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The 1994 Borelli Lecture

Rings in the Well: Adventures in the Study of Human Locomotion

Peter R. Cavanagh, Ph.D.
Center for Locomotion Studies
Penn State University, University Park, PA 16802

"These [ideas] dropped into my childish mind as if you should accidentally drop a ring into
a deep well. I did not think of them much at the time, but there came a day in my life when
the ring was fished up out of the well, good as new." Harriet Beecher Stowe, 1869.

Studies of human locomotion have, historically, played a pivotal role in the development of
musculoskeletal biomechanics. The progression inherent in the activity under study can be
considered a metaphor for the advancement that results from each experiment. New
methods, results and ideas do not always find immediate application but, like rings in the
well, they lie in wait for future rediscovery.

In an attempt to demonstrate the way in which previous experiments influence and
contribute to new directions, this presentation will describe some of the studies conducted
‘over the last 20 years by the author and his colleagues. Among the topics to be discussed are
walking, running, and cycling mechanics; athletic and therapeutic footwear; and mechanical
factors that affect the foot in diabetes.
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Clinical Biomechanics Award Paper

Non-Uniformity of Contact Stress in Total Knee Arthroplasty

R.E. Bristol, MS, D.C. Fitzpatrick, MS, T.D. Brown, and J.J. Callaghan, MD

Depts. of Mechanical Engineering, Biomedical Engineering and Orthopaedic Surgery
University of Iowa
Iowa City, Iowa

SUMMARY

~ This study examined 15 commercially available TKR designs using PresSensor pressure
sensitive film. There was found to be no consistent, statistically significant positive
correlation between minimization of spatial mean contact stress and minimization of the
amount of overloaded (>10 MPa) UHMWPe contact area. Furthermore, it was seen that
machining cutter preparation of the UHMWPe insert not only left grossly visible A/P grooves
on the articulating surface, but that substantial pressure non-uniformities corresponding to
these grooves also appeared on the PresSensor contact stress recordings.

RELEVANCE
Because of the lack of statistically significant correlation between spatial mean contact stress

and highly loaded UHMWPe area, we question the utility of spatial mean contact stress as
a parameter for predicting the relative wear propensity of contemporary total knee designs.
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Keynote #2
BIOMECHANICS OF SKELETAL MUSCLE INJURY

Richard L. Lieber, Ph.D.
Departments of Orthopaedics and Bioengineering
University of California, San Diego, La Jolla, California 92093-9151

Skeletal muscle injury was studied in rabbits and humans to understand the injury mechanism
and to investigate methods for preventing injury. A human model of eccentric contraction was
first created in the quadriceps femoris muscles which demonstrated that significant structural
abnormalities are associated with eccentric contractions. In all cases, the earliest structural signs
of injury were disruptions of the myofibrillar lattice at the level of the Z-disk.

A rabbit model was then developed to understand the fiber type-specific effects of injury and the
injury mechanism. It was found that injury is most pronounced in the large, fast fibers with low
oxidative capacity, i.e., the fast glycolytic or type 2B fibers. The mechanical basis for this injury
was investigated by imposing a series of different stresses and strains on activated muscles.
Using a multiple regression mode, we demonstrated that muscle fiber strain not stress was the
mechanical factor most responsible for injury.

A noninvasive rabbit model was then developed to study the time-course of injury and recovery
as well as muscle-specific damage after exercise. We found that injury was most pronounced in
the extensor digitorum longus (EDL) muscle compared to the TA. Again, this was due to the high
fiber strains achieved in the EDL during exercise. We also demonstrated significant disruption
of the TA and EDL protein desmin suggesting cytoskeletal injury. In fact, such disruption was
observed within minutes, indicating that these cellular changes were not controlled via gene
regulation. Muscle fiber regeneration after injury was pronounced based on the expression of
embryonic myosin during recovery.

Finally, the use of the nonsteroidal anthiinflammatory drug (NSAID), flurbiprofen, was
administered to animals for three days following exercise-induced injury. We found that the
NSAID exerted a potent short-term protective effect but resulted in a significant depression of
muscle contractile properties in the long-term. These studies provide the basis for an improved
understanding of muscle injury as well as data which may provide a rationale basis for treatment
of muscle injury.

REFERENCES:
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exercise in man. Int. J. Sports Med. 4:170-176, 1983.

2. Lieber, R.L. and J. Friden. Selective damage of fast glycolytic muscle fibers with eccentric
contraction of the rabbit tibialis anterior. Acta Physiol. Scand. 133:587-588, 1988.

3. Lieber, R.L. and J. Friden. Muscle damage is not a function of muscle force but active
muscle strain. J. Appl. Physiol. 74:520-526, 1993.
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contractions of 25% strain. J. Appl. Physiol. 70:2498-2507, 1991.

XXV



Keynote #3

Controlling Chaos

Alan Garfinkel, Ph.D.
Departments of Physiological Science and Medicine
University of California, Los Angeles

Simple deterministic systems can sometimes display erratic and irregular behavior. This
behavior, called "chaos”, represents a new way of looking at disordered phenomena. It has
been successfully applied to fluid turbulence, to mechanical vibrations, and to cardiac
arrhythmias, among other subjects.

By understanding the nature of the underlying process, we can sometimes eliminate
undesirable chaos. But that requires, in addition to a model of the system, the ability to alter
the key "chaotogenic" parameters. Recently another approach to chaos has been developed,
called "controlling chaos", in which one does not attempt to take the system out of chaos, but
rather, uses the chaos to facilitate control of the system. This method has been used by our
group to successfully control a drug-induced arrhythmia in rabbit heart tissue in vitro.

Chaos and chaos control may also play a role in neural control systems. In particular, the
control of neuromuscular systems and of locomotion may involve chaotic processes as
pathological states. But the uses of chaos in the nervous system suggest, in addition, that
chaos and chaos control may also be used in functional ways by the nervous system.
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COLLISION PHASE OF SOCCER KICKING

Nikitas Tsaousidis and Vladimir M. Zatsiorsky

Biomechanics Lab, Department of Exercise and Sport Science,
The Pennsylvania State University, University Park, PA 16802

The classical impact theory has been used in the
literature to study ball-foot interaction during a
collision phase of kicking (Wahrenberg ct al,, 1978,
Huang ct al. 1982; Lindbeck, 1983). It mecans that the
duration of the collision has been assumed to be
negligibly small. Engin and Timer (1993) modelled
the responsc of the lower leg to impact loading. They
calculated the mechanical load experienced by the
various knec joint structures when an impact load of
rectangular shape was applied to the lower leg. The
authors found that the classical impact theory cannot
forccast mechanical cffects of the impact when the
collision time cxceeds 15 msec. They did not study
however the ball-foot interaction experimentally.

METHODS

Two expcrienced amateur soccer players were
vidcotaped at a frame rate of 4,000 frames per sccond
(Kodak SP2000). Each subject performed 10
consccutive kicks. The subjects were instructed to
perform each kick with maximal cffort with the tip of
the foot. A FIFA approved soccer ball inflated at the
rcgulation pressure was used in the tests. During
filming, the distance from the camera to the ball was
about 1.5 meters. Scveral points on the ball surface
(up to 11) were digitized with Peak 3D from Peak
Performance and analyzed on a PC in order to
determine the ball deformation and the ball
displacement. Since none of the individual points
represents the ball's center of mass location, the point
at the bottom of the ball was uscd to calculate the ball
displacement and velocity. Two landmarks on the
foot and two landmarks of the shank were digitized to
obtain the kinematics of the lower leg. To estimate
the depth of the foot penetration into the deformed
ball, a simple geomectrical model was constructed.
The coordinates of the tip of the foot, invisible from
the camcra during the impact, were then
reconstructed and used to determine the ball
compression. The ball displacement data were
filtered at a cutoff frequency of 200 Hz, and the ball
compression data at a frequency of 400 Hz using a
sccond order Butterworh filter. The period of 'ncar-
maximal' ball compression was defined as a period
during which the area cnclosed by the 'ball
dcformation-time' curve and an imaginary horizontal

line intercepting this curve docs not exceed 5% of the
total area under the curve. A special program was
written Lo define the instant of the beginning and the
end of the 'near-maximum' compression.

RESULTS

The following sub phases of collision are discerned:
1. Initial compression. This is the time from the
instant of the initial contact of the foot with the ball to
the beginning of the ball displacement. During this
sub phase:

- the ball is being compressed (the compression
begins practically immediately at the instant of initial
contact) but does not move as a wholc;

- the foot velocity decreases sharply.

2. Ball compression during the movement. The ball
compression increases while the ball is beginning to
move. This sub phasc begins when the ball is losing
its contact with the ground and it ends at the instant
of the peak ball compression. During this sub phasc:
- the ball velocity increases sharply;

- the foot continucs decclerating.

3. Ball dccompression during the movement. This
sub phase begins at the instant of the peak ball
compression. Exactly at this time the foot velocity is
becoming equal to the ball velocity (in other words,
the relative velocity of the ball with respect to the foot
is equal to zcro). During this sub phase:

- the ball is decompressing; its absolutc and rclative
vclocity incrcascs;

- the foot velocity is almost constant.
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In addition, the period of 'near-maximal'
compression was determined. The main results for
the ten trials of one subject are presented in the
following Table (the results for the second subject
were similar).

Time, ms |Path, cm |End speed, m/s
Sub phase 1 2.95+0.9 | N/A N/A
Sub phase 2 3.28+1.3 [2.7240.7 |13.6+2 .4
Sub phase 3 10.2+1.3 |23.3+2.2 [25.2+1.5
Total 16.4+1.1 |26+2.3 |25.2+1.5
'Near-maximal' [4.3+1.7 |5.9942.5 |19.4+3.7
compression

It has been found that during and immediately after
the collision the ball vibrates with a frequency which
is in a sound emission range. Based on indirect
evidence (the change of the shape of the curve after
various smoothing procedures), the frequency of
vibration was estimated between 400 and 800 Hz.

A sound emission was registered directly.

DISCUSSION

Can colliding with a ball be considered a (classical)
impact? In mechanics, colliding two bodies is
considered an impact if the time of collision is very
short. The definition of the very short interval of
time depends upon a time scale of events. In case of
collision of two stars, it may be millions of years;
colliding nuclear particles takes nanoseconds. The
most important presupposition which is made when
interaction of the bodies is analyzed as a (classical)
impact is the assumption about the conservation of
momentum during the collision. In the case of
human striking movements, the question arises: can
we consider the time of collision very short and as a
result neglect changes in the magnitude of the
momentum of the 'human body-ball' system as well as
in its mechanical energy? Also, can we neglect
displacement of the system during the collision? If
the displacement is large and the force is applied, the
mechanical work done on the ball can be substantial.
Note that during the collision phase the muscles are
active and, if the displacement is visible, produce
mechanical work.

Our data support the point of view, that the collision
phase in kicking can barely be analyzed as a
(classical) impact during which the total momentum
of the system is conserved. There are at least three
evidences in favor of the idea that the energy which is
supplied by the muscles during the collision cannot be
disregarded. First, during the period of contact the
ball-foot displacement, compared with the range of
human motion, is substantial (26£2.3 cm). Second, at
the instant of maximal compression the ball possesses

considerable velocity of 13.6 £2.38 m/s, which is
more than 50% of the velocity at loss of contact,
25.17+1.54 m/s. Thus, more than 50% of the ball's
final velocity and at least 30% of its kinetic energy is
imparted to the ball without any contribution of the
potential energy of the ball deformation. Third,
during the ball recoil (sub phase 3), the foot does not
decelerate in spite of the force which is acting on it
from the ball. This is possible only due to a
counteracting muscle force. Since the muscles are
shortening during this time and also generate force,
they produce mechanical work which is supplied to
the system. To visualize the described phenomena,
let us consider two examples of a car crash. The car
is colliding with an obstacle. In the first case, the
engine is off. In the second, the engine is working.
The first situation can be analyzed with classical
equations of mechanical impact. The second,
especially if the obstacle is deformable and the time of
collision is not very short, cannot. Kicking resembles
the second situation.

Hence, the classic impact theory is not applicable for
modelling kicking because of not negilibly small
duration of collision. As a result, (a) additional
mechanical energy is supplied to the system due to the
muscle work (this study), and (b) the classical impact
theory cannot forecast the mechanical effect of the
collision (Engin and Tiimer, 1993).

Sound emission. The ball vibration during a collision
is not a new discovery. Everybody knows a typical
'clapping' sound heard during any ball game. It has
not been realized however that this sound can be used
to collect information about the balls and striking
instruments. In particular, registering sound emission
is the simplest and less expensive way to determine
frequency response of colliding bodies. This potential
use of sound emission will be the focus of future
investigation.
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KINEMATIC AND EMG CHANGES DURING ASYMMETRIC AND SYMMETRIC LIFTING
USING TWO TYPES OF WEIGHT BELTS

D. B. Aurslanian and R.E. Bahamonde

Biomechanics Laboratory, Ball State University, Muncie, IN. 47306

INTRODUCTION

EMG data of the erector spinae muscles
synchronized with three-dimensional (3D) video
techniques were used to determine the body's
responses to asymmetric and symmetric lifting
using two types of weight belts. Ten subjects
performed static maximum voluntary exertions
(SMVE) and dynamic lifts from 0° and 45° from
the midline of the body. Three conditions were
evaluated: WBI1, an elastic belt with Velcro
straps; WB2, a firm weight lifting belt; and WBO,
a no belt condition. WB2 reduced the IEMG,
peak voltage, and maximum frequency of the
muscle recordings regardless of the type of lifting.
No significant difference was found in the amount
of time required to do the lifts, but significant
differences were found in the maximum vertical
velocity of the c.m. and the amount of trunk
flexion. In the symmetric lifts the subjects flexed
the trunk less but had a greater maximum linear
vertical velocity of the c.m.

REVIEW AND THEORY

NIOSH (1981) reported that 68 % of the
overexertion injuries in the workplace involved
lifting. Although symmetric lifting is
recommended, asymmetric lifting is predominant
in the workplace (Nussbaum, 1992; Plamondon et
al., 1992). Disc compressive forces during lifting
have been attributed to tension in the erector
spinae muscles. Harman et al. (1989) and Lander
et al. (1990) showed that the use of a weight belt
increases the intrabdominal pressure (IAP) which
theoretically reduces the spinal compressive forces
by means of a decrease in the tension produced by
the erector spinae muscles. To reduce the
incidence of low back injuries in the workplace,
many companies require the use of a weight belt.
Most of the studies using weight belts have been
limited to symmetric lifting and to a single type of
weight belt (rigid leather). It was the purpose of
this study to examine the muscle activity of the
erector spinae muscles during symmetric and
asymmetric lifts using two types of weight belts, a

rigid weight belt and an elastic weight belt
recommended by a physical therapist.

