempt to correct internal
rotation. Second, we now need to consider how
changes in femoral anteversion, which occur
frequently in persons with cerebral palsy, affect hip

Table 1. Change in Rotation Moment Arm
from 0° to 90° Hip Flexion.

Muscle A m.a. Muscle Am.a.
(mm) (mm)
Gmaxt 66%7 Gmint 2319
Gmax2 58+18 Gmin2 52+10
Gmax3 4117 Gmin3 56121
Gmax4 29+14 Pirif 4345
Gmax5 1243 lips -6+4
Gmax6 613 Quad Fem 1415
Gmed1 51412 Obt Int 23+3
Gmed2 66110 Obt Ext -12+4
Gmed3 59+9
Gmed4 63125

1. The average change for the four specimens * one standard
deviation is reported.

2. Rotation moment arms were measured over a range of hip
rotation , but only the change in moment arm at 0° hip rotation is
reported here.

3. Gmax1 is superior, and Gmax8 is inferior. Gmed1 is anterior,
and Gmed4 is posterior. Gmin1 is anterior, and Gmin3 is
posterior.

4. A positive number indicates an increasing internal rotation
moment arm or a decreasing external rotation moment arm.

rotational function. Third, we have used a computer
model of an adult skeleton and adult-size cadavers to
estimate rotation moment arms. Additional work is
needed to determine how these compare to the rotation
moment arms in children. Finally, it is essential to
determine how the moment-generating capacity of the
rotators is altered by surgical procedures such as
derotational osteotomies of the femur which are
performed to correct excessive internal rotation.
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INTRCDUCTION

Musculoskeletal modelling has been shown o be a useful
tool fo answer questions with respect to neuro-muscular
coordination of movements (Zajac, 1993). A good estimation
of muscle model parameters is crucial for the model to be
successful. When a musculoskeletal model of an elite athlete
is used to study a performance task, it is clear that parame-
ters from literature data (usually cadaver measurements) do
not reflect the muscle properties of a high performance ath-
lete. The same problem occurs when a musculoskeletal
model of a spinal-cord injured patient is used to simulate FES
(Functional Elecirical Stimulation) assisted locomotion. Due
to muscular atrophy and spasticity, these patients are likely to
have different muscle properties. For a standard subject
some muscle parameters can be relatively easy determined
from literature data. For instance, an estimation of maximal
muscle force can be made using physiological cross sec-
tional area (PCSA) data. Other parameters such as slack
length of the tendon and width of the force-length relationship
of a group of muscles are not easily determined.

REVIEW AND THEORY-

Literature data on maximal voluntary isometric joint moments
as a function of joint angle are available for the six lower
extremity tasks (ankle plantar/dorsiflexion, knee extension/
flexion and hip extension/flexion). It is however impossible to
extract force-length information of bi-articuiar muscles from
these data, because often only one joint angle has been var-
ied systematically. Extracting muscle properties from bi-artic-
ular muscles is only possible when for instance, knee
extension is executed not only over a range of several knee
joint angies, but aiso over a range of several hip joint angles.
Purpose - To find & set of model parameters for lower extrem-
ity muscles that generate maximal isometric moment angle
surfaces comparable to experimental measurements.

PROCEDURES

Four female cyclists performed dorsiflexion for different ankle
angles, plantarflexion for different combinations of ankle and
knee angles, knee exiension, knes flexion, hip extension and
hip flexion for different combinations of knee and hip angles
in a randomized order. Torques were measured with a Cybex
It dynamometer, and the average torque during a one second
maximal voluntary contraction, corrected for weight and pas-
sive torque, was used for further analysis.

A standard two-element Hill-type muscle mode! was used to
simulate maximal isometric contractions. The force-length
relationship of the contractile element CE, was assumed o
be symmetrical and parabolic. Maximal isometric muscle

Address for correspondence:
kggenit@acs.ucalgary.ca

force (Fpy,a,) Was determined using PCSA data from Friedrich
and Brand (1990) summed over all muscles belonging to a
functional group (e.g. all mono-articular knee extensors =
vasti). Optimal length of the contractile element {(Lceopd was
calculated by multiplying sarcomere numbers by sarcomere
optimal length. The force-length relationship of the series
elastic element SEE, is modeled as a non-linear spring (2nd
order), with 4% strain at F,,,,. Linear equations were used to
calculate muscle length (L) as a function of joint angles (¢ j)
in radians (full extension = ) according to:

Ly(o) = Ag+ Dankie®at Yenee®it dhiP(ph

where A is determined from typical anatomical data and
djgins @re moment arms that are assumed constant.

The maximal shortening and iengthening (widith) of the force-
tength refationship of the CE and the slack length {Islackj of
the SEE are two parameters for each muscle that were opti-
mized to fit the measurements using a least squares fit. Frax
was not optimized, but scaled inversely propotiionai to width
in order to maintain a constant amount of work. The dorsiflex-
ion task could be optimized by itself to find parameters for the
tibialis anterior. Knee extension and hip flexion had to be opti-
mized simultaneously, because of the bi-articular rectus fem-
oris. Further, ankle plantarflexion, knee flexion and hip
extension were combined to find parameter values for
soleus, gastrocnemius, hamstrings and glutsi muscles.

RESULTS

Figure 1 shows a maximal isometric plantar flexion surface of
one subject together with the simulated suiface with opii-
mized parameters. Table 1 provides values of all muscle
parameiers ihai were used to simulate alf six isometric lower
extremity tasks. The parameters that were optimized are
averaged over those subjects for which the optimization pro-
cess resulted in reasonable solutions.

DISCUSSION

Hatze (1981) determined maximal isometric force, optimal
fibre length, SEE stifiness, as well as width for three muscies
from a single isometric moment-angle relationship for elbow
extension. Although reasonable parameter values were
obtained, it is our expsrience that this procedure is not gener-
ally applicable to the lower extremity. Typicaily, many possi-
ble parameter combinations are possible that produce very
similar moment-angle relationships. Pandy et al. (1990) used
isometric strength data from the literature to obtain the siack
parameters in a lower extremity model. Two problems
became apparent from this work: (1) It is difficult to extract
separate force-length properties for synergistic muscles. (2)
Predicted moment-angle relationships tend to be narrower
than experimental results.
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Table 1: Muscle model parameters. Islack and width are optimized to fit experimental data. Other muscle parameters are derived
from literature data (see text). N is the number of subjects used to obtain average values for /slack and width.

muscle (group) | Ag[m} | dankelm] | dineeIM] | dpplml | Loeoptiml | Fmax[N] Islack [m] width[%] | N
tibialis anterior 0.348 0.037 o 0 0.087 1627.9 0.317+0.004 442456 4
soleus 0.367 -0.053 0 0 0.055 3883.2 0.24510.015 103.9+2.0 3
gastrocnemius 0.508 -0.053 0.020 0 0.055 1638.7 0.42010.023 88.8124.2 2
vasti 0.403 0 -0.042 0 0.093 7403.0 0.223+0.006 62.746.6 3
rectus femoris 0.524 0 -0.050 0.034 0.081 662.9 0.398+0.013 1443+32.7 | 3
glu‘tei 0.465 0 0 -0.062 0.200 1704.8 0.1567+0.016 62.5+4.3 4
hamstrings 0.503 0 0.034 -0.072 0.104 1769.3 0.334+0.023 119.7+15.0 | 4
iliopsoas 0.091 0 0 0.050 0.102 8213 0.142+0.007 1298124 | 4

In the present study, the first problem was solved by measur-
ing isometric torque as a function of two joint angles, which
allows separation of the properties of mono-articular and bi-
articular synergists as shown by Herzog et al. (1991). In addi-

ankle plantarflexion cybex: SE tion, information about force production by bi-articular mus-
cles was obtained from isometric moments at both joints.
This approach proved to be successful for all muscles,
except for the rectus femoris where /slack was often

'y
’

= increased until the muscle disappeared completely out of the
g moment angle surfaces. In order to solve the second prob-
R lem, the width parameter was optimized together with Islack.
E 0.5 This improved the agreement between measurements and
8 : model considerably. The optimized width was for many mus-
O‘ cles much larger than the theoretical value of 54%, based on
2] filament overap in a sarcomere. This may be a resuilt of the
0 fact that muscles within a functional group, or fibres within a

muscle do not reach their optimal length simultaneously.

60 80
100 140 120 100 The parameter values listed in Table 1 represent the maximal
120 180 160 amount of information that can be extracted from these iso-
ankle [deg] knee [deg] metric strength data. Two aspects of the data collection

should be improved in order to increase the reliability of the

results: (1) A wider range of angles should be used, espe-
ankle plantarflexion: SE cially for the hip joint. This will increase the reliability of the
width parameter. (2) Random fluctuations in the data, as
shown in Figure 1, should be reduced, either by training the
subject or by repeating the test protocol on different days and

averaging the results. This will facilitate the separation

= between synergistic mono-articular and bi-articular muscle

Z groups.

§
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The Effects of Connective Tissue on Muscle Force Enhancement
D. Hawkins, M.J. Bey
Depariment of Exercise Science
Biomedical Engineering Graduate Group
University of California, Davis CA 95616

INTRODUCTION

This project was designed to test the effects that
changes in collagen content within a muscle have on
the muscle's mechanical response to stretch and its
potential for force enhancement. This was
accomplished by comparing the force enhancement
values recorded from the tibialis anterior muscles of
normal cage activity rats to force enhancement values
obtained from hind limb suspended rats. Hind limb
suspension has been shown io alter the ratio of col-
lagenous to non-collagenous protein within the
muscle and thus served as a good model for testing
the ideas staied above.

REVIEW AND THEORY

Swretch-shortening cycles (SSCs), stretch of an

activated muscle followed by muscle shortening

ated muscie followed by muscle shortening,
occur in many common human movements (e.g.
running and jumping) and they are considered to be
importani in movement efficiency and for the
execution of certain motor tasks. Though the
importance of SSCs to human movement has been
known for many years, the exact mechanisms
responsible for the observed muscle force en-
hancement continue to be debated [Abbot et al, 1952;
Asmussen, 1953; Cavagna, 1977; Thys et al, 1975;
Alexander and Bennet-Clark, 1977; Edmond et al.,
1978]. It has been proposed that force enhancement
may be due to storage and subsequent release of
elastic energy within the tendon or muscle, or
potentiation of the force generated per individual
cross-bridge, or a combination of the two. To
investigate the relative role that these two factors play
it was hypothesized that cross-bridge force
potentiation is the primary source of force
enhancement during a single active stretch. For this
hypothesis to be true changes in the relative amount
of connective tissue within a muscle should not effect
force enhancement. This hypothesis was tested by
comparing the force enhancement recorded during
stretch of rat tibialis anterior (TA) muscles from two
groups of rats, a normal cage activity (NCA) group,
and a four week hind limb suspended (HLS) group.

PROCEDURES
The work station used 10 collect the data for this

study consisted of several components described in
detail elsewhere (Hawkins and Bey, 1994). Briefly,
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the hardware included an arbitrary waveform
generator (Model 75 supplied by WaveTek) for
controlling muscle activation, an ergometer lever
system (Model 305B supplied by Cambridge
Technologies) for controlling muscle kinematics and
recording the force developed, a video-based motion
analysis system (Motion Analysis Corporation) for
determining localized muscle and tendon strains, and
a microcomputer containing a Lab Master DMA data
acquisition board (Scientific Solutions).

Tibialis anterior (TA) muscles from two activity
groups of rats (normal cage activity and fours weeks
of hind limb suspension) were tested under a variety
of eccentric contraction conditions. Tissue covering
the TA was carefully removed. The nerve
innervating the TA was exposed and a small
electrode cuff was attached to it. Three small black
silicone markers were located along the length of the
muscle-tendon-bone (MTB) complex The distal end
of the TA was dissected free with a small section of
bone retained for use in attaching the MT complex io
the lever arm. The partiaily intact TA was positioned
in front of the video camera and the tibia secured to a
fixture to minimize movement of the limbs during
testing. A saline drip system was used to maintain
the TA moist at all times. All mechanical tests were
conducted at room temperature, 24 + 2 °C,

The TA nerve was stimulated via the nerve cuff and
the force generated by the muscle was determined for
various stretch amplitudes, stretch rates and initial
muscie lengths. The lever arm was moved either 1
mm, 2 mm, 3 mm, or 4 mm at rates of either 1 mm/s,
10 mm/s or 100 mmy/s. Muscle kinematics associated
with each test were determined using the video
system (o digitize the reiative Iocation of the silicone
markers located along the MTB complex.

Data were grouped into categories based on the
combination of initial muscle length, muscle stretch
velocity and muscle stretch amplitude. A total of 36
groups were considered; 4 ranges of initial muscle
lengths (< 0.8 %Lo, 0.8-0.9 %Lo, 0.9-1.0 %Lo, > 1.0
%Lo: "Lo" being the muscle length at which
maximum active force was developed), 3 ranges of
streich velocities (< 5.5 mmy/s, 5.5-15.5 mm/s, > 15.5
mmys), and 3 ranges of stretch amplitudes (< 1.5 mm,
1.5-2.5 mm, > 2.5 mm). Muscle force enhancement
(MFE} was defined as the force generated at the end
of the eccentric contraction divided by the isometric



force developed by the muscle at a comparable
muscle length. MFE values were compared between
the NCA and HLS groups for each of the kinematic
categories listed above.

RESULTS

The HLS group had on average a smaller muscle
mass, lower maximum isometric force, and a higher
percentage of connective tissue per wet weight of
muscle compared 1o the NCA group. " Initial
comparisons of force enhancement between the two
groups yielded significantly (p<0.05) higher force
enhancement values for the HLS group for initial
lengths less than 80% of Lo. However, the NCA
group demonstrated higher force enhancement values
for initial lengths near 100% Lo. Results from 12 of
the kinematic categories analyzed are summarized in
Figure 1 and Figure 2 for the NCA and HLS groups
respectively.

NCA Group: MSV < 3.5 mmi

<0.8 v
Initial Muscle Length (% of Lo)

<13
Muscle Stretch Amplitude (mm})

Figure 1: MFE results for the NCA activity group for
muscle stretch velocities (MSV) < 5.5 mm/s.

HLS Group: MSV < 3.5 mmi/s

. <038 = <E5
Initial Muscle Length (% of Lo) Muscle Streich Amplitude (mm)

Figure 2: MFE results for the HLS activity group for
muscle stretch velocities (MSV) < 5.5 mm/s.
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DISCUSSION

It was believed that the difference in force
enhancement between the two groups would always
be skewed toward one group, or zero. Thus, the fact
that the rend of the MFE values changed as a
function of the initial muscle length was not
expected. It may be that altering the relative
percentage of connective tissue within the muscle
altered the force-length relationship causing the
ascending portion of the curve to be less steep for the
HLS group. If this occurred, then the HLS group
would appear to have a higher force enhancement for
initial lengths corresponding to the ascending portion
of the force-length curve though the absolute increase
in force might be less than the NCA group. A similar
argument could be made for the higher MFE values
observed for the NCA group for initial lengths greater
than 0.9 %Lo. Another consideration which might
explain the results are the effects of connective tissue
"quality”. It may be that different results would be
obtained from muscles that have a greater percentage
of connective tissue resulting from endurance-type
training. The "quality" of this connective tissue may
alter the force-length curve in a different way
compared to that observed for the HL.S group. At this
time it can be stated that the relative percentage of
connective tissue within a muscle does have an effect
on its ability to generate force enhancement.
However, relative to the initial hypothesis it can not
be concluded that cross-bridge force potentiation did
not play a major role in force enhancement.
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THE EFFECT OF TENDON LOADING AND WRIST POSTURE
ON CARPAL TUNNEL PRESSURE IN CADAVERS

P.J. Keir and R.P, Wells

Department of Kinesiology, University of Waterloo, Waterloo, Ontario, Canada N2L 3G1

INTRODUCTION

The pathophysiology of carpal tunnel syndrome (CTS) has long
been associated with increased intracarpal canal pressures.
Pressures have been measured under a variety of conditions using
a variety of devices. Hydrostatic pressures are known to increase
with passive wrist flexion and extension, more so with extension
(Rojviroj et al., 1990; Okutsu et al., 1989). Similar findings have
been found with bulb/balioon type transducers, notably Smith,
Sonstegard & Anderson (1977). Muscle force has been shown to
affect carpal tunnel pressure (CTP) whether described in gross
terms (¢f. Okutsu er al., 1989) or due to specific muscle loading
(Smith et al., 1977).

The difference between the catheter measures (slit, wick,
perforated, needle) and bulb measures appears to be a difference
between measuring a hydrostatic pressure and a combination of
hydrostatic pressure and contact stress. Compression (contact stress)
as a mechanism is supported by Phalen's test which places the wrist
into flexion (known to decrease CTP) and if the modified test is
used the fingers pinch until symptoms arise.

While it has been shown that increased flexor muscle forces
lead to increased pressures within the carpal tunnel, the extent and
manner of this refationship is unknown. The purposes of this study
were to determine the effects of loading different muscles in many
functional wrist postures and to examine the similarities and
differences between the techniques of the bulb and catheter pressure
measurement.

METHODS

Eight fresh/frozen cadaver arms (4 pairs) were used in this
study. Pressures were measured using two techniques, a catheter
and a bulb. Each arm was secured as seen in Figure 1. The wrist
angles were maintained via a rod anchored into the third metacarpal
shaft, Nine wrist angles from 45° extension (-45°) to 45° flexion
were used (-45, -30, -20, -10, 0, 10, 20, 30, 45). Four loading
conditions were tested: 1. no tendon loading, 2. combined loading
of flexor digitorum profundus and flexor digitorum superficialis to
the index and long fingers (FDP2+3 + FDS2+3), 3. loading of
palmaris longus (PL), and 4. loading of flexor pollicis longus
(FPL). Due to the exploratory nature of the last two loading
conditions, the number of flexion-extension angles was reduced to
five by eliminating the 10° and 30° angles.

The skin on the flexor side of the forearm was opened no
closer than 10 cm proximal to the distal wrist crease and the deep
flexors to the index and long fingers (FDP2 and FDP3,
respectively), the superficial flexors (FDS2, FDS3), palmaris longus
(PL) and flexor pollicis longus (FPL) were identified and sutured
to a cord. The cord was run over a ball-bearing pulley and a
kilogram mass hung from it.

Hydrostatic intracarpal canal pressure was measured using an
open ended polyurethane catheter with 3 side holes connected to a
pressure transducer (Gould Electronics, model P23Db). A slow
infusion of Ringer's solution at a rate of approximately 0.5 mi/min
was maintained between measurements.
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Figure 1. Schematic of the forearm secured in the testing jig. The
wrist posture was defined by two orthogonal protractors
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and a rod anchored into the shaft of third metacarpal.

After all tests for hydrostatic pressure were compieted, the
median nerve was replaced by a bulb made from of thin walled
rubber tubing, with a measuring zone of 30 mm. For the buib
readings, zero was considered the pressure with the wrist neutral
position with the no loads acting on it.

The daia were analyzed using repeated measures ANOVAs
(SAS). The angles used in the analysis included only those that
were used in all loading conditions (i.e. -45°, -20°, 0, 20°, 45°).

RESULTS

The effect of differential tendon loading was significant using
both measurement techniques (Figure 2). The pressures obtained
via the catheter show a "U" shape for all load conditions (Fig. 2)
with higher values in extension and a minimum in neutral or in
slight flexion. There were statistically significant main effects due
to load (F = 9.51, p = 0.0005) and wrist angle (F = 13.28, p =
0.0001). The loaded PL created higher pressures than loading the
flexors which were both significantly higher (p < 0.05) than FPL
and the unloaded condition. The bulb technique showed responses
similar in shape to the catheter. Significant main effects of load
and angle were found (F = 19.98, p = 0.0001 and F = 6.50, p =
0.0008, respectively). The pressure response due to the flexors to
be greater (p < 0.05) than the response from loading PL which
created significantly higher pressures (p < 0.05) than loading FPL
or the unloaded condition. As a point of note, the loading the
flexor tendons condition appears to have a very large effect (twice
as great as PL, the next highest pressure condition) on carpal tunnel
pressure at wrist flexion angles beyond 20°(Fig. 2). However, the
pressure response to PL loading was greater than that in the flexor
loading condition with the wrist extended beyond 20°.
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Figure 2 Pressures measured in each of the loading conditions in
angles of flexion and extension, a) Hydrostatic pressures
measured using the catheter. b) Contact pressures

measured using the bulb.

DISCUSSION

Carpal tunnel pressures are dependent on wrist posture and the
tendons carrying load through the carpal tunnel. Regardless of
loading condition, catheter pressures were higher in extension than
in flexion, this has been shown previously for the passive condition
(Rojviroj et al., 1990; Okutsu et al., 1989). The magnitudes of the
unloaded catheter pressures, as well as the standard errors were in
agreement with those values in the literature (Rempel, Horie & Tal,
1994). This indicates that the cadaveric carpal tunnel pressure
undergoes similar changes to the in vivo wrist when subjected to
changes in posture despite possible changes in tissue fluid content
due to the freezing and thawing process.

The measures from the bulb and catheter techniques indicate
that they may be measuring different phenomena. Based on the
characteristics of the bulb transducer, it may be appropriate to
separate the findings of the bulb and catheter and discuss them
separately. If these measures are indeed independent, they may be
considered additive, thus both measures are necessary to describe
the condition of loading on the intracarpal canal contents.

Histological investigations of the effects of direct nerve
compression have provided strong support for mechanical trauma
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being a greater etiological factor than ischemia (Rydevik &
Lundborg, 1977) aithough it has been shown that nerve conduction
is regained after the release of compression but full amplitude of
the action potential is gained upon restoration of blood flow
(Lundborg ef al., 1982). These findings regarding mechanical
compression have also been noted in patients with CTS (Schuind,
Ventura & Pasteels, 1990) and in cadaveric wrists which had no
history of CTS (Armstrong et al., 1984). In the present study,
using the bulb pressure as measure of contact pressure, evidence of
direct loading in the carpal tunnel was found with the wrist flexed
and flexors loaded (Fig. 2). As the flexion angle increased, the
bulb pressure increased drasticaily, to pressures of about 250% of
those of the lowest pressure seen with the flexors loaded in the
neutral position and the next highest pressure at those angles (PL).
These findings provide a sound mechanical basis for a positive
modified Phalen's test in which the wrist is acutely flexed and the
digital flexors loaded by means of an active pinch.

Palmaris longus loading had a greater effect on carpal tunnel
pressure than expected. The pressures associated with loading
palmaris longus were generally the largest of all conditions of
loading when measured with the catheter and second highest
(flexors) when measuring with the bulb. The highest pressures for
both methods were found in extension, thus the insertion of the PL
into the palmar aponeurosis (which should be considered the distal
portion of the flexor retinaculum (Cobb et al., 1993)) may have an
effect on the carpal tunnel shape. For example, in extension, the
pull of PL may flatten the retinaculum thereby increasing the
pressure within the tunnel. At the level of the pisiform, the cross-
sectional area and the depth of the carpal tunnel have been shown
to decrease with wrist extension (Yoshioka et al., 1993). This
effect may be further intensified with significant loading of the
palmaris longus. The opposite may occur with the wrist in flexion
as we found the lowest catheter pressures for the PL loading
condition in flexion. Other muscles inserting onto the retinaculum,
such as the thenar muscles, may also strongly influence pressure by
a similar mechanism. Palmaris longus is a weak wrist flexor with
Timited force production capability, its connections with the palmar
aponeurosis and tight coupling with the flexor retinaculum provide
insight to its possible function to control the shape of the carpal
tunnel.

This study was the first attempt to determine the effects of
differential muscle loading on carpal tunnel loading. Muscular
loading elevates intracarpal canal pressure, particularly PL in
extension and the flexor tendons in flexion. Bulb pressure
measurements seem to be due to direct local contact and were
found to be greatest in flexion with the digital flexors carrying load.
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INTRODUCTION

Measuring the moments generated by muscles under
conditions of maximum voluntary contraction is the most
common method used to assess muscle strength. Several
factors contribute to the peak isometric moment generated
by an individual muscle, including its physiological cross -
sectional area (PCSA), moment arm (MA), and activation.
Other factors contribute to the change in the isometric
moment with joint angle, such as variation of MA with
joint angle, and the muscle’s force-length (F-L) behavior.
Since measured joint moments represent the sum of the
moments generated by individual muscles, a biomechanical
model is needed to analyze the contributions of individual
muscle architectures (the arrangement of muscle fibers in a
muscle-tendon complex) and MAs to the moment -
generating capacity of muscles about the wrist. In this
study we have used a model that characterizes the
architecture and geometry of 15 muscles to analyze
measured maximum voluntary moments about the wrist.

REVIEW AND THEORY

We recently reported the maximum isometric wrist
moments generated by 10 healthy subjects (Grierson et al.,
1995). This experimental study demonstrated that the peak
flexion moment was significantly greater than the peak
extension moment. The study also showed that the flexion
moment peaked with the wrist in the flexed position, where
muscle fibers of the flexors are relatively short.

The purpose of this study was to determine if the measured
moments about the wrist could be explained by the
relationship between the architecture and MAs of the wrist
muscles. We hypothesized that the peak flexion moment
was greater than the peak extension moment because the
sum of PCSA-MA products is greater for wrist flexors than
extensors. We also hypothesized that flexion moment
peaked with the wrist in flexion because the moment arms
of the major flexors increase as the wrist is flexed. To
investigate these issues we developed a detailed
biomechanical model of the wrist and the surrounding
muscles.

PROCEDURES

This wrist model represents the three-dimensional geometry
of the bones, kinematics of the joints, and the lines of
action and force-generating properties of 15 muscles.

These muscles were: abductor pollicis longus (APL),
extensor carpi radialis brevis (ECRB), extensor carpi
radialis longus (ECRL), extensor carpi ulnaris (ECU),
extensor digitorum communis (EDC), extensor digiti

minimi (EDM), extensor indicis proprius (EIP), extensor
pollicis brevis (EPB), extensor pollicis longus (EPL), flexor
carpi radialis (FCR), flexor carpi ulnaris (FCU), flexor
pollicis longus (FPL), flexor digitorum profundus (FDP),
tlexor digitorum superficialis (FDS), and palmaris longus
(PL). The model was implemented using the
musculoskeletal modeling system (SIMM) described by
Delp et al. (1990). The bone geometry was obtained by
digitizing an average size male skeleton. The kinematics of
the wrist were represented as two revolutes to account for
motion at the radiocarpal and midcarpal joints (Ruby et al.,
1988). Muscle-tendon paths were defined based on the
anatomical landmarks of the bone models. In addition to
the muscle origins and insertions, “via points” were used to
represent muscles that wrap over bones and to simulate the
constraints imposed by retinacula. The isometric force-
generating properties were derived by scaling a generic
Hill-type muscle model (Zajac, 1989). Parameters to scale
the model were derived from Lieber et al. (1990), Jacobson
et al. (1992), and Lieber et al. (1992). Different factors
were used to scale the PCSAs of the flexors (30 N/cm 2)
and extensors (45 N/cm 2). These factors were derived by
comparing the joint moments computed with the model to
the maximum moments reported by Grierson et al. (1995).

RESULTS

MAs for the 15 muscles were estimated with the model and
compared with MAs in the literature (Brand et al., 1993;
Loren et al., 1995). In general, the magnitudes of the
computed MAs and their variation with joint angle
corresponded well with the experimental data. Flexor MAs
were on average 18% larger than extensor MAs throughout
the range of motion. The flexor moment arms varied more
with joint flexion; the difference between the maximum and
minimum moment arms was 2.7 times greater for the
flexors. Flexor MAs also tended to peak toward full
flexion while the extensor MAs tended to peak in the mid-
range to slightly extended position, except the ECRL, EPL,
and EDC, which peaked near full extension.

The maximum isometric moments computed with the
model correspond well with the experimentally measured
moments over most of the range of motion (Figure 1). The
model replicated the experimental magnitude of the peak
flexion moment to be approximately twice as large as the
peak extension moment. This occurred because the total
PCSA of the flexors is 111% larger than the PCSA of the
extensors. In the model, the sum of the peak isometric
forces is 37% Jarger for the flexors than the extensors
because a smaller factor was used to scale PCSA to peak
force for the flexors (see Procedures).
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Figure 1: Average maximum isometric flexion and
extension moment vs. wrist joint angle. Points (empty
squares, triangles) represent subject data with the error
bars representing the 95% confidence interval. Lines
represent the model's calculated moments. Flexion angles
are positive, extension angles are negative.

The model revealed why the flexion moment peaks with the
wrist in a flexed position, in accord with experimental data
(Grierson et al., 1995). Flexion moment peaks in this
position because the moment arms of the major flexors
increase as the wrist is moved toward full flexion. Figure 2
shows the force-angle and MA-angle behavior of two
important flexors (FCU and FPL). Although the flexor
muscle forces decrease with flexion beyond the neutral
position, the product of muscle force and MA produces a
larger joint moment at a slightly flexed position. This
occurs because the flexor forces decrease slightly with
flexion (i.e., they are on the plateau region of F-L curve in a
slightly flexed position), and then much more steeply from
a slightly flexed position through full flexion (i.e., as they
reach the ascending region of the F-L curve).

The model underestimates the moment-generating capacity
of the extensors with the wrist near full extension because
the fibers are very short in this position. These short fibers
affected 4 (ECU, ECRB, EDC, EIP) of the 7 extensor
muscles substantially.

DISCUSSION

The interplay of the MAs and architecture of the wrist
muscles accounted for the experimental observations of
maximum flexor and extensor moments about the wrist.
We found that the greater PSCA and MAs of the flexors are
responsible for the greater flexion moment. The position of
the peak flexion moment was determined by the increasing
flexion moment arm and decreasing flexor force with
flexion. That is, the interplay of the flexor MAs increasing
toward full flexion and the muscle forces slowly decreasing
up to a slightly flexed position resulted in the peak moment
occurring at a slightly flexed position.

Even though the computer model replicates the measured
joint moments well, it is difficult to have confidence in the
individual muscle force estimates because many muscles
contribute to the measured moments. Fortunately, there
have been excellent measures of muscle architecture
(Lieber et al., 1992) and detailed reports of muscle moment
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Figure 2: Moment arm and muscle force versus flexion
angle for two muscles. Light curves are muscle forces, bold
curves are MAs. Solid curves are flexor carpi ulnaris (FCU)
and dashed curves are flexor pollicis longus (FPL). Flexion
angles are positive.

arms

(Brand, 1993; Loren et al, 1995) to test the model.
However, additional data is needed to test the variation of
muscle force with joint angle. Our simulations suggest that
some of the flexors operate on the ascending limb of the F-
L curve for neutral and flexed positions, while the extensors
operate on the ascending limb for extended positions only.
Similar operating ranges were reported by Loren et al.
(1995). Detailed measurements of sarcomere length and
joint angle are needed to fusther test these simulation
results.

We believe that the development of a detailed model of the
wrist will elucidate the factors that contribute to normal
muscle function, reveal the causes of deformities that arise
in rheumatoid arthritis, and help design surgical corrections
and joint replacements to restore joint function. This initial
report is a first step in the development of this model.
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IN SITU MECHANICAL BEHAVIOR OF CORALLINE HYDROXYAPATITE AFTER
SHORT AND LONG-TERM IMPLANTATION IN THE CANINE PROXIMAL HUMERUS

B. K. Bay, N.A. Sharkey
Orthopaedic Research Laboratories, University of California Davis, Sacramento, CA 95817

INTRODUCTION

Coralline hydroxyapatite (CHA) is coral chemically
converted from calcium carbonate to hydroxyapatite.
When implanted into defects in the mammalian
skeleton it is readily infiltrated by bone tissue and
becomes an integral part of the host bone. Our
laboratory has studied CHA implanted in the canine
proximal humerus. After 1 year of ingrowth material
properties of the explanted graft are similar to
published values for canine trabecular bone.

There is evidence, however, that bone surrounding the
implant undergoes considerable remodeling and may
have significantly altered material properties. The
mechanical interaction of the implant and surrounding
trabecular bone, and how this changes over time, are
therefore uncertain.

Texture correlation is a technique recently developed
in our laboratory for the measurement of deformation
patterns within trabecular bone samples (Bay, B.K.,
1995). In was used here to directly visualize the
interaction between CHA and trabecular bone in the
canine proximal humerus model. It is shown that the
CHA implant is initially considerably weaker than
the host trabecular bone. In contrast, after 1 year of
implantation the graft is substantially stiffer and acts
as a strong stress concentration.

REVIEW AND THEORY

Coral-based bone graft materials are attractive because
certain coral genera (Porites and Goniopora) have
interconnected pores of a suitable size for bone
ingrowth, and the calcium carbonate skeleton can be
converted to hydroxyapatite without altering the
overall architecture. CHA securely anchors within
trabecular bone defects, and is rapidly infiltrated with
bone tissue (Holmes, R.E. et al., 1986).

Our laboratory has studied CHA in a canine model,
focusing on the histology and material properties of
retrieved implants (Martin, R.B. et al., 1993). The
model consisted of a 1 cm diameter hole cored in the
proximal humerus and filled with a slightly
undersized plug of CHA (Fig. 1A). After | year the
implants were removed with a coring tool and tested
in compression. Elastic modulus was 593 + 175
MPa. Virgin CHA elastic modulus ranges from 30 to
75 MPa, and canine trabecular bone ranges from 230
to 430 MPa.

While CHA grafts generally fared well in these
animal models, questions remain. How does CHA
inieract mechanically with the host bone? Does the
graft need protection from load immediately after
implantation? Are there potential consequences of
implantation below articulating surfaces?
Deformations in loaded sections cut from implanted
bones provide information concerning these issues.
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Figure 1: Implant location and test sample.
PROCEDURES

Samples were prepared from two bones harvested
from dogs with humeral CHA implants (remaining
bones were committed to other tests). The short-term
bone came from an animal sacrificed 1 week after
surgery due to complications unrelated to the implant.
The long-term bone came from an animal sacrificed 1
year after surgery. Slabs Smm thick were cut from
each bone perpendicular to the long axis of the
implant (Fig 1B). A Faxitron was used to radiograph
the samples unloaded and with a nominal compressive
strain of 0.008 in the superior-inferior direction.