PROCEDURES

Ten male volunteers were asked to perform two
trials of SMVE, symmetric lifts and asymmetric
lifts. The SMVE was used to compare the EMG
values during the dynamics lifts. Video analysis
was used to record the 3D motion and surface
bipolar electrodes (SensorMedics Corp. silver-
silver chloride) were placed between the L3-L5
level of erector spinae muscle to record the EMG
activity. The EMG signals were sample at 1000
Hz and processed using a high and low pass filter.
Superscope II (G.W. Instruments) data acquisition
program was used to collect, rectify, and integrate
the EMG signals. A system of trigger mats was
used to synchronize the lift. The subjects were
instructed to lift a wooden box filled with sand
(244.64 N maximum weight recommended by
International Labor Office, 1988). For the
symmetric lifts, the subjects lifted the box from a
mat which triggered a light on. The subjects were
instructed to lift the box about waist level and to
lower the box down onto the mat which triggered
the light off. The voltage passing through the
light circuit was monitored and used to determine
the lift period. In the asymmetric lifts, the
subjects were asked to lift the box from a position
of 45° to the right of the body to a position of 45°
to the left of the body (without pivoting), lifting
the box to about waist level. In both conditions,
the box was placed at 0.3 m in front or to the side
of the body. A factorial ANOVA with repeated
measures was used to determine significant
differences between the belts, lifts, sides, and
trials.

RESULTS

Means and standard deviations for the EMG and
kinematic variables are presented in Tables 1-5.
WB2 (rigid weight belt) showed significant
differences (p <.05) between the other two
conditions in the burst area, peak voltage, and
frequency (see Table 1-3).



Table 1. Means and standard deviations of the

IEMG.
WB1 WB2 WOB
RS | LS | RS | LS | RS | LS
Asy | 3398 | 2742 | 3279 | .2552 | .3685 | .3052
£.02 | £.02 | +.02 | +02 | +.02 | +.02
Sym | 3587 | 2887 | .3402 | .2697 | .3575 | .2862
£.02 | +.02 | +.02 | +02 ) +.02 | +.02

Table 2. Means and standard deviations for the

peak voltage.
WBI1 WB2 WOB
RS LS RS | LS | RS LS
Asy | 6583 | .6420 | .6359 | .5675 | .7244 | .6632
+.07 ] +.07 | +.07 | +07 | +.07 | +.07
Sym | .7207 | .6746 | .6020 | .5754 | .7803 | .6848
+.07 | +.07 | +.07 | +.07 | +.07 | +.07

Table 3. Means and standard deviations for the
maximum frequency (Hz).

WB1 WB2 WOB
RS | LS | RS | LS | RS | LS
Asy 57 52 36 45 46 52
+5 +5 +5 +5 +5 +5
Sym | 52 55 46 50 49 49
+5 +5 +5 +5 +5 +5

Table 4. Means and standard deviations for trunk
flexion ROM (deg) (90° is the normal standing

position).
LIFT WB1 WB2 WOB
Asy 49 (+2) 52 (+ 2) 50 (+2)
Sym 36 (+ 2) 33 (+2) 36 (+ 2)

Table 5. Means and standard deviations for the
maximum linear vertical velocity of the c.m.

(m/s).
LIFT WB1 WB2 WOB
Asy 72 1 7
(+.04) (+.04) (+.04)
Sym .83 .82 81
(+.04) (+.04) (+.09

Significant differences were also shown between
the sides. The right side showed longer burst
areas than the left side. No differences were

found in the percent of SMVE (not shown) or
between the two types of lifts. The kinematic
variables showed a significant difference in the
ROM during trunk flexion, with the asymmetric
lifts producing a greater trunk flexion than the
symmetric. The maximum linear velocity of the
c.m. was greater in the symmetric lifts than in the
asymmetric lifts. Elbow ROM was larger in the
asymmetric lifts than in the symmetric lifts (not
shown).

DISCUSSION

Harman et al. (1989) and Lander et al. (1990)
have shown that wearing a rigid weight belt
increases the IAP during lifting. An increase in
IAP may produce a decrease in the tension of the
erector spinae muscle which may be indicative of
lesser spinal compression (Mcgill and Norman,
1989). The result of our study suggest that the
type of weight belt may influence the changes in
muscle activity produced during lifting. The rigid
weight belt (WB2) decreased the electrical activity
of the erector spinae muscles regardless of the
type of lift performed. The WB2 belt was stiffer
and could be tightened more; the subjects also
reported that this type of belt prevented them from
assuming an incorrect posture by cutting into the
abdomen. In constrast, the elastic weight belt
(WB1), recommended by a physical therapist did
not produce any changes in the EMG activity.
Although this belt is more comfortable to wear, it
may not produce the benefits associated with
wearing a weight belt during lifting.
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KINEMATICS OF THE THROWING ARM SEGMENTS DURING A PENALTY THROW IN WATER POLO

Michael E. Feltner

Department of Sports Medicine, Pepperdine University, Malibu, CA 90263.

INTRODUCTION

The speed of the ball at release is an important variable affecting
performance in throwing activities. As such, it is important to
understand the motions of the body segments and their
contributions to the speed of the ball at release. This paper reports
the results of such an analysis conducted for the segments of the
throwing arm during a penalty throw in water polo.

REVIEW AND THEORY

Previous studies on the mechanics of the throwing arm in water
polo have been limited. Elliott et al. (1988) reported the flexion/
extension angular displacement and velocity at the elbow and
wrist, and the linear velocities of the segment endpoints, during a
penalty throw. Davis et al. (1977) reported flexion/extension
angular displacement data for the elbow and wrist, but only at the
instant of release. Whiting et al. (1985) and Rollins et al. (1985)
also have reported elbow flexion/extension angular displacement
and velocity values. Nelson et al. (1993) reported pilot data that
described the 3D angular displacements of the arm segments
during a penalty throw. Thus previous studies have provided
limited information about the motions of the arm segments during
a penalty throw and no study has examined the role of the arm
motions in producing the speed of the ball at release.

METHODS

Thirteen intercollegiate right-handed water polo players were
videotaped (60 Hz) using the DLT method. To quantify the
motions of the forearm and hand, a wooden stick (20 cm, 12 g)
was affixed to the dorsal aspect of the distal forearm and a
"T"-shaped wooden cross (22 g) was attached to the dorsal surface
of the hand before the athletes entered the pool (Sakurai, 1993).
Three-dimensional coordinate data of the relevant body landmarks
and ball were obtained for two trials per subject using standard
video analysis procedures and were smoothed via quintic spline
functions. The linear velocity of the landmarks and ball was
computed as the first derivative of the quintic spline functions.

Vector algebra techniques were used to calculate the abduction/
adduction, horizontal abduction/adduction and internal/external
rotation angles at the shoulder, the flexion/extension and
pronation/supination angles at the elbow and the flexion/extension
and radial/ulnar deviation angles at the wrist (Feltner et al., 1986;
Sakurai et al., 1993) and the rotation of the trunk about its
longitudinal axis (Feltner, 1987). The angular velocity along the
longitudinal axes of the upper arm and forearm were computed
using the procedure presented by Feltner et al. (1986). The
methods presented by Sprigings et al. (1994) then were used to
calculate the absolute and anatomical angular velocities of the arm
segments. The contributions of the segment rotations to the speed
of the right knuckle (the distal landmark on the throwing arm)
during the throw were computed using the algorithm developed by
Sprigings et al. (1994). This algorithm assumed that the valgus/
varus anatomical rotation of the forearm and the anatomical
rotation of the hand about its longitudinal axis were zero. Mean
(standard deviation) values are reported for select kinematic data.

RESULTS AND DISCUSSION
The mean angular displacement data for the upper arm and

forearm are presented in Figures 1 and 2. Although the data
presented in Figures 1 and 2 are plots of mean (s.d) values for all

subjects at each instant, the shape of each curve is representative
of the shape of the respective plots for all subjects. Mean ball
speed at release (REL) was 17.7 m/s (+1.8: range 14.4 - 21.3).

At an instant 300 msec before REL, the upper arm was in a
position of external rotation, abduction and horizontal abduction,
and the trunk was oriented so that a line connecting the shoulders
was perpendicular to the plane of the goal. From this position the
trunk began to rotate forward and the upper arm was
simultaneously horizontally abducted, abducted and externally
rotated. These actions continued until the upper arm reached its
position of maximum horizontal abduction (30° + 12° at t=9.81 +
0.04s). The upper arm then was horizontally adducted and
continued to abduct and externally rotate until it reached its
positions of maximum abduction (22° + 8°at t=9.91 + 0.11s) and
external rotation (-64° + 12° at t=9.91 + 0.03s). Between the
instants of maximum external rotation (MER) and REL, the trunk
continued its forward rotation and the arm was adducted,
horizontally adducted and intemnally rotated.

The elbow was slowly flexed early in the penalty throw and
reached its position of maximum flexion (105° + 10°) near the
instant of MER (t=9.90 + 0.04s). The elbow then began to extend
and was rapidly extended in the 50 msec prior to REL. All
subjects reached their maximum elbow extension angular velocity
(767°s + 153%s) within +20 msec of REL. The forearm was in a
pronated position during the early portions of the throw, was
supinated near MER and then rapidly pronated through REL.

The flexion/extension and radial/ulnar deviation motions of the
hand were highly variable and are not presented. However, the
wrist was flexed in the 20 msec period before REL in most subjects.

Figures 3 and 4 indicate that the segment rotations made small
contributions to the linear velocity of the right knuckle (vgg) prior
to MER. Near MER, the linear velocity of the right shoulder
(vsy), associated with the forward trunk rotation, was primarily
responsible for producing the vgg. Between MER and REL, the
linear velocity of the shoulder (vgy), the horizontal adduction and
internal rotation motions of the upper arm (@, and @R,
respectively), and the extension of the elbow (@gy) were the main
contributors to the rapidly increasing value of vgg. However, the
percent contributions of vgy, ®y,, @1z and @gx to vgk at REL
varied as the subjects used two different techniques to produce
vgrk and ultimately the speed of the ball at REL (Table 1).

Table 1. Percent contributions [mean (s.d.)] to vgk at REL, and
vgrk and vgap g, at REL, during a penalty throw in water polo.

Source Int. Rot. Hor. Add.
Technique Technique
Ve (%) 11.3(3.8) 11.8 (3.0)
©ya (%) 380(58) *  53.8(8.1)
©gg (%) 245(78) * 3507
opx (%) 21.1(7.4) 26.4 (7.9)
VR (M/s) 13.4(1.5) *  11.8(0.6)
VBALL (lTI/S) 18.0 (2.2) 17.3 (09)

* p <0.005 (Student's t test) [Experiment wide error rate p < 0.05]




Eight of the subjects [Fig. 3; Int. Rot. Technique (IRT) in Table
1] used the internal rotation motion of the upper arm to make a
significant contribution to vy at REL. The remaining five
subjects [Fig. 4; Hor. Add. Technique (HAT) in Table 1] did not
use an internal rotation motion and used a horizontal adduction
motion of the upper arm to produce over 50% of vy at REL.

The IRT subjects had significantly greater internal rotation
angular velocity and were in position of less external rotation at
REL (Table 2). The IRT subjects also were in a position of
increased elbow flexion at REL compared to the HAT subjects.
Surprisingly, the IRT subjects had a significantly faster value for
VR at REL, but the velocity of the ball at REL was not

significantly different between the two groups (Table 1).

Table 2. Select angular kinematic variables [mean (s.d.)] at the
instant of REL during a penalty throw in water polo.

Int. Rot. Hor. Add.
Technique Technique
Ext. Rot Angle (°) -25(11) . -46 (7)
Elbow Ext. Angle (°) 137 (6) 148 (4)
Int. Rot. Ang. Vel. (°/s) 968 (364) * 346 (288)

* p < 0.005 (Student's t test) [Experiment wide error rate p < 0.05]

The findings suggest that two techniques exist to produce the
speed of the ball at release during a penalty throw in water polo.
Further investigation is required to determine if one of the
techniques is advantageous with regard to muscular activity
and/or decreased risk of injury.
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THREE-DIMENSIONAL VIDEOGRAPHY OF SWIMMING
WITH PANNING PERISCOPES

Toshimasa Yanai, James G. Hay, and John T. Gerot
Department of Exercise Science, The University of Iowa, Iowa City, IA. 52242

INTRODUCTION

A three-dimensional (3D) videography method with two
stationary periscope systems was previously introduced for
recording swimming techniques above and below the water
surface (Yanai and Hay, 1993). This method had some
methodological problems: (a) the projected size of the control
object was relatively small, causing a large calibration error,
(b) deformation was present in an under-water mirror, and (c)
the lower body motion of the swimmer was obscured in front
view by the upper body motion. The purpose of this paper is
to describe a 3D videography method with panning periscope
systems to overcome these problems.

SWIMMING ANALYSIS SYSTEM

One complete stroke cycle of a swimming motion generally
(a) takes place in two media; (b) occupies a large 3D space;
and (c) involves 3D, multi-joint motions. The first of these
three conditions necessitates the use of two independent
calibration fields to record the motions above and below the
water surface. This need for two fields arises because a light
ray refracts when it moves from one medium to another
medium of different density, and this causes the recorded size
of an object at a given distance to appear larger in an under-
water field than in an above-water field (McIntyre and Hay,
1975).

The Direct Linear Transformation (DLT) method (Abdel-Aziz
and Karara, 1971) can be used for 3D multi-joint motion
analysis. An advantage of using the method in swimming
analysis is that it requires no on-site measurement for the
calibration, which may be physically difficult for below-water
calibration. The second condition often presents a major
disadvantage. In many cases, a competitive swimmer is
displaced more than 2m in one complete stroke cycle. Since
the displacement takes place in a horizontal direction, with the
swimmer in a horizontal (or near-horizontal) position, each
field of the camera must cover a length equal to the
displacement plus the height and the arm length of the
swimmer. The total length must be at least Sm for a stroke
cycle. This gencrally makes the projected image size of the
swimmer relatively small, causing large digitizing errors.

To solve this problem, the method described by Yu et al
(1993) was adapted for the present study. In this method,
each camera is allowed one degree of freedom of motion
(rotation about a single fixed axis), and the DLT camera
parameters are expressed as functions of the quantity which
represents this angular motion (the panning orientation).

Two portable periscope systems were designed, constructed,
and tested in our laboratory (Figure 1). Each system
consisted of four parts; (a) a metal box with plexiglass

bottom, (b) a metal table which supported a camcorder, (c) a
pair of mirrors to reflect the above-water view to the
camcorder, and another pair to reflect the below-water view,
and (d) a metal frame which could be fixed to the pool deck,
and which supported the metal box through two bearings.
These bearings enabled the metal box to be rotated about a
single fixed axis, holding a camcorder and four mirrors in the
same relative locations. With this arrangement, the panning
views of the above- and below-water motions could be
recorded by a single camcorder.

18 x 18 ¢m mirror
j\.\,,
\
7 x 18 om mlrmn/"}t:;
!

|
|
|
|
|
)

Camcorder

Plexiglass window

—_—

18 x 18 cm mirror

Figure 1: Side View of Panning Periscope System

PROCEDURES

The method was tested in the University of Jowa swimming

.pool. Two panning periscope systems were fixed on the side

of the pool at a distance of 18.3m from each other, and so
that oblique front and back views of the swimmer could be
recorded. The calibration space was (1.5 x 9.4 x 2.0)m? in
volume, and located in the middle of the farthest lane from
the pool deck where the periscope systems were fixed. The
angle between the optical axes of the two cameras ranged
from 51 to 57°. Thirteen wooden blocks, on each of which a
white circle of 30mm diameter was painted on a black
background, were placed at 1.2m intervals on the pool deck
adjacent to the object space. These wooden blocks served as
reference markers to define a global reference system, and to
define the panning orientation at a given instant.

A control object with 72 points (1.2 x 1.0 x 2.0m) was used
for the calibration. The upper half and the lower half of the
control object were used for the above-water and below-water
calibration, respectively. A plumbline with two table-tennis
balls was attached to the control object, and used to define the
vertical axis in the global reference system. The control
object was placed in seven consecutive locations along the
calibration space. In each of these seven locations, the



position of the control object was recorded using Panasonic
AG450-SVHS camcorders while panning the periscope
systems. The two-dimensional (2D) coordinates of the points
on the control object were digitized for eight fields recorded
during the panning motion of each periscope system. The
panning orientation of each camera at each instant was
determined with the aid of the 13 black wooden blocks placed
on the pool deck. The DLT camera parameters for these
eight digitized fields were determined, and then each
parameter was expressed as a function of the panning
orientation by using a least-squares, second-order, polynomial
regression equation.

Three steps were taken to determine the 3D coordinates of the
points of interest: (a) these points and the reference markers
were digitized in each field from each camera; (b) the DLT
camera parameters of each camera were obtained, based on
the determined panning orientation; and (¢) the desired 3D
coordinates for a given instant were determined from the
digitized 2D coordinates and the two sets of DLT camera
parameters.

VALIDITY TESTING

The validity of the method was tested by using a 2.5m scale
rod with black and white stripes of 0.5m lengths. The scale
rod was pulled through the calibration space, keeping half of
the rod above the water surface and half below. Four
intersections of the stripes (two above and two below the
water surface) were digitized for each camera, and 3D
coordinates of these intersections were obtained. The lengths
of the stripes were computed from these coordinates of the
intersections. The differences between the computed lengths
of the stripes and their known lengths were then determined.

RESULTS AND DISCUSSION

Calibration error was estimated by the mean of the deviations
between the known coordinates of points on the control object
and the computed coordinates of the same points. The mean
deviation (Mean) and the standard deviation (SD) in each
single control object location are listed in Table 1. The result
of the validation are presented in Table 2.

The calibration error tended to be larger in the below-water
calibration than in the above-water, for each control object
location. This could be attributed to two factors; (a) the
under-water control object was much less well-lighted than
the above-water, and (b) there were small but observable
"pincushion” type distortions toward the lower edges of the
below-water field. The illumination problem was due in part
to the use of a single camcorder simultaneously recording the
above- and below-water fields. This problem can only be
solved completely by creating conditions in which the under-
water lighting is equivalent to the above-water lighting.

The distortion problem was not caused by deformation of the
under-water mirror, but instead, by the structure of the lens
of the camcorder and the refraction at the interface of water
and air. An independent laboratory test revealed that
visually-observable "pincushion” distortion existed near the
four edges of the frame when the camcorder was removed
from the periscope and a target was placed over 10 m in front

of it. In the present study, the distortion was perceivable
only in the below-water field. This suggested that the
distortion due to the camcorder was enlarged by the refraction
at the interface of the two media to the degree that it could be
recognized by observers. However, the accuracy of the 3D
reconstruction of the scale used for the validation rod did not
seem affected by the distortion. The scale rod was recorded
in the middle of the frame, and it did not appear to be
distorted in the field. In fact, the errors in computing
dimensions of the scale rod were smaller than the mean
calibration errors (see Table 2). This result was interpreted
to mean that the non-linear component of the coordinate
transformation, caused by the "pincushion” distortion, was
not as serious as to invalidate the linear assumption in the
DLT method.

The method described here solved all the problems identified
in the previously-introduced method with stationary periscope
systems. The method enabled the calibration of a large space
and reconstruction of 3D motions above and below the water
surface, and permitted a large image size to be obtained.

Table 1: Estimated Calibration Errors [mm]

Control Object Locations

1 2 3 4 S 6 7

Above
Mean 11.98 12.07 10.35 15.72 17.65 9.53 8.73
SD 6.08 5.14 6.62 6.51 7.75 521 5.77

Below
Mean 14.00 15.80 12.35 18.23 17.64 10.32 10.69
SD 7.78 7.20 7.06 837 8.11 530 5.82

Table 2: Average Differences between
Computed and Known Dimensions [mm]

Above water  Interface  Below water  Top to bottom

5.83 3.32 5.12 9.97
(1.16) (0.66) (1.02) 0.67)

* percent in parenthesis
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THE EFFECT OF LIFTING BELTS ON TRUNK MOTIONS

SA Lavender, JS Thomas, O Chang, GBJ Anderson
Rush-Presbyterian-St. Luke's Medical Center
Department of Orthopaedic Surgery, Chicago, IL 60612

INTRODUCTION: Presently there is conflicting
information in the literature regarding the effectiveness
of lifting belts in controlling low back disorders in the
workplace. The mechanism by which these belts
reduce the mechanical loading on the spine is not clear.
It has been hypothesized that a potential benefit of
lifting belts may be their ability to reduce motions
within the lumbar spine. Seguin and McGill (1992)
showed that lifting belts did increase the passive
stiffness of the torso. However, it remains to be seen if
this affects the torso kinematics during lifting activities.
The objective of the current investigation was to test
the following hypotheses: 1) Lifting belts decrease
the motion of the torso during asymmetric lifting, and
2) Foot motion during asymmetric lifting removes any
potential benefit of the lifting belt.

MATERIALS AND METHODS: This study used a
sample of 8 male and 8 female nursing personnel who
routinely perform lifting tasks as part of their job
demands. The independent variables were: 1)the use
of the lifting belt, 2)the degree of asymmetry in the load
placement following the lift (0, 45, and 90 degrees),
and 3)whether subjects were permitted to move their
feet (pivot) during the lift. Each subject attended three
sessions scheduled approximately a week apart.
Session 1 was an orientation session which included a
test for maximum isometric strength. The lifting task
performed in sessions 2 and 3 used a box weighing 20
percent of the peak force obtained during the strength
test. Lifting belts were given to subjects either at the
completion of session 1 or the completion of session 2.
At this time the subject watched a short video
describing how the belt was to be worn. The subject
was then asked to wear the belt during the next week's
work activities. The sequence of belt and no belt
conditions was counterbalanced across subjects. The
lifting task required subjects to lift a box from one of
three positions with respect to a self. The box was
lifted from 29 cm to a shelf at elbow height. In all 42
lifts were performed: 3 orientations, 2 foot movement
conditions, and 7 replications. The lifts were
temporally spaced at 2 per minute. The dependent
measures were the motion variables obtained from the
Lumbar Motion Monitor LMM). This device provides
torso kinematic data in the sagittal, frontal, and
transverse planes. Statistical analyses were used

evaluate the effectiveness of lifting belts for controlling
coupled motions as a function of task asymmetry and
foot movement.

RESULTS AND DISCUSSION: The lateral
bending and twisting postural data were sensitive to
the interaction between the belt, asymmetry, and foot
movement conditions (p<.005). The effect of the belt
on the amount of twisting was most apparent with 45
degrees of asymmetry. Here the belt reduced the
twisting regardless of the foot motion. At 90 degrees
of asymmetry in the load placement the twisting was
minimized through the combination of the belt and foot
motion (figure 1).

18 7 —@— No Belt / No Foot Movement

16 ~-@- No Belt / Foot Movement

—O— Belt/ No Foot Movement

~~0-- Belt/ Foot Movement

Twisting (degrees)
®
!

T T T

0 45 90
Load Placement Asymmetry (Degrees)

Figure 1. The average twist to the right across subjects as a
function of the asymmetry, the kfting beR, and foot movement.

The belt's effect on lateral bending was essentially
eliminated if foot motion occurred with 90 degrees of
asymmetry in the load placement (figure 2). Foot
movement with 90 degrees of load placement
asymmetry reduced the lateral bending velocity and
acceleration by 37 and 29 percent, respectively.
Likewise, the twisting velocity was reduced by 34
percent, and the twisting acceleration was reduced by



30 percent under the same asymmetry conditions with
foot movement. There were no significant changes in
the sagittal plane motions due to the lifting belt, the foot
motion, the asymmetry, or the combination of these
factors.
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Figure 2. The average lateral bend to the right across subjects as a
function of the asymmotry, the liting beRk, and foot movement.

CONCLUSIONS: 1) The belts do reduce the twisting
and lateral bending particularly where there is extreme
task asymmetry. 2) Foot motion by itself also works to
reduce the lateral bending and to a lesser degree the
twisting motions in the spine. Workers should be
encouraged to step or pivot their lower bodies rather
than relying on spine motion. 3) The net effect of the
belts on the internal loadings placed on the spine is still
not known, thereby, making any recommendations
based only on this study premature.

Seguin, J. and McGill, S., Human Factors Association
of Canada 25th Annual Conference, (pp67-72), 1992

10



Reaction Forces and Impulses Experienced
During the Take-off and Landing of Tumbling Skills

Barry A. Munkasy, Jill L. McNitt-Gray, and Michelle Welch
USC Biomechanics Research Laboratory, Department of Exercise Sciences
University of Southern California, Los Angeles, CA 90089-0652

To produce the linear and angular momentum
needed to successfully complete and land a tumbling
skill, progressively more difficult gymnastics
tumbling skills require larger impulses during the
take-off phase (Bruggemann, 1987; Hwang et al.,
1990). Generation of larger momenta also tends to
produce larger impact peak forces and impulses
during the landing (Panzer, 1987). Although
Bruggemann (1987) has provided kinetic data
pertaining to gymnastics tumbling take-offs and
Panzer (1987) for landings neither study was
conducted on competition springfloor surfaces.
Therefore, the purpose of this study was to determine
the load experienced on a tumbling springfloor
during the take-off and landing phases of tumbling
skills performed immediately following a run-
hurdle-round-off-backhandspring series.
Progressively more difficult tumbling skills (tuck
single back salto (TSB), layout single back salto
(LSB), and tuck double back salto (TDB) were
hypothesized to produce different loading conditions
during the take-off and landing phases. Of
particular interest were the force-time characteristics
of the vertical and anterior-posterior reaction forces.

METHODS

Eleven healthy male gymnasts, members of the
Men's Junior National Team, consented to serve as
subjects while attending a training camp at the U.S.
Olympic Training Center. During data collection,
gymnasts performed take-offs and landings of a
series of progressively more difficult backward
tumbling skills on a springfloor tumbling strip.
Trials were blocked by skill and progressively
increased in difficulty. Take-offs or landings were
performed on an isolated portion of the springfloor,
that was fully supported by a force plate (Kistler; 0.9
m by 0.6 m). The reaction forces at the floor-plate
interface were quantified for both feet using a Kistler
force plate (800 Hz).

RESULTS

Take-off Phase: Reaction force-time characteristics,
quantified at the springfloor-force plate interface,

were not significantly different between tumbling
skills (Figures 1-3). However, as skill difficulty
increased (TSB-LSB-TDB), the range of vertical
reaction force impulses (Figure 2) and landing phase
durations decreased ( TSB: 0.039 - 0.061 s; LSB:
0.054 - 0.060 s; TDB: 0.041-0.058 s). The range and
magnitude of peak vertical forces observed during
the take-off phase also decreased with increases in
skill difficulty (Figure 3).

Immediately after contact, a posteriorly directed (+)
horizontal reaction force relatively was applied for a
short time. The horizontal impulses (+) applied
during this interval were relatively small and ranged
from 0 - 0.2 BWs. Peak positive horizontal reaction
forces ranged from 0.1 to 1.4 BW. Much larger
anteriorly directed (-) horizontal impulses and
reaction forces were observed during the remainder
of the take-off phase (Figures 2 & 3).

Landing Phase: Reaction force-time characteristics,
quantified at the springfloor-force plate interface,
were not significantly different between tumbling
skills (Figures 1-3). However, as skill difficulty
increased (TSB-LSB-TDB), the range of vertical
reaction force impulses decreased (Figure 2). The
range and magnitude of peak vertical forces observed
during the landing phase also decreased with
increases in skill difficulty (Figure 3).

Immediately after contact, a posteriorly directed (+)
horizontal reaction force was applied. The horizontal
impulses (+) applied during this interval were
relatively small and ranged from O - 0.7 BWs. Peak
positive horizontal reaction forces ranged from 0.1 to
1.4 BW. Much larger anteriorly directed (-)
horizontal impulses and reaction forces were
observed during the remainder of the landing phase
(Figures 2 & 3).

DISCUSSION

The force-time characteristics observed during TSB,
LSB, and TDB take-off and landing phases are
similar to forces and impulses observed by
Bruggemann, 1987 (take-off) and Panzer, 1987



(landing). The hypothesis that progressively more
difficult tumbling skills would produce different
loading conditions during the take-off and landing
phases was not supported. However, it was noted
that as skill difficulty increased the range of peak
reaction forces and impulses observed decreased.
Although the impulse during the take-off was similar
between skills, the initial conditions present at
contact for the take-off phase may have been
different. Finally, although high forces and impulses
in gymnastic tumbling landings are well respected
the results from this study indicate that equally high
forces and impulses are experienced during the take-
off phase.
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ANGULAR MOMENTUM STRATEGIES IN AXEL JUMPING

D.TI.