Texture correlation measures displacements by
comparison of unloaded and loaded contact radiographs
digitized with standard video grabber techniques. The
displacement for any point within the sample is
measured by locating the point with a pattern
matching algorithm in both images and calculating
the difference in position. An evenly spaced 64x48
grid of points is analyzed in this way, then processed
with a Savitsky-Golay convolution filter to remove
high frequency noise.
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RESULTS

Lines of constant displacement magnitude
concentrating within the center of the implant for the
short-term sample (Fig. 2) are consistent with
collapse of the virgin graft material. A similar pattern
would be expected for an unfilled defect.

Contour lines concentrating in the trabecular bone
surrounding the long-term implant (Fig. 3), and
widely-spaced lines within the implant itself, are
consistent with a graft substantially stiffer than the
surrounding bone. In addition to the stress
concentration effects within the trabecular bone, high
shear strains at the bone-implant interface are expected
under these conditions.

DISCUSSION

The strain patterns after short-term implantation
illustrate the need to protect the CHA implants during
the time interval before ingrowth of bone tissue. In
this canine model the graft is sufficiently shielded
from strain in vivo to prevent spontaneous fracture.
This would not generally be the case in clinical use.

The stiffness mismatch between graft and host bone
at 1 year has two possible consequences. First, the
altered strain environment in the host bone could lead
to subsequent alterations in bone density through
remodeling. Second, subchondral bone stiffening has
been implicated in osteoarthritis. One of the most
common applications of CHA is the replacement of
epiphyseal bone lost to crush fractures, therefore high
graft modulus may have a detrimental effect on the
overlying articular cartilage. Further studies are
required to evaluate this potential complication.

There are several limitations in a study of this type.
Dogs are aggressive bone formers, and their response
to CHA is not identical to the human response. The
texture correlation technique requires sections cut
from the whole bone and measures deformation in
two-dimensions only. Interpretation of results is
limited to the relative behavior of tissues under
simple loading conditions. A three-dimensional
version of the texture correlation technique, currently
under development, will relax these limitations.

REFERENCES
Bay, B.K., J. Ortho. Res., in press.
Holmes, R.E. et al., JBIS, 68A, 904-911, 1986.
Martin, R.B. et al., Biomaterials, 14, 341-348, 1993.

ACKNOWLEDGMENTS

Results presented here derive from experiments funded
by Interpore International of Irvine, California.

Figure 2: Displacement pattern for short-term
sample. Each line represents 14 um of displacement.

Figure 3: Displacement pattern for long-term
sample. Each line represents 14 ym of displacement.
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Quantification of 24-Hour Skeletal Loading History in Relation
io Treadmiii Exercise
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INTRODUCTION

Quantification of a bone's loading history, the
summed loading that a structure experiences over
a period of time, is important in relation to assessing
various approaches for investigating the adaptive
remodeling response of bone to changes in
mechanical loading. Carter (1) and Beaupre (2)
have defined the 'daily osteogenic stress stimulus'
as the summed effect of siress cycles expetiencad
by a bone over a 24-hr period. In their formulation,
stress magnitudes are weighted by an exponent
(typically having a value of four) that emphasizes
higher magnitude loading events in relation to lower
magnitude, but more frequent loading events. The
formulation of a daily osteogenic stimulus can also
be made in terms of strain magnitude or strain
energy density.

Despite the accepted importance of the need to
quantify a bone's loading history for assessing the
remodeling response of bone tissue to changes in
functional strain patterns, little quantitative data
exists that describes a bone's loading history.
Recent studies of avian leg (3) and wing (4) bones
have shown that the relative frequency of strain
magnitude measured at different sites within a bone
generally fits a normal or lognormal distribution, that
the magnitude of peak strain can differ considerably
among sites when sampled over a wide range of
activity, and that, when sampled over a 24-hr period
of activity, low magnitude - high frequency
components of the strain signal tend to dominate
the summed loading history of a wing bone element

(4).

We have previously used a load-carrying treadmill
exercise regimen to study the effect of physical
activity ot bone modeling during growth in the avian
tibiotarsus (5). However, a potential difficulty of this
approach is the possibility that "background”
loading, while the animals are housed in a cage
during 95% of the day, may overwhelm the
osteogenic signal generated by the much briefer
exercise bout on the treadmill. The goal of this
study, therefore, was to reconstruct the 24-hr
loading history of the tibiotarsus for animals
subjected to the load-carrying exercise regimen
versus that during cage activity, in an attempt to
determine whether the background "noise" of cage
activity obscures the "signal” engendered by
treadmill exercise.

METHODS

Ten young adult male and female white leghorn
chickens (1.1 to 1.45 kg) were used in the study.
Animals were {rained to run on a treadmiil over a
range of speed and gait. Following two to three
weeks of training, each animal underwent aseptic
surgery to attach strain gauges to three midshaft
sites (anterior: AM, posterior: PM & medial: MM)
and three distal sites (anterior: AD, posterior: PD &
medial: MD). At the PM and AD sites, a small
rosette strain gauge (type FRA-1, Tokyo Sokki
Kenkyujo) was attached; at the remaining four sites
single element (FLA-2) gauges were attached to
record longitudinal strain.

Following recovery from surgery, in vivo cortical
strains were recorded over a two-day period while
the animals exercised on the treadmill at speeds
from 0.45 to 2.1 m/s. Strains were also recorded
while the animals were housed in their cage and
during transport in a carrying kennel. Recordings
during cage activity were typically carried out over
long periods (6 min runs sampled at multiple times).
Cage activity took into account daily periods in
which the animal's activity might be stimulated by
water and food changes, bi-weekly events of
bedding changes and movement of investigative
staff into and out of the animal's room. After all
recordings were completed the animals were
sacrificed and the bones excised to confirm gauge
orientation using a dissecting microscope and to
determine bone areal propetties.

RESULTS

Figure 1 shows the results for the two medial
(midshaft, MM and distai, MD) sites that were
sampled during treadmill activity, corresponding to
exercise at 60% of the animal's maximal speed
(1.65 m/s) while carrying an additional weight, equal
to 20% of the animal's body weight, on their back.
Peak strain magnitudes are binned at 100 pe (strain
x10"8) intervals. The frequency distribution for
treadmill exercise (open bars) reflects the
distribution obtained by sampling 2500 loading
cycles, the number of cycles experienced by the
daily treadmill exercise treatment group. The
frequency distributions for cage activity (hatched,
240 cycles/day) and transport (solid) to and from the
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animal facility to the laboratory treadmill are also
shown. ltis clear from these data that the treadmill
exercise of 2500 cycles/day can easily be
distinguished from the 'loading history components
engendered by background cage activity and animal
transport. Whereas treadmill exercise at 60%
max/20% load carrying engenders strains in the
range of 1000 to 1800 pe (75% of all values
recorded), strains developed during cage activity
are generally well below 1000 pe and considerably
less frequent. Strains produced during transport are
generally of low magnitude and likely reflect the
oscillatory effect of the animals keeping their
balance while being carried. Similar comparisons of
the frequency components of the bone's loading
history at the other recording sites for both
longitudinal and principal strains are observed.

DISCUSSION

Our results support the view that daily treadmill
exercise activity can be used to evaluate
remodeling responses of the skeleton to
physiological changes in loading. Such daily activity
periods, even if carried out over a brief period of
time (15-20 min), can readily be distinguished from
background loading events while the animals spend
most of their time in a cage. In this instance, load
carrying treadmill exercise provides a clear strain
signal compared with the background 'noise' shared

by sedentary control animals housed in cages. The
inability to impose major changes in loading
distribution and the variability in strain patterns
among exercise animals (CV: 20 - 35%), however,
remain important limitations of this approach.
Future work needs to address other load-related
parameters, such as strain energy density, shear
strain and bending:axial strain gradient, to evaluate
how changes in loading history may influence the
skeletal response to exercise.
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INTRODUCTION

This study was undertaken to compare ultrasound
attenuation at a particular frequency (0.5 MHz) and
broadband ultrasound attenuation (BUA) in assessing bone
mineral density (BMD) and elastic modulus. The
application of ultrasound to the non-invasive assessment of
bone properties has become increasingly popular over the
past decade. Not only does ultrasound allow for
inexpensive and radiation-free measurements, it also
provides information on bone structure and strength
independently of BMD.

Ultrasound velocity , ultrasound attenuation at a particular
frequency (0.5 MHz), and BUA were measured in the three
orthogonal directions of human trabecular bone cubes.
Measurements of BMD were made using quantitative
computed tomography (QCT) and apparent density by
weighing bone specimens and measuring their volume. The
"ultrasonic elastic modulus" was calculated from
ultrasound velocity and apparent density. Ultrasound
attenuation, at a frequency of 0.5 MHz, and BUA were
associated with BMD and ultrasonic elastic modulus in the
anterior/posterior (AP), medial/lateral (ML), and
superior/inferior (SI) directions.

REVIEW AND THEORY

The assessment of ultrasound techniques in the medical
field originally focused on BUA measurements (Langton et
al., 1984, Baran et al., 1988). Langton et al. (1984)
described a BUA technique for the diagnosis of
osteoporosis, suggesting that BUA provides direct
information on trabecular bone structure as well as mineral
density. Many subsequent studies have attempted to
correlate BUA with BMD acquired through traditional
radiographic measurements.

Ultrasound attenuation (dB/cm) is, in general, expressed as
the spatial rate of decrease in signal amplitude of waves
propagating through a medium at a particular frequency,
while BUA (dB/MHz-cm) is determined as the rate of
change with frequency of attenuation over a selected range
of frequency. Although BUA is favored over attenuation,
Little is found in the literature concerning why. In fact, in
an earlier study (Evans and Tavakoli, 1990), it was
reported that bone density appeared to correlate better
with attenuation than with BUA. This, however, was not
emphasized.

Ultrasound velocity has been successfully applied to
determining the elastic properties of cortical bone
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(Ashman et al., 1984). Efforts to extend the wave theory of
ultrasound to assessing the elastic modulus and strength of
cancellous bone were also made in-vitre (Ashman et al.,
1987, Turner et al., 1991). Ashman et al. (1987) reported
that Young’s modulus obtained from mechanical testing
was highly correlated with the ultrasonic elastic modulus.

PROCEDURES

Seventy-one trabecular bone cubes (approximately 9.5 x
9.5 x 9.5 mm) were obtained from four human proximal
tibiae. Three orthogonal axes of these specimens were
aligned in the SI, ML, and AP directions and marked.

Measurements of apparent density were accomplished by
weighing the trabecular bone specimens and measuring
their volume. The BMD of cubic specimens was measured
by QCT. The CT images were transferred to a computer
and analyzed using profile imaging software (C-MED,
Virtual Vision, Cupertino, CA). The average pixel
intensity of at least three consecutive slices for each
specimen was related to a BMD value (mg/cc).

The ultrasound velocity was measured by a pulse transit
time approach. A pair of contact transducers with a center
frequency of 0.5 MHz was placed at opposite ends of the
specimens. The ultrasonic elastic modulus (Eultr—“pvz)
was calculated from ultrasound velocity and bone density.

A pulse transmission technique with a pair of broadband
ultrasound immersion transducers having 0.5 MHz nominal
center frequency was used to measure BUA and ultrasound
attenuation at a frequency of 0.5 MHz. Identical
transmitting and receiving transducers were mounted
coaxially on opposite sides of a water-filled Plexiglas®
tank and remained fixed. In order to exclude unattenuated
signals passing alongside a specimen, a wave-blocking
holder with holes slightly smaller than the specimen was
used. Time-based signals captured by an oscilloscope were
converted to the frequency domain using fast fourier
transformations (FFT). A specirum obtained with a
specimen in place was subiracted from a spectrum obtained
with water only. This difference, in dB, was plotted vs.
frequency. The slope obtained from the best linear fit of
the plot between 0.3 and 0.7 MHz was normalized using
the specimen thickness. This value was expressed in units
of dB/MHz-cm and is referred to as the BUA. Ultrasound
attenuation of each specimen was measured at the center
frequency of the transducers (0.5 MHz) and normalized to
the specimen thickness. Ultrasound measurements for each
specimen were made in the three orthogonal directions.



RESULTS

The correlations between the variables were highly
significant in all cases (P<0.0001) (Table 1). Attenuation
at 0.5 MHz was better associated with both BMD and
ultrasonic elastic modulus in all three directions than was
BUA. Its enhanced correlation was pronounced in the AP
and ML directions. Figure 1 describes the general trend of
the relationship between BMD and attenuation. Ultrasound
attenuation tended to increase linearly with increasing
BMD. The ultrasonic elastic modulus correlated well with
attenuation at 0.5 MHz, in the AP and ML directions.

Table 1: Coefficients of determination, r, from linear
regression analysis applied between variables.

BUA Attenuation (.SMHz)
AP ML SI AP ML S1
BMD | .664 | .524 | .659 | .803 ].794 | .680
Euie | 717 | 612 | 437 | 820 | .854 | .469

y (AP) = 10.440x + 102.312 r=0.803
y (ML) =9.278x +126.926 r=0.794
y (ST) = 7.599x + 120.036

r=0.680

BMD (mglcc)

0 5 10 15 20 25 30
Attenuation (dB/cm) at 500 kHz

Figure 1. Correlation of BMD and attenuation at 0.5 MHz
in the AP, ML, and SI directions. Significant linear
relationships were obtained for all directions (p<0.0001).

DISCUSSION

The results demonstrated that ultrasound attenuation at a
frequency of 0.5 MHz was superior to BUA in the
prediction of BMD and elastic modulus. Most published
reports on the clinical assessment on bone using ultrasound
show a wide range of coefficients of determination
(0.29<r<0.92) for correlations between BMD and BUA.
This questioned the reliability of ultrasound to predict
BMD.

Until recently, there has been little discussion on
preference of BUA over attenuation. The results of this
investigation suggest that the current methodology of
ultrasound measurements should be altered for more
accurate ultrasound assessment of bone properties. Since
the correlations of BUA and attenuation with modulus
were significantly better than with BMD in the AP and ML
directions, these attenuation parameters might reflect
properties of the trabecular architecture, which is '
independent of BMD but contributes to elastic modulus. It
was shown by Gluer et al., 1994 that the mean attenuation
across the selected frequency range reflects trabecular
separation, while BUA reflects a combination of trabecular
separation and connectivity. Although BUA and
attenuation might be influenced by different aspects of
trabecular architecture, ultrasound attenuation surpassed
BUA in the predictability of BMD and elastic modulus.
The combined effect of attenuation and BUA may improve
ultrasound diagnostic measurements.

Consequently, the results of the present study suggest that
the BUA technique should be complemented or replaced
with attenuation. Future studies are needed to apply our
findings to in-vive bone and should concentrate on the
improvement of current BUA techniques.
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MODE ill FRACTURE TOUGHNESS OF CORTICAL BONE
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INTRODUCTION

The majority of our understanding about bone
fracture toughness has focused on the initiation
and propagation of cracks subject to tensile
loading (mode I) [1-4]. However, failures seldom
occur under pure tensile loading. Fracture may
rise under shear loading (mode 1), tear or out-of-
plane shear loading (mode 1) [5], or complex
loading conditions (various combinations of mode
I, 1, and IIl) . In addition to the study of fracture
toughness under tensile loading its
characterization under shear and tear loading is
an important step to correctly estimate bone
damage tolerance.

The purpose of this study is to investigate
fracture toughness under tear loading (mode iHl)
of bovine mid-shaft tibiae, using the Triple
Pantleg (TP) method. Preliminary data on the
difference between mode | and lif fracture
toughness will be reported.

MATERIALS AND METHODS

Five fresh bovine tibiae were acquired within 24
hours of slaughter. The tibiae were kept frozen at
-20° C until machining. A total of eight Compact
Tension (CT) and Triple Pentleg (TP) specimens
were cut from the lateral and medial cortices of the
tibia mid-shaft with a band saw and shaped using
a vertical milling machine. The CT specimens
were shaped according to the method described
by Norman [6]. As no method is available to test
bone fracture toughness under tear loading, the
authors adapted the TP technique used in
material science by Manoharan and Kumar [7,8],
(Fig.1). In each sample, a chevron notch was
created in the longitudinal direction and a 1 mm
deep V-notched groove was machined on both
sides of the sample, along each chevron notch,
leaving a 3 mm bone bridge between the grooves
(Bnet). Before testing, a precrack was initiated into
the chevron notch using a razor blade. The
orientation of all the samples corresponded to
longitudinal crack propagation [3]. After
machining, and prior to testing the specimens
were stored in physiological saline at 4° C.
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Figure 1. Triple Pantleg specimen. The
dimensions (mm) are, a=8, W=14, B=5 and B,=3.

All specimens possessed the same thickness (B
=5 mm) and width (W = 14 mm). The overall

H H H 47 B
dimensions of CT and TP specimens were 17.5

mm x 16.8 mm and 20.4 mm x 18 mm,
respectively. The a/W ratio expressed as the
proportion of crack iength (a) to specimen width
(W) ranged from 0.55 to 0.60 in all specimens.

A test specimen was placed in mode | or mode |l
fixture and mounted on an MTS machine (MTS
T22K). Specimens were loaded under stroke
control at a crosshead displacement rate of 0.2
mm min'. Three CT specimens were used for
tensile loading (mode 1), and five TP for tear
loading (mode lil). CT specimens were loaded
through loading pins that passed through holes
in the specimens. The outer iwo legs of the TP
specimens were bolted to a U-shaped base
through 4mm holes. Load was applied to the
central leg in the vertical direction. Load and
displacement were recorded using a PC data
acquisition system.

Critical load P,q and Py were determined by a 5%
scant offset procedure according to ASTM E399
(1985). The mode | fracture toughness (Kic) was
calculated according to the formula used by
Bonfield [9]. The Py q value was used to obtain
the mode lll fracture toughness (Kiic), according
to the following formula:

Kiig ={Puq / BraW'? }(a/ W )hy(9)
where By is the grooved thickness, f(a/W) is the
geometry correction function as defined in the
ASTM E 399, and h;(¢) =(2.24 - 1.04sin¢ ) is
the angular correction function. In mode Ili loading



¢ = 90°, thus hiii (¢) = 1.2. The remaining terms
were defined earlier.

RESULTS AND DISCUSSION

Representative load versus displacement plots
obtained from mode | and mode lil test is
illustrated in Fig. 2. The mean value of Mode lil
fracture toughness Kjc, was 10.68 MN m32 (8D
= 1.677)], and that of Kic was 2.554 MN m32 (SD
= 0.072). These results indicate that fracture
toughness of bovine tibiae under tear loading is
greater than under tensile loading. A larger
number of specimens is required for statistical
analysis.
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Figure 2. Representative load vs. load-line
displacement plot obtained from mode land
mode IlI fracture toughness test.
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This study suggests that analysis of bone fracture
toughness under tear loading using the TP
model is adequate for the following reasons [8l:
1) Two crack fronts are provided to balance the
bending forces to avoid rigid body rotation of the
specimen. 2) The side grooves allow crack
propagation before the occurrence of general
yield in the cantilever beam arms of the specimen.
3) The grooves increase the stress triaxiality at the
edges of the advancing crack, promoting planar
crack extension without shear lip formation at the
specimen faces.

Rosenfield suggested that fracture toughness of
brittle materials under tear loading is greater than
under tensile loading [10]. Since cortical bone is
a brittle material [11] it may behave in a similar way
as shown in this study. This important variable is
to be considered in analysis of actual failure
processes in bone. Further study of bone
fracture mechanisms under tear loading is
required.
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A MODEL OF HUMAN TIBIA VIBRATION FOR NON-INVASIVE MEASUREMENT

S.G. Roberts and C.R. Steele
Department of Mechanical Engineering, Stanford University, Stanford CA 94305

INTRODUCTION

A biological vibration response technique,
Mechanical Response Tissue Analysis
(MRTA), has shown promise in tests of human
ulnas and monkey tibias, but the human tibia
has a more complex structure, requiring
specialized description. In this study, an
embalmed human tibia is tested using MRTA
in order to gain a better understanding of the
bone's dynamic behavior. The findings are
then incorporated into a biomechanical model
of the vibrating bone which will be used in
non-invasive tests in vivo to determine the
cross-sectional bending stiffness of the bone.

REVIEW AND THEORY
he honea

With the MRTA technique, the bone is
positioned firmly in proximal and distal
suppoits, producing simply-supported end
conditions, and a shaker probe
transcutaneously delivers low frequency
random vibration to the center of the bone.
Force and acceleration, measured at the
probe, are transformed to construct the
complex frequency response. A cuive-fitting
algorithm is used to determine the values of
the physical parameters in the mathematical
model of the skin, bone, and support system.
One of the physical parameters, bone cross-
sectional bending stiffness, is highly correlated
(R? = 0.98) with breaking strength (Roberts et
al., 1995).

i

Previously, a planar model of the long bone
was used; there is one single bending mode
(Steele et al, 1988; Roberts et al, 1995).
Others have found using modal analysis that
such an assumption is not valid for the human
tibia with free-free boundary conditions (Van
der Perre et al., 1983). Based on these
findings, we hypothesize that there are two
single-bending modes for the simply-
supported human tibia that should be
accounted for in the mathematical model.

PROCEDURES

An embalmed human tibia was simply-
supported in a rigid test fixture. The
supported length was 0.23 m and included
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primarily the diaphyseal region. The MRTA
probe was centered between the supports,
and five frequency response measurements
were made before repositioning.

A mathematical model of the simply
supported bone was developed to allow for
two single-bending modes. The two planes of
vibration are assumed perpendicular and are
in principal directions.

For the static case of a beam loaded through
the centroid at any arbitrary angle, 6, to the
maximum principal direction, the effective
bending stiffness, Keft, is

kmax kmin
2

(1 Keff = 5
2084 § + Kmax SIN B

o]

).
Rmin

where the subscripts refer to the principal
directions.

This can be applied to the dynamic equations
in the two directions (Eqn. 2), and the resulting
equations can be added like springs in series

to formulate the complex frequency response

in the direction of forcing (Eqn. 3).

@ K

—
w
<

where m, b, and k, are mass, damping, and
stiffness, and the index, |, refers to principal
direction.

The model was fit by hand to the experimental
response curves,

RESULTS

The experimental results indicate that there
are two significant vibration modes for the
simply-supported human tibia in the frequency
range specified (100 - 1400 Hz). This is most
easily seen in the curve of Imaginary
Compliance versus Frequency (Fig. 1, gray
curve). The two sharp negative peaks occur
at the resonant frequencies.



Imaginary Compliance

0 700
Frequency (Hz)

1400

Figure 1: The experimental frequency response
curve {(gray) clearly shows two resonances of the
simply-supported embalmed human tibia. The
mathematical mode! (black) exhibits the same
behavior as the test specimen.

The novel mathematical model of the tibia is
capable of reproducing the behavior seen
experimentally. The real and imaginary parts
of the stiffness and compliance curves can all
be fit by the model, as exemplified in the
curve of imaginary compliance (Fig. 1, black
curve). The location and amplitude of the
peaks is matched by the model, and both
curves approach zero beyond 500 Hz. The
value of effective bending stiffness
determined using the model is 190 Nm?2.

DISCUSSION

The two distinct resonances identified from the
frequency response were compared to those
found for the fresh tibia with free-free
boundary conditions (Van der Perre et al.,
1983). Taking into account the 0.11m
difference in tibia length, and assuming
stiffness and mass to be the same, the
theoretical ratio of the frequencies for the first
single bending modes in the simply-supported
to free-free case is 0.96 (Egn. 4).

.
@  Qss_ 1 (Lf-f)2 (Els-s mf-f)E
Of-f 152 \Ls.s/ \Eltfms.s

o, L, El, and m are frequency, length, cross-
sectional bending stiffness, and mass, and
the subscripts refer to the end conditions.

The tibias in the modal analysis study were
fresh, while the tibia in the present study was
embalmed. The additional fluid and marrow

mass of the fresh tibia would decrease the
natural frequencies by the square root of the
mass.

Considering the 25 percent greater mass of
the fresh bone, the natural frequencies found
in the present study are in agreement with
those found for the single-bending modes of
the fresh tibia (Table 1). This provides
evidence that the two modes found for the
simply-supported tibia are single bending
modes in planes of maximum and minimum
stiffness as in the free-free case.

Table 1: Natural frequencies of the single-bending
modes in the principal directions of fresh (Van der
Perre et al., 1983), predicted from fresh, and
embalmed tibia.

minimum maximum
free-free
fresh 301 Hz 417 Hz
simply-suppotted
predicted 289 Hz 400 Hz
embalmed 320 Hz 450 Hz

By manipulating the values of the mass,
stiffness, and damping parameters in the
mathematical model, we were able to produce
the same behavior as the test specimen.
Further, the value of effective bending
stiffness found using this model is within 4% of
that found by Katz (1995) in a static test of the
same bone, 196 Nm2. This model of the
bone will now be incorporated into the larger
model of the skin, bone, and support system
that is used for MRTA tests in vivo. As a
result, more accurate characterization of long
bone mechanical properties can be made in
vivo.
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DECREASE iN CANINE PROXIMAL FEMORAL ULTIMATE STRENGTH
AND STIFFNESS DUE TO FATIGUE DAMAGE
$.J. Hoshaw,” D.D. Cody,** A.M. Saad,* and D.P. Fyhrie*
*Breech Research Laboratory, Bone & Joint Center and **Department of Radiology
Henry Ford Hospital, Detroit, Ml 48202

INTRODUCTION

Fractures of the proximal femur represent a significant
heaith concern especially in the elderly. This study
examined the relationship between whole bone stiffness and
strength following fatigue loading using paired canine
proximal femurs. One femur from each of 8 pairs was
monotonically loaded to failure to determine the ultimate
strength. The contralateral femur was then cyclically loaded
at 50% of the ultimate load value for either 3600 cycles or
until a 40% reduction in stiffness was achieved. This femur
was then monotonically loaded to failure. The data
demonstrated decreased residual strength and whole bone
stiffness following cyclic loading. In addition, damage
(microcracks) in the cortical bone and broken trabeculae
were observed in the neck and head region. The
relationship between strength loss and stiffness loss was
linear (R*=0.79).

REVIEW AND THEORY

A major chailenge in the prevention of hip fracture is
identifying individuals whose bones have a decreased load
bearing capacity and, consequently, who are at risk for
fracture. Measures of bone mass or density have been
shown fo be limited predictors of fracture risk (R* =0.6-0.7;
Cody et al., 1994) and individuals with measured density
values within the normal range for their age and gender
have gone on to fracture. The quality of the bone tissue
may be a factor in these cases. The accumulation of bone
microdamage in both cortical and trabecutar bone due to
repetitive loading may play a role in reducing bone quality
and strength. The purpose of this study was to investigate
the hypothesis that fatigue loading of the proximal femur
results in decreased whole bone stiffness and strength.
Furthermore, it was postulated that this strength reduction
was due to bone microdamage in both the cortical and
trabecular bone envelopes.

PROCEDURES

Both femurs were collected from 8 canines (22.9 + 4.4 kg),
cleaned of soft tissue, and stored frozen. After thawing,
each femur was sectioned 5 cm distal to the lesser
trochanter and potted in an aluminum test fixture with low
melting point alloy and methyl methacrylate (MMA).
Compressive loads were applied to the femoral head using a
servohydraulic test system. A custom loading cup
consisting of MMA with a metal backing was made for each
femur. The femur was positioned so that the load was
applied in line with the principal compressive trabecular
band, as determined from radiographic images. A steel strip
was attached between the greater trochanter and table of
the testing machine to counter balance the applied load
(Figure 1).

The femurs from each dog were randomly allocated to one
of two test protocols: single cycle or fatigue. In the single

Loading Cup

Femur

Steel Strap

Test Fixture

Figure 1. Schematic diagram of loading configuration
showing the loading cup, steel strap and aluminum test
fixture.

cycle protocol, the femur was loaded in compression at a
rate of 0.01 mmy/sec untif failure and the ultimate load was
recorded using a computer data acquisition system. In the
fatigue protocol, femurs were cyciically ioaded in
compression at 1 Hz with a load magnitude equal to 50% of
the ultimate load of the contralateral femur. In 5 cases,
cyclic testing was stopped after 3600 cycles. For the other
3 femurs, cyclic testing was stopped when the stiffness of
the femur, defined by the moving average over 200 data
points of the load divided by the actuator position, reached
60% of its value at the start of the test. The residual
strength of each fatigued femur was then determined in a
monotonic compression test to failure at 0.01 mm/sec.

Two additional femur pairs were tested as described
previously. However, instead of determining the residual
strength following either 3600 cycles or a 40% reduction in
the femur's stiffness, the fatigued bones were bulk stained in
basic fuchsin to demonstrate microscopic damage (Burr and
Stafford, 1990). After staining, the bones were embedded in
MMA and coronal sections of 100 um thickness were
obtained using a slow speed diamond saw.

RESULTS

Both test protocols consistently produced cervical fractures.
Two femurs in the fatigue group fractured prior to finishing
the fatigue portion of the loading protocol. One of the
femurs in the 3600 cycle group broke at 1504 cycles and the
other broke just as its stiffness had fallen the desired 40%.

The data were plotted in terms of the ratio of the residual
and ultimate strengths for each femur pair and the ratio of
the final and initial stiffness of the cyclically loaded femur
(Figure 2). A linear relationship was found between the
strength and stiffness ratios (R*= 0.79).
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Figure 2. Ratio of the residual strength of the fatigued femur
(Res) to the ultimate strength of the contralateral femur (Ul)
versus the ratio of the final (Ef) and initial (Ei) whole bone
stiffness of the fatigued femur. The arrows identify data
from the two bones that broke during fatigue testing.

No microdamage was found in the bone fatigued for 3600
cycles. However, bone microdamage was observed in both
cortical and trabecular bone regions in the fatigued femur
with a 40% reduction in stiffness. Regions of cross-hatched
cracks were found in the inferior femoral neck cortex (Figure
3A). In the trabecular bone of the femoral head and neck,
numerous broken trabeculae were observed (Figure 3B).
Bands or zones of damaged bone were also noted in the
trabecular bone.

DISCUSSION

This study demonstrated a decrease in whole bone stiffness
and residual strength in canine proximal femurs following
fatigue loading. Fatigue testing of machined compact bone
specimens have aiso shown decreases in residual strength
and stifiness following periods of fatigue loading (Carter and
Hayes, 1977). Similar fatigue behaviors have also been
observed in composite materials and aftributed to
accumulated microdamage. In this study, microstructural
damage was identified in both cortical and trabecular bone
elements in bone fatigued until a 40% reduction in stifiness
was achieved. The cross-hatched cracks and broken
rabeculae are indicative of shear failure of the bone. The
non-crack damage observed in the trabeculae may be kink
bands caused by micro-buckling at the collagen-mineral
level (Hahn et al., 1986) which will proceed to absolute
fracture with continued loading.

If a similar relationship between stiffness and strength can
be demonstrated for human proximal femurs, then it may be
advantageous to develop an in vivo stiffness measurement
technique that could identify patients with reduced femoral
strength so that aggressive preventative therapies could be
initiated.
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Figure 3. Photomicrographs of damaged cortical and
trabecular bone from a canine femur following fatigue
loading. A) Microdamage observed in the inferior femoral
neck cortex. Note cross-hatched cracks near the periosteal
surface of the neck (arrows). B) Broken trabecula located

in the femoral head. ( 100 pm).
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A NEW METHOD FOR DETERMINING RAT FEMORAL NECK
MECHANICAL COMPETENCE

B. Katzl, E. Hendley!, G. Watanabe!, C.M. BagiZ, M.C.H. van der Meulen!3
1Department of Mechanical Engineering, Stanford University, Stanford, CA 94305
2Celtrix Pharmaceuticals, Inc., Santa Clara, CA 95052
3palo Alto VAMC, RR&D Center, Palo Alto, CA 94304

INTRODUCTION

A new method has been developed for testing the
mechanical competence of the rat femoral neck.
Mechanical competence was characterized during
external mechanical loading in vitro. As a preliminary
assessment of the ability of the mechanical test to
detect changes in trabecular content, paired femurs
were tested, in which the trabecular core of one femur
from each pair was removed, while its contralateral
remained intact.

x ANTT TS AT TR TS

Studies that have investigated the effects of
parathyroid hormones and bisphosphonates (Sggaard,
et al., 1994) and strenuous exercise (Hou, et al.,
1990) on the structural integrity of the femoral neck,
particularly the trabecular component, have tested the
femoral neck in a vertical configuration. This loading
configuration resulted in fractures which extended
beyond the femoral neck and into the cortical
diaphysis. As a result, measurements may reflect not
only the strength of the femoral neck, specifically
changes in the trabecular component, but the strength
of the cortical bone in the diaphysis as well.

The purpose of this study was to design a repeatable
and reliable testing method that exclusively tested the
strength of the rat femoral neck. In an effort to
produce a site-specific test configuration, preliminary
studies done in our lab have investigated various
loading configurations and the locations and types of
fractures produced. We tested the femurs in an
inclined configuration, in which the diaphyseal axis
was oriented at 30° to the plane perpendicular to the
applied loads, a vertical configuration, with the
applied load parallel to the femorai shaft, and a
"single-limb-stance” configuration, a simulation of
the human physiological loading state, where the
resultant load is directed at an angle to the long axis
of the femur. The inclined configuration was chosen
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for further study, and is presented here, due to the
characteristic mid-neck fractures that were produced.

PROCEDURES

Paired femurs from eight female Sprague Dawley rats
were tested in an inclined configuration. The left
femur of each pair was evacuated of its trabecular core
using a fine dental drill. An entrance hole was made
on the lateral side of the diaphysis oriented co-linearly
with the neck axis. The entrance hole extended into
the intertrochanteric region. The trabecular core of the
neck was then removed to the level of the base of the
head using a .35mm diameter drill bit (Figure 1).

e 4

Figure 1. Femur showing extent of trabecular
evacuation (arrow indicates entrance hole).