Miller and W.J. Albert
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London,
INTRODUCTION

The axel (named the Axel-Paulsen
after its originator) has been
described as ’'the king among jumps’
by the International Skating Union.
It is considered a 'break’ jump by
figure skaters and coaches as its
physical, technique and psychological
demands effectively separate
competitors into novice (single),
national (double) and intermnational
(triple) levels. A single axel
theoretically consists of 1.5, a
double 2.5 and a triple 3.5 rotations
in the air with the skater taking off
from the forward outside edge of one
foot and landing on the back outside
edge of the opposite foot. The
number of revolutions actually
completed may be significantly
reduced by overrotation at the end of
the takeoff and underrotation at the
landing.

From a theoretical standpoint, the
number of rotations achieved in a
jump depends upon: 1) time in the air
resulting from the vertical velocity
of the center of gravity (CG)
immediately before the flight; 2)
angular momentum at the beginning of
the flight; and 3) changes in the
moment of inertia about the twisting
axis during the flight.

The purpose of the current project
was to investigate the angular
momentum strategies employed by
figure skaters to increase the number
of rotations in the axel jump from a
single to a double.

METHODOLOGY

Four VHS camcorders, positioned in
the spectator area adjacent to the
blue lines, videotaped skaters
performing single and double axels at
center ice. A 24-point control frame
provided calibration data for
determining DLT parameters (Marzan &
Karara, 1975). Body segment
endpoints were digitized using a
Peak2D system. The sampling rate was
60 Hz and approximately 100 frames
were included in the analysis of each
jump. The data of one single and one

Ontario,
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double axel from 5 female and 6 male
skaters were processed with custom
software. The skater’s body was
modelled as 12 axis-symmetric rigid
links with the feet and skates being
considered together. Angular
momentum of the system included
remote contributions of all the
segments with reference to the CG and
their local contributions with
respect to their transverse axes. The
local angular momentum of the trunk
relative to its longitudinal axis was
also computed (Dapena, 1978).

RESULTS AND DISCUSSION

The analysis indicated that none of
the skaters had a shorter flight time
for the double than the single axel
(Table 1). A similar trend was found
by Aleshinsky (1987) who reported
averages of 0.54 and 0.56 s for
single and double axels of American
Junior Elite female skaters and 0.57
and 0.59 s for their male counter-
parts. Absolute flight times for
skaters in the current study were
somewhat shorter than those reported
by Aleshinsky suggesting that their
skill level was not as high.

All else being equal, one would
expect a skater to achieve greater
height in a single axel. However,
because singles can be performed with
submaximal levels of effort, it is
not surprising that there may be an
increase in vertical velocity at the
end of the takeoff for a double
thereby increasing jump height and
extending flight time.

During the takeoff, the largest
angular momentum with respect to a
vertical axis through the skater’s CG
was generated by the free leg. Its
maximum value was followed by a
significant decrease immediately
prior to the initiation of the flight
(Fig. 1). As the skater left the
ice, the arms and free leg dominated
the total angular momentum with
respect to the vertical axis through
the CG.

Somewhat surprisingly, there was no
consistent increase in the magnitude



of the total angular momentum from
single to double axels. Almost half
the skaters had a smaller total body
moment of inertia with respect to the
vertical axis at the beginning of
flight for their double than their
single axel. These skaters appeared
to be anticipating the need to lessen
their resistance to rotation. All
skaters significantly decreased their
moments of inertia during flight
(Fig. 2). The average moment of
inertia for the double was 45-80% of
its magnitude in the single axel.
This was the dominant strategy
employed by all skaters for
increasing the number of revolutions
in the jump. Previous research
(Aleshinsky, 1986, 1987; King et al.,
1994) has also stressed the
importance of this general strategy.
During the flight of the double,
reductions in the angular momentum
contributions of the upper and lower
extremities resulted in corresponding
increases in the angular momentum of
the trunk. By contrast, in the single
axel, the angular momentum of the
extremities frequently overshadowed
that of the trunk.

Data from the current study suggested
that the role of the free leg during
the takeoff may hold the key to
understanding skill differences in
axel performance.
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Table 1: Descriptive statistics

Variable Men Women
(6) (5)
Weight (N) 660 + 154 524 + 43
Height (m) 1.75 + .08 1.56 + .12
Age (yrs) 21 + 4 17 + 2
Flight (s) S 0.52 + .04 0.46 + .05
D 0.55 + .03 0.50 + .04
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A COMPARISON OF SARGENT JUMP HEIGHT AND ACTUAL FLIGHT HEIGHT IN VERTICAL JUMPING

R.N. Hinrichs and P.F. Vint
Exercise and Sport Research Institute, Arizona State University, Tempe, AZ 85287-0404

INTRODUCTION

Sixteen male collegiate volleyball players were videotaped while
performing two-footed vertical jumps with countermovement.
The videotapes were digitized to track the whole body center of
mass (CM) throughout the takeoff and flight. The purpose was
to compare the "true” flight height of the body center of mass
(CM) to that height obtained by conventional means using the
Sargent vertical jump test protocol (Safrit, 1990). The results
showed the Sargent jump height overestimated flight height by
36%. This discrepancy was reduced to 11% after making two
modifications to the protocol. One modification involved taking
the baseline reach measure from the tip-toes rather than
standing flat-foot. The second modification involved using a
reaction board to measure and correct for the shift in the CM
location within the body between takeoff and peak.

REVIEW AND THEORY

For years the Sargent vertical jump test has been a standard
technique for measuring raw vertical jumping ability. While the
original Sargent test (Sargent, 1921) subtracted one's stature
from the maximum height one could reach with the top of one's
head in a jump, the modern day version of this test (still
referred to as the Sargent vertical jump test; Safrit, 1990) uses
the fingertips rather than the top of the head and allows a
preparatory arm swing and countermovement prior to takeoff.
The relative height (Hs) measured by this test is shown in
Figure 1. When a certain athlete is reported to have a "40 inch
vertical jump”, for example, one is most likely referring to this
height Hs.

Figure 1. The (modem day) Sargent vertical jump test
(adapted from Safrit, 1990).

How does Hs compare with the height that the body CM is
elevated during the jump, a height which we believe more
closely represents the "true" measure of raw vertical jumping
ability? Using the simple deterministic model shown in Figure
2, the total height above the ground which an individual can
jump and reach with the fingertips can be described by the sum
of four lesser heights: takeoff height (Hy), flight height (Hp),
reach height (H3), and loss height (Hg, a negative number).
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Takeoff height is the height of the body CM at the instant of
takeoff. Flight height is defined as the maximum height which
the CM is clevated above its position at takeoff. Reach height
refers to the height that one reaches with the fingertips above
one's CM at the instant the maximum jump and reach height is
evaluated. Loss height is the difference between the peak height
of the CM and the height of the CM at the instant the maximum
jump and reach height is evaluated.

Jump and Reach
Height
Takeoff Height Flight Height Reach Height Loss Height

Figure 2. Deterministic model of vertical jump (following guidelines
of Hay and Reid, 1988)

We believe the intent of both the original and modern day
Sargent tests is to measure how high people can elevate
themselves in the air independent of standing height or arm
length. However, the point that best represents the body as a
whole is the CM. In theory, the fingertips are elevated from
takeoff to peak the same amount that the CM is elevated only if
the body position at the peak of the jump is the same as at
takeoff. In normal vertical jumping this is not the case. The
takeoff usually occurs from the tip-toes with both arms
overhead, but at the peak, the subject can reach higher if one
arm is dropped to the side and the shoulders are tilted (e.g., see
Hay, 1993, p. 133). In this case, the fingertips would be
elevated more than the CM by two distances: [a] the distance
which the CM moves within the body from lowering one arm to
the side, and [b] the added reach that the shoulder tilt provides.
The distance [a] can be measured easily with a reaction board
(Hay, 1993). The distance [b] can be accounted for by insisting
that all subjects use just as much shoulder tilt in the baseline
standing reach as they do at the peak of their jumps. (Note that
this does not appear to be the case in Figure 1.) In addition,
since the subjects take off from their tip-toes, the baseline
standing reach height should be measured on the tip-toes, not
flat-footed.

The purpose of this study was to see how closely the height
measured by the (modern day) Sargent jump test compares with
the actual flight height in vertical jumping and make an attempt
to correct for the discrepancies between the two.



PROCEDURES

Sixteen male collegiate volleyball players (mean age 20.9 years,
height 186.9 cm, and mass 82.7 kg, both with shoes on) served
as subjects. They each performed three standing two footed
vertical jumps (with arm swing and countermovement) while
being videotaped from the side at 60 Hz. The camera was
placed approximately 30 m away to reduce perspective error.
Heights reached by the fingertips while standing flatfoot, while
standing on tiptoes, and when jumping for maximum height
were measured with a Vertec vertical jump height measuring
device which also served as a linear scale for the video analysis.
The trial with the greatest jump and reach height for each
subject was selected for analysis. Selected jumps were digitized
with the Peak Performance video digitizing system. Twenty-
one points on the body were digitized to define a 14 segment
model and smoothed using a Butterworth digital filter.
Segmental masses and centers of mass were obtained from the
mean data of Clauser et al. (1969) as adjusted by Hinrichs
(1990). Takeoff height, flight height, reach height, and loss
height were calculated using the vertical location of the total
body CM at the appropriate events.

A reaction board (Hay, 1993) was used to measure the CM
distances from the bottom of the feet (with shoes on) for four
supine body positions; both arms at the side, one arm up (i.e.,
shoulder of the reaching arm flexed 180°), one arm up with
shoulder tilt, and two arms up. The distance [a] was computed
to be the difference in CM location between the "two arms up”
condition (the presumed body position at takeoff) and the "one
arm up with shoulder tilt" condition (the presumed body
position at the peak of the jump). Two adjustments were made
to the measured Sargent jump height. First the measured jump
and reach height was expressed relative to the tip-toe reach
height to give an adjusted value Hs'. Second, the distance [a]
was subtracted to correct for the CM shift within the body from
dropping one arm and tilting the shoulders [Hs" = Hs' - a].
These adjusted heights were then compared with the flight
height (H2) derived from video.

RESULTS

The takeoff, flight, and reach heights were found to be
approximately 42%, 17%, and 41% of the total jump and reach
height, respectively (see Table 1). Loss height was found to be
sufficiently small as to be neglected, indicating that these
subjects carefully timed their reaches to correspond closely with
their peak CM height. The reaction board results revealed that
the CM was lowered within the body by 3.4 cm on the average
from lowering one arm alone without shoulder tilt (see Table 2).
Tilting the shoulders lowered the CM an additional 0.4 cm. It
appears that shoulder tilt increases both the distance [a] and the
distance [b] thus providing a double benefit to the jumper. The
Sargent jump results showed that Hs overestimated the actual
flight height by more than 19 cm or 36% (see Table 3).
Expressing height relative to tip-toe reach, however, reduced
this difference to 10 cm or 19% (Hs'). Adjusting further for the
CM shift [a] reduced the discrepancy to less than 7 cm or 11%
(Hs").

DISCUSSION

The (modern day) Sargent vertical jump test has become a
standard tool for assessing vertical jumping ability. We believe
that a truer measure of raw jumping ability, however, is flight
height. Performing a segmental analysis from video or film is
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not practical in a school setting nor can it be used to provide
immediate feedback. Reaction boards, on the other hand, are
easily built and could be used to measure CM shift in a school
setting without difficulty. The results of this study show that
the Sargent jump height overestimates flight height by a large
margin (more than 36%). If people interpret the Sargent jump
height to be representative of flight height, then they are being
misled into believing that they can raise their bodies into the air
higher than they actually can. If the two modifications we
suggest are incorporated into the test, it more closely
approximates true flight height (within 11%).

It was hoped that these two adjustments would completely
explain the difference between Sargent jump height and flight
height. However, additional factors may still be present. Even
though every effort was made to get these subjects to reach as
high as they could in the baseline standing height
measurements, it is likely that they could not duplicate in a
static reach the same degree of plantar flexion and shoulder tilt
that they achieved in their actual jumps (nor would they want to
if they were interested in maximizing their scores!). Because of
this, true flight height may always be overestimated in these
vertical jump tests, regardless of the protocol used.

Table 1. Mean values (+ STD) for sub-heights measured from video.
Heights are also expressed as a % of total jump and reach height.

Variable Height (cm)

Takeoff height 131.7£59 (42.3%)
Flight height 51.8+5.6 (16.6%)
Reach height 127.7 £ 4.8 (41.0%)
Loss height 05408 (-0.2%)
Total jump and reach height 311.8+9.9 (100%)

Table 2. Mean values (+ STD) for reaction board CM
measurements (distances from bottom of feet).

Body position Distance (cm)
Two arms up 111.8+3.8
One arm up, one down, no shoulder tilt 108.4+3.8
One arm up, one down, with shoulder tilt 108.0+3.9
Arms at sides 104.8 +3.7

Table 3. Comparison between mean values (+ STD) for Sargent
jump height (Hs), adjusted Sargent jump heights (Hs' and Hy'"), and
flight height (H,). Heights are also expressed as a % of flight height.

Measure of jump height Height (cm)

Hs (relative to flat foot reach) 70.7+7.0 (136%)
Hy' (relative to tip-toe reach) 61.6£62 (119%)
Has" (adjust for CM shift [a]) 57.7+6.5 (111%)
H; (Flight height from Table 1) 51.8+5.6 (100%)
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INTRODUCTION
A review of gymnastic literature has revealed an
accumulating body of evidence suggesting that overuse
injuries to the upper limbs of gymnasts have a greater
incidence than previously thought, and overuse injuries

involving the wrist have been identified as a specific

problem (Carek & Fumich, 1992; Plooy & Forwood,
1990; Read, 1981; Roy er al., 1985; Yong-Hing et al.,
1988). Traditionally the well known problem of wrist
soreness in gymnastics has been associated with
compressive and rotational forces at the wrist. Pommel
horse is belicved 1o be consistently responsible for wrist
pain among males but Yong-Hing et al (1988) reported a
case of chronic injury to the distal radial growth plates in
an adolescent gymnast. The injury appeared to have an
etiology due to excessive tensile loading of the joint. The
authors hypothesised that the dowel hand guards reduced
the amount of forearm muscle contraction that was
necessary for the execution of giant swings

Epiphysial plate problems may be related to excessive
loading which may also be the cause of stress fractures. In
fact, Carck and Fumich (1992) reported a case of a 14 year
old female non-elite gymnast with stress fractures of the
distal radius. Although a number of authors suggest that
stress injuries to the distal radius and ulna, and ecarly
closure of growth plates in gymnasts, are rarc (Roy et al.,
1985), the increase of overuse injuries in children and the
neglect of injuries incurred in supervised sport may not
only lead to a decreased performance and participation, but
may also lead to permanent injury to the young athletes
body.

The use of dowel hand guards and the changes this guard
may make to the biomechanics of the hand has not been
well reported. The purpose of this study was to investigate
the influence of gymnastic hand guards on bar forces and
forearm muscle activity during backward giant swings on
the high bar.

METHOD

Subjects

Ten experienced male gymnasts were chosen from a group
of volunteers. They had all competed at State
championships and were at least Level 6 in the General
Stream of Gymnastics. Three of the subjects had
international gymnastic experience and all subjects could
perform at least five backward giant swings with bare
hands.

Data collection and procedures

Areas of skin overlying the major flexor and extensor
muscle groups of the left and right forearms were prepared
by rubbing lightly with emery paper and then with cotton
wool soaked in ethanol. Double-sided adhesive pads were
attached to preamplified electrodes and gel was inserted
into the wells overlying the two active and one reference
electrode. [Each electrode assembly was connected to a
Bio-Sentry FM transmitter which sent signals to a receiver
located approximately 5 m from the high bar.

The high bar was instrumented with train gauges in such a

way that horizontal and vertical shear forces and torsion
around the bar could be estimated. Excitation to and output
from the bridges were provided by purpose built
amplifiers. The input voltage was set at 10 V and the
bridges were balanced with no load on the bar (other than
its sclf-weight). The output voltage of the amplifiers was
scaled so that peak forces on the bar did not produce
voltages exceeding £10 V.

The fourteen channels of force data were sampled at 200
Hz using a PC based Burr-Brown data acquisition system
and customised software for a total of 5.5 s. Triggering for
the system was carried out using a photoelectric beam
attached to the vertical support poles of the high bar. When
the light beam was broken as the gymnast swung through,
a SV signal was sent to the data acquisition system and
sampling commenced immediately. This signal was also
used to simultancously trigger the WASP system that was
collecting the EMG signals.

The raw force data were stored on disk and used in the
model described above to determine the loads applied to
the bar by each of the gymnast’s hands. These were then
plotied as a function of time and the maximum forces for
cach revolution of the gymnast were determined.

Statistical analysis

Peak forces on each hand were submitied to a two-way
ANOVA (condition of performance - dowel grips, loops &
bare hands X hand - right & left). A one-way ANOVA was
conducted on cycle time (i.c., the time taken for cach
revolution of the gymnast). Where necessary post hoc
analysis using Scheffe or Neuman-Keuls methods were
used to locate the source of significant differences.

RESULTS
The results of the statistical tests are summarised in Table
1 where the mean values of the dependent measures are
presented.

A significant difference was found for swing time
[FG,2T)=25.6,p<.001] and post hoc analysis indicated
that the wind-up was different to all other conditions and
that the bare hands condition was significantly different to
both the webbing loops and dowel grips conditions. When
peak force was analysed, there was no difference between
the forces experienced by the left and right hands
[F(1,13)=3.3,p>.05]. There was, however, a significant
difference among conditions F(3,39)=7.8,p<.001] and
post hoc tests indicated that the bare hands condition was
different to all others. Perusal of the data in Table 1
indicates that the forces experienced by the gymnasts when
they swung without anything on their hands were lower
than all other conditions.

Normalised ITEMG results form the forearm muscles were
obtained from the period equivalent to 4% of the cycle
time on cither side of bottom dead centre. During the giant
swing, activation of the flexor muscles was generally
greater during the period around bottom dead centre (1 12%
of reference signal) than during a maximum static hand
grip measurement. The extensors were considerably less
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active (25% ref) and the difference between flexor and
extensor activity was highly significant
[F(3,2T)=28.1,p<.001]. The ANOVA of EMG results
indicated a significant effect of condition on muscle activity
[F(3,2T)=4.2,p<.05]. Post hoc analysis revealed that
higher activation occurred with bare hands than with
webbing loops or dowel hand guards. There were no
differences amongst any of the aided conditions of
performance. With the hand guards, flexor activity
decreased by between 3% and 28% whercas extensor
activity decreased by between 14% and 60%.

DISCUSSION

It has been previously reported (Dainis, 1975) that the
period of a well executed giant swing was 1870 ms, which
compares favourably to the mean of 1846 ms observed in
the present study. During the swings, the forces on the bar
were of the order of 4 to 4.5 times body weight (BW)
which is just below t he previously calculated forces of
about 5 BW on the high bar (Cureton, 1939) and the higher
of the asymmetric bars (Smith, 1981). However, the
measured forces of the current study were higher than
those reported by Hay et al., (1981) and Kopp and Reid
(1980).

As would be expected, the results showed a trend that force
increased as swing time decreased. All gymnasts were
requested to swing at the same angular velocity in all
conditions except for the wind-up trials, but it would
appear that they found it easier to swing faster with the
hand guards. Not only do the hand guards help the gymnast
swing with greater velocity, especially with the dowels
inserted, but they do allow a greater number of repetitions
to be performed during a training scssion. The EMG data
indicated that the forearm muscles were generally less
active when the hand grip was aided by either the dowel
hand guards or the webbing loops. This event occurred
even though the forces applied to the bar were greater and
indicates that wrist stabilisation by the tendons crossing the
joint is reduced when the hand grip is aided by the guards.

Differences between the finger/wrist flexor and extensor
muscles indicate that a different type of hand grip is used
to maintain contact with the bar, than is used for a
maximum power grip. It is highly likely that the gymnast
uses a hook grip on the bar. In this type of hand grip, the
fingers would be curled around the bar and the thumb
would not be used to the same degree as in the power grip.
Also, the wrist would not be extended, which would
provide another explanation for the low relative levels of
extensor activity. The results indicate clearly that while the
bar forces increased during giant swings with webbing
loops and dowel hand guards, the EMG signals decreased
significantly. This finding would indicate that passive
structures such as the ligaments of the hand and wrist
would have to contribute a greater proportion of the total
force required to prevent wrist separation. In fact, they
would be carrying an increased percentage of increased
loads that cross the wrist joint. While some strain relief
may be provided by the leather strap of the hand guard, its
point of attachment at the wrist, distal to the epiphysial
plate of young gymnasts, still means that the increased
forces found during the swing may compromise the
integrity of the epiphysial plate.
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Table 1. Mean values (1 SE) for the force and timing data.

Condition Swing Peak Peak
time (ms) force-L | force-R

N) ™
Dowel grips 1908 (41) 1316 (36) 1261 (35)
Loops 1863 (38) 1290 (33) 1249 37
Bare hands 2052 (65) 1185 (48) | 1192 (32)
Wind-up 1560 (24) 1379 (33) 1350 (41)

Table 2. Mean values (1 SE) for the EMG data collected in
the study.

Condition | R Flex R. L. L. I
% ref Exten Flex % | Exten
%ref ref Soref
Dowel 112 19 (8) 102 29
grips 32) 49 Q2
Webbing 117 16 (10) 105 21
loops 99 “3) (14)
Bare 121 35 32) 142 36
hands (&) ¢ @21
Wind-up 95 (24) 14 (8) 102 29
49) 22
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MECHANICAL TESTING OF MATERIALS USED IN THE CONSTRUCTION OF PLAYING

CASTS

R.E. Bahamonde & K. Malone

Biomechanics Laboratory, Ball State University, Muncie, IN. 47306
Methodist Sport Medicine Center, Indianapolis, IN. 46202

INTRODUCTION

Playing casts allow athletes with severe hands
sprains, strains, or simple fractures to continue
their participation without the risk of getting
injured again. For many years a variety of
materials have been used to prepare the casts
without any scientific data to determine which
material or combination of materials provide the
rigidity and the force absorption needed in playing
casts. The purpose of this study was to test the
mechanical properties of the most common
playing cast materials. These included the ability
of the material to absorb an impact and its
stiffness. A Shore A2 durometer was used to test
the hardness of the materials. Force absorption
properties were measured using a drop test, and
the rigidity (stiffness) was measured using
modulus of elasticity procedures. A performance
coefficient was developed to take into account the
force absorption properties of the material, the
thickness of the cast, and the impact area.

REVIEW AND THEORY

A variety of materials are currently used in the
construction of playing casts (polyurethane,
fiberglass tape, silicone etc..) without any
standard of construction. In some instances, a
physician prescribes a cast and because of the type
of material or its construction, the cast is declared
illegal to use. The decision of whether a cast is
legal or illegal is left to the game official, and this
decision is often made based on subjective
evaluation of the playing cast. Bahamonde et al.
(1994) stated that a playing cast should provide
sufficient internal rigidity to ensure immobili-
zation of the injured part and provide the force
absorption needed to cushion impacts during a
game situation. Few studies have looked at the
mechanical properties of the materials. Bergfeld
et al. (1982) tested the hardness of a silicone
material (RTV700) using durometer
measurements. DeCarlo et al. (1994) used
durometer and drop test measurements to evaluate
a variety of materials and protective devices but
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did not test the rigidity of the materials.
Therefore, it was the purpose of this study to
evaluate the four most common materials used in
the construction of playing casts in terms of their
hardness, rigidity, and shock absorbing qualities,
and to determine which of the materials provide
the best protection to the injured part.

PROCEDURES

Four materials were tested: RTV11, a silicone
rubber material (G.E. Corp.); Delta-Lite®
(Johnson & Johnson Inc.) and ScotchCast™ (3M
Corp.), are fiberglass tapes which undergo a
chemical reaction to provide stiffness; and
QuickCast™ (LANDEC Corp.), a fiberglass and
rubber knitted sleeve impregnated with a polymer.
When heat from a hair dryer is applied to the
QuickCast™, the polymer softens, allowing the
fabric to relax and conform to the anatomical part.
After cooling, the material regains its stiffness and
is ready to used in competition. A Shore A2
durometer was used to test the hardness of the
materials. A drop test, consisting of dropping a
known mass (m= .866 kg) from three
predetermined heights (30, 50, and 75 cm) onto
the surface of a Kistler 9281B force platform was
used to measure the force absorbed by the
materials. Modulus of elasticity procedures were
applied to samples of the materials using a
Universal Testing Machine (United Calibration
Corp.) Impact velocity, impact area, and
percentage of the force absorbed were computed.
A performance coefficient, (P, ) was computed to
account for the differences in impact area,
thickness (typical thickness of playing cast made
of such material), absorptive capacity of the
materials.

P, =[10+(FxTxA)]x100.0

F, was the vertical force produced by the impact,
T, was the thickness of the cast, and A, was the
impact area. One-way analysis of variance for
independent means was performed on the



durometer readings. Descriptive statistics were
used to present the other mechanical parameters.

RESULTS

Figures 1-5 show the results obtained in this
study.
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RTV11 and ScotchCast™ were the softer materials
and showed significant differences in hardness
from the other two materials. It was expected that
the softer materials would be able to absorb a
greater amount of the impact force. This
assumption held true for RTV11 and ScotchCast™
but not for QuickCast™ or Delta-Lite®. The
QuickCast™ material had a high durometer
reading but was able to absorb a great deal of the
impact force. The opposite trend occurred with
ScotchCast™ which had a low durometer reading
but produced high impact forces. The results of
the modulus of elasticity (E) showed that although
the RTV11 absorbed the largest percentage of the
force, it had a low E value (very deformable). In
contrast, QuickCast™ had the highest E value but
was able to absorb a high percentage of the impact
force. The P, values were presented in Table 5.
For all the impact velocities QuickCast™ had the
largest P, values, indicative of its ability to absorb
a large percentage of the impact force over a small
area and thickness.

DISCUSSION

Of the materials tested in this study RTV11 had
the best shock absorbing properties, followed by
QuickCast™. Although RTV11 is very
deformable, it lacks rigidity. To obtain the
necessary rigidity in a RTV11 cast more material
is used to increase the thickness, which increases
the weight and the bulkiness of the cast. In
contrast, QuickCast™ showed force absorption
properties comparable to RTV11, had less bulk,
and was more rigid. This information could be
valuable to trainers, physical therapists and sport
medicine professionals in the determination of the
type of materials used in the construction of
playing casts. This information will also help in
the development of standards to determine what
type of protective equipment may be used in
contact sports.
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CHANGES IN MUSCLE ACTIVATION PATTERNS DURING STATIC TASKS:
A COMPARISON OF ISOMETRIC VERSUS ISOINERTIAL LOADING

Thomas S. Buchanan and David G. Lloyd

Departments of Rehabilitation Medicine and Biomedical Engineering, Northwestern University, and
Sensory Motor Performance Program, Rehabilitation Institute of Chicago,
345 East Superior Street, Chicago, IL 60611

INTRODUCTION

In this study we examined muscle activation levels during
static joint moments. It was observed that for a specified
posture and for specified load conditions, EMG activity
varied depending on whether the limb was loaded isometri -
cally or isoinertially (i.e., whether position was fixed and
subjects were required to match a force or whether the load
was fixed and subjects were required to match joint angles).
We hypothesize that the differences may be due to the stiff-
ness of the environment and the perceived need to stabilize
the joint.

REVIEW AND THEORY

For a given person, muscle coactivation patterns during
isometric contractions have been demonstrated to be rather
consistent. That is, subjects tend to use their muscles in the
same way for specified load conditions. Hence, synergic
relations of muscle coactivation show consistent patterns
which are functions of joint load state (Buchanan et al.,
1989) and joint angles (Buchanan & Lloyd, 1994).
However, muscle activation patterns measured from differ-
ent investigators have been reported to show considerable
differences despite that fact that the experimental condi-
tions required the subjects to produce similar static joint
moments (cf. Flanders & Soechting, 1990, and Buchanan et
al., 1989).

In order to investigate this apparent inconsistency, we ex-
amined whether the way in which the static loads were ap-
plied was an important factor in determining muscle acti-
vation patterns. Whereas Buchanan et al. used an isometric
protocol, Flanders & Soechting used an isoinertial protocol.
The main differences between these protocols lies in
whether the subjects were required to match a load while
held at a fixed position or visa versa (i.e., required to match
a position while under a fixed load).