Both left and right femurs of a pair were potted and
tested in the inclined configuration. Based on the
method of Lotz and Hayes (1990) for mechanical
testing of the human femoral neck in a fall
simulation, the femoral diaphysis was aligned at an
angle of 30° with respect to the plane perpendicular to
the applied loads. The medio-lateral plane of the
femur was oriented parallel to the load. To achieve
this configuration, a straight pin was initially potted
in polymethylmethacrylate (PMMA) in a delrin
potting mold using a coverplate with a guide hole to
precisely align the pin. The mid-diaphysis of each
bone was then sectioned at 2.0cm from the proximal
end and the exposed medullary canal was positioned
on the guide pin and fixed in the potting mold using
PMMA. The femur was then positioned in a larger
potting mold and potted in PMMA to the level of the
greater trochanter. This established the 30° inclined
loading configuration (Figure 2).



After the desired loading configuration had been
established, rat femurs were mechanically tested using
a MTS Bionix 858 servo-hydraulic testing machine.
The femurs were loaded under displacement control of
1 mm/sec. A sampling rate of 50 Hz was used to
record time, displacement, and force.

Figure 2. Inclined potting configuration indicating
direction of load application.

RESULTS

The inclined testing configuration produced repeatable
and noncomminuted fractures within the femoral
neck. All femoral neck fractures were transcervical and
did not extend into the cortical shell of the femoral
diaphysis (Figure 3a and 3b).

b.
Figure 3a, b. Typical fracture surfaces of evacuated
(left) and intact (right) femurs.

The results from the paired femur test are shown in
Table 1, expressed as the percent decrease in the
measured variables between the intact and evacuated
femurs. The evacuated femur of each pair was
compared only to its contralateral. The force required
to fracture the evacuated femurs and the total energy
to fracture were significantly less than that of the
intact femurs (p=.029 and p=.002, respectively). The
percent decrease in structural rigidity of the evacuated

femurs was not significantly different (p=.74) from
intact femurs.

Table 1. Comparison of Intact and Evacuated Femurs

Force Structural Energy
Rigidity
(N) (N/mm) (ml)
% decrease
between
intact and 16.6x13.6*%] 5.8435.4 {26.4£13.7*
evacuated
femurs

values are meantSD for 8 pairs of femurs

*evacuated femur significantly different from intact
femur(p<0.05)

DISCUSSION

The advantage of this testing configuration lies in its
site-specific nature, in which fracture is confined
within the femoral neck only. Preliminary studies
have shown that the 30° inclined configuration
produces clean, transverse fractures within the neck,
in contrast to the vertical configuration, which
produces oblique fractures extending into the femoral
diaphysis. Based on the nature of the resultant fracture
location and type, the inclined configuration provides
a more direct method of evaluating only the structural
integrity of the femoral neck, without the
contribution of the cortical diaphysis. For the purpose
of investigating the pharmacological, hormonal, and
activity-related effects on the structural integrity of
the rat femoral neck, our results indicate that the 30°
inclined configuration may be a reliable method for
quantifying trabecular-specific structural changes in
the rat femoral neck.
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Toward a Description of Cortical Strain Distribution
during Functional Loading Activities

D. D. Konieczynski, A. A. Biewener

Department of Organismal Biology & Anatomy, The University of Chicago,
Chicago, IL 60637

INTRODUCTION

It is generally accepted that mechanical strains play an
important role in bone development during growth and
adaptive bone modeling at maturity Further, it has been
suggested that mature bone represents a final adaptive
state which is optimized to achieve a uniform measure
of mechanical strain at all cortical sites [1]. Such a
measure likely reflects the combined effects of many in
vivo loading activities. Previous strain gage studies
have determined peak strain magnitudes at specific
cortical sites for various functional in vivo loading
activities [2,3]. To evaluate the uniformity of cortical
strain at all cortical sites, however, it is necessary to
better understand the cortical strain distribution for

T A
these functional in

vivo loading activities.

in the present study, we develop a method to evaluate
the distribution of longitudinal strains about an axial
cross-section of bone for a variety of functional in vivo
loading activities. Specifically, we used strain gage
data of the midshaft of a mature chicken tibiotarsus to
answer the following questions. How does the
longitudinal strain distribution change during a loading
cycle of gait? How do longitudinal strain distributions
for treadmill and more general activities compare?

METHODS

Strain gage rosettes were positioned at the medial,
anterior, and posteriar aspects of the midshaft of the left
tibiotarsus of a white leghorn chicken aged 13 weeks
(Fig. 1). Symmetric weight bearing was ensured by
positioning three strain gage rosettes on the tibiotarsus
of the contralateral leg for use in a related study.
Following 24 hr recovery from surgety, strain was
recorded at these sites for treadmill activity (1.1 m/s
gait) and for general activity (running, tumning, jumping,
standing, and 1 m dropping) as the chicken moved
freely within a 4 X5 m exercise arena. Strain
recordings were synchronized with activity through use
of simultaneous video recording. Several 60 s bouts of
activity were sampled at 100 Hz over a two or three day
period. The chicken was then sacrificed and the
tibiotarsus dissected to determine gage orientation.
The tibiotarsus was embedded within a polyester matrix
and cross-sectioned into 100 um axial slices to

determine gage positions and cross-sectional geometry
of the midshaft (Fig. 1).

Longitudinal strains at each rosette were then calculated at
each data sample for both treadmill and general activities.
From this, the strain distributions were determined using

beam theory in a method similar to that described
previously [4]. This data was processed further to
determine the components of longitudinal strain due to
both axial and bending loads as well as the orientation of
the peak compressive strains. To simplify the analysis, the
component of longitudinal strain due to bending was
calculated at an average radius (3.0 mm) of the medial,
lateral, anterior, and posterior radii (Fig. 1).

A

Figure 1: Midshaft Orientation

RESULTS

Data for twelve representative load cycles of gait during
treadmill activity were normalized and averaged to
represent a composite gait cycle (Fig. 2). It was not
possible to construct a meaningful composite load cycle
for general activity, due to the wide range of walks, runs,
turns, jumps, and drops. For treadmill activity,
longitudinal strains due to bending predominated and
resulted in a bimodal history of compressive longitudinal
strain. The orientation of the peak compressive strains
ranged from about 20° to 150° throughout the composite
load cycle, with the bimodal peaks occurring at 25° and
135°.

The frequency distributions of the orientations of peak
compressive strain were then determined for
longitudinal strains greater than 75% and 90% of peak
magnitudes for all sampled data from the treadmill and
general activities (Fig. 3). For treadmill activity, nearly
all peak compressive longitudinal strains greater than
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90% of the peak magnitudes occurred at orientations
between 10° and 40°, while for the general activity,
these were distributed between 10° and 160° with most
occurring between 20° and 50°. For peak longitudinal
strains greater than 75% of peak magnitudes, treadmill
activity exhibited a second peak in the frequency
distribution at an orientation of approximately 140°,
consistent with the bimodal history of strain shown in
Fig. 2. This did not develop for general activity; instead
the frequency distributions were similar for both the
75% and 90% thresholds.
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Figure 3: Orientation of Peak Compress Strain

DISCUSSION

These results demonstrate that both strain magnitude
and bending orientation evolve during a loading cycle of
gait and influence the longitudinal strain distribution. In
particular, the orientation of peak compressive strain
varied over 120° from heel strike to toe off, in contrast
to a 20° range reported during the late stage of stance
for an equine metacarpal [4]. This, in combination with
the bimodal distribution of bending strain, resulted in
two orientations of peak compressive strain, instead of
the single orientation which would develop if bending
occurred about a single axis. While the introduction of
a wider variety of loading events during general activity
did result in a broader orientation of peak compressive
longitudinal strains, most were again oriented at 30°.
These data suggest that most peak compressive
strains occur at well-defined and distinct orientations
associated with peak bending loads, and are generally
consistent for both treadmill and general activities.

Interestingly, although the orientation of peak
compressive strains was approximately 30° for all
activities, the radius of cortical bone at 30° was greater
than the average radius. Because longitudinal strains
due to bending increase with distance from the centroid,
strains at this region of the periosteal surface would be
greater than those reported using an average radius. If
mature bone were optimized to minimize differences in
longitudinal strain magnitude at different cortical sites,
the radius of mature cortical bone should be inversely
related to the longitudinal strain magnitude at all
orientations of peak compressive strain.

it should be recognized, however, that the current
results are limited to distributions of longitudinal strain
and do not incorporate out-of-plane or torsional
components. Current ongoing work is focused on
utilizing finite element methods in conjunction with
strain gage data to provide a more complete description
of these strain components for a variety of functional in
vivo foading activities.
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INTRODUCTION

Self-curing polymethyimethacrylate (PMMA) bone
cements are extensively employed to affix load
bearing prosthetic components to bone in the
musculoskeletal system. In this role, the PMMA bone
cement must not only secure the prosthetic
component in place, provide a mechanically compliant
buffer layer between the stiff metallic prosthetic
substrate and the significantly less stiff bone to which
it is attached [1], but also effectively transfer complex,
and in most cases, time-varying physiological loads
from the prosthesis to the bone [2].

REVIEW AND THEORY

Failure of cemented prostheses is most frequently
associated with progressive "loosening" of the joint
[see e.g. 3]. In service lifetimes are dictated by the
initiation and subcritical growth flaws or cracks in any
of the constituents of the prosthetic/cement/bone
composite system, or debonding of either of the
typically weak interfaces separating them.

Despite the importance of such fracture behavior, it is
somewhat surprising that few studies have provided a
detailed and valid® measure of the fracture and
subcritical crack-growth behavior of the
prosthesis/cement/bone structure, and particularly in
the weak PMMA cement and adjacent interfaces.
Accordingly, the intent of the present work is to
provide a detailed study of the fracture and subcritical
fatigue crack-growth behavior of PMMA bone cement
in both air and simulated physiological environments.
In addition, methods for the measurement of interface
fracture resistance and subcritical growth of interface
cracks or debonds are explored.

PROCEDURES
Material: A two-component PMMA cement consisting

of a powder polymer and a fiquid monomer (Surgical
Simplex-P, Howmedica Inc., Rutherford, New Jersey)

* Valid in this context is used to indicate that fracture
mechanics tests have been conducted under nominally
standard conditions (e.g., as specified by ASTM E399 and
E642 described in the experimental section) and that results
are not a function of specimen geometry and other
configurational effects.

was prepared under controlled conditions by stirring at
room temperature at a slow mixing rate to minimize
porosity, and cured under pressure in a Delrin mold.
The specimen was removed from the mold and stored
in air for 24 hours. Both 50 mm diameter blanks (2 to
16 mm thick) and composite samples containing
interfaces between the cement and either the
prosthetic substrate or bovine bone (with various
surface preparations) were prepared to facilitate
fabrication of fracture mechanics samples described
below.

Fracture Mechanics Experiments: Disk-shaped
compact-tension DC(T) fracture mechanics samples
were PMMA  bianks
according to the specifications of ASTM Standard
£399-90, for Plane-Strain Fracture Toughness of
Metallic Materials. Thin metallic foils were bonded
onto the specimens to facilitate accurate and
continuous measurements of the crack length using
electrical potential drop techniques. The foils were
protected with a thin layer of waterproof polysulfide
epoxy to allow testing in the conductive Ringer's
lactate solution.

Cyclic fatigue crack-growth rates per cycle (da/dN)
were characterized in terms of the applied stress
intensity range (AK) in general accordance with ASTM
Standard E647-85A for Measurement of Constant-
Load-Amplitude Fatigue Crack Growth Rates, using
the procedures outlined for britle materiais by
Dauskardt, et. al. [4]. The siress intensity is
considered the “driving force” for crack advance,
providing a measure of the local stress and
deformation field in the vicinity of the crack tip.
Fatigue tests were performed with a cyclic sinusoidal
frequency of 25 Hz at a load ratio R = 0.10.

The fracture toughness (i.e., critical stress intensity
K¢ for instability) was determined under displacement
control from the resistance-curve (R-curve) behavior,
using a specimen containing a sharp fatigue pre-
crack. Procedures essentially conform to ASTM
Standard E399-90, and are considered to be more
precise than many used previously where cracking
was Initiated from a machined notch (rather than from
a fatigue crack) in samples too small to satisfy small-
scale yielding requirements.

Interfacial fracture resistance and subcritical crack
growth behavior was assessed using a novel four
point bend fracture mechanics sample containing the

12y PN T aTe ]
prepared from the round
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interface of interest (Fig. 1). After prenotching of the
top layer, the specimens were loaded in four-point
bending in a high-resolution miniature mechanical test
system. Fracture proceeds from the machined notch,
through the PMMA layer, until the crack encounters
the weak interface, bifurcates and proceeds along the
selected interface. Fracture energies for both critical
and subcritical debonding were measured under
representative loading and physiological conditions.
The effect of mode mixity (ratio of shear to normal
stress at the interface) was examined by changing the
sample configuration.

1O N T | S —— PMMA
® h /k—2a—-{ ¥ Ihz e Meta)
i L7 Vcrack o )
fe-i bt~

Fig. 1: Four-point bend fracture mechanics sample.
The fracture energy is expressed in terms of the strain
energy release rate, G, which is a function of the
applied loads P, elastic properties, E;, and moments
of inertia, 1.

RESULTS AND DISCUSSION

Fatigue crack growth: Selected results of the cyclic
fatigue-crack growth tests are plotted in Fig. 2. Crack
growth rates span four orders of magnitude, exhibit a
Paris {aw dependence similar to that observed in other
engineering polymers (da/dN o (AK)™), and display an
apparent fatigue threshold (AKzy), below which crack
growth is presumed dormant. The striking effect of
Ringer's lactate solution on decreasing crack growth
rates by almost two orders of magnitude are clearly
apparent. Data obtained for cracks located near, or at,
the interface between PMMA and either the metallic
substrate or bone are also discussed. Behavior is
rationalized in terms of the plasticizing effect of the
Ringer's solution, fluid wedging effects in the crack
wake under cyclic loads, and interface strength for
cracks located at bi-material interfaces.

Fracture Toughness: Fracture toughness values
were determined by characterizing the complete
crack-growth resistance (R-) curves of fatigue pre-
cracked samples (Fig. 3). Similar to fatigue crack-
growth behavior, R-curves of PMMA bone cement
were critically dependent on testing environment.
Steady-state fracture toughness values taken from the
plateau of the R-curves were almost four times as
great for cement tested Ringer's solution. Simitarly,
interface fracture resistance was also sensitive to the

testing environment and interface morphology. The
results of several surface preparations resulting in
different interface morphologies are reported. Based
on the findings of this work, interface engineering
strategies to promote optimum resistance to
debonding and subcritical crack growth are discussed.
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INTRODUCTION

The objective of this study was to determine the
effects of bone density and microstructure on
fracture toughness using ultrasound. Bovine cortical
bone samples were demineralized by acid attack,
producing specimens with a wide range of bone
density. Ultrasound velocity was measured in the
radial and longitudinal directions of specimens using
a pulse transit time approach. A microstructural
anisotropy parameter was introduced and evaluated
as a function of these ultrasound velocities. The
critical stress intensity factors Kjc of these
specimens were determined by mechanical fracture
tests. The dependence of fracture toughness on
density, on microstructural anisotropy and on the
combination of the two was investigated.

REVIEW AND THEORY

Fracture of compact bone is dependent on the nature
of intrinsic cracks as well as the stress level (Evans
et al., 1973, Bonfield et al., 1987). For many years,
the mechanical properties of bone have been
characterized primarily by strength, Young’s
modulus, etc. (Lindahl et al,, 1967, Wall et al., 1979,
Martin, 1993). However, a precise assessment of
bone fracture risk can best be achieved by its
fracture toughness (Evans et al., 1973, Melvin et al.,
1993) . Behiri et al. (1984) reported that fracture
toughness significantly increased with relatively
small increases of density in human cortical bone.
Although bone density in fracture is of great
importance, there has been a strong desire to
determine the effect of the microstructure of compact
bone tissue on fracture. The combined effect of
density and microstructure will likely provide a more
accurate predictor,

PROCEDURES
Twenty cortical specimens (4.5 x 18.5 x 19.3 mm)

were taken from four bovine tibiae. Seventeen
specimens were immersed in 0.6 N hydrochloric acid

for several time periods to reduce mineral content by
various amounts. The density of each specimen was
measured using Archmedes’ principle. Ultrasonic
velocities were then measured in the longitudinal
and radial directions to determine the
microstructural anisotropy of each cortical specimen.
A pair of 2.25 MHz transducers was used to transmit
and receive the ultrasonic waves. A structural
anisotropic parameter, referred to as the
“longitudinal anisotropy index” (LAI), was
developed. This parameter is defined as the square
of the ratio of ultrasonic velocities in the radial and
longitudinal directions, or LAI=(Vrad/V10ng)2,
where LAI is the longitudinal anisotropy index and
Vrad and Viong are the uitrasound velocities in the
radial and longitudinal directions, respectively. After
ultrasonic measurcment, the samples (compact
tension specimens) were prepared for fracture
toughness tests with 0.5 mm wide slots and 3.2 mm
diameter holes. The crack length was 7.2 mm and all
other parameters were in accordance with ASTM
Standard E399-70T. Mechanical fracture tests were
performed on an axial testing machine (MTS T22K)
at the crosshead rate of 0.05 mm/sec to determine
the critical stress intensity factor (Kic, MNm=2/ 3.
Correlation studies of fracture toughness with
density, the longitudinal anisotropy index and
combinations of the two were performed.

RESULTS

Specimens were demineralized up to 25 % by the
acid attack. As a result, density was distributed from
1.52 t0 2.08 g/cc. The mean fracture toughness value
{Kic) for the three specimens that were not cured in
HCI solution was calculated to be 3.90 MNm2/3-
Bone density was highly correlated with the fracture
toughness parameter (1+=0.913). The relationship
between LAI and Kyc was also significant
(1*2=O;776), The fracture toughness parameter was
most strongly dependent on the combined effect of
bone density and longitudinal anisotropy index,
defined as the bone density multiplied by LAI
(2=0.951).



y=4.041x-0.174 R2=0.951
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Fig.1: Measured fracture toughness (Kic,
MNm-2/ 3) vs. the combined effect (product) of the
anisotropy index and density

DISCUSSION

The value of 3.90 MNm-2/3 obtained for the control
specimens agrees with those of previous studies
(Behiri et al., 1980, Behiri et al., 1984). Results
showed that the fracture of cortical bone is related to
the microstructural properties of the bone as well as
to its density. The fact that the bone density
significantly affects the critical stress intensity factor
(K1c) may indicate that the density is related to the
number of flaws per unit volume, which induces
bone’s microcracking. Behiri et al. (1984) reported

that fracture toughness could be evaluated by bone
density alone. However, their study did not examine
the effect of microstructural anisotropy within the
bone. Despite the need of incorporating the
anisotropic chracteristics of bone in fracture
toughness assessment, the difficulty of its
measurement has hampered its application. With
the use of ultrasound measurement in bone, the
effect of microstructure on fracture toughness can be
evaluated. The parameter LAI reflects the
anisotropy of osteon alignment in cortical bone.
Although the density alone can predict fracture
toughness with relatively high accuracy, the
combined effects of density and microstructure
increase the predictability of fracture toughness. The
inclusion of this microstructural effect enhances the
understanding of fracture mechanics in compact
bone.
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INTRODUCTION

Cervical spinal injury occurs in motor vehicle
accidents, falls, diving, tackle football, hoékey, and
other contact sports. Consequences of severe neck
injuries range from fatality to complete or incomplete
quadriplegia. Understanding the mechanisms of
cervical spine injury has been the focus of many
clinicians and biomedical engineers. Buckling
response of the head and neck has been suggested as
a potential mechanism for neck injuries of
compression-flexion type, which are most common
and severe. This study examined the buckling
behavior of the head and neck using a simple
segmenied column model and structural analysis
computer software. Buckling mode shapes and their
corresponding critical loads provided an estimated
potential neck injury patterns.

REVIEW AND THEORY

Epidemiological studies have shown that the majority
of severe neck injuries occur due to compression-
flexion loading resulting in vertebral body fractures
and intervertebral joint dislocations (Yoganandan et
al., 1990). Reviews of cervical spine injuries in
contact sports (Burstein et al., 1982) and
experimental studies in cadavers indicate that the
elimination of the natural cervical lordosis is often
necessary for a vertical head impact to produce
clinically-seen severe neck injuries (Pintar et al.,
1990b; Yoganandan et al., 1991).

Liu and Dai (1989) theorized, with the concept of the
stiffest axis, that the straightened cervical spine
subjected to a axial impact may buckle in the sagittal
plane and initiate the injury. Idealizing the
straightened human neck to be a homogeneous beam-
column, the stiffest axis concept provided insight into
the possible underlining mechanisms and predicted
that the cervical column pre-alignment (unloaded
configuration and load alignment) was the key
parameter for the production of compression-flexion
type of vertebral injury. That theoretical prediction
was later supported by the success of in vitro
dynamic head and neck experiments (Pintar et al.,
1990b; Yoganandan et al., 1991). However, the

homogeneous column representation did not account
for the structural inhomogeneity of the cervical spine
and can not be used for quantitative analysis with
available experimental data. These goals can be
achieved by treating the ligamentous human cervical
spine as a segmented column.

The objective of the present study was to investigate
the correlation between the buckling mode shapes,
critical loads, and potential injury patterns of the head
and neck using a segmented column model and in
vitro experimental data of the cervical intervertebral
joints.

PROCEDURES

The head was represented by a rigid body with its
height equal to the height from occipital condyle to
the crown. The occipito-atlanto-axial (C0-C1-C2)
joint was simulated by an elastic joint which allowed
the two connected bodies to have relative rotations
and translations with stiffnesses. Data from in vitro
experiments of cadaver C0-C1-C2 joint were used as
the input for those stiffnesses. The straightened
cervical column (C2-T1) was idealized as seven rigid
segments (cylinders) representing the vertebrae
interconnected by elastic joints. The vertebraec were
15 mm in height based on an earlier study (Sherk et
al., 1989). The actual experimental data for the
cadaveric cervical intervertebral joints in the
literature were used as the input for the stiffnesses of
those elastic joints, which included axial compression
(normal), anterio-posterior shear, and flexion-
extension bending. A general purpose structural
analysis software, ANSYS®, was used for the
numerical solution. The model was constrained to
have only planar motion to simulate the sagittal
buckling of the head and the straightened cervical
spine. Linear eigenvalue buckling analysis were
performed to obtain the critical loads and
corresponding buckling mode shapes for the
segmented column model. The equation to be solved
is:

(1K1 + pilSh{u}i = {0}

153



where [K] = elastic stiffness matrix; [S] = stress
stiffness matrix (based on a preload); |\j = ith
eigenvalue or critical load; {u}j = ith eigenvector of
nodal displacements (used to construct buckling
mode shapes). The critical loads obtained by this
analysis gives the upper bound of the load carrying
ability of the structure. T1 segment was assumed
kinematically fixed while different constraint
conditions of the head were simulated to examine
their effects on the column behavior.

RESULTS

The buckling mode shapes of the model showed the
following potential behaviors of the head and neck
when excited by axial impact load:

1) large head rotation occurred with maximum
compressive load of only 61 N (head
unconstrained);

2) large head lateral translation and cervical
spine bending with a critical load of 1001 to
1100 N depending on the head constraints
and/or the order of the buckling modes;

3) joint dislocation with some degree of
bending when the compressive reached 3011
N (head constrained to allow only axial
translation);

4) single-bow cervical column buckling with
head translated axially and a critical load of
3394 to 3633 N depending on the head
constraints and/or the order of the buckling
modes;

5) double-bow buckling of the cervical column
with head translated axially and a critical
load of 5620 to 6173 N depending on the
head constraints.;

6) hyperextention injuries to the occipito-
atlanto-axial (CO-C1-C2) complex is
possible if the higher modes are excited.

DISCUSSION

The critical load increases with an increase in end
constraints or order of buckling mode. Higher critical
load magnitude means higher stress level in the
materials of the structure. Cervical spine injuries
include vertebral body wedge or burst fracture, joint
dislocation, and rupture of ligaments. In the case of
unconstrained head subjected to crown impact, large
head rotation tend to deflect the head away from the
load path, reduce contact duration and result in sub-
injurious load in the cervical spine (mode 1 in the
results). Critical load of 1001 to 1100 N is below the
load level for vertebral fractures before the column
buckles out of its initially straight configuration.
Post-buckling of the column beyond the 1100 N

critical load level may induce hyperflexion or
hyperextension of the cervical spine resulting in
injuries to various ligaments in tension. When the
head is constrained to move only axially, a quasistatic
compressive load or low-speed impact may cause
dislocation of intervertebral joints with a critical load
around 3000 N. Pintar et al. (1990a) reported
compressive loads of 1355-3613 N for cervical joint
dislocation in their in vitro experiments. The single-
bow and double-bow buckling mode shapes of the
cervical column requires higher-speed of impact to
excite and more difficult to reproduce in experiment
unless it is pre-configured in those shapes.
Compressive load in the straightened cervical spine at
3394 to 3633 N may induce vertebral fracture before
the cervical column buckles into the single-bow
bending curve. Yamada reported compressive
breaking load for cervical vertebral body to be an
average of 4096 N for 20-39 year age group and 3303
N for 40-59 group. In dynamic head/neck vertical
impact experiments, Yoganandan et al., (1991)
reported an average peak load of 4467 N, with a
range of 3300-5600 N. Post-buckling behavior of the
single-bow mode shape may cause fracture of the
spinous processes and/or anterior longitudinal
ligaments in the cervical column. If the cervical
column is forced to buckle only into the double-bow
mode shape, one of the vertebral bodies will most
likely fracture before the compressive load reaches
the critical load of 5620 to 6173 N for buckling.
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MULTIDIRECTIONAL INSTABILITY OF THE THORACIC SPINE RELATED TO
IATROGENIC PEDICLE INJURIES DURING TRANSPEDICULAR FIXATION: A
BIOMECHANICAL

INVESTIGATION
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INTRODUCTION

Pedicle screw fixation is probably one of the
most advanced fixation technigues in spine
surgery. Although widely used, the insertion
of the pedicle screws still involves a high
armount of complications, i.e. pedicle fracture
during insertion. This is especially true for the
thoracic spine, where the pedicle width is
often only slightly bigger than the screw
diameter. Unfortunately, litile is known about
the biomechanical affect of an intra-operative
pedicle injury during screw insertion.

e
¥

AlM OF THE STUDY

The purpose of this study was to investigate
the effect of an intra-operative fracture of the
pedicle during screw insertion on the multi-
directional stability of pedicle screw plate

fixation in the thoracic spine.
MATERIALS AND METHODS

Eight fresh human cadaveric spine specimens
were dissected and prepared for mechanical
testing. Each specimen consisted of five
vertebral segments, four specimens of the
middle thoracic spine (MTS) and four
specimens of the lower thoracic spine (LTS).
The mechanical properties of the intact
specimens were determined with a multi-
directional flexibility test, in which the loads
applied were pure moments. Then a burst
fracture was produced in the middle vertebra,
using a high speed trauma apparatus. The
fracture was stabilized with the Dorsal Fixation
System (Howmedica). It consisted of profiled
plates with elongated holes, pedicle screws
and threaded rods which were added to the
screw heads as diagonal cross-linkages. To
simulate an intraoperative pedicle fracture, all
instrumented pedicles were cut in four steps,
1.e. (1) lateral wall at one level, (2) lateral wall at
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two levels, (3) entire pedicle at one level, and
(4) entire pedicle at iwo levels. Afier each
step, the multidirectional instability was
determined with the flexibility test. Statistical
analysis was performed with ANOVA for
repeated measurements and the Fisher test at
95% confidence level.

RESULTS

In flexion and extension, neither the range of
motion (ROM) nor the neutral zone (NZ)
increased when the lateral wall of the pedicle

were cut there was only an insignificant
increase of ROM and NZ in the MTS
specimens while the LTS specimens were not
affected at all. In axial rotation, ROM and NZ
significantly increased in the MTS when the
lateral wall was resected, while in the LTS,
ROM and NZ did significantly increase only
when all the pedicles were cut. In lateral
bending, the lateral cut of the pedicle resulted
in a significant increase of ROM and NZ in both
the MTS and LTS. With all the pedicles cut,
the instrumentation was severely unstable in
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lateral bending.
DISCUSSION

In the thoracic spine, the intra-operative
fracture of the pedicle does not affect the
stability of the system in flexion and extension.
However, in axial rotation and especially in
lateral bending, a pedicle fracture results in a
significant decrease in the stability provided by
the instrumentation. This effect was higher in
the middie than the thoracic. Therefore, one
should consider smaller pedicle screws (less
than 5.0 mm) and different techniques of
insertion, e.g. insertion of the screw through
the transverse process, for the pedicle screw
instrumentation of the thoracic spine.



Table 1: Mean * SD of motion for the Middle Thoracic Spine

Pedicle Injury Statistical Analys|
1 I 2 I 3 I 4 P-valuel Fisher

Flexion/Extension (degrees)

NZ 04+01 02£02 0.7+04 14+04% 0018 049/

ROM 62414 15+04° 29+29° 55+44 0051 3298

Axial Rotation (degrees)

NZ T4+0.7 1.1£03° 24156 44127 0078 2174
ROM 12112 36+1.7%Y B82+42 124479 0036 5746

Lateral Bending (degrees)

NZ 12108 26+1.1°Y 56x18% 65+23% 0.001 1.817
ROM 106+3. 10.0+39° 19.0+7.1% 254+118 0013 8559

Note: ANOVA and Fisher-test were performed 1o determine the significant
differences (P < 0.05), which are indicated by the superscript AB,C,D.
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BIOMECHANICAL SYMMETRY OF THE RAB

BIT ACL
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INTRODUCTION

The assumption of bilateral symmetry is crucial to
biomechanical experimentation, where one limb of a
pair serves as a control for the other. The purpose of
this study was to determine whether the symmetry
assumption can be applied to the rabbit anterior
cruciate ligament (ACL). Ten pairs of rabbit ACLs
were stretched to failure, and the load-displacement
readings were collected and analyzed. The
parameters compared were, the failure load, failure
displacement, stiffnesses and energies absorbed.
The results of our study assert that there is a
remarkable similarity in the mechanical properties
within each pair.

REVIEW AND THEORY

Symmetry studies on soft tissues are practically non-
existent, though the assumption itself is widely used.
A review of past research reveals that some studies
have inquired into questions of symmetry of long
bones. Mather (1967), determined that human
femoral pairs are mechanically symmetrical in the
ultimate load, energy to failure, elastic modulus and
failure stress. White and Panjabi (1974), found that
rabbit long bones exhibit symmetry in torsional
strength. On the other hand, Dogra and Singh (1971),
found that a statistically significant asymmetry exists
in bone and muscle weights of paired human humeri,
in keeping with the incidence of ‘handedness’. Singh
(1971), concluded that in rabbits and frogs, one-sided
dominance exists in both fore and hind limb bone
weights. In view of the lack of symmetry data
concerning soft tissues, we designed this study to
determine whether paired ACLs exhibit symmetry.

PROCEDURES

Ten New Zealand white rabbits, euthanized for
reasons unrelated to this study, were obtained from
other research groups. The average weight and ages
were 3 kg and 12 months respectively. The hind limbs
of each animal were amputated distal to the hip joint,
tagged left and right, and bagged as a pair in heavy
gauge plastic and frozen at -20° C until testing. On
thawing, the specimens were dissected of all soft
tissues except the anterior cruciate ligaments. To
facilitate testing the

femur and tibia were cut about 1 cm distal to the joint
line, leaving in effect a femur-ACL-tibia complex. Into
each bone-end two K-wires were drilled, perpendicular
to each other. Each bone-end was then mounted in a
water based dental cement [Die Keen, Columbus
Dental, St. Louis, Missouri].

While mounting, the angles of the femur and tibia were
adjusted, to align the ligament to the load axis. The K-
wires ensured that the bone end was rigidly anchored
into the cement, and prevented any slippage from
occurring (Fig. 1). From the time of thawing, until the
failure test, the ligament was kept moist by gauze
soaked in 0.9% normal saline.

Anchoring
Screws

Figure 1. Femur-ACL-Tibia unit.

The testing machine was custom built and computer
controlled using software specifically written for the
purpose. The specimen was mounted in the machine
with one end fixed to an immovable frame, in series
with a load cell, while the other end was attached to a
moving platform. Once mounted, the ligament was
checked for alignment with the loading axis of the
machine, and adjustments were made if needed. A
speed of 1 mm/sec was chosen for the present
expetiments. The load cell measured the ligament
force, while the ligament stretch was recorded via an
LVDT (Linear Variable Differential Transformer). Both
transducers were sampled at 100 samples per second
by a computer which also ran the testing machine.
Once mounted, the initial length of the specimen was
standardized at a displacement which applied a
tension of 2 N. The ligament was then preconditioned
by cyclically stretching it to a maximum displacement
of 0.5 mm from the initial position, for 21 cycles. In
the 22nd cycle, the ligament was stretched to failure.
A similar protocol was observed for the contra lateral
ligament.

Load and deformation data from the 22nd cycle were
analyzed. Two distinct regions, the ‘toe’ and the
linear segment were identified for analysis (Fig. 2).
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Figure 2. Various parameters used for comparison.

The parameters for comparison were: failure force
Fmax failure deformation D,_,,, and stiffnesses K, and
K,, energies E, and E,, corresponding to the toe and
linear regions. Paired Student’s t-test was used at
95% confidence level to determine any significant
differences. Statistical analyses were done using
Statview™ (Abacus Concepts, Inc., Berkeley,
California).