De Serres and Milner (1991) examined the effects of iso-
metric, stable and unstable loads on wrist muscle activation
patterns. They observed increases in cocontraction of ago-
nist and antagonist muscles as the enviornment became un-
stable.

PROCEDURES

Subjects were required to produce static elbow moments
while sitting in a chair with the elbow at 90° flexion, neu-
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tral supination, and the shoulder at 0° ex tension and 90°
abduction. EMGs were recorded from the biceps (BIC),
brachialis (BRD), brachioradialis (BRD) and triceps (TRI).
The BIC, BRD, and TRI were recorded with surface elec-
trodes and the BRA was recorded using intramuscular fine
wire electrodes. These were used for the BRA because it
lies deeper in the arm and we wanted to minimize signal
contamination from the biceps. For each subject a 5 cm
wide cast was placed at the distal forearm just proximal to
the wrist. Subjects were required to produce static forces
either isometrically or isoinertially via loads attached at the
wrist. In the isometric case, the cast was bolted to a six de-
gree of freedom load cell and the subject was given visual
feedback of the load produced on a computer screen.
Subjects were required to produce the equivalent of 5, 10 or
15 Ibs of flexion force at the load cell while keeping rota-
tional (pronation/supination) and vertical (varus/valgus)
forces at zero. This resulted in elbow torques of roughly 20-
25, 45-50, 65-70 Nm, depending on the length of the sub-
ject’s forearm. In the isoinertial case, a wire was attached to
the cast which passed through a pulley from which weights
were suspended. The subject was required to hold the arm
in the same position as when the arm was in the load cell
device. Once this was established, 1000 ms of data (from
the EMGs and the load cell, if applicable) were collected on
a Macintosh Quadra 950 at 1000 Hz. EMGs were pream-
plified at 60 db and bandpass filtered with a second order
filter at 30—10,000 Hz. All signals were then amplified,
lowpass filtered at 300 Hz with an 8th order Butterworth
filter, and then sent to the computer for digitization.

In both cases, the joint angles as well as the loads at the
cast, and, hence, at the elbow, were identical. In addition to
the isometric and isoinertial tests described, a third case
was examined. This was a modification of the isoinertial
test with one addition. In this study, extra loads were placed
on the cast via the wire and pulley systems to produce an
extra 5 Ibs of force in the flexion direction (20-25 Nm at the
elbow) and the same amount was si multaneously applied in
the extension direction. The net result was zero extra torque
at the elbow joint but a considerable increase in forearm in-
ertia. The extra 5, 10, and 15 Ibs were then added via the
same wire and pulley system and the tests were performed
as described above for the isoinertial case.

RESULTS

The relationship between muscle activation (as measured by
EMG) and joint torque was found to undergo considerable
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Figure 1. Changes in rectified, averaged EMG for three muscles during two different types of tasks which all required the same amount of
elbow flexion torque. The subject was required to produce 5, 10, or 15 Ibs of force at the wrist, which resulted in elbow torques of 23, 46, 69
Nm. The loads were either applied isometrically (i.., with the limb fixed in a device with a load cell) or isoinertially (i.e., with weights sus-
pended via a pulley system). In all cases, the elbow was at 90° flexion and the shoulder was at 90° abduction and 0° extension. The error
bars indicate the standard deviations of five trials. Note that the EMGs vary considerably with the load paradigms.

change with the different protocols. Data for a typical sub-
ject (figure 1) show a greatly reduced BIC activation level
for the isometric case compared to the isoinertial case. The
opposite was observed for the BRA. In this subject, the
BRD showed a similar pattern of activation to that of the
BRA, that is, higher activation during isometric loads com-
pared to isoinertial loads.

Muscle activation in the third protocol (where an increased
inertial load was placed on the forearm prior to the isoiner-
tial protocol) was not as revealing. The EMGs for this case
were generally not statistically different from those of the
isoinertial case. For all cases there was relatively little acti-
vation of extensor muscles during the flexion task, indicat-
ing that co-contraction was not used as a strategy. Thus, if,
for a subject, one flexor muscle increased in activation with
the isoinertial task (as the BIC did in figure 1), a corre-
sponding decrease was observed in another flexor muscle
(as in the BRA and BRD in figure 1). In this way an equal
amount of elbow flexion torque was always maintained.

DISCUSSION

These data imply that muscle coactivation patterns (i.e.,
muscle synergies) may vary with the way joints are loaded.
Even though the same amount of torque was required in all
cases of this study and no movement was allowed, it was
observed that significant differences could be observed for
these static tests of muscle activation. The differences in
these tasks can be characterized by a difference in the stiff -
ness of the external environment. In the isometric case, the
world is perfectly rigid (infinitely stiff). In the isoinertial
case, the limb is free to move and the external environment

is very compliant (near zero stiffness). It is our hypothesis
that stiffness of the environment may play a role in deter-
mining muscle activation patterns. That may be because in
the isometric case, joint stability is maintained by the envi-
ronment whereas in the isoinertial case, the CNS may be
using a strategy to stabilize the joint.

There is currently a debate among physical therapists as to
whether closed kinetic chain (isometric) or open kinetic
chain (isoinertial) treatment is better (see Palmitier et al.,
1991). The data from this study indicate that different
muscles may be emphasized in treatment depending on the
type of protocol used.
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INTRODUCTION

The purpose of this study was to develop a technique for the
determination of selected musculoskeletal parameters of the
quadriceps muscles in vivo using magnetic resonance imaging
(MRI) and radiography. Two magnetic resonance (MR) scans
were performed and axial images were obtained for the left thigh
of a female subject at the anatomical position (AP). Muscle
volume (V), coordinates of the origin and insertion, and muscle
belly length at AP (L) of each quadriceps muscle were
determined from MRI data. Six knee radiographs were used to
determine the effective moment arm of the quadriceps force
about the transverse axis through the knee joint (d,) at different
knee flexion angles (Jgs), defined as the angle between the
distal extension of the thigh segment and the shank segment.
Two hip radiographs were used to determine the amount of
pelvis rotation from supine to sitting position. A combination of
MRI and radiography data was used to compute the muscle
lengths (Ls) at different Qys.

REVIEW AND THEORY

Previous studies involving musculoskeletal modeling used
musculoskeletal parameters measured from cadavers, dry-bone
samples, and illustrations in anatomy literature (Yamaguchi et
al., 1990). The extent of the errors caused by using these
parameters in musculoskeletal modeling has not been examined.
Despite the growing popularity of MRI and its advantages over
computer tomography, few efforts have been made to use MRI
to estimate musculoskeletal parameters. The purpose of this
study was to develop a technique for the determination of
selected musculoskeletal parameters of the quadriceps muscles in
vivo using MRI and radiography.

PROCEDURES

A GE MRI scanner operating at 1.5 T was used to obtain axial
images at 4 mm intervals for the left thigh of a female subject
(24 yrs, 1.6 m, 574 N) at AP. There were a total of 114 MR
images available and these images started at approximately 12
mm superior to the top of the femoral head (image #0) and
ended at approximately 28 mm inferior to the distal articular
surfaces of the femur (image #113). During the radiography
session, six radiographs of the subject’s left knee at different
s (25° to 100° at intervals of 15°) and two radiographs of the
hip (supine and sitting positions) were obtained.

Femoral Reference Frame. The parameters determined in this
study were referred to a femoral reference frame (O: x-y-z).
The origin of the system was located at the knee joint center O,
which was defined to be at the midpoint between the medial and
lateral femoral condyles. The z-axis was defined as the line
joining O with the center of the femoral head. The x-axis was
directed anteriorly and perpendicular to a plane containing the z-
axis and the medial and lateral femoral condyles. Finally, the y-
axis was defined by the cross product of the x- and z-axes.
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Effective Moment Arm. For each radiographic image, a tracing
was made and the image of the metal ruler was the spatial
reference for quantitative analysis (Figure 1). Lines IJ and FG
were the lines of action (LOAs) of the quadriceps tendon and
patellar ligament, repectively. Points B and L were the centers
of contact area between adjacent bones. Using the coordinate
data extracted from ecah tracing, d, was determined by
computing the shortest distances between point B and line FC
(dp), point L and line FG (d,), and point L and line IJ (dy)
[Grood et al., 1984]:

d, = (dpdy) / d; [1]

Figure 1. Tracing of a knee radiograph.

Patella Locations. Data for the patella locations relative to the
femur at various @s were needed for the computation of muscle
lengths. By superimposing the contour of the femur in each
radiographic tracing, an additional tracing was made showing
the patella locations at different s (Figure 2). Coordinates of
10 points - six locations of the bases of patella and four points
along the curve UV -- were obtained for the computation of
muscle length.

Muscle Volume. The MR image analysis was performed using
the program SGITRACE (Image Analysis Facility, University of
Iowa). To trace the contour of a muscle displayed on a monitor,
a series of points was placed along the contour of the muscle
and the software would connect consecutive points with straight
line. Based on the inter-image space and the contours traced on
the images, the software computed the volume of each
quadriceps muscle.

Muscle Length. The SGITRACE program also allowed the user
to digitize points on an image. In other words, there was a
built-in reference frame attached to the MR images (MR
reference frame, O”: x -y "-z”) [Figure 3]. The z”-coordinate
of a point was obtained as the product of the image # and inter-
image space.



Figure 2. Patella Location at Different Knee Flexion Angles.
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Figure 3. Tracing of a MR image.

The centroid of the attachment area was considered as the point
representation of the muscle origin/insertion. Observations from
MR images and illustrations in anatomy books were used to
determine the locations of the origins of the rectus femoris (RF),
vastus intermedius (VI), vastus lateralis (VL), and vastus
medialis (VM). In addition, the coordinates of (1) the center of
the femoral head, (2) the base of the patella (BP) at AP, and (3)
the lateral and medial femoral condyles, were also determined.
Transformation of coordinates from MR reference frame to
femoral reference frame was completed in two steps. Linear
transformation was first performed so that the two reference
frames had a common origin. Rotational transformation was
then executed using a direction cosine matrix.

The length of a quadriceps muscle was defined as the shortest
distance between the origin and BP. The y-coordinate of BP
was considered constant at different @ys. The x- and z-
coordinates of BP at different @ys were obtained from Figure 2.
In addition to the coordinates of the origin of RF (Ogg) at AP,
coordinates of Oy in the sitting position were obtained by
rotating the coordinates of Ok at AP about a transverse axis
located at the center of the femoral head through an angle
(pelvis rotation) measured from hip radiographs. When the
quadriceps tendon wrapped around the femoral groove (i.e., &
> 55°), the femoral groove was modeled as a pulley with the
quadriceps tendon wrapping around it. The muscle length was

still the shortest distance between the origin and BP given that
the path of the muscle was altered by a pulley.

For the purpose of this study, LOA of the quadriceps force was
a line passing through BP (or point U in Figure 2 for KFA >
55°) and parallel to the z-axis. The angle between LOA of an
individual muscle force and LOA of the quadriceps force for
each quadriceps muscle was obtained using the dot product.

RESULTS AND DISCUSSION

Selected coordinate parameters determined in this study are
presented in Table 1. For the purpose of comparison,
coordinates of the origins of the vasti muscles given by Brand et
al. (1982) are also included in the table. The comparison
indicates a major discrepancy in the z-coordinate of VL. This is
probably due to the difference in the location of the effective
origin of VL chosen by Brand et al. (1982) and the authors of
this study.

Table 1. Coordinates of Selected Anatomical Landmarks.
Coordinate (mm)
Anatomical Landmark X y z
Muscle Origin (present study):
Rectus femoris (supine) 30.3 4.0 385.3
Rectus femoris (sitting) 46.2 4.0 350.5
Vastus Intermedius 21.7 255 185.2
Vastus Lateralis 15.5 40.5 343.1
Vastus Medialis 20.2 -3.2 162.3
Base of patella 56.8 -1.8 24.2
Medial epicondyle 00 -42.6 -3.8
Lateral epicondyle 0.0 42.6 3.8
Center of femoral head 0.0 0.0 3504
Muscle Origin (Brand et al., 1982):
Average of 6 cadaver samples:
Vastus Intermedius 23.2 17.6 206.7
Vastus Lateralis 1.0 36.5 212.7
Vastus Medialis 4.3 8.8 188.0
Scaled with anthropometric factors:
Vastus Intermedius 24.6 11.1 184.1
Vastus Lateralis 1.3 21.4 188.9
Vastus Medialis 4.1 54 167.5

A survey by Yamaguchi et al. (1990) cited only one study
(Friederich et al., 1990) that provided the volumetric data of the
quadriceps muscles. The muscle volumes found in this study --
226 (RF), 430 (VI), 655 (VL), and 420 (VM) mm® -- are much
larger than the corresponding values Friederich et al. (1990)
measured from a 63 yrs old female cadaver.

The shape of the d,-0y relation found in this study is considered
comparable to those reported in the literature, but the d, values
are relatively small. One possible explanation is that a female
subject of average build was used in this study while male
subjects or cadavers were used in most of the previous studies.
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INTRODUCTION

The purpose of this study was to determine the maximum
muscle stress (o), mathematically defined as the maximum
isometric strength at optimum muscle length (F;*) divided by
the physiological cross-sectional area (4), of the quadriceps
muscles. One female subject performed maximum effort knee
extension exercises on a LIDO dynamometer. The gravitational
effect was taken into consideration when determining the
isometric resultant knee torques (Tys) at different knee flexion
angles (Jys). The musculoskeletal parameters of the quadriceps
muscles were obtained from radiography and magnetic resonance
imaging (MRI). The ¢ value was computed using the measured
Tys, musculoskeletal parameters data, and information reported
in the literature. The o values obtained from the data for nine
different @ys ranged from 18.9 to 27.3 N/cm?. The average
value of 22.8 N/cm? is notably smaller than the corresponding
values reported in the literature.

REVIEW AND THEORY

The relation between the muscle size, specifically the cross-
sectional area, and the maximum strength of the muscle has been
a subject of interest for more than a century. A wide range of
values for the so called "absolute muscle strength" of human
muscles has been reported in the literature over the years. The
large variation in strength values is probably due to the
differences in the definition of cross-sectional area used by
different investigators and the differences in muscle length at
which the strength is measured.

The purpose of this study was to determine the maximum
muscle stress of the quadriceps muscles. It is noteworthy that,
because Hill’s (1938) mechanical model is commonly used in
musculoskeletal modeling, o values are very useful because A
and o values can be used to predict F*, which is a parameter in
Hill’s model.