RESULTS

The aim of this study was to determine whether the
left and right anterior cruciate ligaments salvaged
from the same animal exhibit similar mechanical
properties. The average and standard deviation
values for the various parameters for the left and right
ACLs are given in Table 1. We were unable to
disprove the null hypothesis for any of the
parameters, as indicated by the p-values in Table 1.
Consequently, we assert that left-right differences in
mechanical properties among ACL pairs are
statistically insignificant.

DISCUSSION

The resuits of our study prove that paired ACLs do
exhibit mechanical symmetry. This was verified by
the high p-values for significance of differences. The
parameters compared were the failure force and
deformation. In addition, the stiffness and energy
values were computed from the load-deformation
data, for distinct regions of the curve. One is the toe
region, when the ligament is aligning itself internally,
to the load direction. This is assumed to happen by
the mechanism of ‘uncrimping’ of fibers in the
ligament. By the nature of the process, this region is
highly non-linear. The next region is the linear

segment when the ligament is a load bearing structure

and exhibits higher values of stiffness and energy
absorption. We deemed it necessary to demarcate
these regions and separately compute the values.
The similarity in values demonstrates that paired
ligaments exhibit comparable nonlinearity, as well as
linearity. The lack of difference in energy values is a
measure of the extent to which they are similar elastic
structures, as defined in theories in classical
mechanics.

The symmetry hypothesis is crucial to many
biomechanical experiments which require a control.
The idea of symmetry can be employed in planning
biomechanical experiments, where variables under
study can be introduced on one specimen, while the
other (the contra lateral) can serve as a control. By
using the symmetry criterion, a substantial saving in
experimental animals and time can be achieved, while
obtaining the same statistical power.

Table 1. Means and standard deviations of
experimental parameters and the corresponding p-
values.

Right
Frax N 248.97 + 27.
Dpaemm 2.37 +0.3
K, ,N/mm 70.7 +15.6
K, N/mm 124.1+ 16.3
E, Nmm 122432
E, N.mm 67.9+9.7

Left p-values
25111+ 16. 0.67
238+0.25 0.87
73.6+15.8 0.86
123.5+12.6 0.84
13.7 + 3.1 0.89
709 +87 0.82
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AN IMPROVED KNEE-ANKLE-FOOT ORTHOSIS
FOR ENERGY EFFICIENT GAIT

K.R. Kaufmanl,2, S.E. Irby2, D.W. Ussell2, R.W. Wirta2,
J.W. Mathewson3, D.H. Sutherlandl,2
Wniversity of California-San Diego
2Motion Analysis Laboratory and 3Cardiovascular Stress Laboratory
Children's Hospital, 3020 Children's Way, San Diego, CA 92123

INTRODUCTION

Patients with paralysis of the lower limb due to
poliomyelitis, Duchenne muscular dystrophy, spinal
cord injury, or spinal defects often require a knee-
ankle-foot orthosis (KAFQO). Conventional orthoses
are one of two fundamental types (Yang, 1975).
One type is a joint in which the knee remains locked
to provide maximum stability during stance but
offers no swing phase flexibility. The other type
has a knee joint that gives freedom to flex during
swing but offers limited stability during stance.

1 rith
Neither of these two types of knee orthoses are

optimal. There is a need for a KAFO which will
control the external moment at the knee during
stance while adjusting the limb length by allowing
the knee to flex during swing.

PROCEDURES

A small, lightweight, electronically controlled knee
lock has been developed that can be installed on a
conventional KAFO. The system is composed of
two major parts: mechanical hardware and an
electronic control system. The mechanical hardware
portion consists of a polypropylene long-leg brace
design, a mechanical knee flexion restraint
mechanism, and a knee release actuator solenoid.

To adapt the electro-mechanical components to a
standard orthosis, the medial side knee hinge struts
are left intact and the lateral side struts are replaced
with matching sized aluminum uprights containing a
clutch mechanism. The knee hinge clutch
mechanism is a wrap-spring clutch which is a special
class of overrunning clutches. A solenoid is used to
activate the clutch. The electronic control system is
composed of digital logic integrated circuits. A
combinational logic network monitors input data and
produces electrical output commands based on the
input states. The inputs to the control circuitry are
signals generated by strategically located foot
contact sensors. Based on the input, the controller
algorithm generates an actuation signal that is sent
to the solenoid for release of the electromechanical
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knee joint mechanism during the swing phase of
gait.

A 40 year-old subject with poliomyelitis was studied
using the brace in both the locked and unlocked
configurations. The subject underwent bilateral
motion analysis using a VICON movement
measurement system with retro-reflective markers
placed on the subject. The energy costs of walking
were evaluated on a treadmill at speeds of 1 to 5
km/hr and slopes of 0% and 5%. While the subject
exercised, continuous breath-by-breath expired gas
analyses were obtained. Measurements were taken
when a steady metabolic state was reached.
Regression analysis was used to test if the two
straight line regression equations (locked vs.
unlocked) were coincident.

RESULTS

The gait analysis demonstrated differences in hip,
knee, and ankle motion. When the brace was used
in the locked position (similar to a conventional
KAFQ), the subject displayed circumduction at the
hip and vaulting on the contralateral leg. The knee
swing-phase motion approached that of a normal
individual when the brace was switched from the
standard knee locked condition to the unlocked
condition (Fig 1).
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At each treadmill speed, oxygen consumption
increased in a linear manner for both brace locked
and unlocked conditions (Fig. 2). However, at each
speed, oxygen consumption was always greater with
the brace locked. Comparison of the regression
lines showed that the intercepts were not
significantly different (p>0.05), but the slope of the
brace locked condition was significantly greater than
the brace unlocked condition (p <0.025). Thus, the
brace unlocked configuration reduced metabolic
energy requirements.
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available for accommodating the orthotic device.
Other than the application of modern plastics to
orthotic designs, there have been no real changes in
the function of conventional long-leg braces for
decades. Surveys show the rejection rate for long-
leg braces range from 60% to nearly 100% (Kaplan
et al, 1966; Rosman and Spira, 1974; Phillips and
Zhao, 1993). Patients who require KAFO’s
typically accept braces for a very short period
following injury or disease, but soon choose to stay
in wheel chairs because walking with locked knees
is so energy inefficient.

The improved knee-ankle-foot orthosis described in
this abstract meets the mobility needs of patients
suffering from lower extremity dysfunction, by
providing an articulated knee joint system for long-
leg braces which reduces the metabolic energy
requirements for gait. Six key motions, termed the
determinants of gait (Saunders et al, 1953), have
been described that optimize the vertical
displacement of the body during normal gait. Long-
leg bracing may improve static posture, but fails
functionally because the determinants of gait are
constrained. The brace system described above
permits knee stability during stance, while allowing
free knee motion during the swing phase of gait.
The ability for the leg to move freely during the
swing phase of gait results in a gait which is more
energy efficient.
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DISCUSSION

Most of the research and development efforts that
are aimed at improving impaired gait have been
directed at prosthetic systems. This is because
design engineers face fewer technical problems in
developing a prosthetic limb replacement, as
compared to the development of an orthotic brace
system. The difficulties of an orthotic device
include the added weight and volume of the lower
extremity which limits the size and weight that is

Saunders J.B. et al. J Bone Joint Surg, 35A(3),543-
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CORE SUTURE-TENDON INTERFACE AS A FACTOR AFFECTING THE
STRENGTH OF TENDON REPAIR - A Biomechanical Analysis

E. Diao, MD, J.8. Hariharan, MD, J.C. Lotz, PhD
Department of Orthopedic Surgery, University of California San Francisco,
San Francisco, CA 93143-0728

INTRODUCTION

To determine whether the number of
locking loops of the core suture
significantly affects the strength of the
tendon repair, we performed tensile
tests on two paired groups of flexor
digitorum profundus (FDP) tendons:
one group had modified Kessler! suture
(MKS) repair with a single loop suture-
tendon interface, while the other group
had modified Strickland? suture (MSS)
repair with a double loop suture-tendon
interface.

REVIEW AND THEORY

Several different suturing methods
have been proposed for primary repair
of flexor tendons in an effort to improve
results; however, the modified Kessler
technique of Kleinert!, with single
locking loops, supplemented by the
peripheral running suture, is currently
the most popular repair technique.
Recently, Strickland et al.2 have
described a core suture with double
loops with the aim of improving clinical
results. Current studies, including
those in our laboratory have focused on
developing tendon repair methods that
are strong enough to start early active
mobilization. Although gap formation
and core suture pullout are recognized
complications of repair failure, few
studies have specifically investigated
the biomechanical properties of the
core suture-tendon interface.

PROCEDURES

12 fresh-frozen human cadaver FDP
tendons were isolated from their
insertion to a point 16 cm. proximal to it.
To overcome the large biological
variability that occurs between
individual specimens, we divided each
tendon into two equal lengths, forming
a matched pair to act as an internal
control. One tendon from each pair was
repaired by MKS technique using 4-0
Dermalon, while the other was repaired
by MSS technique. The tendons were
mounted on a servohydraulic materials
testing machine (MTS) and distracted at
the rate of 2 mm/s to failure, with
continuous recording of tendon loads
and grip displacements, with the
specimens kept immersed in
physiologic saline. We recorded each
test on video (Kodak P6-120) to allow
the analysis of the failure pattern of
each repair. We tested differences
between two means for statistical
significance by a paired Student's t test.

RESULTS

The mean failure ioad of the MKS
repair was 11.7 N £ 1.89 (SD), while
that of the MSS repair was 19.5 N + 2.1
(SD) [Figure 1]. The MSS group had
66% higher tensile strength than the
MKS group (P<0.001). The core suture
failed by interface failure, pulling out of
the substance of the tendon in each
case, and not by suture or knot faiiure.
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Figure 1: Relative strength of MSS
and MKS repairs

DISCUSSION

Prior cadaver studies have established
that a double modified Kessler suture is
stronger than a single modified Kessler
suture for flexor tendon repair3. In this
study, we found that the number of
loops at the suture-tendon interface has
a great influence on tensile strength of
the core suture. We infer from this study
that the number of strands of core
suture may be secondary to the number
of loops. In terms of the 2 groups we
studied, the MSS repair with its double
loop is superior in strength to the
conventional MKS repair. Expanded
use of the MSS technique clinically is
supported by our study.
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ACCURATE 3-D MEASUREMENT OF DYNAMIC KNEE REPLACEMENT
MOTIONS USING SINGLE-PLANE FLUOROSCOPY:
VALIDATION AND /N VIVO APPLICATION

S.A. Banks and W.A. Hodge
Orthopaedic Research Laboratory, Good Samaritan Medical Center
West Palm Beach, FL. 33401

INTRODUCTION

A new measurement technique has been developed to permit
accurate assessment of the three-dimensional motions of
knee replacements during dynamic weight-bearing activities.
This technique provides a direct kinematic measurement of
prosthetic motion which is not affected by skin or muscle
motion relative to bone. Studies using this capability are, for
the first time, providing detailed objective information on the
mechanical function of knee replacements in vivo during
dynamic activities. This information is critical to improving the
understanding of knee replacement function, surgical
techniques and the design of longer lasting devices.

REVIEW AND THEORY

Approximately 200,000 total knee replacements (TKR) are
performed annually in the U.S. For these operation surgeons
choose from well over twenty different designs of TKR. These
numbers belie the fact that almost no quantitative information
exists on the function of TKR’s in vivo, and that the majority of
device design has been based on trial and error, in vitro
simulation studies, computer models, and observations of
failed components. Although TKR enjoys excellent clinical
success, it is clear that accurate in vivo kinematic information
would enhance the understanding of TKR function and failure,
with the prospect of improved surgical approaches, longer
lasting devices, and broadened clinical indications.

The kinematic measurement techn que is based on the
principles of perspective projections and shape matching;
given the source-to-screen imaging distance and the surface
geometry of the object, itis possible to estimate the object's
position and orientation from its projection (shadow). Rather
than implementing a direct model and match approach
requiring six dimensional searches, we extended an sfficient
two-dimensional object recognition technique (Wallace et
al., 1980) to a full six degree-of-freedom position/orientation
estimator using simple approximations to perspective
geometry.

The boundary contours of experimentally acquired silhouettes
are first transformed into the Fourier domain and normalized
for position, size, and in-plane rotation (Wallace et al., 1980).
These Normalized Fourier Descriptors (NFD's) are then
compared with a library of precomputed NFD's based on
similarly normalized sithouettes of the prosthetic component's
3D CAD model. The library represants the silhouettes of the
component over a regular grid of out-of-plane rotations, so
that matching between the library and the experimentally
determined contour results in estimates of the two out-of-
plane rotations. The remaining four degrees of freedom (three
translations, and the in-plane rotation) are then estimated by
comparing the normalization coefficients of the data and the
best matched library contours.
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The purpose of this investigation was to evaluate the
accuracy of this technique for performing kinematic
measurementis with knee replacements, and to characterize
the knee kinematics in three groups of clinically successful
patients with TKR.

PROCEDURES

Simulation Study: The accuracy of the technique was
first assessed under ideal conditions using a computer
simulation study. CAD models of two TKR components were
prajected in 100 random poses each to generate the input
contours. Library matching and position/orientation estimation
were carried out as outlined above.

In Vitro Study: The accuracy of the technique was also
assessed using fluoroscopic imaging and post-processing
hardware under controlled conditions. TKR components ware
mounted on a two-axis hydraulic manipulator, and
fluoroscopic images were recorded as the components were
incrementally translated and rotated over ranges expected for
in vivo activities. The same image distortion correction,
geometry calibration, and image processing procedures were
used for the in vitro and human studies. Library matching and
position/orientation estimation were carried out as outlined
above.

Human Study: The motions of subjects’ knees were
recorded at 30Hz using video-fluoroscopy as they performed
a stair-rise mansuver with their knee positioned in front of the
fluoroscope image intensifier (sagittal plane parallel to the
imagse plane). The motions of 17 knee replacements in twelve
subjects were recorded for four trials each of the stair rise
maneuver. All subjects had excellent clinical results, could
climb stairs in a reciprocal manner, and gave informed
consent to participate in the study. Six knees had posterior
cruciate ligament (PCL) retaining AMK (DePuy) knee
replacements where the PCL was maintained intact with a
tibial bone block. Six knees had PCL retaining Series 7000
{Osteonics) knee replacements where the PCL was partially
recessed using a flat tibial plateau bone resaction. Five knees
had PCL substituting Series 7000 PPSK (Osteonics) knee
replacements. The PCL retaining knees uiilized relatively flat,
non-constrained tibial inserts.

RESULTS

Table 1 shows the average accuracy resuits for the computer
simulation and controlled in vitro studies performed with both
tibial and fernoral knee replacement components. The
computer simulation studies demonstrated that the
measurement technique was unbiased for rotations, but did
exhibit a (negligible) bias of approximately 60um for
franslations parallel to the image plane, Given unblased
estimates, the technique’s accuracy is expressed in terms of
the standard deviation of the error, or standard error. Both
validation studies exhibited much larger errors for translation



measurements perpendicular to the image plane than for
translations paralle! to the image plane.

Table 1, Standard errors for position and orientation
measurements from validation studies.

Rotational Translational
Accuracy (deg) Accuracy (mm)
Computer 03 0.2 (in-plane)
Modeling 2.0 (out-of-plane)
In Vitro 1.1 0.5 (in-plane)
Studies 6.6 (out-of-plane)

The human knee kinematic data are presented as the
focations of femoral condylar contact on the tibial component.
This convention is used because it is independent of how the
local coordinate systems are defined, has obvious anatomical
relevance, and is critical to understanding the mechanisms of
polyethylene wear in TKR. Table 2 lists the average positions
of anterior/posterior condylar contact of the femoral compon-

the image plane result primarily in magnification of the
sithoustte, which is a much more subtle change than those for
the other translations and rotations, resulting in poorer
measurement accuracy. For typical testing situations, these
out-of-plane translations correspond to mediallateral motions
within the knee, which are typically less than several
millimeters due to the geometric constraints of knee
replacements. Thus, five of the six degrees of freedom of the
knee can be measured directly with high accuracy, unaffected
by motions of soft tissue relative to the joint.

The results from the human studies are of great interest for
several reasons. First, it appears that the surgical handling of
the PCL can have a dramatic effect on the resulting
kinematics of the PCL retaining knee. This finding is contrary
to the commonly advanced viewpoint that surgically recassing
the PCL has little effect on its mechanical function. Second,
sliding was the dominant contact condition between the
components in most knees, and all knees exhibited some
sliding over the range of motion. Blunn etal. have shown that
cyclic sliding is the dominant mechanism for polyethylene

Table 2. Average positions of condylar contact on the tibial plateau. Positions are relative to the anterior/posterior midpoint of the
tibial plateau, with negative numbers indicating contact posterior to the A/P_midpoint.

Range of Condylar Contact at Contact at Max Maximum Knee Flexion
Translation (mm) Max Flexion Extension Posterior Contact at MPC (deg)
{(mm) (mm) Point-MPC (mm)

AMK - Medial Condyle 9.5 -2.2 -2.1 -9.9 41
AMK - Lateral Condyle 114 -6.5 -0.3 9.7 42
7000 - Medial Condyle 8.3 -1.1 -75 9.3 14
7000 - Lateral Condyle 6.3 -3.5 -7.5 9.2 30
PPSK - Medial Condyle 2.2 -6.9 -6.6 -76 53
PPSK - Lateral Condyle 2.7 -5.4 -3.7 -5.5 54

ent on the tibial plateau at various points during the stair-rise
maneuver (NOTE: Table 2 reports data for only 2 PPSK
Kknees, since CAD models were not available for the remaining
3 knees at the time of writing).

All knees exhibited an external rotation of the tibia as the knee
extended. This can be seen in Table 2 by noting that the point
of lateral condylar contact moves anterior relative to the point
of medial condylar contact as the knee moves from flexion
into extension. The three groups of knees exhibited distinctly
different patterns of condylar translation. The AMKknees,
with a surgically unaltered PCL, showed net anterior
translations of the condyles from flexion to extension, with
larger anterior translations of the lateral condyle. The Series
7000 knees, with a surgically recessed PCL, showed net
posterior translations of the condyles from flexion to
extension, with larger posterior trarslations of the medial
condyle. The PCL substituting knees demonstrated small
anterior translations of the condyles from flexion to extension,
with greater anterior translations of the lateral condyle. All
knees exhibited average condylar contact which was
contained entirely on the posterior half of the tibial plateau.

DISCUSSION

The computer simulation and in vitro studies demonstrated
that the measurement technique has the potential to provide
very accurate information on all the rotations occurring within
the knee, as well as the translations which occur paraliei to
the image plane. Translations which occur perpendicular to
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wear in knee replacements, particularly in the relatively non-
conforming designs evaluated for this study. Third, condylar
contact was confined entirely to the posterior half of the tibial
plateau in all knee designs. This is due, at least in part, to the
absence of the anterior cruciate ligament (ACL) , and may
explain the variable function of the PCL observed in the PCL
retaining knees. Furthermore, numerous recent studies have
reported severe posterior wear in retrieved tibial inserts. The
Kinematic data confirm that posterior contact is occurring
throughout the range of motion, and that in cases where the
PCL is apparently under-tensioned, the most posterior contact
is occurring during full weight-bearing knee extension.

This fluoroscopic measurement technique appears to be well
suited for performing accurate measurements of knee
replacement motions in vivo. The preliminary human studies
data indicate that accurate kinematic information will elucidate
the function of implanted knee replacements, which may
ultimately lead to better, jonger lasting clinical resuits.
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MOMENT ABOUT THE LOWER LEG DURING GAIT OF CHILDREN WITH DOWN SYNDROME:
THE EFFECT OF FOOT ORTHOSES
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INTRODUCTION

A method to calculate the moment about the long axis of
the lower leg during gait has been formulated. Typically,
children develop approximately twenty three degrees of
lateral tibiofibular torsion by puberty.! Some children,
such as those with Down Syndrome (DS), however, do
not develop this torsion. As it is difficult to predict
whether a child will develop enough lateral tibiofibular
torsion for normal gait, clinicians may disagree as to
whether or not to treat these children. According to
Wolff’s law, bone remodels in the direction of the
maximum time averaged stress.> These physical forces
have been described to be from muscular pull. We
postulate that external moments produced during gait
play a role in the development of tibiofibular torsion.
Therefore, calculating the moment about the lower leg
during gait may be a tool which could be used by
clinicians to help predict which children will and which
will not develop the correct amount of tibiofibular
torsion.

REVIEW AND THEQRY

The tibiofibular moment was calculated by separating the
foot and shank into two separate segments. Each
segment was then labeled with all the external forces and
moments acting on it. See figures la and 1b for the free
body diagrams of the foot and shank, respectively.

Figure 1a - Free Body Diagram of the Foot
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Figure 1b - Free Body Diagram of the Shank
Free body diagram of the foot
The free body diagram of the foot includes the weight of
the foot (mf g) originating at its center of gravity (CG),
the ground reaction force vector (Fplate) originating at
the center of pressure, the forces acting at the ankle
(Fankle) the moments acting at the ankle (Mgnk)e), and
the free moment (M;'). Summing the moments about
the CG of the foot yields the following equation:
IM©TT = I o M
Mankle + Mz + (rp x Fplate) + (b X Fankle) = ¥rx 0 (2)
where Iy is the moment of inertia of the foot; oy is the
angular acceleration of the foot; ry is a position vector
from the CG of the foot to the center of pressure; and Yh
is a position vector from the CG of the foot to the center
of the transmalleolar axis. Solving equation (2) for the
moments acting about the ankle yields:
Mankle = If x 0tp - My - (13 x Fplate) - (¢p X Fankle) (3)
Fankle can be found by applying Newton's second law:
Fankle = mf (a-g) - Fpiate )
where a is the acceleration of the foot.

Free body diagram of the shank
The free body diagram of the shank includes the weight
of the shank (mgg) originating from its CG, the forces
and moments acting at the ankle (Fapyje and Mankie),
and the forces and moments acting at the knee Frnee
and Mgpee). Summing the moments about CG of the
shank yields the followin%&quations:
IMY =g x 0 (5
Minee - Mankie - (fc X Fankle) + (¢d X Fknee) = Ig x &g (6)



where I is the moment of inertia of the shank; oy is the
angular acceleration of the shank; r¢ is a position vector
from the CG of the shank to the center of the
transmalleolar axis; and rq is a position vector from the
CG of the shank to the knee. Solving equation (6) for the
moment about the knee yields:

Mynee = Is X 05 + Mankie + (rc X Fankle) - (td X Finee) ()

Moment about the Lower Leg

The moment about the lower leg is equal to the dot
product of the moment at the knee with a unit vector in
the tibial direction:

Miibia = Mknee ® Uibia ®
where Miipig is the moment around the lower leg and
Utibia is a unit vector in the tibial direction. Substituting
equations (3) and (7) into equation (8) yields the
following;

Mitibia =I5 X O © Ugpja + Ip X Of © Ugpia - My @ uipig
- (r3 X Fplate) ® Ugibia~ (Tb X Fankle) ® Utibia
+(r¢ X Fankle) ® Utibia - (*d X Fknee) © Utibia ®

The following assumptions have been made to simplify
equation (9):

o I X O ® Uy, =0, assuming that I  is small
compared to that of other segments in children.

o Ipx o ®upis =0, assuming that Ipis small
compared to that of other segments in children.

o (rc x Fapkle)® Wibia = (rc X Utibia)® Fankle =0,
assuming Ujbja and rc are approximately parallel
to each other.

o (rd x Fknee) ® Utibia = (vd X Utibia) * Fknee =0,
assuming Ujpia and rq are approximately parallel
to each other.

*  Fankle = - Fplate, assuming mf (a-g) is small in
comparison to Fankie and Fplate-

Thus, equation (9) can be reduced to

Miibia = (Mg - (r¢ X Fplate)) * Utibia (10)
where re = (ry - Ip) Equation (10) is the final solution
for the moment about the lower leg.

The purpose of this research is to determine the effect of
wearing neutral position foot orthoses (NPFOs) on the
tibiofibular moment during gait of children with DS.
The hypothesis is as follows: If NPFOs, by modifying
foot alignment, modify the lever arm between the ground
reaction force vector and the long axis of the tibia and
fibula during gait, then NPFOs will also modify the
moment about the tibia and fibula.

PROCEDURES

Thirteen 3-6 year old children with DS were evaluated
during comfortable cadence locomotion using kinetics
and kinematics. Data was collected across three
conditions for each subject: in shoes alone, in NPFOs
after a 1 week wearing period, and in NPFOs after a 6-8
week wearing period. Kinematic data was collected at
60 Hz using the Podiatric Telefactor Motion Analysis
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System, and kinetic data was collected from Kistler force
‘plates at 200 Hz using a PDP 11/24 minicomputer.
Velocity data was also collected from a tachometer at
200 Hz.

RESULTS

A typical tibiofibular moment curve has an external
moment followed by an internal moment with the zero
crossing between 30% and 40% of stance (figure 2).
Using a repeated measures ANCOV A with velocity as
the covariate, the peak external moment amplitude was
significantly different for children with DS before and
after wearing orthoses.
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Figure 2 - Typical tibiofibular moment (normalized by
BW) from a child without disability, n=3

DISCUSSION

Traditionally in gait analysis, moments are calculated
about joint axes. We have demonstrated a purpose and
method for quantifying moment about the long axis of
the lower leg. Because young children’s bones are
malleable, they are probably affected by this torsional
moment. Our results show that the hypothesis is
accepted for the peak external tibiofibular moment.
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INTRODUCTION

The effect of a collar in cemented hip replacements has long
been debated and is still a controversial issue [1,2]. Propo-
nents of collared designs believe that the collar will transfer
the applied load directly to the proximal calcar region, thereby
loading the femur more physiologically [1]. Critics argue thai
the beneficial effects of the collar are never realized in prac-
tice, since the ability of a collar to transfer load directly to the
bone relies on the difficult task of achieving and maintaining
calcar collar contact [2,3]. Additionally, critics contend that
the collar will neither increase the femoral loading to the
degree necessary to maintain bone stock nor will a collar
load the bone in a truly “physiological” manner [2].

While experimental and analytical studies suggest that the
coltar does increase the toad transferred to the proximal
femur as compared to a collarless implant [3,4], it is still
unclear whether the results of these studies have clinical
applicability. Oh and Harris [4] performed a strain gage
experiment that demonstrated increased load transfer with
the use of a collared implant; however, the implants they
used had fundamental differences in addition to collar type.
The specific design variable of a collar was not isolated and
therefore it is unclear whether differences were a result of
other design variations. Crowinshield et al. [3] conducted a
finite element analysis that demonstrated an increase in fem-
oral loading for a collared implant; however, assumptions
made to construct the model, in particular the ideal represen-
tation of interface conditions, leave the question of whether a
collar will actually increase the femoral loading in a clinical
setting as yet unanswered.

The effect of an implant collar was evaluated by measuring
the femoral surface strains for two implants that were identi-
cal except for the presence of a collar on one of the implants.
Preliminary experimental and finite element analyses indicate
that in a non-cemented model, the conically shaped collar
used for this study could provide adequate mechanical stimu-
lus to maintain proximal bone by generating hoop stresses in
the femur [3,4]. The goal of this study was to explore the
effect of a collar in a cemented model.

MATERIALS AND METHODS

Two prosthesis designs, one with a conically shaped collar
and the other with no collar (otherwise they were identical),
were manufaciured for this study (Figure 1). Eight composite
femora (Pacific Research Labs, Vashon, WA) were instru-
mented with strain gages (Micro-Measurements, Raleigh,
NC). Atotal of six strain gages were used: 3 three-element

Top Top
View View
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View View
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Figure 1: Femoral Implant Designs: (a) Collarless and (b)
Conical Collar

stacked rosettes were applied on the anterior, medial, and
posterior aspects 5 mm distal to the resection line; one three-
element stacked rosette was mounted on the medial aspect
25 mm distal; and 2 two-element stacked rosettes were
applied on the medial aspect at 85 and 145 mm distal. One of
the two most distal gages was located proximal and the other
distal to the implant tip.

The load was applied to the femora by a servo-hydraulic test-
ing machine (MTS, Minneapolis, MN) using a lever mecha-
nism that applied a load to the femoral head and to the
greater trochanter (Figure 2). The loading set-up simulated
single limb stance phase of gait by applying the load at 20°
from the vertical. The load transmitted to the trochanter was
monitored with a miniature load cell. A ramp load from 0 to
2000 Newtons was applied at a frequency of 1 Hz to precon-
dition the system for four cycles; data were taken on the fifth
cycle. Strain gage data were sampled continuously through-
out the test, as were the abductor and MTS loads. The fem-
ora were tested intact and then prepared for implantation
using standard surgical procedures and instrumentation. The
femoral canal was prepared using precision reamers to
match the proximal surface to the collar geometry prior to
cementing. Four femora were implanted with the conically
collared implants and four received the collarless implants.
Strain gages remained in
place between the intact
and implant tests.

Strain measuremenis were
compared between the
intact and the different
implant types for a resultant
head load of 2000 N (3 x
bodyweight). Maximum
and minimum principal
strains were calculated for
all three-element rosettes.

Figure 2: Load Application
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Strain energy density (SED) was caiculated for all gages.
SED was calculated from the biaxial gages by assuming that
the gages were aligned along the principal axis.

One factor ANOVA was used to test for statistical signifi-
cance (p<0.05) between the measured strains and the calcu-
lated principal strains and SED for all gage locations.

RESULTS

The principal strains measured at the gage locations on the
anterior and posterior surface did not demonstrate much vari-
ation between the intact and two implant models. Figure 3
shows the minimum principal strains for the three-element
rosettes located on the medial aspect at 5 mm and 25 mm
distal to the resection line. The intact and arthroplasty groups
were significantly different for both gage locations (p<0.002).
The difference between the two implant groups was signifi-
cant only for the gage located at 25 mm, with the conically
collared implant producing strains of 39.0% of intact and the
collarless group producing strains of 26.7% of intact. Figure 4
shows the results for SED along the medial side. All differ-
ences between the intact and arthroplasty groups were sig-
nificant; however, none of the differences between the two
implant groups were. The location 5 mm distal to the resec-
tion line, for both implant types, experienced 5% of the intact
SED. The 25 mm distal location for the conically collared
implant had an SED of 15.5% of intact, while the femur with
the collarless implant had an SED of 7.5% of intact.

DISCUSSION

The two implants used in this study significantly reduced the
surface strains in the proximal femur from the intact model
along the medial aspect of the femur. The increase in princi-
pal strain for the conically collared implant, while being signif-
icant statistically, is probably not large enough to be clinically
meaningful. SED, which is used as the basis for bone remod-
eling algorithms [5,6], is dramatically decreased between
intact and implant groups, but demonstrates no difference
between implant groups. The differences in SED at the loca-
tion below the tip of the implant (145 mm) could be explained
by the presence of cement in the femoral canal or by
changes in femoral head offset resulting in differences in
loading conditions between the intact and arthroplasty mod-
els. The significant reduction in proximal SED is clearly the
result of stress shielding.

This study demonstrates that, in the case of a cemented
implant, the presence of a collar does not substantially
increase the proximal strain energy density in comparison
with a collarless implant. Thus, from a purely mechanical per-
spective, we would predict no clinical benefits due to the
addition of a collar in cemented hip arthroplasty.
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Figure 3: Minimum Principal Strain (ustrain, mean + SEM)
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Figure 4: Strain Energy Density (J/m3, mean + SEM)
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INTRODUCTION

A new swelling type composite material system
capable of self-fixation to bone has been recently
developed for bioimplant applications (Greenberg and
Kamel, 1978; Sharda and Kamel, 1993; Ahmad and
Kalidindi, 1994). Seli-fixation is achieved after
implantation by swelling of the implant material which
results in an expansion-fit mechanism. Swelling of the
implant matetial is accomplished by absorption of
surrounding body fluids. The proposed material
system for the swelling type implant applications
comprises of a copolymer matrix reinforced by three-
dimensionally braided graphite fibers. The copolymer
matrix is designed to be slightly hydrophilic and
provides the swelling characteristics to the material
while the 3-D braided graphite fibers provide excellent
mechanical properties which include modulus,
strength, fracture toughness, fatigue strength, and
impact resistance.

A detailed experimental study was conducted to
investigate the swelling and self-fixation
characteristics in bone of this new class of
composites. The main variable in the study was the
composition of the matrix which governs the swelling
behavior of the material. The major goal of the study
was to optimize the composition of the matrix to yield
the best fixation characteristics in bone. The swelling
characteristics studied included saturation swelling
strains, diffusion coefficients, degree of degradation of
mechanical properties with swelling, and the effect of
pressure on swelling. The self-fixation characteristics
of the proposed material in bone were evaluated
through a series of push-out tests.

REVIEW AND THEORY

The idea of swelling type implants was originally
introduced by Greenberg and Kamel (1978). Sharda
and Kamel {1993) have recently developed a textile
composite material system comprising of Polyacrylic
Acid and graphite fibers. Although, this material
system has good mechanical properties in the dry
state, it showed a substantial loss in modulus and
strength at saturation, making it unsuitable for the
swelling type implants. A comprehensive study of the
stress tields and interfacial micromotions in the
swelling type implant-bone system was recently
conducted by Ahmad and Kalidindi (1994) using finite
element techniques. Their study led to the
development of a new matrix material, which swells in
a controlled manner and at the same time limits the
degradation of mechanical properties of the
composite to fairly low values. The matrix proposed

by Ahmad and Kalidindi (1994) is a copolymer
comprised of a hydrophobic and a hydrophilic
polymer. Swelling behavior can be controlled by
varying the ratio of the copolymer components. The
major purpose of this study is to experimentally
determine the effect of the matrix composition on the
swelling and fixation characteristics in bone of the
newly proposed composite material.

PROCEDURES

Cylindrical samples of the material (both matrix
material and the composite) were machined and
immersed in saline solution for extended periods of
time, while monitoring weight and volume changes in
the samples due to absorption of fluids.

Simple compression tests were performed on different
sets of samples in both dry and saturated conditions.
Elastic moduli and strengths of the material were
estimated from these tests.

Two types of pushout tests were performed. in the
first set of tests cylindrical coupons of the material
were slip fitted into cylindrical rings machined out of
corttical bovine bone. These samples were placed in
saline solution and the implant material was allowed
to swell. Push-out tests were conducted at various
intervals on these samples covering a period of up to
two months of exposure to saline solution. The
maximum load required for pushing the implant out of
the bone-implant assembly was recorded and the
frictional shear strength of the bone-implant interface
was computed. In the second set of tests cylindrical
samples of the implant material were implanted into
holes drilled in the midshatft region of the cortical wall
of swine femurs and immersed in saline solution for
three days. Push-out tests were once again
conducted (see Figure 1) on these samples. The
bones were then sectioned tc measure the bone
thickness at the sample site and the frictional shear
strength of the interface was computed.

Figure 1. Setup for pushout test on swine femurs.
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RESULTS AND DISCUSSION

Although a number of matrix compositions (i.e. the
ratio of hydrophobic to hydrophilic components of the
copolymer) were evaluated in this study, for brevity,
we report here the results of only two compositions.
These will be identified as ‘ratio1' (80:20)and 'ratio2'
(60:40) in the following discussion.

Figure 2 shows plots of volumetric swelling strain in
the copolymer matrices as a function of time. lt is
seen that the swelling strain in the material reaches
an asymptotic value at saturation, and that this value
is strongly influenced by the matrix composition.
Typical stress-strain plots on dry and saturated matrix
samples are presented in Figure 3 and indicate that
there is a significant loss of modulus and strength with
swelling. This degradation in mechanical strength was
observed to be strongly dependent on the degree of
swelling in the matrix.
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Figure 2. Swelling behavior of two matrix ratios.
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Figure 3. Stress Strain curves for identical dry

and saturated copolymer samples.
The load-displacement curves obtained from push-out
tests are shown in Figures 4 and 5. The data shown in
Figure 4 corresponds to a single matrix composition

and indicates that the fixation improves with exposure
time. The data shown in Figure & indicates that better
fixation is obtained with ratio 1 compared to ratio 2, in
spite of the fact that ratio 2 actually has a higher
swelling strain compared to ratio 1 (see Figure 2).
This can be explained by the higher degradation
associated with ratio 2. Similar data was obtained for
a number of other compositions and will be presented.
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Figure 4. Pushout Load Displacement curves at
different swelling rates.
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Figure 5. Typical data for pushout tests on swine
femurs.
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INTRODUCTION

A novel design for intramedullary hip implants that
attain self-fixation by an expansion-fit mechanism due
to controlled swelling of the implant (by absorption of
body fluids) was examined in detail using a finite
element model of the femur-implant system. Some of
the potential advantages of this technique over
traditional techniques include enhanced fixation, lower
relative micromotions, bone calcification, improved
bony ingrowth, and elimination of acrylic cement. The
finite element model created in this study incorporated
(i) the complex three dimensional geometry of the
femur and implant, (ii) the anisotropic elastic
properties of bone and implant materials and the
changes in orientation of the principal axes of
anisotropy along the length of the bone-implant
system, (iii} a layer of cancellous bone between the
implant and cortical bone in the proximal-medial
femoral region, and (iv) frictional sliding between the
bone and implant. The model was used to study
quantitatively the influence of various material and
geometric design variables in the bone-swelling type
implant system. Based on the results of the finite
element analyses, ideal ranges of values for the
design variables were established to produce optimal
stress patterns and interfacial micromotions. It was
observed that swelling of the implant resuits in
enhanced fixation characteristics and greatly reduced
interfacial micromotions.

REVIEW AND THEORY

A new self-fixation technigue using the concept of a
swelling-type implant was introduced by Greenberg
and Kamel (1978) in an attempt to provide a viable
alternative to both the traditional cemented and non-
cemented techniques. This implant swells in a
controlled manner by absorption of body fluids and
achieves fixation at the implant-bone interface by an
expansion-fit mechanism. Controlled swelling of the
implant produces a compressive pressure on the
entire bone-implant interface which is expected to
enhance frictional resistance to sliding between bone
and implant. Therefore, enhanced fixation can be
obtained in a short time when compared against
conventional cemented and non-cemented implants.
The better fixation would, in turn, result in lower
micromotions and reduce disruption in bone ingrowth.
Additionally, a tensile hoop stress is introduced in the
femur due to the swelling implant, and this stress
mitigates bone resorption. In fact, Greenberg et al.
(1978) have shown that the tensile hoop stress in
bone promotes bone densification, thereby providing
excellent long term fixation characteristics.

Although research on the swelling type implants has
begun circa 1978 (Greenberg and Kamel, 1978;
Greenberg ef al., 1978), progress leading to design
and commercial utilization of this novel concept has
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been greatly hamperad by lack of quantitative
understanding of the influence of swelling of the
implant on the resulting stresses and relative
micromotions in the bone-implant system. Such an
understanding is very important to establish a set of
optimal hygro-mechanical properties (such as
saturation swelling strain, anisotropic elastic moduli
and strengths, etc.) for the material development and
evaluation studies. For example, it was not clear what
should be the magnitude of swelling strains in these
implants. Kamel and co-workers have, in recent
years, expetimented on a textile composite
comprising of three-dimensionally braided carbon
fibers in a Polyacrylic Acid matrix (Sharda and Kamel,
1993) which typically swells upto about 10% by
volume when left in water for a long time {under free
swelling conditions). However, an experimental
investigation of the mechanical properties of these
composites in dry and saturated conditions revealed
substantial degradation of mechanical properties (i.e.
loss in modulus and strength) in the composite after
swelling, making the material systemn unsuitable for
implant applications. Since, swelling of any material
by absorption of water is fikely to be accompanied by
degradation of mechanical propetties, it follows that
the only viable approach to realization of the novel
implants described here is to limit the swelling strain
in the material to a sufficiently low value such that the
degradation is minimal while achieving the necessary
fixation. The magnitude of swelling strains necessary
for good fixation characteristics and the range of
elastic moduli and strengths required from the
material in its saturation state need to be established
before further progress can be made in the
development of these implants.

The goals of the present study are to (i) develop an
understanding of the mechanism of load transfer in
bone-swelling type hip implant system in order to
critically evaluate the advantages and disadvantages
of the swelling type implants over the traditional
implants, and (i) to establish a range of optimai
hygro-mechanical properties that will serve as a target
for material development and evaluation studies. A
finite element model of the bone-implant system was
developed for this purpose, and is described next.

PROCEDURES

A three dimensional finite element mesh was
generated using the commercial software COSMOS
(COSMOS, 1992). The mesh is shown in Figure 1
with longitudinal and transverse sectional views, and
is based on the detailed information on the geometry
of a human femur reported by Huiskes et al. (1981).
Note that we have only modeled one half of the
bone-implant system (plane dividing the system into
two halves happens to be a plane of mirror
symmetry for geometry and loading conditions used



in this study) in order to reduce the memory and
CPU requirements. 3
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Fiéure 1. FE mesh and loading conditions.

The generated finite element mesh was transported
to the commercial finite element software ABAQUS
(1994) and a stress analysis was performed using
this mesh. The finite element model shown in Figure
1 has 1440 solid, three-dimensional, continuum
elements (C3D8 elements; ABAQUS, 1994), and
192 two dimensional interface elements (INTER4
elements:; ABAQUS, 1994). The interface elements
permit frictional sliding of the implant with respect to
the bone and provide an estimate of the relative
micromotions between the bone and implant at
various points on the interface.

The bone and implant were assumed to have
orthotropic material properties. These properties are
best described with respect to a local reference
frame aligned with the radial, circumferential, and
axial {corresponds to the axis of the intramedullary
canal) directions. A user subroutine (ABAQUS,
1994) was written to describe the local orientation of
the axes of orthotropy in each of the elements with
respect to the global fixed orientation.

A volumetric swelling strain was imposed on the
elements representing the implant in our model. This
swelling strain was taken to be orthotropic and the
axis of orthotropy was chosen to be same as the one
described for the elastic properties of the implant and
bone. The swelling in the implant and the load are
applied sequentially, i.e., the implant is allowed to

swell first and then followed by the application of load.

The load applied is shown in Figure 1. The loading
conditions and properties of the bone have been kept
fixed in all of the analyses, however, the hygro-elastic
properties of the implant were varied.

RESULTS AND DISCUSSION

A number of finite element analyses were performed
using the model described here and the parametric
influence of the various design parameters in the
implant-femur system were investigated. Design
parameters studied included the swelling strain in the
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implant, the implant elastic properties, the anisotropy
of swelling strain, and stem length. Typical results of
micromotions obtained from the finite element
analyses are shown in Figure 2. Based on the results
for the stress fields in the bone-implant system and
the micromotions at the bone-implant interface, an
ideal range of values was set for all of the important
design parameters. This range of values is
summarized in Table 1.
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Kamel.
Variable Appropriate Range
Swelling Strains 1-2%
Anisotropic Swelling 7:7:1
Orthotropic E11=25-35 E22=25-35
Modulli E33=45-55 GPa
Stem Length No major Effects

Table 1. Summary of results from FEM analyses
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INTRODUCTION

Accommodative in-shoe orthoses have been made for many
years to alleviate the problems caused by elevated plantar
pressure in diabetic neuropathy, principally to prevent plantar
ulceration. To date, no biomechanical analysis has been
performed to evaluate the effectiveness of current practices.
In the present study, two-dimensional, nonlinear finite element
(FE) models are used to study the effectiveness of
elastomeric foam in-shog orthoses in reducing peak plantar
pressure.

REVIEW AND THEORY

Ulceration in plantar soft tissue has been identified as a major
problem in patients with peripheral neuropathy, particularly
those suffering from diabstes mellitus. Elevated plantar
pressure has been identified as a primary risk factor in
ulceration. Current practice is to apply a footwear intervention
at the foot-shoe interface to reduce plantar pressure levels.
The present study proposes finite element models which can
be used in conjunction with clinical measurements to gain
insight into the effectiveness of a given orthosis. Finite
element models have been successfully employed o simulate
the behavior of soft tissues (Oomens et al., 1987) and their
interactions with orthotic devices (Vannah and Childress,
1993). This study employs finite element modeling to study
the effecliveness of accommodative foolwear orthoses in
reducing peak plantar pressure,

PROCEDURES

The medels in this study are sagitial plane sections of the
second metatarsal bone with dorsal and plantar soft tissue,
and a section of an accommodative footwear orthosis. Each
modei extends from the proximal end of the second
metatarsal to the joint space at the metatarso-phalangeal joint.
The models contain between 1053 and 2025 nodes, and
between 880 and 1840 bilinear continuum elements. The
relatively stiff bone material is assigned linear elastic material
properties with published values of Young’s modulus and
Poisson’s ratio for bone. The much less stff and highly
deformable soft tissue is given hyperelastic material
properties with a second order, polynomial strain energy
density function. Constants for the strain energy density
function are obtained from experimental measurements and
verified using simple finite element models. The interface
between foot and footwear is modeled by slide line elements.
Footwear orthoses (in this case, foam insoles) are
represented by hyperelastic, elastomeric foam material using
a fourth order strain energy density function. Constants for
the strain energy density function for the foam material have
been obiained from compression tests of core samples which
have been verified by finite element models. Vertical loads
are applied o the metatarsal bone.

A pilot validation study was conducted using insoles of
varying thicknesses of elastomeric foam. Six different insole
thicknesses were modeled for each of the iwo tissue
conditions (normal tissue and reduced tissue), fotaling twelve

analyses. In addition, clinical measurements have been
performed on two subjects (one with normal tissue, one with
reduced tissue), and using insoles identical to those of the
finite element models. These measurements were taken
during normal gait using in-shoe plantar pressure devices
(PEDAR, Emed Systems Gmbh), placed at the foot-footwear
interface.
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Figure 1: Peak normal stress vs. insole thickness, normail
and reduced tissue. Contains both analytical and
experimentai data.

RESULTS AND DISCUSSION

The peak plantar pressure values predicted by the finite
element models compare well with clinically measured values.
Figure 1 shows peak normal stress comparisons between the
measured and analytical results for both the normal and
reduced tissue conditions. Results suggest that the finite
element method is a useful tool for studying the relative merits
and mechanical characteristics of footwear orthoses as they
react with plantar tissue.
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INTRODUCTION

Valgus osieotomy of the proximal tibia is a well
accepted  method for treating medial
compartment osteoarthrosis of the knee. While
indications in the elderly have been diminishing
with increasing reliability of arthroplasty, the
use of high tibial osteotomy (HTO) in
conjunction with ligamentous repair procedures
has been increasing in younger patient groups.
Recently, several authors have advocated
medial-side opening wedge procedures as an
alternative to the classic lateral-side closing
wedge (Coventry) procedure. While technically
...... difficult o the potential
advantages of opening-wedge HTO include
avoidance of patellar tendon shortening and
patella infera, preservation of proximal tibiai
bone stock, less intra-operative difficulty in
ligament tension balancing, preservation of the
proximal fibula and tib/fib joint, and greater
ease of conversion to total knee arthroplasty
should the need arise. Moreover, if stabilized
using an external fixator capabie of graded
length adjustments, opening wedge HTO’s can
achieve very precise angular corrections, and
can employ the principle of callotasi (as
developed originally for limb lengthening) to
avoid the need for bone graft. Clearly, however,
a medial opening wedge involves very different
local structural alterations than does a lateral
closing wedge, with potentially very different
distension/relaxation of major ligamentous
structures (MCL, LCL, ACL, patellar tendon,
posterior capsule), and different changes of
articular contact stresses in the respective tibio-
femoral and retro-pateliar compartments.
Moreover, such structural alterations might well
be different depending on whether the medial
wedge is opened above or below the level of the
tibial twbercle. To systematically investigate
these important mechanical considerations, we
developed a laboratory cadaver model of

perform,

175

opening- vs. closing-wedge high tibial
osteotomy.

MATERIALS AND METHOD
Six  fresh-frozen cadaver legs free of

musculoskeletal abnormality were disarticulated
at the hip, and then x-rayed positioned vertically
in full extension with a 20-kg weight suspended
from the femoral head, for conventional
measurement of the mechanical vs. anatomic
axes. After subsequent sectioning 20 cm above
and below the joint line of the knee (with
stripping of all pon-periarticular soft dssues),
the specimens were loaded in an MTS-based
modified Huberti-Hayes apparatus, to flexion
angles of 10°, 30°, and 45°. Special fixturing
was developed to insure appropriate geometrical
offset between the specimen and the loading axis
of the test machine. Electromagnetic
displacement sensors were used to monitor
distensions in the MCL, LCL, ACL, pateliar
tendon (PT) and at the back of the capsule
(BOC). PresSensor contact film, quantitated by
digital image analysis, was used to measure
contact stress distributions in the medial and
lateral tibio-femoral compartments, and at the
retropatellar surface. Specimens were tested
first as-received, then with 3° and 7° supra-
tubercle opening-wedge HTO (stabilized with an
Orthofix device), 3° and 7° infra-tubercle
opening-wedge HTO (Orthofix), and finally 3°
and 7° closing-wedge HT'O (plate stabilization).

RESULTS

The data showed that all three modes of HTO
performed comparably in terms of achieving
lateral shift of the resultant load axis. Series-
averaged shifis of the centers of pressure in the
medial and lateral tibio-femoral components are
illustrated in Figure 1. In all instances, the 7°
corrections were more effective than the 3°



corrections. Series-averaged histograms of the
contact stress distributions (Fig 2) revealed
consistent elevations of contact stress laterally,
and reductions medially, the essential clinical
goal of HTO. There were no statistically
significant differences among osteotomy modes
in that regard. All three modes of valgus
osteotomy caused increased tensioning of the
MCL at any given flexion angle, and increased
relaxation of the LCL, again with consistent
differences between the 3° and 7° corrections,
but not between the respective wedge modes.
There were no substantial mode-dependent
differences in the ACL or BOC strains, but the
supra-tubercle opening wedge caused additional
tightening of the patellar tendon. Subjectively,
we noted that varus-valgus stability was best for
the infra-tubercle opening wedge procedure (and
worst for the closing wedge), whereas anterior-
posterior stability was best for the supra-tubercle
opening wedge. Significantly, several additional
specimens were ruined prior to test protocol
completion due to fractures at the tibial tubercle
for infra-tubercle opening-wedge cases loaded at
the higher (45°) flexion angles, apparently due
to lack of anterior stabilization by patellar
tendon contact.
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DISCUSSION

We believe that these data indicate that the
medial-side opening wedge HTO does not
involve any untoward effects in terms of either
articular contact stress concentrations or
ligament strains. Moreover, opening wedges
seem to be comparable to closing wedges in
terms of their ability to achieve clinically-
desirable reallocation of load from the medial to
the lateral compartment. While some issues of
varus-valgus and anterior-posterior instability
deserve further investigation, we believe that the
results of the study support the use of medial-
side opening-wedge procedures, both supra- and
infra-tubercle, as a biomechanically reasonable
alternative to lateral-side

opening wedges.

ACKNOWLEDGEMENTS

Mr. D.R. Pedersen, Mr. E.C. Barich, and Dr.
M.]. Rudert lent valuable technical assistance.
Financial support was provided by EBI, Inc.,
and Orthofix, Srl.

Shift of Lateral Compartment Cenler ol fressute
20 A A T

5l . i ) PP B

-5 0 5 10 15
Loterol Shift (mm)

Loterol Compartment Pressure Histogram
¥ N T T T T

25

Engoged Arca (mmz)

A ? 25 - ‘{
- 20 Pre-Op —
[ ~—-—— Infra-7
i — -~ —-—Supra-7 1
— 15:— —o ... —Closing-7

6
Physiologic Contact Stress (MPa)

176

6 8 10 12
Physiologic Contact Stress (MPo)
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INTRODUCTION

After a Total Knee Arthroplasty (TKA), the knee
joint undergoes a change in boundary conditions.
Therefore, it is important to understand knee
kinematics under in vivo, weightbearing conditions.
Fluoroscopy has been used effectively by researchers
to analyze existing TKAs during these conditions
[1,2]. By developing a normal knee control, it is
possible to compare kinematic results from implants
with those obtained from the normal knee group.
These comparisons, can be used to determine if there
are. certain soft—tissue parametels that are altexed
nnnnnnnnnnnn
producmg poor kinematic profiles. The goal of thls
study was to derive and compare kinematic profiles
for normal knees, ACL deficient knees and TKAs for
subjects performing a deep knee bend to maximum
flexion.

PROCEDURES

Initially, forty subjects were studied kinematically
using fluoroscopy videos. Ten subjects had normal
knees, ten had ACL deficient knees, ten had a
posterior cruciate retaining (PR) implant and ten had
a posterior cruciate substituting (PS) implant. A
surgeon control was used, where each TKA analyzed
in the study was implanted by the same surgeon. The
implants chosen for the study were Press Fit
Condylar PR and PS designs (Johnson and Johnson
Orthopedics, Raynham, Mass.). Each subject, flexing
in the sagittal plane, performed successive deep knee
bends for fluoroscopic surveillance. The videos were
analyzed using an inverse prespective technique.
Each subject’s motion was captured on a VHS video
and a three dimensional database determined by
digitizing three discrete positions on the femur, tibia
and patella. These discrete positions were chosen at
full extension which was the initial leg position. Asa
subject flexed, three dimensional coordinates were
determined for each of the nine positions relative to
fixed position on the computer screen. Using Euler
angles, these chosen positions were transformed into
the tibia reference frame. Each subject’s range of
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motion (ROM) was also determined using the
digitized data.

RESULTS

Fluoroscopic evaluations were first conducted on the
normal knees, as shown in Figure 1, to determine a
normal control that could be compared to the ACL
deficient knees and those implanted with TKA.

Figure 1. Fluoroscopy of the normali knee.

In Figure 2, the position of the femur on the tibia is
shown for a normal, ACL deficient, PS-implanted,
and PR-implanted knees. The midline of tibia in the
sagittal plane is denoted as the origin position, which
is 0 mm. From this midline position, the anterior
direction is denoted as positive, and the posterior
direction as negative. The normal, ACL deficient
and PS femur contacted the tibia anterior to the
midline of the sagittal plane in the tibia reference
frame. At full extension, the normal knee made
contact in the range of 6 to 10 mm, the ACL
deficient knee in the range of 3 to 7 mm, and the PS-
implanted knee 0 to 4 mm. The PR-implanted knee
differed from the other knee types, such that the
initial contact was posterior in the range of - 8 fo -
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Figure 2. Kinematic profiles of the four knee types in
the A/P direction.

15 mm. Table | shows a comparison of the position
data of each knee type. In Table 1, the minimum,
maximum, and median (average) positions of the
femur on the tibia are shown.

Table 1
A/P Position Data of the Four Knee Types

KNEE TYPE MIN. MAX. MED. RANGE
(mm) (mm) (mm) (mm)
NORMAL 52 6.0 49 12
DEFICIENT 43 53 32 10.0
PS DESIGN -10.3 44 -3.6 14.7
PR DESIGN 219 -138  -145 8.0

Also shown are the range, which is the amount this
contact position has translated. In comparing the
ROM resuits of the four knee types, the normal and
ACL deficient knees were similar, but the PS-
implanted design experienced 10% more knee
flexion when compared to the PR-implanted design.

DISCUSSION

The femur of the normal knee contacts the tibia
anterior to midpoint in the sagittal plane in full
extension and translates in the posterior direction as
the knee flexes. The femur of the ACL deficient
knee also initially contacts the tibia anterior to the
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midpoint, but as this type of knee flexes, increased
joint laxity is observed as the femur translates further
posteriorly then the normal knees. The femur of the
PR-implanted knee contacts the tibia posterior to the
midpoint in extension. As this type of knee flexes
the femur either remains posterior or translates in the
anterfor direction, which is, kinematically opposite of
the normal knees. The femur of the PS-implanted
knee contacts the tibia anterior to the midpoint at the
initial position and asthe knee flexes the femur does
translate posteriorly on the tibia, best simulating the
normal knee kinematics.

It must be noted that the data collected from this
study was from a single surgeon. The results
obtained compared similarly with those results from
Stiehl et.al [2] for the PS-implanted design, but were
dramatically different for the PR-implanted designs.
Stiehl et.al observed that the femur of the PR-
implanted designs contacted the tibia posterior at full
extension and slid anteriorly as the knee flexed.
Their results showed a slide in excess of 20 mm for
certain PR-implanted designs. This is suggestive that
the PR-implanted designs have a wide variation of
knee kinematics and that the implants are very
sensitive to surgical technique. In contrast, the
kinematics of PS-implanted knees appear less
variable and therefore, may be more reproducible.
This work to date demonstrates that the PS-implanted
knees replicate normal knee kinematics for a deep
knee bend better than the PR-implanted knees used
in this study.

CONCLUSION

The kinematics of the knee does change when the
ACL is damaged or removed. The PS-implanted
knees possibly simulate normal knee kinematics
better than the PR-implanted knees for this particular
design. The authors feel that more data needs to be
collected before definite conclusions can be made.
They are in the second phase of this work, adding 60
more knees to the study.
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INTRODUCTION

This study examines the changes occurring in the
patello-femoral contact pressures during knee flexion
following total knee replacement, using the Insall-
Burstein II Total Condylar design (Zimmer, Warsaw,
IN). Attention is focused on the effects of a 5° inter-
nal or external rotations displacements of the femoral

component.
REVIEW AND THEORY

Long term clinical results have demonstrated that re-
placement of the patello-femoral joint in Total Knee
Replacement (TKR) is still the source of many compli-
cations, mostly due to instabilities, surface wear, frac-
tures and loosening. Hence, higher stress and strain
levels in the resurfaced patella were found to favour
wear and fracture of the button (Windsor et al., 1989).

Previous studies on patellar biomechanics following
TKR have shown how the natural knee patellar track-
ing was modified after knee replacement {Anouchi
et al., 1993).
femoral component, which unlike design geometry is

In particular, the positioning of the

a factor mainly under the surgeon’s control at inser-
tion time, has been recognized as an important factor
influencing patellar tracking. However, little is known
about the possible effects of femoral component posi-
tioning on patellar contact pressure distribution.
Unlike the healthy natural knee, in which confor-
mity between the contacting parts is optimal, the
patellofemoral contact zones are significantly reduced
after Total Knee Replacement leading to higher pres-
sure distribution which also contribute to accelerated
wear of the plastic button (Hsu and Walker, 1989).

The objective of the present study was to determine
the effects of various femoral component positioning
on the patellar tracking and on patello-femoral pres-
sure distribution using the Total Condylar prosthesis.
This could then indicate whether certain positions of
the femoral component would favorably decrease or
conversely adversely increase the patello-femoral con-
tact pressure.
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PROCEDURES

A comprehensive mathematical model of the patello-
femoral joint (Heegaard et al., 1995) able to accurately
compute the joint’s 3D biomechanics was used to in-
vestigate the effects of femoral component positioning
on patellar tracking and contact pressure distribution.
The model consisted of a 3D finite element mesh of the
patello-femoral joint (1000 nodes). Geometrical data
were obtained from 1 mm thick sagittal slice CT-scans
(Somatron DR3, SIEMENS), representing a set of 40
slices for the tested knee joint. The patella was divided
into 3 regions: cortex, spongious bome (considered as
homogeneous and isotropic) and cartilage (considered
as nearly incompressible). The patello-femoral inter-
face was modeled using three-dimensional large slip
gap elements (Heegaard and Curnier, 1993).

Prescribed motion of the tibial insertion of the patellar
tendon during knee flexion and prescribed quadriceps
forces acting on the patella were imposed to the model.

A medium size (A/P 65 mm) femoral component of
an Insall-Burstein Total Condylar prosthesis was dig-
itized with an accuracy of 10 um, into 2000 points
(25 slices of 80 points) using a custom made digitizer
and was inserted into the model, aligning the com-
ponent according to the manufacturer’s guidelines. A
medium sized patellar button (34 mm of diameter),
was inserted in such a way as to preserve the original
patellar thickness.

Finally, the femoral component was inserted into the
model with two non-standard placements, correspond-
ing to a 5° external or internal rotation. These dis-
placements were obtained by rotating the component’s
surface around the appropriate axis and by translat-
ing the rotated surface so as to keep a correct femoral
groove depth. The resulting patellar tracking and
pressure distributions were computed for each case as
a function of knee flexion.

RESULTS

The peak pressures were higher on the lateral com-
partment than on the medial one (Fig. 1). After TKR



most of the pressure was distributed on the lateral
side, with an average 0.5 MPa increase in the peak

pressures.

pressure 102 {MPa]

45 60 75 90 105
knee flexion [deg.) knee flexion [deg.]

@ standard TKR

8 natural knee

Figure 1: Peak contact pressure natural knee vs.
standard TKR
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Figure 2: Peak contact pressure standard TKR vs.
5° internal/external rotation of femoral component

Internal rotation of the femoral component produced a
small overall increase of peak pressure which was more
marked on the medial compartments (+0.15 MPa)
than on the lateral one (40.05 MPa) (Fig. 2).

The mean peak pressure was only slightly increased
on the medial compartment (40.03 MPa) and slightly
decreased on the lateral one (-0.04 MPa) (Fig. 2).

DISCUSSION

Fatigue wear of the patellar button is among the most
commonly observed problems with incongruent pros-
Buechel et al. (91) have evaluated
contact stresses in patellar button of six commonly

thetic designs.

available designs, including the Insall-Burstein-II, un-
der physiological loads. The peak contact stresses for
this prosthesis was higher than the 5 MPa maximum
level recommended by polyethylene manufacturers. In
the present simulations the same loads were applied
on the quadriceps (40 N) as those applied during an
earlier experiment (Heegaard et al., 1994). The re-
sulting peak contact pressure were about 1 MPa and
represented thus much lower values than the 5 MPa

limit. However, when physiological loads would be

applied, the contact pressure would increase follow-
ing a quadratic relation according to Hertzian contact
theory. Physiological quadriceps loads typically range
between two and three times body weight, in which
case contact pressure would raise to the order of mag-
nitude of 10 MPa.

To summarize, none of the applied displacement no-
ticeably altered the contact pressure. Therefore, sta-
bility of the patella should be of primary concern to
the surgeon, as patellar tracking was affected by posi-
tioning of the femoral component. On the other hand,
pressure distribution depended mainly on the femoral
components geometry as it was not markedly affected
by femoral components displacement.
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INTRODUCTION

Damage to ultra high molecular weight
polyethylene (UHMWPE) is one of the primary
mechanical factors limiting the life of a total knee
replacement (TKR). Fatigue failure associated
with the cyclic loading during normal walking
appears to be a primary source of polyethylene
damage. The load distribution (1) changes

ot ono LL,.
substantially during the stance phasc of gait as the

knee undergoes both tractive rolling and sliding.

The purpose of this study was to examine the
dynamic changes in the stress distribution in the
polyethylene component during the cyclic rolling
that occurs during stance phase of gait and thus
examine the possibility of fatigue failure of the
polyethylene component leading to damage of the
component.

THEORY AND PROCEDURE

The loading at the knee joint was taken directly
from measurements obtained during the gait of the
patient following total knee replacement. A model
was used (2) to predict the location and magnitude
of normal as well as anterior-posterior shear force
acting at the knee during the portion of the gait
cycle between heel-strike and pre-swing. The time
between two adjacent sample points at which the
resultant forces were calculated was 8.3 milli-
seconds. Normal and anterior-posterior forces at
20 distinct contact points on the polyethylene were
obtained as input to a stress analysis model. The
stress analysis model was an adopted Hertzian
contact model as described by Smith (3). The
femoral component was assumed to be Co-Cr with
a radius of 55 mm, while the tibial component was
assumed to be flat with a 10 mum polyethylene
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thickness. The modulus of elasticity of
polyethylene was taken as 700 MPa.

The anterior-posterior shear force was posteriorly
directed during the initial stance phase and
reverses its direction when the contact point
between the femur and tibia was at the posterior
zone. This force reversal produces cyclic
variation of the stresses thus inducing fatigue in
the component. The fatigue resistance of the
polyethylene when subjected to fluctuating loads
was studied using modified Goodman criteria(4)
for fatigue failure.

RESULTS

Maximum normal compressive stress always
occurred near the surface while the maximum
shear stress due to tractive rolling always occurred
below the surface. Both the maximum normal
compressive and maximum shear stress occurred
in the posterior zone of contact. The maximum
compressive stress (Fig. 1) in fifteen of the
twenty locations exceeded the yield strength (12
MPa) of the polyethylene causing crecp
deformation of the material.

Large cyclic variations were observed in all three
calculated components of stresses in the posterior
zone of the polyethylene component (Fig. 1). The
normal compressive stress varied from -0.1 MPa
to -19.5 MPa yielding a load ratio of 195 within a
2.75 mm range along the tibial surface in the
posterior zone of contact. The stresses in the
direction of tractive force varied from + 3.2 MPa
to -17.2 MPa yielding a load ratio of 5.4 within a
3.3 mm range near the tibial component surface
also in the posterior contact zone.



The cyclic compressive stress in the polyethylene
component produced a mean stress of 10 MPa and
an alternating stress of 10 MPa. Based on an
endurance strength of 8 MPa for polyethylene (5),
the resulting design factor of safety was found to
be less than one. Similar calculations for stresses
in the direction of tractive force also showed the
design safety factor to be less than unity.

DISCUSSION

The tractive rolling and breaking that occurs in a
TKR during the stance phase of gait can produce
substantial stresses in the polyethylene. High
normal compressive stresses calculated due to
forces occurring during the normal stance phase
were higher than the yield strength of the
polyethylene and thus are responsible for
permanent creep deformation observed in the
posterior zone of the retrieved tibial components.
This permanent deformation forces the knee to
move in a constrained fashion.

Reversal of the tractive force in the posterior zone
of the implant introduced cyclic variation of the
stresses in polyethylene component. The
calculations based on Goodman fatigue failure
mechanism showed that the polyethylene
component is susceptible to failure due to cyclic
loading.

Pruitt et al., (6) experimentally found that tension-
compression cyclic load in UHMWPE caused
fatigue cracks to grow even for a load ratio of 3.
Current analysis showed that the tractive forces
produced a load ratio of 5.4 and thus are
responsible for fatigue failure of the component
near the surface in the direction of the tractive
force. Similarly Pruitt et al. also found that
compression-compression cyclic loading caused
fatigue cracks to grow at load ratios greater than
25. Additionally, they noted that with greater
unloading toward zero stress, as is the case shown
here (-0.1 MPa), the crack length further
increases. The load ratios calculated in the current
study in the normal load direction also exceeded
those reported by Pruitt and thus can cause fatigue
failure in UHMWPE. The substantial change in
the load on the tibial component during the stance
phase of gait can produce fatigue failure in the

posterior zone of the component.
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VALIDATION OF F-SCAN PRESSURE SENSITIVE SYSTEM

Z. Luo, L. Bergiund, A. Westreich, E. Growney, K. An
Orthopedic Biomechanics Laboratory, Mayo Clinic/Mayo Foundation, Rochester, MN

INTRODUCTION

This study performed a quantitative validation of the F-Scan
sensor, a newly developed pressure sensitive transducer. Our
results indicate that with careful calibration, the F-Scan system
can suitably determine pressure distribution between soft
materials.

REVIEW AND THEORY

The F-Scan pressure sensor system (Tekscan, Inc., South
Boston, MA), has recently been developed to measure
dynamic, multiple point pressure between two objects and has
gained in popularity. The F-Scan system has been marketed
as a particularly useful tool for measuring plantar and in vitro
joint pressure because of its dynamic loading response and
muiltiple sensor cells. However, previous studies have been
qualitative due to limited sensor calibrations as well as the

complexity of the sensor's material properties1 3,

This F-Scan sensor consists of two ultra-thin (0.18 mm) Mylar
sheets each printed with parallel rows or columns of an
electrically conductive ink. Each sheet is then coated with a
pressure-sensitive, resistive ink and then assembled so that
the rows and columns intersect to form a grid where the

electrode intersections form active pressure sensitive cells?.
Factors affecting the system’s pressure response inciude the
pressure normal to the sensor surface, the contact surface
hardness, creeping of the resistive ink under pressure, and the
ambient temperature. This study examined the sensors’
response to each of these variables, as well as the system’s
linearity and homogeneity. Such data provides a guideline for
quantitative use the these sensors.