PROCEDURES

A female (24 yrs, 1.6 m, 574 N) served as the subject. During
the strength testing session, the subject performed maximum
effort left knee extension exercises on a LIDO dynamometer in a
sitting position. The session started with maximal isometric
contractions at different attachment arm angles (isometric pre-
tests). These were followed by 16 isokinetic and three isotonic
trials. The session concluded with maximal isometric trials
(isometric post-tests). Average values of the isometric pre-tests
and post-tests were used for the determination of o.

The resistance force acting on the shank-plus-foot (S+F)
segment (F) was measured by a load cell located between the
attachment arm of the dynamometer and the shank. The knee
flexion angle (@y), defined as the angle between the distal
extension of the thigh segment and the shank segment, for each
isometric trial was measured from sagittal view of the medial
side of S+F segment recorded by a video camera. The Ty
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values were determined using the moment equation about the
knee joint center:

Ty = Fpdg + Wgpdse (1]

where dg is moment arm of the weight of S+F segment (W)
[dsg] and dg is moment arm of Fy (dg). The W, dg, and dge
values were determined from video recordings and inertial
parameters reported in the literature.

During the radiography session, six radiographs of the subject’s
left knee and two radiographs of the hip were obtained. During
the MRI session, two scans were performed and axial images at
4 mm intervals were obtained for the left thigh. Based on the
data reduced from radiography and MRI. The coordinates of
the origins and insertions of the rectus femoris (RF), vastus
intermedius (VI), vastus lateralis (VL), and vastus medialis
(VM), and the effective moment arm of the quadriceps force
about the transverse axis through the knee center (d,) were
determined (Chow et al, 1994). The muscle length was
computed as the shortest distance between the origin and
insertion of the muscle. In addition, muscle volume (V) and
muscle belly length at the anatomical position (AP) [L"] of each
muscle were determined from MRI data.

In this study, A was defined as V divided by optimal muscle
fiber length (Lf). For each muscle, I/ was obtained indirectly
from L’ and sarcomere length (L) at AP (L) provided by Cutts
(1988). The muscle fiber length at AP (Lﬂ) was computed as the
product of L’ and average LY/L’, ratio reported by Friederich et
al. (1990) and Wickiewicz et al. (1983). The number of
sarcomeres per fiber was obtained by dividing L{ by LS. The L
was then computed as the product of the number of sarcomeres
per fiber and optimum sarcomere length L5 =2.72 pm).

In addition to LS data, Cutts (1988) also predicted L's of the
lower limb muscles at two different limb positions - lying with
O = 115° (L-115) and sitting with @y = 13° (S-13). The L%
at sitting with @ = 115° (S-115) position were first estimated
{S-115 = (L-115) - [(AP) - (S-13)]}. The Ls at S-13 and S-115
positions were than obtained using the L-Jy relations obtained
from radiography and MRI data. Assuming a linear relation
between L and L°, the L-L® relation for each muscle was
computed using the Ls and LSs at S-13 and S-115 positions
(Figure 1). Using these relations, the optimal muscle length (L
at which LS = 2.72 um, L,) of each muscle was predicted
(Table 1). Based on a normalized force-L (F-L’) relation of the
human muscle reported by Walker et al. (1973) (Figure 2), Fs at
Ls corresponding to S-13 and S-115, and at L, were determined.
For example, by applying the data points of VL in Figure 1 (3
triangles) to Figure 2, the Fs of VL at the above-mentioned
three Ls were obtained as 76.5, 59, and 100 %, respectively.
Becasue L,s of RF and VI fell outside of the working ranges of
these two muscles in this study (i.e., 2 data points for each
muscle), linear relations were applied to the F-L data of these
two muscles. The F-L data of VL and VM (3 data points for
each) were fitted with second-order polynomials because force-



length curves of isolated muscles are usually parabolic in shape
(e.g., Woittiez et al., 1984).
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Figure 1. Relations Between Muscle Lengths of Individual
Quadriceps Muscles and Sarcomere Length.

Table 1. Sarcomere and Muscle Lengths of the Quadriceps at
Different Lower Limb Positions.

Sarcomere Length (um) Muscle Length (mm)

L-115 AP S-13  S-115 S-13  S-115 Optimal
RF 2.541 2.146 1365 1.76 330.6 407.5 594.4
VI 2482 1.97 2.03 2.542 1709 244.7 513.8
VL 3.531 2.173 2.071 3.429 328.3 403.5 364.2
VM 3.401 2.048 1.988 3.341 146.8 220.6 186.8
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Figure 2. Relations Between Normalized Muscle Force and
Sarcomere Length.

At a given L, the F"* of each muscle [F"*(L) = F(L)oA, where
(L) means a function of L] is related to Ty by

4
Ty =d, Y (FioAcost,) (21
i=1

where 6 is the angle between the lines of action of the
quadriceps force and an individual muscle force, and i is the
subscript for individual heads of the quadriceps muscle. Using
the T,-Oy, d,-Ox, 0-Bx, F-L, and L-G relations, Ty, d,, 0;s, and
Fs at nine @ys -- 25° to 105° at 10° intervals -- were
computed. For each &y, ¢ in Eq. [2] was solved using the root
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function in Mathcad (MathSoft, Inc.).
RESULTS AND DISCUSSION

The procedures used in determining the 4 in this study were
similar to those used by Fukunaga et al. (1992). The only
exception was that they used L/ in the computation of A.
According to Cutts’ (1988) data, Lﬁs of the quadriceps muscles
are shorter than Lﬁ (Table 1). Therefore, A will be
overestimated if L/ is used for any of the quadriceps muscles.
For the given F™, an overestimated A will cause an
underestimated o.

The o and F™* values computed from the data for different @ys
are presented in Table 2. The relation between o and Gy is
obvious -- ¢ increased with increasing @. This relation is
probably due to ignoring pennation angle (c) in the computation
of A. If « is considered, F;™* (= 0A) can be expressed as

Vcosa
7
Ll)

Fmax - [3]

0

Considering the shape and the geometry of the muscle fibers of
a unipennate muscle, o increases as the muscle gets shorter (i.e.,
Oy o l/a). For the given F™*, V, and L, o becomes larger
when « gets smaller (i.e., ¢ o 1/a). The combination of these
relations implies that o increases with increasing @y if o is
neglected or a constant « is assumed for different Oys. Another
possible reason for greater ¢ values at large Js is the
introduction of passive force when a muscle is stretched beyond
its resting length, which is the case for the quadriceps muscles at
large Gys.

Table 2. Maximum Isometric Strength and Muscle Stress.

Maximum Isometric Strength (N)

9k (°) RF VI VL VM o (N/em?)
105 4233 1,369.8 1,854.9 1,051.5 27.3

95 353.7 1,196.9 1,854.7 1,034.5 243

85 3199 11,1334 1,937.6 1,067.9 23.4

75 295.8 1,101.8 2,034.5 1,109.8 23.1

65 271.8 1,073.6 2,112.5 1,140.9 23.0

55 242.6 1,031.9 2,138.9 1,143.1 22.5

45 206.5 968.9 2,087.0 1,102.9 21.7

35 164.3 886.0 1,940.0 1,012.4 20.4

25 118.6 790.2 1,689.4 868.9 18.9

The average ¢ value of 22.8 N/cm? is notably smaller than the ¢
values for human muscles reported in the literature, but is
comparable to those found in animal muscles. To confirm the o
value found in this study, further studies using different human
muscles are recommended.
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BILATERAL DEFICIT IS DIFFERENTIALLY AFFECTED
DURING CONCENTRIC AND ECCENTRIC CONTRACTIONS
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INTRODUCTION

The bilateral deficit is characterized by a
reduction in muscular force generated by
simultaneous maximum contraction of
bilateral muscle groups, compared to the
sum of the forces during individual maximum
contractions. The exact mechanism
responsible for this reduction in force has not
been described, but has been broadly
attributed to neurally mediated factors. It
has been suggested that the deficit was due
to an inhibition of small motor units (Secher
et al, 1978) whereas others have reported
that the deficit reflected large motor unit
inhibition (Vandervoort et al, 1984; Koh et
al, 1993). Although the bilateral deficit has
been investigated for isometric and
concentric isokinetic contractions there have
been no investigations of this type of
interlimb effect during eccentric

contractions.

There is an increasingly convincing body of
evidence that the central nervous system
specifically commands eccentric
contractions. This evidence cites decreased
motor unit discharge frequencies during
eccentric contractions, compared to
concentric contractions; the inability to
maximally activate the motor unit pool
during eccentric contraction; and the
possibility that large motor units may be
selectively activated during eccentric
contractions. The fundamental differences
that may exist between motor unit activation
during eccentric and concentric contraction
give rise to the possibility that interlimb
interactions may also differ. This study
compared the activation and force
characteristics of the bilateral deficit during
concentric and eccentric isokinetic knee
extensions. It was anticipated that (1)
eccentric contractions would be found to
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demonstrate a bilateral deficit of smaller
magnitude than concentric contractions and
(2) that the bilateral deficit would be
decreased during rapid and forceful
contractions.

METHODS

Eight female and six male college students
participated in this study. None of the
subjects reported a history of knee injury.
Two of the subjects reported previous
experience with isokinetic testing. Bipolar
electrodes were placed over the left and the
right vastus lateralis and the left and right
hamstrings of each of the subjects. A
reference electrode was placed over the
fibular head of the right leg. A Kin-Com
isokinetic dynamometer was modified to
allow measurement of both bilateral and
unilateral isokinetic knee extension. The
knee extension forces produced by the right
and left limbs were measured independently
using strain gauge load cells. The knee
extension range of motion was from 90° of
flexion to 20° of flexion. The isokinetic
speeds that were tested were 30 and 150°/s.

Each subject performed a total of 18 trials,
nine eccentric and nine concentric
contractions. Each set of the nine
contractions was comprised of three
sequences of unilateral-right leg maximum
voluntary effort (MVE), unilateral-left leg
MVE, and bilateral MVE.

For each trial, the middle third of the knee
extension range of motion was extracted for
analysis. The variables extracted for analysis
were the independently measured peak knee
extension moment and peak rate of change
of knee extension force (dF/dt), and the
activation levels of the quadriceps femoris
and hamstrings. The data for the subjects'



dominant leg were subjected to a 2 by 2 by 2
(contraction type by isokinetic speed by leg)
repeated measures ANOVA.

RESULTS

The ANOVA revealed that the between-
condition differences observed in the
activation level of the hamstrings were not
significant (p>0.05). Thus, changes in the
knee extension variables were assumed to be
independent of antagonist muscle activation.

A significant main effect of contraction type
(concentric vs. eccentric) was revealed for
the peak knee extension moment (p<0.001).
The concentric bilateral deficit, pooled
across leg and isokinetic speed condition,was
-16.7 and -11.0 percent for the concentic and
eccentric contractions, respectively.

The ANOVA revealed a significant speed by
contraction type interaction (p=0.001) for
dF/dt. For the 30 and 150 deg/s speeds, the
concentric bilateral deficits for dF/dt were
-31.6 and -15.4 percent, respectively. For
the ecccentric contractions, the bilateral
deficits for the 30 and 150 deg/s speeds were
-7.8 and 1.4 percent, respectively, the latter
value representing a bilateral facilitation.

The bilateral deficit data relative to the level
of quadriceps femoris activation
demonstrated a significant main effect of
contraction type (p<0.001). The decreases
observed during bilateral efforts for
concentric and eccentric contractions were -
8.6 and -6.6 percent, respectively.

The ANOVA revealed that the bilateral
deficit demonstrated by the nondominant leg
was not significantly different than that of the
dominant leg. However, there were
qualitative differences that intimated a
tendency of the nondominant leg to be
affected to a larger extent during bilateral
contractions.

DISCUSSION

This study tested the hypothesis that
maximum effort eccentric contractions
would be affected to a lesser extent by the
bilateral deficit than maximum effort

28

concentric contractions. The data generally
supported the first expected outcome which
stated that eccentric contractions would be
found to demonstrate a bilateral deficit of
smaller magnitude than concentric
contractions.

The second expected outcome stated that the
bilateral deficit would be decreased during
rapid and forceful contractions, that is during
the 150 deg/s knee extensions. Although the
data did not statistically support this
expectation, there were qualitative trends in
the data that suggest the bilateral deficit, for
all variables, tended to be of smaller
magnitude in the 150 vs. 30 deg/s conditions.

Within the limitations imposed by the
underlying assumptions of the study, the
results are in agreement with those of others
(Vandervoort et al, 1984; Koh et al, 1993)
and support the contention that the bilateral
deficit is a manifestation of the influence of
central nervous system restrictions on the
ability to activate large motor units. The
results also seem to be consistent with the
contention that the central nervous system
specifies different motor commands for
eccentric contractions and that central and
peripheral influences converge in such a way
as to result in a different pattern of interlimb
effects.
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DO RELATIVE CONTRIBUTIONS TO THE NET JOINT MOMENT CHANGE
AFTER EXTENDED PRACTICE?
GD. Heise and A. Comwell
Department of Kinesiology, Louisiana State University, Baton Rouge, LA 70803.

INTRODUCTION

The components of the net joint moment at the elbow
and shoulder and the relative contributions of those
components were examined for subjects’ nondomi-
nant arm during the practice of a maximal, planar,
multijoint throwing motion. Subjects threw a 0.15 kg
ball significantly farther after extended practice (200
trials) and analysis of segmental dynamics indicated
that subjects increased generalized muscle moments
as well as motion dependent moments at both joints.
However, the ratios of moment components to the net
joint moments at each joint did not change after
extended practice. Restraining the throwing amm to a
horizontal plane may partly explain why no changes
were found in the contributions of joint moment com-
ponents to the net joint moments. In addition, the
throwing motion may be a skill pre-disposed to
invariant dynamics due to limb structure.

REVIEW AND THEORY

Invariant kinematic and kinetic descriptors have been
identified for the following whipping-type motions:
throwing (Chapman & Sanderson, 1990; Joris et al.,
1985); kicking (Putnam, 1991); certain reaching
motions (Hollerbach & Flash, 1982); and the motion
of the leg during the swing phase of locomotion
(Putnam, 1991). However, the response of these
characteristics during skill acquisition has not been
vigorously pursued. Schneider et al. (1989) exam-
ined the components of joint moments during
practice of a maximal-speed vertical arm movement,
of which only part of the movement can be consid-
ered a whipping-type motion. They found that as
subjects performed faster movements, the interactive
components and the generalized muscle moments
(GMM) of all joints during all phases of movement
increased. Their results were interpreted in light of
Bemstein’s hypothesis that individuals use reactive
forces (represented by interactive or motion depend-
ent moments) to complement active muscle forces
(represented by GMM). Nevertheless, Schneider et
al. (1989) did not comment on whether the movement
strategy, as represented by the relative contribution of
each component to the net moment, changed during
practice. The purpose of the present investigation
was to examine the relative contributions of the
components of the net joint moment during the
practice of a planar, multijoint throwing motion.