PROCEDURES

The F-Scan sensor used in this study consisted of an insole
sensor designed for plantar pressure measurement. These
sensors consist of 955 individual pressure-sensing cells which
are evenly distributed at 5.05 mm intervals. In these
experiments the sensors were sandwiched between two 6.4
mm thick firm foam pads made of a polymoric foam rubber

material (Sorbothane M, Sorbothane Inc.), and backed by two
12.7 mm thick aluminum plates on each side. An MTS 810
machine (MTS Systems Corporation, Minneapolis, MN) was
then used to apply a uniaxial compressive force to the sensor
through the rigid plates and immediate soft foam.

The sensor's linearity and homogeneity was evaluated using
five pressure levels: 0.048, 0.096, 0.145, 0.193 and 0.241
MPa. From these five levels, a linear regression was -
performed on each cell as:

p=cg+Cix (1)
where p is the pressure with a unit in MPa, x is the sensor
output (represented by the raw electronic signals varying from
0 to 255 levels), and cg and ¢q are two regression coefficients.

Because the maximum applied pressure over the entire sensor
was only about 0.241 MPa under a force of 11123 N, several
randomly selected cells were individually subjected to a much
wider range of locally applied force consisting of five pressure
levels up to 2.282 MPa.

The influence of the contact surface hardness on sensor
output was examined with a uniform pressure of 0.193 MPa
under three surface conditions: 1) Two-foam soft contact
condition, which was the soft surface sandwich outlined above.
2) One-foam soft contact condition, where the bottom foam
was withdrawn. 3) Hard surface condition, where two 1 mm
thick Plexiglas plates were inserted between the foams and the
Sensor.
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Resistive ink creeping effects were evaluated by applying a
stepped load consisting of a fast (within 1 second) load to
0.193 MPa, and then maintaining that load for 120 seconds.

Temperature effects were evaluated by removing the bottom
foam pad and placing the sensor directly on an aluminum plate

precooled to below 0°C. The plate was placed on an electric
heater and a thermometer monitored the sensor temperature
over the course of the test.

In addition to individual curve fitting for each cell, a single
linear equation was used for all the cells to check if the resuit
could be represented by a single regression. The output
variations among different F-Scan sensors were also tested
using three sensors (two additional sensors) under a dynamic
slope loading. These sensors were loaded to 0.241 M%a
within 1 second, and the results evaluated by the linear
regression described by Eq.(1). Standard statistical
procedures were used to calculate means and standard
deviations throughout the cells. For the tests on the same
sensor, the repeated measures analysis of variance (ANOVA)
with Tukey test was used to detect any difference; while
ANOVA with Tukey test was used for the tests among the
different sensors.

RESULTS

The results show that the sensor had an excellent response to

the static loadings throughout all the cells (Fi2 = 0.97925

+0.01589). The sensor response also shows a highly uniform

distribution with ¢ = -0.04147+0.01659 and ¢4 =

%01 15)7:&0.00208. The linear response is valid up to 1.70 MPa
ig. 1).
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Figure 1: A typical cell response to loadings: The entire
sensor loading up to 0.241 MPa (solid line), and the single cell
loading from 0.285-2,282 MPa (dash line). The linear
response is shown up to 1.70 MPa

The sensor output is highly dependent upon the contact
surface hardness (Fig. 2). For the soft surface with two foams,
the sensor output had a nearly uniform distribution as
19.93+2.81. When one foam was withdrawn from the top, the
uniformity was partially destroyed as the standard deviation
increased (20.10£3.97). For the hard surface, the output had
significant errors (58.80+17.93) compared to the other two
conditions (p<0.001)

The sensor output also shows changes under constant
pressure probably as a result of creep of the resistive ink. The
average whole sensor output slightly increased from 19.4 to
20.5 within 120 seconds. This tendency was continued
afterwards (Fig. 3). :
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Figure 2: Distribution of the sensor output under a uniform
pressure of 0.193 MPa with surface conditions: a) Two foam
soft surface condition, the sensor was sandwiched between
two 6.4 mm thick firm foams. b) Hard surface condition, two 1
mm thick Plexiglas were inserted between the foams. The
output shows & nearly uniform distribution in a), and is
completely destroyed with significantly increased mean and
standard deviation in b).
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Figure 3: The average sensor output overall the cells under a
constant pressure of 0.193 MPa within 120 seconds. The
output increase from 17.4 to 20.5 indicates slight creeping of
intrinsic pressure-sensitive resistive ink.

The sensor output was found to vary as a function of
temperature. A dramatic change occurred above 30°C, where
the output increased from 7 at 30°C to 20 at 45°C. While
below 30°C, the total change was only 3 (from 4 to 7) (Fig. 4).

When using a single curve fit to describe the output of the
entire sensor, the errors were increased. The maximal error at
the lower loading level was up to 55.0%, while at the higher
level, the error was still acceptable with the maximal error at
0.241 MPa as 16.9%. The results also show that the response
varies from sensor 1o sensor. The three sensors show that
€0=0.0202+0.00357 and ¢1=0.0118610.00143

(R2=0.981910.00642) for sensor one, Cp =

-0.05408+0.04711 and ¢4 = 0.01134£0.00328 for sensor two
(R2 = 0.9621120.02655), and c( = -0.04147+0.01659 and ¢1 =

0.01157+0.00208 (R2 =0.97925+0.01589) for sensor three.
The difference among each of the three sensors was
statistically different (p<0.01).
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Figure 4: A typical cell response to temperature variation.
Notice that the dramatic change occurred above 30°C.

DISCUSSION

The above findings suggest that accurate and consistent
measurement is possible provided that each sensor is carefully
calibrated under conditions (including temperature, surface
hardness, test duration etc.) similar to the actual test
conditions. Many differences in sensor output can potentially
be explained by the microstructural granularity of the resistive

ink2. If there are irregular gaps in the resistive ink then under
hard surface conditions, the gap at the interfaces will be
basically preserved during loading. Resistance will be higher
among cells having more peak to peak contact, and lower
among those with more peak to valley contact. With the
sensor placed between soft contact surfaces, the ?aps are
substantially eliminated because of the fiexibility of the back
surfaces, and the cell resistance becomes much more
homogeneous throughout the sensor. In addition, ink creeping
under pressure and rising temperature may also increase the
contact area and therefore change the sensor output.

CONCLUSIONS

The findings that follow from this study are:

1) Contact surface hardness significantly affects sensor
output. Placing the sensor on hard surfaces results in
significant output errors and cannot be used to accurately
resolve loading pressure. When placed on soft surfaces, the
sensors demonstrate excellent linear correlation to the
pressure to as high as 1.70 MPa.

2) Under constant load these sensors exhibit slight time
dependent changes in output.

3) The sensor output is temperature dependent,
especially above 30°C.

4) Individual sensors have slightly different responses to
the same load.

It is recommended that whenever a sensor is used for
pressure measurement, a careful calibration should be
performed with awareness of the sensor limitations.
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INTRODUCTION

Cine Phase Contrast Magnetic Resonance
(PCMR) Imaging has proven to be an accurate
technique for measuring three dimensional
velocity maps (VMs) of musculoskeletal motion
in vivo (Drace and Pelc 1994a, 1994b)
Unfortunately, cine PCMR is limited in
temporal resolution and requires over one
hundred motion repetitions per data set. To
overcome these limitations a new method,
View Ordered PCMR Imaging (Fredrickson,
1994), was developed and tested. Since no
adequate standard of reference exists for in vivo
measurement of muscle motion, we tested the
accuracy of tracking bidirectional motion using
View Ordered PCMR was

a motion phantom. dere VIE
approximately 50% more accurate in tracking
phantom motion as compared to Cine PCMR.
The in-plane motion of a bone phantom was
tracked with 0.405 mm and 1.344 mm average
absolute error, in the x and y directions,
respectively. Out-of-plane motion was tracked
with .84 mm and .77 mm average absolute error,
in the x and y directions, respectively. The
feasibility of using this technique to study in
vivo muscle motion was tested by studying vasti
motion during knee extensions and flexions.
Further investigation is warranted.

REVIEW AND THEORY

In order to gather insights into the working of
the musculoskeletal system (MSS) numerous
models have been designed. Although these
models have proven to be quite useful, there is a
fundamental lack of accurate in vivo muscle,
joint and bone kinematic and kinetic data.

PCMR is a valuable tool for the study of the
MSS because it provides accurate in vivo data
during a dynamic task . Presently, both Cine
and View Order PCMR are limited to the study
of repetitive cyclic motion. Cine's retrospective
discretization of the data limits the temporal

resolution and requires a minimum of 128 motion
cycles per data set (Pelc et al. 1991) View
Ordered PCMR allows for a trade-off between
these two parameters by discretizing the data
as it is collected.

PROCEDURE

A motion phantom, consisting of a series of
paired gears connected by a plastic rod that
held one end of the sample box, was constructed.
The rods holding the top and the bottom of the
sample box both moved in a circular path with
a circumference ratio of 1:1, 1:2 or 1:3 to each
other. All motion was confined to the x-y
plane. The first sample box was a solution of
Cub04 in gelatin with a 4x2 grid of fiducials.
The second box consisted of a piece of bovine
bone soaked in the CuSOj, gelatin solution .

For each data set the images were taken in a
single fixed plane. Both Cine and View
Ordered PCMR VMs were acquired in the x-y
plane of the first sample box. View Ordered
PCMR VMs of the bovine sample were taken in
both the x-y and x-z planes. The motion rate
was 45-48 cycles per minute and the data were
divided into 16 or 24 frames.

Regions of interest (ROIs) in each phantom
were tracked frame by frame (Drace and Pelc
1994c). For in-plane motion, the ROIs' path,
calculated from the VMs, were compared to the
ROIs' paths, calculated from the paths of the
fiducials, as observed on the magnitude images.
For the out-of-plane motion, the ROIs' paths on
the x-y plane image at the same y-position as
the x-z plane slice was the standard of
comparison.

The feasibility of studying actual muscle
motion was tested during knee extension/flexion
movements, View Ordered PCMR VMs were
taken in the axial (x-y) plane, slightly above
the vasti's musculotendon junction, during knee



flexions and extensions under two loading
conditions in four healthy volunteers and one
patient with patellar tracking problems. The
motion rate was 27 cycles per minute and the
data were divided into 16 frames.

RESULTS

Six ROIs were tracked using the PCMR VMs.
For the view ordered data, the average
absolute error for all six regions in all 24 frames
was 0.401 mm (2.8%) in the x direction and 0.665
mm (2.9%) in the y-direction. For the cine

data, the average absolute error for all six
regions in all 24 frames was 1.009 mm (6.8 %) in
the x direction and 1.317 mm (6.0%) in the y-
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Figure 1: Tracking a ROl

direction. Figure 1 shows an example of this
tracking for the view ordered data.

For the in-plane bone phantom motion, the
average absolute error for the three ROI's
tracked was .405 mm (2.3%) in the x-direction
and 1.344 mm (5.8%) in the y-direction. When
the same motion was tracked using the x-z
plane images there was a discrepancy of 0.84
mm (4.1%) and 0.77 mm (3.0%) in the x and y-
directions, respectively.

Vasti data shows similar superior/inferior (z)
displacement and velocity profiles for the
vasti medialis and lateralis and an increase in
the absolute extrema values with increasing
load. In the one subject with patellar tracking
problems, the two vasti profiles are similar to
the normal subjects profiles in the low load
case, but not the high load case.

DISCUSSION

Previous work (Drace and Pelc 1994a, 1994b)
demonstrated the feasibility and accuracy of
measuring tendon length, muscle deformation,
translation, rotation, stress and shear using
Cine PCMR. View Ordered PCMR offers us the
same ability to measure such variables in vivo,
but has improved accuracy, and better temporal
resolution or fewer required motion cycles per
data set. Increased temporal resolution is a
major factor in the decrease of tracking errors.

PCMR will aid in the measurement of muscle
and tendon length, velocity, pennation angle
and moment arms 1 vivo during a dynamic
task. Accurately tracking bone movement is
crucial for this work. Tendons, thus far, have
proven to have insufficient signal to measure
tendon movement directly. Thus, to measure
tendon strain the myotendinous junction and the
insertion point of the tendon must be tracked.
Another important application of tracking bone
movement is in patellar tracking. PCMR may
prove valuable in obtaining kinematic details
of the patellofemoral and tibifemoral joint
during active and passive movements.

Since the movement of the phantom was
confined to the x-y plane, the bone phantom
data taken in the x-z plane has a large out-of-
plane component to the movement. The
accurate tracking of both data sets suggests that
tracking 3-D bone movement in vivo is possible.

Tracking of vasti movement, may prove useful
in analyzing patellar tracking problems, since
it is often believed that vasti muscle imbalance
is the cause of improper patellar tracking.
Further work is needed to test if the trends seen
thus far are significant.
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INTRODUCTION & REVIEW

Very little work has been conducted in the area of
dynamic three dimensional (3D) kinematic analysis of the
hand (Darling et.al., 1990, Dennerlein et. al., 1993, &
Darling et.al., 1994). Additionally, these studies limited
their analysis to only the index finger (2nd digit). Darling
et.al. (1990 & 1994) used a marker set which placed
active markers over the lateral aspect of the 2nd digit
(base of the 2nd metacarpal, centers of the MP, PIP &
DIP joints and a thin bar attached to the distal phalanx of
the 2nd digit). This marker set is adequate for measuring
the motion of the 2nd digit as done by Darling et.al.
(1990 & 1994) or even the 5th digit, but would not be
adequate if trying to measure the 3rd digit, 4th digit or all
five digits simultaneously. Dennerlein et.al., (1993)
placed two markers each on the dorsal aspect of the distal
& middle phalanx of the 2nd digit and measured the angle
of the distal & middle phalanx with respect to the
horizontal plane during typing. This marker set allows
for measuring the motion of any of the digits separately
and may even be adequate for measuring all five digits
sunultaneously when using an active marker system
during a task such as typing. However, Dennerlein's
method does not work when analyzing task where the
flexion/extension motion does not occur in the vertical
plane. Additionally, muitiple markers on a segment
hindered performing many typical ADL task and over
repeated trials in our lab we have not been able to
successfully distinguish two or three markers on a
segment using a passive marker system in a model which
includes the metacarpals and phalanges of all five digits.
Thus, we were forced to develop and validate a method of
marking ali five digits of the hand such that it couild be
tracked using a passive marker system and allow for

accurate measurement of flexion/extension and ulnar/
radial deviation of the digits of the hand.

It was the goal of this study to 1) Evaluate if markers
placed on the dorsal aspect of the hand and fingers could
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accurately measure joint angles & 2) Evaluate the

accuracy of the 3D model developed for analysis of hand/
finger motion.

METHODOLOGY

After identification of marker locations on the right hand
of the subjects by an orthopedic surgeon specializing in
hand surgery, 2.5mm diameter retro-reflective markers
were placed on the following anatomical positions of the
dorsal aspect of the 1st, 2nd and 3rd digits of the right
hand of 5 neurologically normal male subjects: Proximal
and distal aspect of the 1st, 2nd, 3rd 4th & 5th metacar-
pals, PIP joint line of the 2nd digit & DIP joint line of the
1st and 2nd digit, and center of the fingernail of the 1st
and 2nd digits (For this validation, only location coordi-
nates needed for the 3D calculations of the 1st and 2nd
digit angles were collected).

Data collection for evaluation of the markers placed on
the dorsal aspect of the hand/fingers and accuracy of the
3D model developed for analysis of hand/finger motion
were collected simultaneously. This was done by
simultaneously video-taping (60 Hz) a 2D fluoroscopy
view of the 2nd digit of the right hand during flexion/
extension while a three camera 60 Hz Qualisys motion
analysis system captured the flexion/extension motion of

the 2nd digit and other markers needed for the 3D angle
calculations. Both 2D and 3D areas were pre-calibrated.

The subjects were asked to perform numerous flexion/
extension trials at a self selected speed while collecting
video images and marker centroid locations. A single
flexion/extension trial in the middle of the collection was
From the 2D

fluoroscopy video images, the proximal end of the

selected to be analyzed for each subject.

metacarpal bone, centers of the MP joint, PIP joint, DIP
joint and tip of the distal phalanx of the 2nd digit were
manually digitized for the selected flexion/extension
cycle. The same fields of video were manually digitized

a 2nd time, however, this time the markers on the dorsal



aspect of the 2nd digit representing the aforementioned
anatomical locations were manually digitized. The 2D
coordinate data were digitally smoothed using a second
order low pass Butterworth filter with a cut-off frequency
of 10 Hz and angles from both the digitized joint center
and marker locations were calculated using standard
geometric techniques. The 3D coordinate data were
calculated from the three camera Qualisys motion analysis
system and the 3D coordinate data were also digitally
smoothed at 10 Hz.
in the hand and all coordinates were rotated into this

A 3D coordinate system was set up

system from the global system established by the
calibration frame. The flexion/extension angles of the
joints were then calculated using the 3D vector method of
projecting a vector onto a plane defined by the coordinate
system set up in the hand (i.e. MP flexion/extension in the
2nd digit was computed as the angle between the
longitudinal axis of the 2nd metacarpal and proximal
phalanx projected onto the plane defined by the 3rd
metacarpal and the cross product of the 3rd metacarpal
and the vector from the mid point of the 3rd metacarpal to
the mid point of the 5th metacarpal.

Since kinematic data over time typically results in a
graphic wave form and simple statistics do not yield a
meaningful result when describing the similarity or
variability of waveforms. A statistical measure called the
adjusted coefficient of multiple correlation R, (Winer,
1971) was used to evaluate the similarity between the
flexion/extension waveforms generated by the MP, PIP &
DIP joints using the fluoroscopy joint centers (FIC),
fluoroscopy dorsal markers (FDM) and the 3D dorsal
markers (3DDM) techniques. When the wave forms are
similar R tends to 1. If the wave forms are dissimilar R_

tends to 0. Thus, R, yields a measure of the ability of the
different techniques to measure the joint angles.

RESULTS & DISCUSSION

Figure 1 shows the graphs of the MP, PIP and DIP
flexion/extension angles from one subject for the 3
methods (FIC, FDM & 3DDM).
similar, however, the FIC method tends to be a more

The graphs are very

variable. This is felt to be due to digitizing error as the
joint centers had to be estimated in each frame, whereas,
both the FDM and 3DDM methods had specific points

which were easily located during digitizing.

The average R_ for the MP, PIP and DIP joints for the
five subjects were 0.9724 +/- 0.0094, 0.9820 +/- 0.0084

and 0.9840 +/- 0.0089 respectively. This indicates that
the 3 methods (FIC, FDM & 3DDM) all yield virtually
identical results when measuring joint angles. The MP
joint was slightly lower than the PIP and DIP and this
may be attributed to a greater difficulty in locating the

proximal end of the 2nd metacarpal on the fluoroscopy
video images.

From these results it was concluded: 1) Markers placed
on the dorsal aspect of the hand/fingers could accurately
measure 2nd digit joint angles and 2) The 3D vector
model developed for analysis of hand/finger motion was
accurate when measuring 2nd digit motion. It is reason-
able to assume that the same marker system and vector
model would yield similar results when applied to the
other 4 digits of the hand.

ANGLE IN DEGREES

0 10 20 30 40 SO 60 70 8 90 100

% Flexion/Extension Cycle

Figure 1. Flexion/Extension Angles of the MP (Thick
line), PIP (Medium line) & DIP Joints (Thin line) for the
FIC (Solid line), FDM (Dotted line) & 3DDM (Dashed
line) techniques respectively.
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A Novel Predictive Technique for 3D Dynamic Lumbar Torso Muscle
Tension Estimation Using A Distribution of the Load Moment
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INTRODUCTION

Current lumbar torso biomechanical prediction models
utilizing static optimization formulations to predict muscle
activity do not model observed antagonistic muscle
activity well. A conceptually novel method of estimating
the activity of the lumbar muscles during dynamic lifting
tasks is presented here. In contrast to contemporary
static optimization formulations used to solve the muscle
indeterminacy problem, this method dynamically
distributes the load moment about the reactive load
moment direction and uses this distribution to estimate
the relative magnitudes of the muscles recruited. A
cortical neurophysiology based argument is made for this
technique. Both static asymmetric and dynamic sagittal
plane predictions were compared with observed EMG
data for evaluation of the technique.

REVIEW AND THEORY

Biomechanical models have been developed to
understand the underlying factors influencing low back
pain. These models estimate the spinai compression and
shear forces based on the forces and moments caused
by the load of the object, body weight, inertial effects and
tissue active and passive tensions. As the anatomicai
detail of these models has increased, the solution to the
muscle indeterminacy problem has become an
increasingly important issue. Currently, muscle activation
is predicted most often by using a deterministic
optimization approach. These optimization methods
assume that the central nervous system recruits muscles
such that some criterion, such as disc compression or
muscle tension, is minimized. Although the optimization
techniques tend to predict torso muscle activation in
reasonable agreement with observed muscle activities for
the sagittal plane, they have generally not been able to
predict the variability in antagonistic and synergistic
muscle activity present during more complex loading
conditions (Hughes, 1991). Furthermore, the torso
muscle optimization formulations have traditionally not
included modifications to their solutions in response to the
velocity of the motion, even though this can influence the
tension characteristics of the muscle tissues and the level
of lumbar torso muscle antagonistic activity (Mirka et al.,
1993). As the speed of a motion seems to be a
significant predictor of injury (Marras et al., 1983), a
desirable capability of the prediction algorithms is that
they model the effect of motion velocity on the muscle
recruitment patterns.

The technique described here differs conceptually from
the current optimization approaches in that instead of
basing the predictions only on the tissue forces at the
lumbar torso, it attempts to reflect the motor cortex

organization as well. The neuroanatomy literature
indicates that the connections from the corticospinal
neurons to the individual motor neurons are both
converging and diverging in nature. Georgopoulos et al.
(1986) found that the range of movement directions to
which individual cortical neurons responded was as wide
as 300 degrees of arc, with discharge intensities
distributed in a bell shaped fashion, leading them to
propose that individual cells in the primate motor cortex
were "broadly tuned to a particular direction”, with the
cortical neuron population activity as a whole encoding
the direction of movement. It is postulated, therefore, that
the central nervous system (CNS) does not select
individual, highly specific, motor units for a motion, but
instead a distributed pattern of them. The method
described here reflects this construct in that it evaluates a
distribution of moments about the torso circumference
and recruits the muscles in response to this distribution.
METHODS
The technique uses a polar representation to model the
muscles and load moment. In order to estimate the
relative tensions of the modeled lumbar muscles
comprising the Erector Spinae (ES), Latissimus Dorsi
(LD), External Obligue (EO), Rectus Abdominus (RA), the
load moment is spread in a bell shaped fashion about the
reactive load direction (Figure 1) to form a histogram of
moments (Distributed Moment Histogram - DMH)

Assumed shape of the
Moment Distribution Curve
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Figure 1. DMH prediction construct showing distributed
moment and muscle information.

The intersection of the distribution curve and muscle
parameters is used to determine the relative activation of
the muscles. The height of the distribution changes with
the magnitude of the load, while the width is modulated



with the velocity of the exertion. These modulations
model the observed increase in muscle intensity with load
amount (Lavender et al. 1992) and increase in muscle
antagonism with increased velocity (Mirka et al., 1993).
The technique was evaluated under both static and
dynamic loading conditions. A bell shaped distribution
width of 300 degrees was used to model the CNS
recruitment of the muscles, based on the work of
Georgopoulos (1986) and Lavender et af. (1992). The
data of Lavender et al. (1992), wherein 10 subjects
resisted asymmetric moment loads in an upright posture
were used for the static tests. The loads were applied in
30 degree increments about the torso using a shoulder
harness, producing an estimated lumbar spine moment of
50 Nm for each load direction condition. EMG was
measured from the muscles included in the model using
surface electrodes. The DMH method was used to
predict muscle activation under these loading conditions,
and a statistical correlation between the mean normalized
EMG response and the predicted tensions was
performed. These results were compared against the
contemporary BCS (Bean et al., 1988) and SCI
{Crowninshield and Brand, 1981) optimization
formulations. For the dynamic tests, five male subjects
performed dynamic sagittal plane stoop lifts at
comfortable rates (<30deg/sec). The predicted muscle
activities were compared against estimations using the
BCS optimization method and the observed EMG values.

RESULTS

For the static tests, the results indicate that the new
method performed on average as well as the SCI method
and slightly better than the BCS method for asymmetric
loading conditions in the upright posture (Figure 2). For
the dynarmic tests, the agonistic muscle predictions
agreed with the observed EMG activity closely (Figure 3;
ES: r2=0.9, LD: r2= 0.4). The antagonist RA muscle was
found to be silent while the EO muscie had low but
significant activity (< 15% MVC). The BCS optimization
formulation did not predict any activity for this muscle,
while the distributed moment method predicted activity
that matched the observed activitzy well (Figure 4),
although with a low correlation (= = 0.07) due to a
minimal change in muscle activation throughout the lifts.

DISCUSSION AND CONCLUSIONS

In summary, the Distributed Moment Histogram technique
presents a novel rational for both agonistic and
antagonistic muscle activity recruitment. Further, itis in
agreement with the spatial distribution of neuron activity
observed in the motor cortex. The superior predictions of
the new method for the antagonist muscles during the
studied dynamic sagittal plane extension trials, and the
strong correlation with observed muscle activity under
static asymmetric loading conditions, suggests this
method as an aiternative to optimization based
approaches in the investigation of low back muscle
recruitment strategy.
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Figure 3. Dynamic lift prediction for the ES muscle from a
representative subject.
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Figure 4. Dynamic lift prediction for the EO muscle from
a representative subject.
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FATIGUE RESPONSE OF THE TRUNK MUSCULATURE TO AN
ISOMETRIC TRUNK TWIST EXERTION

P.R. O'Brien and J.R. Potvin

School of Human Biology, University of Guelph, Canada, N1G 2W1

INTRODUCTION

Biomechanical models have elucidated muscles having a
mechanical advantage for generating axial torque of the
trunk. Pope et al. (1986) identified that the relative muscle
confributions to a total generated left twist moment were
the left internal oblique (IO 59%), rectus abdominis (RA
14%), and the right external oblique (EO 20%) at L3. At
14-5, McGill (1991) identified the left IO (36%), LD (12%),
and right EO (45%) as the primary muscles contributing to
axial torque production. Muscle antagonism to twist was
observed in opposite muscle pairs and bilaterally in the
lumbar erector spinae. McGill (1991) suggested that the
primary role of muscle coactivation must be to stabilize
the lumbar joints because it is achieved at the expense of
axial torque production.

The importance of the trunk muscles to the stability of the
spine is considerable given that a vertical load of 20 N can
buckle the spine in their absence (Lucas and Bresler,
1961). Parnianpour et al. (1988) suggested that the

stability of the spine decreased with fatigue. Studies have
documented the cocontraction of the trunk musculature
during twist exertions under rested conditions but have
not explored the effect of muscle fatigue as a perturbation
to the system. The purpose of this paper is to present
preliminary work investigating the levels of activation
and extent of fatigue in the trunk musculature throughout
an isometric twist exertion maintained until volitional

fatigue.
PROCEDURES

Four male subjects (mean mass 74+2.8 kg, stature
1.77£0.04 m, age 27+3.9 yr.) volunteering from the
university population were involved in the experiment.
All subjects were free from any type of injury associated
with the low back. Subjects were instrumented with
surface electrodes at six bilateral muscle sites; the
latissimus dorsi (LD), lumbar erector spinae (LES),
thoracic erector spinae (TES), rectus abdominis (RA),
external oblique (EO), and internal oblique (I0).
Electrode placement was similar to McGill (1991).

The test session took place in an isometric twisting
apparatus (ITA) (Figure 1). An adjustable harness was
clamped to the upper torso of each subject just below
shoulder level. The harness consisted of padded boards
fastened together with two threaded metal rods.
Variations in torso girth were accommodated by adjusting
the width of the harness. Handles attached to the front of
the harness standardized arm position. Steel cables were
fastened at each end of the rear board. The cable on the
subjects left side proceeded anteriorly to a wall-mounted
pulley whereas the right cable proceeded posteriorly to a
pulley attached to a vertical support secured to the floor.
Cable heights were adjusted to ensure horizontal force
vectors between harness and pulley. The pelvis was
immobilized throughout the trial via a strap around the
buttocks.

From a neutral standing posture, each subject
isometrically resisted a 47.5 Nm external axial torque.
The magnitude of external torque represented 50% of the
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average peak left twist torque generated by males in a
neutral standing position as reported by McGill (1991).
Left twist refers to rotation of the torso in the transverse
plane when the left shoulder moves backwards and the
right shoulder forwards, away from a sagittally
symmetric trunk position. The external torque created a
right twist moment. Volitional fatigue was defined as the
point when the subject could no longer maintain the
required trunk position.

Handle

mreinil Harness

R TLAA

Pulley ¢°

Load

Figure 1, Isometric Twist Apparatus (Side View).
DATA TREATMENT

Mean power frequencies (MnPF) and root mean square
(RMS) amplitudes were calculated for each EMG signal
throughout the fatiguing protocol. For the 12 channels,
0.5 s of data were sampled at 1024 Hz every 0.75 seconds.
A Fast Fourier Transform (FFT) was performed on the 512
samples from each signal and a MnPF was calculated.
RMS amplitudes were also calculated for each signal.
Decreases in the MnPF and increases in the RMS
amplitude over the duration of the protocol were used to
demonstrate the presence of fatigue in individual muscles
(Petrofsky et al., 1982). For each subject and muscle,
average MnPF and RMS amplitude measures were
calculated from the samples comprising the first (rested)
and last (fatigued) ten percent of the trial duration. RMS
amplitudes were normalized to % MVC for each muscle.
MnPF measures were expressed as a ratio of the average
rested value for each muscle. A two factor ANOVA
(muscle*fatigue state) with repeated measures was
performed on the MnPF ratios and the % MVC measures.

RESULTS

The ANOVA indicated a significant muscle*fatigue
interaction (P< 0.001) for both the MnPF ratio and % MVC
measures. A means comparison between rested and
fatigued values were then performed for each measure
and muscle. Significant MnPF ratio decreases were
observed in the left TES, LD, and EO muscles. MnPF
ratios were not considered to be reliable and were, thus,
not used when the rested % MVC values were less than
10% (indicated as na). Significant increases were observed
in the % MVC measures for the left TES, LD and IO.
Increasing trends in the % MVC values were observed
bilaterally in the EO and the right LD but were not
significant. % MVC changes were not displayed if the
difference between rested and fatigued values were less
than 10% (indicated no A). Muscles on the left side of the



trunk, as well as the right EO, exhibited significant
responses to fatigue (Table 1). These muscles are involved
in the mechanism of left trunk twist. Corresponding
increases in musdle activity were observed in opposite
muscle pairs but were not found to be statistically

significant (Table 2).

Table 1. Responses observed in trunk muscles
contributing to left twist.

Muscle | MnPt Rest " Fatigue
(%) (1 % MVC)
Left TES. 15" 26" 62
Teft LD 17 18 42"
LeftIO 9 31 54
Right EO 11 21 74
* p<0.05, ** p<0.01
Table 2. Responses observed in trunk musculature
antagonistic to left twist.
Musde } MnPf Rest " Fatigue
(%) (1 %MVC)
Right TES. na noA
Right LD na 97" 22
Right 10 na noA
Left EO na 9722

The average duration of the protocol was 3.6 minutes
(range 1.8-5.5 min). An example of decreases in the MnPF
ratios (Figure 2a) and increases in the % MVC (Figure 2b)
values for the left twist musculature are displayed for one
subject.
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TIME
Figure 2. Sample data from one subject a) Decrease in
MnPF ratio, and b) Increases in % MVC in muscles
generating left twist. Left TES- thin solid, Left LD - thin
dashed, Left IO - thick solid, Right EO - thick dashed.
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DISCUSSION

Based on previous studies, it was expected that the
agonist muscles contributing to a left twist would be the
left 10, LD, TES and the right EO (McGill, 1991).
Conversely, the muscles contralateral to these four
muscles were assumed to be antagonists to the task
performed.

The large increase in activity levels observed in the left
TES and LD may be due, in part, to fatigue effects.
Petrofsky et al. (1982) have demonstrated that fatigue will
increase EMG amplitudes during prolonged isotonic
contractions. However, in the current study, it appears
that some of the observed increases in amplitude were too
large to be explained solely by this phenomenon. In
addition, the initial activation levels of the left LD muscle
were quite low and were not at levels sufficient to fatigue
the muscle in an average trial duration of 3.6 minutes. By
the end of the protocol, the left TES exhibited higher
activations and showed significant signs of fatigue based
on MnPF decreases. A greater portion of the increased left
TES amplitude at the end of the protocol could be
attributed to fatigue. McGill (1991) has found that TES
has a limited ability to generate lumbar axial torque and
states that it may function in a stabilizing role. The left IO
and right EO are the trunk musculature primarily
responsible for generating twisting moments. These
muscles were observed to have progressively increasing
EMG amplitudes throughout the trial. Yet, their small
decreases in MnPF do not fully explain this observation.
Increased neural drive to the left IO and right EO may
account for the remaining EMG amplitude increase. As
the trunk becomes fatigued, it is possible that the
abdominal twist musculature compensates for the
fatiguing back twist musculature through increased levels
of activation.

The increased activity levels of the left twist abdominal
musculature may also be in response to the trend of
increasing antagonistic activity in the left EO. This muscle
increased its mean activity level by 13% MVC by the end
of the protocol. Back muscle antagonism was also
observed in the right LD. Its increase in activity was equal
to that observed in the left EO. However, the low rested
activity of both muscles indicates recruitment rather than
changes due to fatigue. The increased antagonism
observed in the right LD and left EO may have occured to
increase the stability of the trunk.

Future study will attempt to further delineate muscle
responses with male and female subjects. In addition,
subjects will be tested with a similar protocol where the
spine is pre-rotated in the direction of the resistance to
investigate the interaction between fatigue and posture
effects.
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TRUNK EXTENSOR MUSCLE FATIGUE AND SPINE MECHANICS WHILE
HOLDING A CONSTRAINED LOAD IN A SYMMETRIC POSTURE

P.L. Bradshaw & J.R. Potvin
School of Human Biology, University of Guelph, Ontario, Canada, N1G 2W1

INTRODUCTION

Spine flexion has been identified as an important
contributor to low back tissue injuries (Marras ef al.
1993). Flexion increases the stress on passive
extensor tissues and it can also influence the injurious
effects of compression and shear forces acting on the
intervertebral joints (Adams and Hutton 1982, Potvin
et al, 1991). Igotvin et al. (1991) have shown that
flexion is generally maintained at safe levels durin
rested lifting. However, recent studies indicate that
repetitive and/or prolonged loading of the trunk may
precipitate changes in the kinematics of the spine
(Parnianpour et al. 1988; Potvin and Norman 1992;
Trafimow et al. 1993). These changes, including
increased flexion of the spine or inclination of the
trunk, have been associated with an increase in the
potential for injury. The above studies however,
involved experimental limitations or tasks that were
too complex to isolate the specific causes of the fatigue
related kinematic adjustments.

The current study has attempted to overcome some of
these limitations through the use of a load bearing task
with a simple objective and the measurement of the
factors that can cause these injury related kinematic
responses. The purpose o% fKiS study was to
investigate the effects of induced trunk extensor muscle
fatigue (TEF) on spine mechanics while maintaining a
constrained feet/ Ilcj)ad position in the sagittal plane.

METHODS

Six males (age: 24.243 .4 years, height: 174.244.1 cm,
weight: 75.7+4.3 kg) ang six females (ige: 23.61+3.2
years, height: 165.7£4.9 cm, weight: 58.245.2 kg) were
studied. Each subject was free from low back or lower
extremity injury and signed informed consent.

A total of three sessions were performed at least one
week apart. The first two sessions were used as
orientation trials, allowing each subject to become
accustomed to the task. Isometric maximum volunta
contractions (MVCs) of the trunk extensor (Tg
muscles were performed in an upright standing

osture. The maximum moment was used fo determine a
oad magnitude relative to each subject's TE strength.
The task required the subject to support this load §2 5
cm anterior to their ankles at about knee height, for
three 15 second periods (rested phase). Four minutes
rest was given between each period to eliminate the
effects of any incurred muscle fatigue. Next, the TE
muscles were fatigued by maintaining a 50% maximum
voluntary isometric contraction for as long as
possible. This contraction was repeated four times
with 25 seconds of rest given between each
contraction. Immediately following the fourth
fatiguing contraction, the load was supported for as
long as possible (fatigued phase) in the same
constrained feet/load location as the rested phase.
This concluded the orientation sessions.
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The same protocol was completed for the third session.
In addition, there was an assessment of lower
extremity fatigue, at the beginning and end of the
session, using the criteria presented by Potvin and
Norman (1994). For the testing session,
electromyographic signals (EMG) were collected at
three bilateral locations (thoracic and lumbar erector
spinae and vastus lateralis). All EMG signals were
analog full wave rectified, low pass filtered at 2.7Hz
and sampled at 20Hz at the time of collection. Further,
an electromagnetic recording device (Isotrak 3SPACE),
measuring spine flexion/extension, axial twist and
lateral bend, and bilateral goniometers, measuring
knee flexion, were sampled continuously at 1Hz.

Three sets of rested phase data (EMG and kinematics)
were averaged to create a "Rest" bin, while the fatigued

hase values were broken into five equal sized bins
Fatl, Fat2, ...). An amplitude probability densi?l
function (APDF) curve was also calculated with all
EMG data from each bin. Grand mean values were
calculated for males and females, for each kinematic
and EMG variable and an ANOV A was performed to
determine significant changes.

RESULTS AND DISCUSSION

The results for the individual subject analysis
assessing the Hresence of vastus lateralis fatigue
suggest that all subjects (except one) exhibited no
substantial fatigue at the conclusion of the session.
These results suggest that any modifications made
mroughout the session were due solely to the effects of
the induced isometric fatigue, rather than the combined
effects of TE and vastus lateralis fatigue.

All right-left results were averaged as no differences
were observed. Further to this, a%l male-female results
were also combined as no substantial sex effects were
observed.

In immediate response to the induced TEF (Rest vs.
Fatl) subjects significantly increased spine flexion
(Figure l; and significantly decreased the level of
thoracic erector spinae (ES )activity (Figure 2). Along
with this, both lumbar ES and vastus lateralis
activities remained low combined with no changes in
knee flexion. These results suggest the occurrence of
the flexion-relaxation response (Floyd and Silver
1951; Dolan et al. 1994) and subsequent loading of
passive tissues (McGill and Kipper 1994). The
increased spine flexion may have increased injury risk
(Adams et al. 1980; Marras et al. 1993) compared fo the
posture adopted during the rested phase.

Once the initial increases in spine flexion had
stabilized, subjects were observed to increase knee
flexion angle and increase loading of the lower
extremities as fatigue progressed later in the session
(Figures 1 and 2). In order to maintain a stable spine
posture with increasing knee flexion the pelvis may



have rotated backwards. These coupled motions
about the hips and knees may have allowed for the
maintenance of the current magm'tude of spine flexion,
indirectly prevented increases in the risk of injury.

In the latest stage of the sessjons, with extreme fatigue,
both spine flexion and bilateral knee angles were
observed to become more extended (Figure 1). In order
for the subjects to move in this way and maintain a
constant load position, there was likely some forward
rotation of the pelvis although this was not quantified.
Further to this, no significant increases in EMG levels
were shown at the end of the session indicating that
postural control at this late stage was modulated b
muscles that were not monitored (Figure 2). For
example, fatigue of the hamstrings would be likely for
this task and a reduction in their force would explain
the observed decrease in knee flexion and forward
rotation of the pelvis.

The current protocol was designed to accomplish three
goals: 1) to isolate fatigue to the trunk extensor
muscles, 2) to present a task where the kinematic
objective was controlled but the subject was free to
modulate postures to meet this objective, 3) to quantify
muscle contributions throughout the task. The
advantage of meeting the first goal is that the immediate
responses to fatigue could be attributed to reductions
in TE muscle force generatin% capacity and/or
coordination. (Parnianpour et al. 1988). This is not
}f_ossible with dynamic lifting tasks (Potvin et al. 1991).

he task was set to maintain the load moment at a
relatively constant level so that changes in muscle
activation could be attributed to passive/active tissue
interactions and /or trunk posture moments. Again,
this is not possible with unconstrained dynamic htting
tasks. The measurement of EMG allowed for a
determination of the contributions of individual
muscle groups to the changes observed. This has been a
limitation in previous studies (Parnianpour et al. 1988;
Trafimow et al. 1993). i

In conclusion, the subjects responded to the extreme TE
fatigue, immediately after the prolonged 50% MVC
isometric contraction, by increasing spine flexion to
near maximum. However, the degree of this flexion
was subsequently reduced to levels that were still
above the rested values. This may have been due to
recovery of the TE or an unwillingness to maintain the
extreme flexion of the intervertebral joints.
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QUANTIFICATION OF TENDON EXCURSION THROUGH KINEMATIC ANALYSIS
OF TYPING MOVEMENTS ON ALTERNATIVE KEYBOARD LAYOUTS
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1Biomedical Engineering Depariment, Califomia State University, Sacramsento 95819
Division of Physical Medicine & Rehabilitation, University of Pittsburgh Madical Center, Pittsburgh PA 18213
3Human Engineering Research Laboratoriss, Highland Drive VA Medical Center, Pitisburgh PA 15206

INTHODUCTION

Cumuiative trauma disorders (CTD) account for over 60% of
reported occupational illnesses and a Iarﬁnumber of these
cases are among office workers and keyboard operators (BL.S,
1992). CTD's continue to be a problem despite growing
attention o workstation srgonomics and other preventative
strategies. One might concluds ihat the standard keyboard
layout needs to be anaiézed in terms of injury potential. Téping
on the standard or' QWERTY" keyboard layout demands ,
awkward movements since the keyboard layout was originally
designed to slow typing and prevent jamming of the keys of sarly
typewriters. Thess large angular excursions of the fingers can
translate intemally to large excursions of the finger flexor
tendons through the confined area of the camal canal, Evidence
suggests that excessive excursion can induce trauma io the
connective tissue structures resulting in tendinitis and edema,
This becomes particularly serious when swelling of the tissues
compress the median nerve causing symptoms typically
ascribed to Campal Tunnel Syndrome. By minimizing range
during repetitive motion one may reduce tendon excursion and
the reduce probability of cumulative trauma. Minimization of
range can be translated in a practical sense to altemative
keyboard layouts which map the most frequent keys to the home
row., This paper presents prelimina%msults in quantifying
tendon excursion for typing on the QWERTY layout and two
alternative keyboard layouts. Data was collected for three
subjects through video motion analysis and tendon excursions
were calculated through a predictive modsl. Two subjects
showed consistent results with the altemative layouts requiring
less total excursion than the standard layout.

REVIEW AND THEORY

Carpai Tunnei Syndrome (CTS) is thought to be caused byr
compression of the madian nerve within the campal canal. The
main structures in close proximity to the median neive ars the
finger flexor tendons - Flexor Digitorum Profundus and
Superficialis. Thickening of the flexor tendon sheaths,
secondary to repsfitive motion, has been implicated as a cause
for compression of the median nerve (Wemer st al., 1983).
Cyclic loading tests on the profundus tendons have shown that
stress transimitted to the sheath duﬁngsexcursion is significant
and a causs of cumulative strain (Goldstein et al., 1987). Thess
findings may indicate that the highly repeitive sliding motion of
the tendons through the canal might not only produce tendinitis or
tenosynovitis but focal damags to the neive as well. A number
of ergonomic studies also support the findings in comelating
repetitive fyping motion with a high incidence of CTD.

Pascarelli et al. (1993) evaluated 53 disabled keyboard
operators and found symptoms of pain and paresthesia in
addition to over a third diagnosed with CTS,

Previous biomechanical studies of keyboards include a study by
Gerard et al. (1994) which found that the subjects exhibited less
muscle activity to maintain a resting posture for typing on a split
oontoumdt}ézyboam with standard layout. Nakaseko et al.
(1985) tested the split keyboard with adjustiments of opsening
angle, lateral inclination and foreamn support. About 70% of the
subjects preferred the split keyboard with a large forearm wrist
support. Other studies have focusad on the development of a
biomechanical model of typing including charactsnzation of
impact loading and fingertip kinemaiics (Dennedein et al., 1893).

The QWERTY layout is the standard alphanurmeric input device
for computer entry. inherent in using the QWERTY layout is the
relatively large excursions of the fingers. Ober (1993)

calculated that the fingers of a iypist on a QWERTY layout would
travel 2.6 miles a day during a typical 8 hour day. Forthe
DVORAK layout, the fingers would travel only 1.7 miles. The
DVORAK La}fout is an aitemative iayout in which the 70-80% of
Xgu;\? is periormed on the homs row. Another layout is the

INREDHOT (Finger Relief Co., Stamford, CT) which
minimizes the remapping of the keys yet retains the majority of
he typing on the home row.

The present study investigated changes in kinematics and flexor
fendon excursion for the standard and altemative keyboard
layouts. The goal of the study was to characterize total tendon

motion for i@)l a matched sample on the QWERTY, DVORAK
and ASI!NR DHOT layouts and provide a preliminary suivey of
the results.

PROCEDURES

Fourtesn 6 mm refleclive markers were adhered to the dorsal
surface of each hand at the centerline of the MP, PIP, DIP joints.
Markers were also placed at the wiist joint between the styloid
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processss and at a location 4 om proximal the wiist marker.
A Peal motion analysis system was ulilized to calculate the 3-
dimensional coordinates and joint angles of the fingers and wrist.
Two cameras were positioned at oblique angles on the right and
loft sides of the keyboard and a third camera was positioned
above the monitor for the frontal view of the hands. A custom
calibration frama (36 cm X 25 cm X 16 cm) enoom?aassing the
volume of the motion was used to accurately calculate the
coordinates of the markers within the volume space. A
hardware circuit and software program were implemented to
_s{ynchmniza the keystroke data with the 1/60 second video data.

yping speed in wpm was also measured in software during
{yping trials. An LED was used to synchronize the three
cameras at the start of each irial.

Three dimensional coordinates were obtained by digitizing the
markers in each camera view. Flexion and extension angle data
ware calculated at the wiist, MP, and PIP joints. The angle data
was incorporated into the predictive modsl! developed by
Amnstrong and Chaffin (1978). The model relates the finger and
ftwo extrinsic fingar flexors, profundus and superficialis, as a
pulley system dependent on the joint angle and tendon moment
amn, Joint thickness measursments were taken of each subject
as ds;scribed in the Collation of Anthropometry (Gamett et al.,
1961).

The text sample consisted of nonsense "words” reflecting the
fraquencias of letters and word lengths of *standard® written
English, Statistical representation of letter fraquency was
critical since the altemative layouts are des'gned o map the
most frequent keys on the home row, The altemative keyboard
layouts were "simulated® by replacing the letter location on the
allemative layout with the QWERTY equivalent. For example,
the first nonsense word in the text sample is “rvw". The letters
°r, "v*" and "w" correspond to key locations "o”, "." and *,"
respeclively on the DVORAK layout. Simulation of layouts does
not require keyboard refraining and allows each subject o act as
their own conirol. Thisis espeoial&g'ﬁponant since typing
kinematics are unique to the indivi

Data was collected for three subjects with average touch typing
spesds of 40 wpm. Each subject typed the 100 character text
sample for the three simulated layouts. Valid trials were those
with one or no eirors to preseive integrily of letter frequencies.
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RESULTS

The first 5 seconds of the left index PIP angle and keystroke data
for Subject 1 for both QWERTY and DVO AK layouts are
plotted in Figure 2, Note the angular defiections in typing of
letters "r*, *v* and {* as these keggnana assigned to the left index
finger on the QWERTY fayout versely on the DVORAK
layout only slight variations were recorded as only one key on
tshheo home Tow (**) was typed by this finger in the portion of data
Wi,

QWERTY
rv w f u ron m ee
80
70 -
O 60
8 50
=} T 1
a Y
w407 \._ N
T 380+ a1
z N

DVORAK

o ., y f osl mdd / nkd

ANGLES (DEG)
P
S

Figure 1. Sample plots of left index PIP angle data and keystroke
timing in QWERTY and DVORAK typing trials of subject 1.

The tendon excursion per digit for the profundus tendons of
Sub{'ect 1 {left hand) is provided in Figure 2. A comparison of
total tendon excursion (summation of profundus and superficialis
displacement in both hands) of all sut‘)]é‘eects is provided in Table
1. Calculations for the excursions of the superfiialis tendons
were relatively similar to those of the profundus.

B8 QWERTY

600
500

DVORAK ASINREDHOT

400
300

DIGITS

Figure 2. Excursion of the flexor digitorum profundus in digits 2-
5 (left hand) of subject 1
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Table 1. Total excursion (in mm) and % difference for profundus
flaxor tendon for each keyboard layout

QWERTY  DVOBRAK  ASINBEDHOT

Subj. 1 3638 3476 3371

% Diff 45% 73%

Subj. 2 3300 3085 3008

% Diff 65% 28%

Subj. 3 3412 3619 4000

% Diff -6.1% -172%
DISCUSSION

Subjects 1 and 2 showed consistant results with the DVORAK
and ASINREDHOT layouts requiting less total tendon excursion
than typing on the QWERTY layout. Angular displacement plots
also comelated with these findings. The third subject, however,
showed opposite results, indicating variability of kinematics
and/or performance. One of the variables which was not
controlled was typing . It was noted that subject 3, unlike
subjects 1 and 2, typed with significant speed variation between
the QWERTY (51 wpm) and altemative layouts (about 38 wpm).
Future studies may need fo account for digraph effects, or
common letter pairs, in the text samples to ensure consistent,
natural kinematics for all three layouts. The basic methodology,
however, proved to be acceptable in measuring tendon
excursion. According to Moora et al. (1991), the best method of
studying ergonornic impact is in quantifying the effects on
intemal structures. Long rangs goals for these studies may be
the establishment of guidslines in keyboard modification and
gg_igg tachniquas for the purpose of reducing the incidence of
among keyboard operators.
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A MODEL FOR CALCULATING LUMBAR COMPRESSION FORCES

WITH THE NIOSH EQUATION’S "H" AND "V" FACTORS

J.R. Potvin
School of Human Biology, University of Guelph, Guelph Ontario, N1G 2W1

Introduction

Many criterion have been proposed for determining
acceptable loads during various lifting tasks. These
criteria generally limit loads based on soft tissue injury
risk (biomechanics), metabolic fatigue (physiology) or a
perceptual integration of biomechanics and physiology
(psychophysics). Ayoub (1992) has proposed that a
biomechanical approach is most valid during infrequent
lifting where metabolic fatigue is unlikely and
psychophysical methods tend to overestimate safe loads.
The biomechanical criterion is usually based on
intervertebral joint compression forces that do not exceed
some threshold level. For example, a limit of 3400 N has
been proposed by NIOSH (1981). Unfortunately, the
technology to directly measure compression force does
not currently exist. This has led to the development of a
number of biomechanical models for computing these
forces based on assumptions regarding the orientation
and recruitment of trunk muscles. These models can be
used to determine the compression force consequences of
various load/posture combinations although the time
required for their use can be limiting, especially as the
models become more complex. '

NIOSH (1981) have proposed an equation to calculate
acceptable loads based on the horizontal distance from
the ankles to the load (H), vertical location of the load
(V), vertical displacement of the lift (D) and frequency
of lifting (F). The H and V factors are primarily
responsible for representing the posture and joint
moments (biomechanical criterion) associated with the
lifting task. The D and F factors are primarily used to
represent the work or metabolic cost of lifting
(physiological criterion). The advantage of this equation
is that it is easy to use, and a large number of
ergonomists are familiar with the input measurements
required.

The purpose of the current paper was to determine if the
H and V factors could be used in regression equations to
accurately calculate lumbar compression forces during
load bearing tasks. If so, these equations could then be
rearranged to determine loads associated with
compression forces of 3400 N. Such a method would
provide a useful tool for setting acceptable loads based
on the biomechanicai criterion during infrequent lifting.

Procedures
Eleven male and eleven female young adult subjects were

studied. Eight subjects of each sex were used for the
development of the regression equations while 3 subjects
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of each sex were used to test the validity of the
equations. An attempt was made to include a wide
variety of heights and weights in each group (Table 1).

Table 1: Subject anthropometrics

Male Female
Model | Ht(m) | 1.80£0.13 | 1.66+0.11
Subjects |y oy | 79.81145 | 607205
Test | Ht(m) | 1.76+0.10 | 1.664+0.08
Subjects | wi gy | 8274165 | 65.816.4

Each subject was recorded on video tape as they
performed movements of the hands in the sagittal plane
ranging from the load being on the ground with the
hands near the ankles to the arms above the head with

movement was first performed with a squat technique
where the subjects were instructed to bend the knees as
much as possible. The movement was then repeated with
a stoop technique where the knees were kept straight
throughout. These movements were used to represent a
wide variety of lifting postures. Approximately 100
postures were recorded for each subject and each was
digitized to determine the position of the hand, forearm,
upper arm, head, trunk, pelvis, thigh, leg and foot
segments.

For each posture the location of the upper body’s centre
of mass was determined using linked segment modelling
and assuming standard anthropometrics. Regression
equations were developed (n=1703) to estimate the
horizontal distance from the L4-L5 joint to a) the upper
body’s centre of mass, and b) the hand held load. Both
of these equations required the input of the NIOSH H
and V factors and the trunk angle. The regression based
moment arm estimates could then be multiplied by the
subject’s upper body weight and the load weight,
respectively, to determine the extensor moment of force
about the L4-L5 joint. This moment was assumed to be
restored by a single erector spinae force vector acting 6
cm posierior to the flexion/extension axis of the
intervertebral joint and parallel to the trunk. The internal
muscle force was added to the compression force
component of the reaction forces to determine the bone-
on-bone compression force acting on the L4-L5
intervertebral joint,

The criterion values for the regression analysis were
determined with a linked segment biomechanical model
that determined the joint moments and reaction forces.



The internal muscle representation was the same as was
described above. A range of loads was iterated for each
of the postures analyzed. For males, the loads ranged
from 0 to 36 kg in steps of 9 kg and for females, the
loads ranged from 0 to 28 in steps of 7 kg. The strength
models of Clarke (1966) and Schanne (1972) were used
to identify any momentis about the knee, trunk, shoulder
or elbow joints that exceeded the 95 percentile strength
of the subject’s gender. These load/posture combinations
were considered to be unrealistic and were subsequently
eliminated from the assessment of the models. The
compression model was tested with the data from the 16
"model" group subjects (n=7003) and the 6 "test" group
subjects (n1=2409).

Results

The results from both the model and test groups were
very encouraging. The model results are presented in
Table 2. The RMS error in estimating compression force
was observed to be 144 N with a maximum of 573 N
over the 7003 conditions studied. Surprisingly, the
models appeared to work even better for the independent
"test" group when regression model estimates of
compression force were compared to those from a
biomechanical model (Figure 1). The R? was 0.991 with
an RMS error of 134 N.

Table 2. Regression model! statistics

Model Output n Model RMS
Upper Body CG

0 LA-LS 1703 | 0.984 0.018 m
Load to 1.4-LS 1703 0.979 0.033 m
Compression Force | 7003 0.988 1437 N

One limitation of this method is that trunk angle must be
measured. However, an analysis has been performed to
determine the range of trunk angles that would be
expected for various combinations of H and V. This
analysis has resulied in additional regression equations
that calculate the maximum and minimum trunk angles
observed when the 1703 postures were put into 10x10 ¢cm
bins of the horizontal and vertical load locations. These
models required H and V as inputs and resulted in
acceptable approximations of maximum angle (R*> =
0.925, RMS error = 8.1°) and minimum angle (R* =
0.961, RMS error = 8.2°).

1l

Discussion

A mathematical model has been developed for estimating
the horizontal distances from L4-L5 to the load and the
upper body centre of mass. The model requires the input
of the NIOSH H and V factors and trunk angle. Further,
calculations of compression force require the input of
load mass and body weight. However, the body weight
can be chosen to represent particular percentiles and the
various loads can be simulated to determine their effect.
The equations can alsc be rearranged to calculate the
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load that will result in a compression of 3400 N. Thus,
these estimates of acceptable loads can be compared to
those from other available ergonomic methods.

The errors associated with this method were found to be
within the accuracy range of most biomechanical models
given the assumptions and limitations inherent in their
development. The major advantage this model is that the
inputs are easier to make than most biomechanical
models that require the input of multiple joint coordinates
or joint angles. The H and V inputs are consistent with
those required in the NIOSH equation and, thus, most
ergonomists are already familiar with their measurement.

The proposed method has been designed to assess the
task and not the lifter. In this way it is similar to other
methods involving psychophysical (Snook and Ciriello,
1991), physiological (Garg et al., 1978) and combined
criterion (NIOSH, 1981). Most biomechanical models are
sensitive to the specific method used by the individual
being analyzed. Unless a large number of subjects are
studied, it is possible that feasible postures with the
highest risk of injury may not be considered when load
limits are set. With the current method, the possible
range of postures can be determined so that the trunk
angle resulting in the highest compression force can be
identified. This angle can then be used to determine a
load that is safe for all probable postures associated with
the task. In addition, the model can also incorporate the
NIOSH D factor to consider the entire vertical
displacement of the load when limits are set.

Figure 1. Regression vs. biomechanical model
compression forces for the test group (n=2409)
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RELATIVE WORK OF NET JOINT MOMENTS
DURING LANDINGS OF FRONT AND BACK SALTOS

Jill L. McNitt-Gray, Dawn MLE. Irvine, James P. Eagle,
Jacklyn G. Heino, Barry A. Munkasy, and Michelle D. Welch
USC Biomechanics Research Laboratory, Department of Exercise Sciences
University of Southern California, Los Angeles, CA, USA 90089-0652

INTRODUCTION

During landing activities, forces and moments generated
by muscle-tendon units and reaction forces are applied to
the musculoskeletal structures of the lower extremity.
Although no causal relationship has been proven
between load and injury, the high incidence of injury to
the lower extremities of athletes participating in
landing activities (NCAA, 1986, 1990; McAuley et al.,
1987) suggest injury may be a result of mechanical
overload of the musculoskeletal system. Examination of
the selective process by which large loads experienced
during landings are dissipated and distributed by the
lower extremity musculoskeletal system may assist in
identifying the contributions of components in reducing
the mechanical energy of the body.

REVIEW AND THEORY

Recent changes in the gymnastics code of points
encourages performance of more forward rotating skills.
Front saltos have been less frequently performed during
competition, resulted in shorter contact surface viewing
times, and resulted in different anatomical orientation
relative to translation direction than back saltos
(McNitt-Gray, 1992). No significant differences in peak
vertical forces have been observed during landings of
front and back saltos performed from the same height
(McNitt-Gray, et al., 1991); However, differences in
translation direction and segment configurations prior
to contact between tasks have produced differences in
joint kinetics and muscle activation patterns {(McNitt-
Gray, et al.,1993).

Examination of work done by net joint moments has
assisted in providing an "index of softness" (Zatsiorsky
& Prilutsky, 1987), evaluating the consequences of
specific landing techniques (Devita & Skelly, 1992),
and adjustments in work distribution with increases in
mechanical energy at contact and between different
subject populations (McNitt-Gray, 1993). The purpose
of this study was to determine differences in the work of
ankle, knee, and hip net joint moments during landings
of front and back saltos. Identification of differences in
work distribution between ankle, knee, and hip net joint
moments during forward and backward rotating tasks
may have implications for training and injury
prevention.

PROCEDURES

Six healthy male gymnasts, who were members of a
team ranked among the top five of all collegiate
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gymnastics teams within the United States, volunteered
to serve as subjects. During data collection, each subject
successfully landed three drop landings (McNitt-Gray,
1991), three front tucked saltos, and three back tucked
saltos in a randomized order using their normal
competitive landing style. All three tasks were initiated
from a height of 0.72 meters above the top surface of
two regulation gymnastics mats (100 ILD). These two
mats were fully supported by two Kistler force plates.
The reaction forces at the mat-plate interface were
quantified for each foot using a sampling frequency of
800 Hz. Segment kinematics were recorded
simultaneously using high speed video (200 fps; NAC
Motion Analysis System). Markers positioned on the
body of the subjects were digitized using a video based
data acquisition system (Peak Performance, Inc.). Each
coordinate of the digitized body landmarks (Zatsiorsky
& Seluyanov, 1983) were digitally filtered using a fourth
order Butterworth Filter (Saito & Yokoi, 1983) with a
cut-off frequency derived by the method of Jackson
(1979). The kinematic and reaction force data were
synchronized at contact and ankle, knee, and hip net
joint moments were calculated using Newtonian
mechanics (Nm/kg). Net joint moment power at each
joint were computed as the product of the joint angular
velocity and the net joint moment. Negative work of
each net joint moment was computed as the integral of
the negative portion of the net joint moment power
curve from contact to 0.2s after contact. Relative
negative work for each joint was expressed as a percent
of total negative work by the ankle, knee, and hip net
joint moments. Absolute and relative negative work of
ankle, knee, and hip net joint moments observed during
the front and back salto landings were compared within
subjects.

RESULTS AND DISCUSSION

Although no significant differences in peak vertical
forces were observed between tasks, the orientation of
the body relative to the direction of translation produced
differences in knee and hip net joint moments.
Immediately after contact in the front salto landings, a
knee flexor moment was needed to oppose the ankle
extensor net joint moment and moments created by the
ankle and knee net joint forces. Immediately after
contact in the back salto landings, a knee extensor
moment was needed to assist the ankle net joint moment
in opposing the moments created by the ankle and knee
net joint forces.

The differences in knee net joint moments observed
between front and back salto landings contributed to the



differences in hip net joint moments. Immediately after
contact in the front salto landings, a hip extensor
moment was needed to oppose the knee flexor moment
and the moments created by the knee and hip net joint
forces. Immediately after contact in the back salto
landings, a hip flexor moment was need to assist the net
joint forces in opposing the knee extensor moment.

During the interval from contact to 0.2s after contact,
the ankle, knee, and hip demonstrated flexion resulting
in negative joint angular velocities. The net joint
moment powers during front and back salio landings
performed by a representative subject (Figure 1ab)
reflect these differences in knee and hip net joint
moments. The magnitude of work by ankle, knee, and
hip net joint moments in this study are in line with
those reported by Devita and Skelly (1992), McNitt-
Gray (1993) and Prilutsky and Zatsiorsky (1994).

Work by the ankle net joint moment comprised a greater
percent of the total negative work during front salto
landings than during back salto landings (Figure Ic). In
contrast, work by the hip net joint moment comprised a
greater percent of the total negative work during back
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salto landings than during front salto landings (Figure
1c). In addition, work by the hip net joint moment
occurs throughout the front salto landing, whereas, the
work by the hip net joint moment during the back salto
landing occurs later (Figure lab). These differences in
work distribution between forward and backward rotating
tasks, although variable within subject, may have
implications for training adjustments and injury
prevention.
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GOLF SHOE TRACTION: THE EFFECT OF DIFFERENT QUTSOLE

T ey TR

SURFACE DESIGNS ON THE STATIC COEFFICIENT OF FRICTION

M.M, Slavin, K.R. Williams
Department of Exercise Science, University of California, Davis, CA 95616

INTRODUCTION
A primary goal of golf shoe outsole design is to
minimize the probability of slip between shoe and
ground during the downswing. While traction has
traditionally been achieved by using relatively long
metal spikes, recent designs have included molded
projection on the outsole in addition to spikes, and
currently there is discussion of replacing traditional
spikes with shorier molded polyurethane "spikes” io
reduce damage to greens. This study investigated the
relative traction characteristics of different golf shoe
outsole configurations.

REVIEW AND THEORY
Slip occurs when two surfaces translate with respect
to each other in their plane of contact. When the
surfaces remain in contact, there are typically two
primary factors that affect the force (Fg max) that
resists shearing translation: (1) the net normal force
() orthogonal to the plane of contact and (2) the
value of a proportionality constant, lig, the static
coefficient of friction. The equation of equilibrium
(when slip is impending) is:

Fsmax = usN

The surface characteristics of the interface are the
primary determinants of Fg max.

During a golf swing, the ratio of the shear o vertical
force is typically highest during the downswing
before ball contact (Williams & Cavanagh, 1983), a
time when slip is most likely to occur. As a result of
muscle activation, a righthanded golfer applies a
relatively large shear force directed generally forwar
on the left foot and backward on the right foot during
the downswing. The ground resists these by applying
forces in the opposite direction via the spikes or
frictional forces between the ground and outsole. In
theory, if this shear force exceeds Fg max for either
foot, Wactual exceeds g and a slip occurs. Slip
during the swing may adversely affect shot
performance.

The purpose of this study was to estimate the static
coefficient of friction, pg, for different shoe surfaces
to evaluaie the influence of spike length and ounisole
design on ¢raction.

PROCEDURES

There were four primary components in the
experimental setup (Fig. 1): (1) a Kistler force
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platform with a shallow tray bolied to the plate in
which sod was clamped; (2) a wheeled cart system
through which a vertical load could be applied to the
shoe with minimal rolling resistance. The normal
load was 37 kg (approx. 0.4 typical body weight)

Weight

@ Motor Grass Surface

b e\

Pully Cable Applied RGHF
System ghea: Force Platform
orce

Figure 1. Traction test experimental setup

the forefant racion with the 1nad hacad nn

applied {o the forefoot TOZI0n Wil 110 040 0asc4 On

applied to
measuremerits of the shear/vertical force ratio during
a typical swing; (3) a high torque, fixed-gear motor
that applied a relatively slow but fixed velocity pull
through a cable to a bolt mounted in a shoe last
placed in and projecting out from the shoe. The pull
was applied to the left shoe in a forward direction in
the horizontal plane along the long axis of the shoe to
mimic the orientation of the force vector seen during
the downswing; (4) a data acquisition system to
sample the antero-posterior and vertical force outputs.
Forces were recorded for 8 seconds at 400 Hz,

The sod and shoe surfaces were characierized as

follows:

(A) Sod was a blend of grasses commonly used on
driving tees (80% rye/20% blue grass), was mowed
low and cut into tray-sized rectangles.

(B) There were nine outsole configurations with
various combinations of spike design and length,
and with the presence or absence of pyramid
structures molded to the outsole surface (Table 1;
Fig. 2). A tenth design (condition 8) was a common
"spikeless" nubbed outsole golf shoe. The annular
and radial designs of the molded spikes were made
of polyurethane material.

The maximal static coefficient of friction for each
irial was the 1atio of horizonial to veriical force ai the
instant the shoe began to slip (at either peak shear Fy
or an inflection point on the Fg-time curve). Eight
trials per condition were coliecied, analyzed, and

averaged.
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Figure 2: Top and profile views of the removable
spikes. Spike length varied.
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Table 1: Combinations representing the ten
conditions. (shaded indicates presence of feature)

RESULTS
Coefficients of friction ranged from a minimum jlg =
(.73 for the no-spike, no-pyramid configuration
(condition 10) to a maximum g = 1.48 for the 8 mm
spike configuration (condition 1; Fig. 3). For the
conditions where spike length was identical, the
pyramid moldings added 0.06 (4.2%) to the
coefficient. With shorter spikes, or the molded spike
designs, coefficients were lower. To better convey
relative differences in traction between conditions, Jig
values were normalized to the range of difference

(Fig. 4).
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Fig 3: Coefficients of friction for the ten conditions.
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Fig 4: Relative traction for the ten conditions - lig
values normalized to the range of differences, jig=
0.73 (condition 10) at 0% and jig= 1.48 at 100%.

A one-way repeated-measures ANOVA with a
Bonferroni adjustment to the p=0.005 significance
level was used o statistically assess differences.
Condition 10, essentially a smooth outsole, was
significanily lower than all other conditions, and
condition 1, the traditional spike length with
pyramids was significantly different from al other
conditions except condition 2. Various other
significant differences were found but are not
described in detail here.

DISCUSSION
The incorporation of spikes, and use of a longer spike
significanily improves linear traction on a natural
grass surface. Alternative spike designs, alone or in
combination with shorter than usual spike lengths,
provide greater traction than a flat soled shoe but less
traction than when the traditional spikes are used.
The low rate of application of force in these tests may
be a limitation to the validity of the applying the
results to actual golf performance situations.

The performance tradeoff for use of non-traditional or
molded spike configurations appears to be a higher
probability of slip. If golf swing kinetics demonstrate
that the peak horizontal-to-vertical force ratio is
consistently below the lower i values in this study,
then traditional spikes may not be necessary. Factors
such as increased moisture, altered turf conditions, or
subject variations in golf swing kinetics may affect
the appropriate choice of spike length, spike design,
pyramids or other outsole configurations that affect
traction.
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AN ANALYSIS OF HIP JOINT LOADING DURING WALKING, RUNNING, AND SKIING

A.J. van den Bogert, L. Read, and B.M. Nigg
Human Performance Laboratory, University of Calgary, Canada’

INTRODUCTION

Total hip replacement (THR) is one of the most frequent and
successiul surgical operations for a serious disability. In early
years the procedure was typically performed on elderly
patients but with improvements in materials, geometry and
fixation, THRs are commonplace in younger, more active
patients. Several researchers have indicated a relationship
between high activity levels and increased rates of implant
failure, whereas others have found that low impact activity did
not increase the risk of loosening. it is generally recom-
mended that patients do not participate in high-impact activi-
ties such as running, but there is controversial opinion as to
whether patients should participate in other activities such as
cross-country and alpine skiing.

It is the purpose of the present study to quantify hip joint load-
ing during walking, running, cross-country and alpine skiing.
Since walking is typicaily recommended as a “safe” activity
for a THR patient, although loosening and failure still ocours
over time, and running an “unsafe” activity, the loading condi-
ticns of the various skiing activities are compared to walking
and running. This information can be used to make recom-
mendations to patients with reference to safe and unsafe
activities and to provide the loading conditions for future
mechanical testing of hip joint prosthetic components and fix-
ation methods.

REVIEW AND THEORY

Data on hip joint loading has previously been collected using
two different methods: direct measurement using an instru-
mented prosthesis (Davy et al., 1988) and inverse dynamics
analysis (Paul, 1971). The first technique has only been
applied in a small number of elderly patients, precluding its
use for analyzing skiing. The second method typically relies
on accurate measurement of forces and movement in three
dimensions, which becomes difficult outside a laboratory
environment, especially when a large field of view is required.
For the purpose of this study, an inverse dynamics analysis
method was developed which uses multiple accelerometers
attached to the upper body. As described by Kane et al.
(1974), accelerometer data can be used to determine the
acceleration at the center of mass (CM), angular accelera-
tion, and angular velocity of a rigid body. These variables,
combined with inertial properties of the head-arms-trunk
(HAT) segment, can subsequently be used fo calculate a total
force and moment vector, expressed in a segment-fixed coor-
dinate system, from the 3-D equations of motion for a rigid
body. Assuming single support, i.e. force and moment existin
only one hip joint, these loads can be attributed to joint and
muscle forces acting across the joint.

PROCEDURES
Nine male subjects participated in the study. All subjects had

normal, healthy hip joints and were intermediate to expert ski-
ers. Four triaxial accelerometers (ENTRAN EGAX-*-10) were
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attached o a semi-figid frame which could be tightly sirapped
to the upper body. The twelve accelerometer signals were
sampled at 300 Hz by a portable data logger (Tatiletale 6F,
Onset Computer Corp., North Falmouth MA) carried in a pack
around the waist. Total mass of the entire system was 1.5 kg.
Each subject performed four activities: walking, running,
alpine skiing (four conditions) and cross-country skiing (clas-
sic and skating technique). In a separate ‘calibration’ session,
the position and orientation of each accelerometer with
respect 1o an upper body coordinate system were measured
while standing, using a 3-D video system (Motion Analysis
Corp.). At the same time,the location of the CM and of the left
hip joint center were obtained from coordinates of markers
attached 1o anatomical Jandmarks.

Acceleration at CM, angular acceleration, and angular veloc-
ity were determined from the accelerometer data in each
sample of movement data using a non-linear least-squares
method, and the 3-D equations of motion yielded the resuilt-
ant force and moment vector at the hip joint. By assuming
that muscle forces and joint contact force act on the pelvis in
opposite directions, joint contact force was estimated from

the magnitude of force and moment, according to:
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F}oinl = Fmag + a , (1)

where d is an effective muscle moment arm which was esti-
mated from literature data, yielding different values for each
activity, depending on the range of hip flexion angles and the
major component of the resultant joint moment. After low-
pass filtering (20 Hz), the 3-D force and moment vectors were
quantified at the time of peak force magnitude in 6-10 loading
cycles of each subject in each of the experimental conditions.
The peak moment magnitude typically occured simulta-
neously.

RESULTS

Figure 1 shows a typical result for alpine skiing, without low-
pass filtering. The loading cycles of the left and right limb
{right and left turns, respectively) could be clearly identified
from the negative and positive phases in the medio-lateral
force component F, . A gradual build-up of force and moment

- can be observed during the turn, after which the load is

quickly transferred to the other limb. The force acting on the
upper body is oriented lateral, superior, and posterior in the
upper body coordinate system, with approximately equal
componenis in each of these three directions. The moment is
mainly an extensor moment, with minor contributions from
external rotators and adductors.

Results from the peak loading analysis are shown in Table 1.
From the four alpine skiing activities, only the extreme load-
ing conditions are shown: long radius tumns on a flat slope
and short radius tums on a steep slope. The direction of the

1. E-mail: bogeri@acs.ucalgary.ca
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resultant force vector (not shown in the table) during walkin-
running was mainly along the Z (inferior-superior) axis of the
upper body, while alpine skiing and cross-country skating
exhibited large components in medio-lateral and anterior-
posterior directions, as illustrated in Figure 1. Specifically, the
F, was already 6 times larger during the easiest alpine skiing
condition than during running. Considering only the magni-
tude of joint contact force, skiing activities can be classified
between walking and running, with the exception of the most
dynamic alpine skiing activity where the large extensor
moment led to a high contact force. Running was the only
activity where impact loading was observed; in skiing the
increase of force always occurred gradually.

DISCUSSION

The accelerometer system with portable data logger provided
a convenient method for collecting data on hip joint loading
during various activities. Rigid body kinematics and dynamics
were used to obtain resultant joint force and moment from
twelve accelerometer signals. The HAT segment was
assumed to be rigid, thus neglecting arm movement and non-
rigidity of the trunk. Errors due to these assumptions were
estimated to be less than 5%. More error was introduced by
the assumption that no load was transmitted by the contralat-
eral hip joint. During gait and cross-country skiing, the con-
tralateral limb exerts a mainly downward force, leading to a
systematic underestimation (15-20%) of joint force by our
method. During alpine skiing, this efiect depends on the tech-
nique. The subjects were instructed to lift their inside leg dur-
ing the turn, leading to similar systematic errors as during
gait. However, they may have had 10-15% of the total force
on the inside ski, possibly leading to overestimation of joint
loading on the outside (downhill) hip.

Joint contact forces for walking (Table 1) were comparabie to
those reported from direct measurements (e.g. Davy et al.,
1988). Previous model studies (e.g. Paul, 1971) have typi-
cally resulted in much higher values, possibly due to the use
of straight-line muscle models which tend to give low moment
arms (Brand et al., 1988). The calculation of joint contact
force from the resultant force and moment according to equa-
tion (1) assumes that no antagonistic activity exists. Thisis a
common assumption for analysis of walking. However, large
hip flexor EMG activity has been reported during alpine ski-
ing, in spite of a resultant extensor moment. For the present

results, this means that the joint contact force £, during
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alpine skiing is systematically underestimated, perhaps by as
much as 50%. Literature EMG data on running and cross-
country skiing indicate an intermediate level of co-contrac-
fion.

The results of this study indicate that cross-country skiing
and alpine skiing under controlled conditions are relatively
safe activities for a hip prosthetic patient. More dynamic ski-
ing movements and steep slopes should not be recom-
mended. However, it should be noted that, compared fo
walking and running, large anterior-posterior and medio-lat-
eral force components were observed during all alpine skiing
conditions as well as cross-country skating. Such forces may
contribute to a torsional load on the prosthetic stem and con-
tribute 1o the risk of early loosening (Nunn et al., 1989).

REFERENCES

Brand, RA et al., Proc 35th Ann Meet Orthop Res Soc, Las Ve-
gas, p. 96.

Davy DT et al., J Bone Jt Surg 70-A: 45-50, 1988.

Kane, TR et al., Biomechanics 1V, University Park Press,
Baltimore, pp. 284-290, 1974.

Nunn D et al., J Bone Jt Surg 71-B: 452-455, 1989

Paul JP, Exper Mech 11:121-125, 1971.

ACKNOWLEDGMENTS

This study was financially supported by the Swiss Society for
Orthopaedics (SGO) and NSERC of Canada...

Table 1: Peak magnitudes of resultant force and moment at
the hip joint (average and standard deviation of 9 subjects).
Estimated joint contact force is expressed relative to body
weight.

Activity/Condition F(’;S" ?:1"‘;9) g‘\’j{‘,*)
Walking (1.5 m/s) 58272 | 7211 | 25
Running (3.5 m/s) 1203+50 | 154419 | 5.2
Alpine skiing (short, steep) | 11961235 | 267462 | 7.7
Alpine skiiing (long, flat) 720484 | 139+27 | 4.1
Cross-Country (diagonal) | 7511232 | 135448 | 4.0
Cross-country (skating) 843+133 | 156424 | 4.6
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INTRODUCTION

Nine healthy physically active subjects performed
landings from which independent concurrent biiateral
kinetic and kinematic records were acquired. Testing
involved 25 trials per subject on each of three
consecutive days. Multiple regression models were
generated using select kinematic measures to predict
forefoot and rearfoot impact force magnitudes. The
terms entering the models were examined to identify
strategies by which joint motion features combined to
mediate the impact forces. The concordance of
elements combined in a strategy between individual and
group models and within subjects between sessions was
analyzed.

REVIEW

Biomechanical evaluations tend to generate huge
quantities of information. Additional complexity and
information load is attributabie to the concept of motor
equivalence. Even under rigorously controlied lab
environments, individuals rarely perform a given task
identicaily. Further, subjects may aiso utiiize
idiosyncratic movement strategies. |f biomechanics
seeks to understand the basic mechanisms of
movement, all strategies utilized in solving a particular
movement task are deserving of attention for what
potential insights might be acquired.

Very subtle, yet critical, aspects of human movement
are contained in these mountains of data. A tool is
needed that can sift through the less germane material
and allow researchers to focus interpretation on the
most relevant features. Results from multiple regression
models developed for group and single subject data sets
have been interpreted to demonstrate that individuals
utilize different strategies under a variety of landing
conditions (Dufek, 1988; James, 1991). Multiple
regression techniques have been used more often to
identify critical aspects of technique in groups, primarily
to target areas for improvement or optimizing technique,
rather than for the purpose of identifying individual
strategies of combining joint actions in a particular task.

Projects utilizing multiple regression to identify individual
strategies (Dufek, 1988; James, 1991) generally have
found every subject to employ a unique strategy.
Further, few individuals demonstrate strategies similar to
that of the group. This interpretation of the single
subject statistical models seems logical, but it has not
been shown that this technique identifies stable
consistently composed strategies within individuals.
This technique offers excellent potential, but for
confident application, the internal consistency feature
should be evaluated. The purpose of this study was to
apply the multiple regression technique to data from
individuals performing a highly controlled drop landing
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task on three consecutive days and evaluate the
consistency of the strategies thus identified.

PROCEDURES

Nine healthy physically active subjects performed 25
drop landings (0.6 m) in each of three test sessions
conducted on consecutive days. Independent
concurrent bilateral ground reaction forces {1000 Hz)
and sagittal plane kinematics (200 Hz) were sampled for
each landing, resulting in 50 "legs" of data captured for
each session. Five landmarks on each side of the body
were used to define a four segment lower extremity and
trunk model. Video coordinate data were digitaily
filtered (4th order, zero-lag, low-pass, 16 Hz cut-off)
prior to computing angular kinematics. Motion
derivatives were calculated using standard digital
differentiation techniques. The analysis interval
boundaries were from 20 ms prior through 100 ms
following initial foot contact.

Fifteen kinematic variables (angular position at contact,
angular velocity at contact, range of motion post-
contact, maximum anguiar veiocity, and maximum
angular velocity time for the ankle, knee, and hip joints
each) extracted from each landing (for each leg) were
used to develop regression rmodels predicting the first
(forefoot: F1) and second (rearfoot: F2) impact peaks.
Stepwise regression models were generated for the
following groups or clusters: 1) the entire study sample
using all 1350 landing trials {GRP), 2) the grand model
for each individual using the 150 landings acquired from
all three sessions (SS$3), and 3) single day (50 trial)
models for each individual (SS1). All statistical models
utilized entry and removal a levels of 0.05 and a
tolerance of 0.5. The tolerance level was select
address the multicollinearity inherent among the
predictor variables. Model significance was also
evaluated at the p <.05 tevel.

Contrasts for the agreement of the various models
generated were organized as follows: 1) GRP vs each
SS3 and 2) SS3 vs each SS1. The following equation
was used to capture the % agreement in the elements
composing each model:

2{# terms shared in contrasted models)

% = 100 *

(# terms in contrasted models)

ESULTS

The GRP models resulted in better predictions for F2
{565.0% explained variance)} than F1 (46.1%). The F2
predictions were better for 8 of the 9 subjects, with the
explained variance of F2 being 33% greater than F1 on
average.



The SS3 models did not strongly agree with GRP models
for either F1 or F2 (35.1 and 33.6% agreement,
respectively). As shown in Figure 1, only one subject
demonstrated more than 60% agreement with the group
(S7 for F1).

The within subject model consistencies were varied.
Figures 2 and 3 present the SS1 vs SS3 agreements.
F2 modeis were more stable than those for F1 {61.7 vs
28.5%, respectively). Among the 27 SS1 vs 583
contrasts conducted {each for F1 and F2), 41% of the
F1 SS1 models showed no agreement while only 7% of
the F2 SS1 models demonstrated this outcome.

DISCUSSION

The poor F1 and F2 model compatibility between
individual vs group model contrasts were similar to
those reported previously (Dufek, 1988; James, 1991).
If this technique is appropriate, this finding highlights
the possibility that conclusions drawn from group
designs really are not very generalizable.

The primary assumption in this study was that the
subjects would utilize similar landing strategies across
test sessions. Subjects were instructed to land normally
each day, an implicit approval to employ a "preferred”
landing style. Indeed, the foundation of the concept of
a "preferred” strategy suggests a durable quality to the
biomechanical patterning of an individual over time. In
addition, a previous analysis of the bilateral performance
features of these subjects (Schot, 1994) demonstrated
consistent traits. We thus hypothesized that the within-
subject models would demonstrate high agreements
among the strategic elements combined to mediate
impact forces. Such an observation would support the
continued use of the technique.

The results of this aspect of the study are equivocal.
The stability of F1 models was quite low (28.5%} and
the stability of the F2 models {61.7 %) might also be
viewed as tenuous. The F1 models explained less
variance than those of F2, therefore predictions would
be more difficult and less consistent. This is at least
partly attributable to the predictor variables used, which
were arguably more germane to the F2 phenomenon. It
has also been suggested that F2 is more susceptible to
movement strategy mediation (Caster, 1990; Schot,
1991) and the results of the GRP models offer some
support this interpretation. One subject did demonstrate
100% agreement for all F2 models, yet 2 individuals
performed such that there was no agreement between
one of the SS1 vs SS3 model contrasts.

Given the equivocal consistency of the within-subject
models, there are 3 conclusions to consider at this
point. First, the technique may be invalid for reasons
not related to standard statistical assumptions and
guidelines (ie; the single subject design issues). Second,
the kinematic predictors used may have been
inadequate; the explained variance from similar studies
has been higher than achieved here. Third, perhaps
humans really do behave as variably as the models tend
to indicate. In light of the perspectives evolving from
the fields of chaos theory and non-linear dynamics this
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interpretation suggests that more work be done to
assess the potential of this tool.
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Lower Body Mechanics During the Baseball Swing
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INTRODUCTION

Very iittle scientific effort has been spent developing training
and rehabilitation protocols spacific to the hitter. In order to
successiuily address the needs of the hitter, the
biomechanics of the baseball swing must be studied and an
understanding of physiological and mechanical interaction
developed. This study uses three-dimensional kinematic and
kinetic data to define and quantify lower body mechanics
during the baseball swing.

REVIEW AND THEORY

Movement during the baseball swing is defined by both finear
and rotational components (Schmidt M. et al. 1994, DeRenne
C. 1993). The linear componentis defined by forward
movement toward the on-coming pitch. The rotational
component is defined by the movement of body segments
around the axis of the trunk. Researchers (Messier S.P. et al.
1985, Williams K.R. et al. 1983) have shown that the
application of force by the feet to the ground promotes both
linear and rotational movement during the swing motion.
Other researchers (DeRenne C. 1993, Riley P.O. et al. 1991)
have shown the movement of the center of mass of the body
can be indicative of forward linear motion. The objective of
this study is to utilize biomechanical measurement techniques
and hitting theory (Lau C. et al. 1986, Williams T. et al. 1986)
to define and quantify both the linear and rotational
components of lower body mechanics during the baseball
swing.

PROCEDURES

Subjects; Twenty nine professional baseball players were
studied. The mean height was 179cm and the mean weight
was 85kg. All the subjects batted right handed. At the time of
tosting the subjects’ lavel of play ranged from minor league
(A,AA AAA) to major league. The mean batting average was
.246 and the mean number of ‘at bats’ was 246.

Data Collection: Three-dimensional motion data were
collected using a video based motion collection system
(Motion Analysis Corporation, Inc.). The subject was filmed
using six cameras at a rate of 200 frames per second. Three-
dimensional ground reaction forces were collected using two
force plates (Advanced Mechanical Technology, Inc.). Each
force piate coilected daia at a rate of 1000 sampies per
second. The motion and force collection equipment was
electronically synchronized for simultaneous data collection.

Testing: Each subject was tested at an indoor biomechanics
facility. The subject was fully informed of testing procedures
and asked to read and sign an informed consent prior to data
coliection. 24 reflective markers were applied to the subject,
bat and ball. Anatomical measurements were taken including
height and weight. The subject was then allowed to warm up
in the data collection area. For the purpose of eliminating the
possibility of mechanical variation and adjustment to a pitched
or moving ball, the hitter was asked to hit baseballs placed on
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a standard batting tee. While the hitter warmed up, he was
asked to find a comfortable tee position from which line drive
hits could be directed toward the middle of the field. During
data collection, the researchers, subject and coach observed
each hit for solid bavball contact, 100% effort and line drive
trajectory directed toward the middle of the field. Data from
the first three hits that met the fore mentioned criteria were
saved.

Calculation: The three-dimensional location of each of the 24
reflective markers was calculated with respect to a global right
handed orthogonal coordinate system (global reference
frame) (Figure 1). Marker position was mathematically
determined based on data collected by each of the six
cameras. Kinematic data was then computed using vector
mathematics and local coordinate systems which were
constructed using the reflective markers placed on the body.
All data were filtered using a fourth-order, low pass
Butterworth filter with a resultant cut off frequency of 13.3 Hz
(Winter D.A. 1979).

Y Y

Figure 1: Global reference frame.

Parameters of measurement included sfride (length and
direction) and the orientation of the front foot. The whole body
center of mass and the center of pressure between the fest
were determined and their movement relative to each other
calculated. The three-dimensional forces applied by the fest
10 the ground were measured, normalized to body weight and
presented with respect to the global reference frame.
Compressive forces were applied in the negative Z direction
and shear forces were applied in the X and Y direction. The
rotation of the hips (as a linked segment) around the axis of
the trunk was also measured with respect to the global
reference frame.

RESULTS
(Data presented in the results are mean values)

As the hitter began the motion of the swing, he ifted his front
foot causing weight to be shifted toward the back foot. The
total amount of force applied by the back foot to the ground



was 102%BW (percent of body weight). Shear forces of
19%BW and 2%BW were applied to the ground by the back
foot in the global negative X and positive Y directions
respectively. At the same time, the center of pressure
between the two feet moved toward the back foot to a position
22cm behind the whole body center of mass in the global X
direction.

The hitter continued the motion of the swing, by striding
forward with the front foot. As the front foot came into contact
with the ground, weight was shifted forward. Stride length
was 84cm and stride direction was 12° closed with respect to
the global positive X direction. Front foot position was 64°
closed with respect to the global positive X direction. The
total force applied by the back foot to the ground was 73%BW
and the front foot was 8%BW. Shear forces were applied by
the back foot in the global negative X and positive Y
directions. Shear forces were applied by the front foot in the
global positive X direction and negative Y direction. The hips
were closed 23° with respect to the globai positive X direction.

At ball contact, the center of pressure had moved forward in
the global positive X direction toward the front foot to a
position 27cm ahead of the center of mass. The total forces
applied by the back foot and the front foot were 12%BW and
98%BW respectively. The hips were open 76° with respect to
the global positive X direction.

CLORAL X 1]
(-)Right foet 'md
(--ILeft foat

CLORAL Y 1
!
(-)Right foot /_\

(~-)Left foot

Figure 2: Typical shear force application.
DISCUSSION

General mechanics: As the hitter began the motion of the
baseball swing, he ‘loaded’ both the linear component and the
rotational component. ‘Loading’ the linear component
consisted of transferring weight to the back foot. This caused
the center of pressure to shift to the rear foot, a position
behind the center of mass and thus created a dynamic
situation which facilitated forward finear movement. ‘Loading’
the rotational component consisted of increasing the shear
forces applied by the back foot in the global negative X
direction and positive Y direction. This created a ground
reaction force which facilitated the counter clockwise rotation
of the hips.

As the hitter continued the motion of the swing, the front foot
made contact with the ground ending the stride. Weight was
transferred forward resulting in the forward linear movement of
the center of pressure in the global positive X direction from
the back foot toward the front foot. Shear force applied by the
front foot increased in the global positive X direction and
negative Y direction. Ground reaction to the shear forces
applied by both back and front feet created a force couple at
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the hips. The forward linear movement of the hitter combined
with the rotational movement of the hips provided a foundation
for generating bat speed during the swing.

Mechanical _variation; I was observed that different
mechanical strategies were used by hitters resulting in a
spectrum of interaction between the linear and rotational
components of lower body mechanics.

At one end of the spectrum, the hitter emphasized the linear
component. As the front foot made contact with the ground a
forward weight transfer caused the center of pressure to
gradually move to the front foot ahead of the center of mass of
the body. At that point, the front foot began to apply shear
forces to the ground, which facilitated the rotational
acceleration of the hips. The hitter moved in a linear fashion
driving his center of mass toward the position of the center of
pressure at the front foot. As the hitter continued forward
toward his front side, the shear force applied by the rear foot
decreased. The force couple generating rotational
acceleration at the hips was reduced to primarily the front foot
facilitating rotation at the lead hip. The fower body action was
then dominated by forward linear motion as the center of
mass moved fo align itself over the center of pressure at the
front foot.

At the opposite end of the spectrum, the hitter emphasized
the rotational component. At front foot contact, a rapid weight
shift was incorporated causing the center of pressure to
quickly move to a position at the front foot. In contrast to the
linear hitter, the rotational hitter did not continue forward by
driving his center of mass toward the position of the center of
pressure, but rather, quickly shifted weight back to the rear
foot causing the center of pressure to align directly below the
center of mass. In this position, the force couple applied to
the hips was enhanced by the combined effect of significant
shear force applied by both the rear and front foot. The lower
body action was then dominated by the rotational motion of
the hips as the application of shear force by both the rear and
front foot amplified the force couple generated.

SUMMARY

The data demonstrate a spectrum of lower body mechanics
during the baseball swing. The spectrum is defined by
variation in interaction between the linear and rotational
components of movement. A better understanding of
mechanics wilt allow for more specific and effective training
and rehabilitation protocols.
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INTRODUCTION

A powerful first serve has become a valuable and
popular weapon in tennis at the expense of producing a
greater number of injuries to the contemporary player.

In an aitempt to serve with more power and precision
many players have developed symptoms in the back,
shoulder and particularly the medial elbow regions. The
tennis serve is truly a three-dimensional skill where many
body segments move in mani of their degrees of freedom
(d.0.f.) in an attempt to develop greater racket velocity
before impact.

This study describes the anatomical rotations of the
striking limb, and it calculates the resultant joint
moments around elbow joint during a hard and flat first
serve. It uses a three-dimensional inverse dynamic
model of the upper extremity, consisting of three linked
segments: upper arm, forearm, and hand-racket segment.
It is hypothesized that medial elbow injuries common to
elite players are a consequence of high medial stress seen
in the form of varus moments about the elbow.

REVIEW AND THEORY

The main function of the elbow is flexing and extending
and this primary task is compromised when an athlete
attempis to throw (or hit with a racket) a ball for
maximum speed. When the upper arm externally rotates
to @ maximum prior to the acceleration phase the medial
elbow is placed into a position of stress. This can be
seen in sports such as baseball, javelin throwing and
tennis serving (Harding, 1992).

Most studies that have investigated varus/valgus moments
at the elbow have been concerned with baseball pitching.
Werner et al. (1993) reported a varus torque of 120 Nm
just prior to maximal external rotation (MER) during
baseball pitching which decreased in magnitude to
approximately 30 Nm at ball release and then became a
valgus torque in the follow-through phase. Feltner and
Dapena (1986) reported a peak varus torque of 100 Nm
+ 20 Nm just prior to MER (.047 s before release).
Although the magnitude of the varus torque decreased it
remained as a varus torque throughout the remainder of
the pitch. Campbell et al. (1994), reported that an elbow
valgus moment was evident ihroughout the pitch. At
MER professional pitchers experienced a valgus moment
of 2.2 (momenis were normalized by body weight and
height) compared to 1.3 for little leaguers. At ball
release little leaguers demonstrated a greater valgus
moment (1.5) compared to their professional counterparts
(0.6). It is possible that this group of authors reported

on the moments causing the stress (valgus) and not on
the moments resisting the stress (varus). Rash (1994)
examined the throwing motion of quarterbacks and
introduced two terms referring to the stress placed on the
elbow by the throwing of the football. Elbow medial
deviation moment and elbow medial deviation loading
rate were evident throughout the movement. Bahamonde
(1989) reported a large varus torque was present
throughout the forward swing in the tennis serve.
Maximum value of 74.2 Nm at impact and 43.3 Nm at
MER were given.

PROCEDURES

Subjects

Twelve right-handed elite male tennis players were
recruited to participate in the study. Subjects selected
were deemed by professional coaches to have the best
service action in the state. Upon arrival subjects were
fitted with lightweight markers, attached to the distal
forearm and hand (34 grams and 49 grams respectively),
that enhanced the rotational characteristics of the upper
limb. Subjects were then permitted as much time as
needed prior to the filming to complete their warm-up

attachments.

Filming

Filming was conducted on a plexipave tennis court and a
DLT method for 3-D space reconstruction from 2-D
images was used. Three 16mm Photosonics 1PL high
speed cameras were used to film a reference structure
containing markers of known coordinates in space
encompassing the field of movement of the service
action. This structure was then removed and the subject
was filmed in the same area with identical camera
positions. The cameras operated at 200 frames per
second (exposure time 1/2400 s) to film each subject
hitting flat serves into a 1 meter square area on the
service box closest to the center of the court. An electric
conic shaped clock with .02 second divisions was
positioned in the field of view of all three cameras to
enable the speed of the film to be calibrated.

Analysis

The 2-D images of both the reference structure (19
points and dimensions of approximaiely 2.5 m x 4.0 m x
3.6 m) and subject were digitized, and the unknown 3-D
coordinates of each of the subject’s markers were
determined using a modified version of the Direct Linear
Transformation algorithm which allowed the user to
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identify hidden points in the movement and a choice of
camera combinations. The coordinates of the markers
were smoothed using the optimally regularized quintic
spline subroutine GCVSPL. The joint angles were
obtained using vector calculations and the angular
conventions used in Sakurai et al. (1994) were followed.
Yoint forces and torques were derived using a dynamic
model described in Legnani et al. (1993).

RESULTS
At impact the center of the racket-head had a mean

velocity of 31.0 ms™ in the direction of the ball. Some
of the results are presented in Table 1.

Int/Ext rat Abd/add Hor. Ethow Pro/Sup Wrist
Flex/Ext Flex/Ext Flex/Ext

Max -150.1 88.0 46.1 -124.3 -23.7 -63.0

sd. 93 4.6 6.7 13.0 10.7 10.6

time 0.949 0.907 0.984 0.796 0.861 0.913

s.d. 0.029 0.074 0.026 4.056 0.022 0.018

Impact -125.2 732 424 1.7 36.3 6.4
s.d. 13.8 9.1 9.1 6.1 - 156 10.7

Table 1: Mean Maximum and impact angles of the
upper limb during a tennis serve (degrees) (Impact =
1.00s).
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Figure 3: Elbow, forearm and wrist angular
displacements.

The tennis serve is characterized by external rotation of
the upper arm, and flexing of the elbow in the backswing

position. In the acceleration phase the upper arm rapidly
moves towards inward rotation, the elbow extends, the
forearm pronates, and the wrist flexes. It is speculated
that the rotation of the trunk and the external rotation of
the upper arm creates an inertial lag of the racket, hand
and forearm segments creating a high varus moment at
the elbow. This moment reached its mean maximum
peak of 103.1 % 22.8 Nm at 0.954 £ 0.012 s which was
near the time of MER angle of the upper arm (Figure 1).
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Figure 1: Varus/valgus resultant joint moment at the

elbow.
DISCUSSION

This investigation concurs with kinematic information
reported in similar three-dimensional studies of the tennis
serve. Furthermore, it provides new rotational
kinematics, and kinetics of the elbow joint. The varus
moment reported in this investigation is higher than that
found in the only other previous study of the tennis serve
and it is comparable in magnitude to studies of the
pitching motion in baseball. This study has also
established a base for the modelling of the elbow joint as
it relates to loading in the anterior medial collateral
ligament. This ligament has been found to be the
primary constraint to valgus loading at the elbow
(Morrey et al., 1991). The elbow model will investigate
not only the dynamic loading of the ligament through the
tennis serve, but it will also allow the author to modify
the individual d.o.f. involved in any three-dimensional
movement and quantify the changes in structure loading
as a result of a single or multiple alteration.
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Lower Extremity Kinematic Comparisons between
Forefoot and Rearfoot Sirikers

I McClay and K Manal

Motion Analysis Laboratory, University of Delaware,

INTRODUCTION

The manner in which the foot strikes the
ground in running is likely to influence the mechanics
of the lower extremity during suppert. There are
currently no studies reporting the differences in lower
extremity kinematics between rearfoot strikers (RFS)
and forefoot strikers (FFS). This study was undertaken
with this purpose in mind. The project is currently
underway with the results presented here based upon
the subjects that have been collected to date. 3-D
kinematics were collected on 10 RFS and 10 FFS who
were classified based upon their strike pattern.
Significant differences were found in both rearfoot and
knee movements suggesting that lower extremity
kinematics are influenced by strike pattern. It is
hoped that these results will begin to generate
normative data for runners with a FFS pattern.

REVIEW AND THEORY

Approximately 80% of distance runners strike
the ground with the rear portion of their feet (Kerr et
al., 1983). The remaining 20% are either midfoot or
forefoot strikers. This is likely to result in a different
pattern of motion of the foot and lower extremity
during support. For example, a forefoot strike pattern
places the foot into a more plantarflexed position. It is
hypothesized that this will result in a more supinated
posture at footsirike (FS) and decreased peak
pronation values during support. It is also
hypothesized that the knee will consequently be in
greater knee flexion at heelstrike to compensate for
the plantarflexion at the ankle. However, none of the
studies reporting lower extremity kinematics during
running have incorporated forefoot strikers.
Therefore, normative kinematics for this group of
runners has not been established. Without this
reference, it is difficult to determine when the
mechanics of a person with a forefoot strike pattern is
abnormal. As clinicians, this is important to
understand as the focus of the treatment may be
directed at correcting the mechanics.

Therefore the purpose of this research is to
compare the lower extremity kinematics of runners
with a forefoot strike pattern to those with a rearfoot
strike pattern.

PROCEDURES

20 recreational runners, previously screened
for their strike pattern were used in this study. 10
subjects were assigned to the rearfoot strike group
(RFS) or the forefoot (FFS) group based upon a visual
screen of their strike pattern while running on a
treadmill. To be placed in the FFS group, initial
contact had to be made in the forefoot region (with
heel off the ground at FS). In this group, the foot with
the most anterior strike pattern was used. In the RFS
group, the foot with normal peak eversion values was

21
Lok

fad

AT 1.

wapem ™Y 1Q71 4
INEWATK, DE 19716

used, as this group also served as a control group for
comparison to a group of pronators.

Four retroreflective markers were affixed to a
velcro-backed p