PROCEDURES

Seven healthy college-aged men volunteered as
subjects for this study. Each subject performed 200
throwing trials equally distributed across 5 consecu-
tive days. Subjects threw a 0.15 kg ball as far as
possible with their non-dominant arm while the
motion of their throwing arm was restrained to a
horizontal plane. From video data, 2-D coordinates
of joint centers defining a three segment model of the
throwing arm were determined (Peak Performance
Technologies, Inc. motion analysis) for two trials
early in practice and two trials late in practice.
Methods of Hatze (1979) were used to predict the
inertial characteristics of each segment (i.c., upper
armm, forearm, and hand). Joint moments were calcu-
lated at the shoulder, elbow and wrist. At each joint,
the moment was partitioned into three components
(Schneider et al.,, 1989): 1. interactive moments -
motion dependent moments arising from the dynamic
interactions between segments; 2. GMM - moment
arising from muscle forces and other soft tissue
forces crossing the joint; 3. net joint moment - sum
of all positive and negative contributions from
components 1 and 2. Gravity was not included in the
kinetic analysis because the movement was restrained
to a horizontal plane. Moment components were
averaged, following the procedure of Putmam (1991),
during the duration that the upper arm segment was
accelerated in the direction of the throw. For each
joint, average moment values of each component
were calculated and ratios of GMM and interactive
moments to the net moment also were calculated.
The effect of practice on these variables was tested
statistically with MANOVA procedures.

RESULTS AND DISCUSSION

Performance, as measured by the resultant distance of
the throw, showed an expected, significant improve-
ment over practice trials. The mean increase in
distance, collapsed across subjects, was 1.8 m. The
averaged net joint moments for the shoulder and
elbow are presented in Table 1 along with the GMM
and the two highest interactive moments for each
joint. Moment components at the wrist were negli-
gible. Ratios of moment components to the net joint
moment are also presented in Table 1. Subjects
showed expected significant increases in net mo-
ments and interactive moments (see average values in



Table 1). This is in agreement with the findings of
Schneider et al. (1989) who also showed increased
muscle moments with accompanying increases in
interactive moments. However, in the present study,
the relative contribution of muscle moments and
interactive moments to the net moment did not
change from early to late in practice (see ratios of
Table 1). These ratio results are consistent with
results of Hollerbach and Flash (1982) who found
that subjects linearly scaled joint moments to produce
faster movements in a horizontal plane, but are
inconsistent with results of Zemicke and Schneider
(1993) who showed different moment profiles during
practice. The movement examined in the latter study
and by Schneider et al. (1989) took place primarily in
a vertical plane and gravity was a key moment
component in earlier, slower trials. So, in the present
investigation, restraining the throwing arm to a hori-
zontal plane may partly explain why no changes were

found in the ratio measures. The familiar nature of
the throwing motion, even though it was performed
by the nondominant limb in which the forearm
remained pronated while against a horizontal surface,
may also explain why the relative contribution of
moment components did not change. The findings of
the present study in combination with other experi-
mental work on whipping-type motions (e.g.,
Hollerbach & Flash, 1982) and modeling studies
(e.g., Chapman & Sanderson, 1990) may point to
some dynamic-based theory describing multijoint
throwing movements in which limb structure and
segment dynamics dictate movement control rather
than a memory-based representation of control (e.g.,
generalized motor program, Schmidt, 1975). In order
to further address this speculation, it will be neces-
sary to examine how the moment components change
with practice when the throwing motion is not
restrained to a horizontal plane.

in_Practice. Posruve moments represent honzomal shoulder abductron and elbow extension. Average moment

values are in N m. Ratios are unitless.
deviations in parentheses.
*  Significant univariate F (p < 0.05), Late > Early.

Numbers represent mean values across all subjects with standard
! Shoulder multivariate F (p < 0.10). ? Elbow multivariate F (p < 0.05).

Early Late
Average Ratio Average Ratio

Components of Shoulder Joint Moment !

Net Moment 2.99 (0.9) e 483 (1.5) * _—

GMM 11.59 (3.7) 387 (0.5) 2037 (56) * 426 (0.4)

UAA (upper arm angular acceleration) - 597 (1.5) -202 (02 -1020 27 * -216 (02

FAA (forearmn angular acceleration) - 365 (1.6) -121(03) -58 (18 * -122(0.2)
Components of Elbow Joint Moment ?

Net Moment 2.15 (0.7 S 3.06 (09) * JR—

GMM 392 (1.5) 1.82 (0.3) 645 20) * 2.11 (0.1)

FAA (forearm angular acceleration) - 167 (0.5) -080 (02 -243 08 * -081 ©O.D

UAV (upper arm angular velocity) - 03502 -0.16 (03) -0.89 (05 * -025©.D
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INTRODUCTION
Symmetry is an issue in the gait of amputees because of the
unnatural asymmetry imposed on the patient by the amputation
itself. This asymmetry, introduced to the mechanical system by
the artificial limb, leads to a number of functional asymmetries
which can be measured in the temporal, kinetic, and kinematic
gait patterns of amputees. These asymmetries represent
adaptations to the mechanical asymmetry imposed on the amputee
by the prosthesis (Winter and Sienko, 1988). The most prominent
asymmetries found in amputee gait have involved shortened stance
times and decreased ground reaction forces for the prosthetic limb
compared to the natural limb (Skinner and Effeney, 1985).

The purpose of the current study was to evaluate the effectiveness
of a newly developed treadmill force plate device in making real-
time gait symmetry evaluations. Asymmetries were assessed in
the kinetic and temporal patterns of normal and Below-Knee (BK)
amputee subjects. Three comparisons were made; asymmetries
were compared between normal subjects and amputees, amputee
subjects were compared before and after receiving real-time visual
feedback, and were compared to quantify symmetry differences for
two different heel bumper durometers available for the Otto Bock
IM1 multi-axis prosthetic foot. The IM1 foot allows variable
degrees of plantar- and dorsiflexion resistance by interchanging
bumpers of varying durometers inserted behind the ankle joint.

METHODS

A treadmill device which has been developed at the Cleveland
Clinic has two AMTI force plates mounted front to back
underneath the treadmill belt. The treadmill and force plates have
been mounted independently to the concrete foundation of the
building to reduce any vibrational interference in the force plate
signals from the treadmill. The advantages of this system are that
it allows the collection and comparison of vertical loads under
each limb during multiple, successive strides, at a constant, known
speed, without forcing the subject to "target" their footsteps, and
that data collection can be completed in a very short period of time
(e.g. 10 to 15 complete strides can be collected in as little as 20 to
25 seconds).

Data was collected from the treadmill force plates using a Gateway
2000 486 computer, and Data Translations DT2812 A/D board.
Software was developed in Borland Turbo Pascal v. 6.0 to
continuously read and process data from the force plates, and
display symmetry information to the subject in real time.
Continuous collection, processing, saving, and displaying of data
was possible at up to 100Hz. Three modes of visual feedback
were developed, which graphically displayed Center Of Pressure
(COP), Percent Stance Time (%ST), and relative Push Off Force
(POF) information on a computer monitor. The setup for real-time
feedback display is shown in Figure 1.

The study was conducted in three parts; (I) data was collected on
six normal, right leg dominant subjects with no previous history of
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leg injury (mean age 42.7), (II) symmetries were evaluated for six
unilateral BK amputees (three traumatic, two due to illness, one
due to cancer; mean age 41.7) before and after receiving visual
feedback, (11I) symmetry was assessed for five unilateral BK
amputees (all traumnatic; mean age 42.8) using both durometer heel
bumpers in the Otto Bock IM1 foot. Two of the amputees
participated in both parts of the study, at least two weeks apart.
Amputee subjects had been wearing their prostheses an average of
9.4 years (range, 6mo. to 55yrs.), and were all judged to be good
walkers. No specific attempt was made to match subjects by age.

Subject Monitor

|-

486 PC]|

-
=

e

Force Plates
Treadmill

Figure 1. - Setup for Real-Time Gait Symmetry Feedback.

Normal subjects were given four minutes of walking time to
acclimate to the treadmill, and data was collected at a walking
pace of 2.5 km/hr. Amputee subjects for both Parts Il and 111 were
given four minutes to acclimate to the treadmill and asked to
choose a comfortable walking speed. The same speed was used
for all trials. Amputees walked at an average pace of 2.0 and 2.3
kmv/hr for Parts I and 111, respectively. For Part I, initial data was
collected without feedback. Subjects were then given four
minutes of practice with each feedback routine, and data was
collected. Subjects were instructed to adjust their gait patterns to
achieve the most symmetrical gait possible for the particular
feedback being displayed. The order of feedback given was
randomized. For Part II1, after initial treadmill acclimation, the
subject's limb was fitted with the Otto Bock 1M1 foot with either
the Hard or Soft durometer heel bumper. Subjects were given two
minutes of practice walking on the treadmill with each heel
bumper, and data was collected. The order of heel bumpers was
randomized between subjects. Care was taken not to make any
changes to the alignment of the prosthesis between trials. Subjects
received no visual feedback, and no instruction was given other
than to walk in a "normal and comfortable manner."

Twenty five seconds of data, representing 10 to 15 complete
strides, was collected for all trials. Five variables were quantified
for both left and right legs; foot position at heel strike (anterior-
posterior center of pressure, COP), percent stance time (%ST),



maximum push off force (POF), and single and double support
times (SST, and DST). All five variables were evaluated for
normals and for amputees walking before feedback. For Part II,
COP, %ST, and POF variables were evaluated after each feedback
(COP, %ST, and POF, respectively) was given. Single and double
support times were evaluated after all three feedback routines. For
Part I1I, COP, %ST, and POF were evaluated for walking with
both the Soft and Hard heel bumper conditions. Symmetry Indices
(S.1.) were quantified for normals and amputees using the
following equations, modified from Herzog, et. al., 1989:

X, X, —X

X, -
s.l.,,,,,,m,=—XL—'"’~|00% S.1 2L .100%

~amputee =
at Xml Xn +X 14

where 'X' is the measured value, 'd’' and 'nd' represent dominant
and non-dominant limbs, and 'n' and 'p' represent the natural and
prosthetic limbs, respectively. This equation represents an
"asymmetry range" from -100% to +100%, with perfect symmetry
being given by S.I1. = 0.

RESULTS AND DISCUSSION
Ten to twelve full strides of data were obtained for each subject for
each comparison. Two-way analyses of variance were performed
to compare normals and amputees before feedback, amputees
before and after real-time visual feedback, and amputees walking
with the hard and Soft heel bumpers in the Otto Bock 1M1
prosthetic foot. ANOVA results are summarized in Tables | - 4.

Table I. - Symmetry Indices for Normal and Amputee Subjects.
(n = 6 subjects * 10 strides = 60)

Variable NORMALS  AMPUTEES P
cop -0.18% -1.54% 0.014
%ST +1.84% +6.98% 0.000
POF -1.36% +2.56% 0.000
SST +2.47% +10.57% 0.000
DST -10.50% -11.78% 0.715

Table 2. - Symmetry Index Values Before And After Feedback.
(n = 6 subjects * 11 strides = 66 )

Variable BEFORE AFTER P
COP -1.58% -0.56% 0.002
%ST +7.03% +5.18% 0.007
POF +2.47% +1.38% 0.033

Table 3. - S.L's For Single And Double Support Times.
= - Significantly different to "Before Feedback" condition
(n = 6 subjects * 12 strides = 72)

Support Before After After After

Variable | Feedback COP %ST POF
SST +10.54% | +14.56%* +7.47%*  +8.43%
DST -12.97% -18.06% -9.36% -5.31%*

Table 4. - Symmetry Index Values for Different Heel Bumpers.
(n = 5 subjects * 12 strides = 60 )

Variable HARD SOFT P
COP -0.49% -0.79% 0.038
%ST +8.54% +7.18% 0.006
POF +2.32% +2.88% 0.117

Data from normal subjects showed significant (non-zero, p < 0.01)
asymmetries for all five variables quantified except foot position at
heel strike (S.I.cop = -0.18%; p = 0.336). Results of Table 1
verify that BK amputee subjects showed significantly greater
asymmetries in their gate patterns than did normals. Significant
decreases in the degree of asymmetry with real-time visual
feedback were demonstrated in Table 2 for all three feedback
variables (p = .002, .007, and .033, respectively).

Single and double support time symmetry data indicate that the
amputees spent a greatly reduced time in single support on their
prosthetic limbs. Changes in SST and DST values as a result of
visual feedback shown in Table 3 suggest that decreases in
asymmetry for those symmetry variables being displayed are not
necessarily reflected in improved symmetry for other parameters
of gait. Double support during gait is on the order of .1 to .2 sec.,
thus with a low (100Hz) sampling frequency, small errors (.01
sec.) may result in an error in calculating S.1. as great as +/- 10%.
Values for DST symmetry data can therefore not be considered
reliable. It is critical to achieving the most beneficial
rehabilitation outcome to identify those variables for which
achieving a more symmetrical gait are most important, and those
which have the greatest consequence for long term benefit.

Results of Table 4 indicate that there were significant differences
in the symmetry of gait patterns of BK amputees between using
the Hard and Soft heel bumpers for both percent stance time
(%ST) and foot placement (COP). Although push off force
asymmetries were somewhat greater for the Soft heel bumper
(S-Ligarg = + 2.32%, and S.Lg, = +2.88%), this difference was
not significant (p = .117). Changing the durometer of the heel
bumper was primarily expected to effect plantar-flexion at heel
strike, and so this result was not surprising.

CONCLUSIONS
Significant asymmetries in BK amputee gait patterns were found
which were consistent with previous findings (Skinner and
Effeney, 1985). Normal and amputee subjects both showed
significant asymmetries in the gait parameters quantified, and
amputee asymmetries were significantly greater than normals.
Real - time visual feedback of gait symmetry information was
shown to be effective in reducing the degree of asymmetry for the
variable displayed. Changes in other gait symmetry variables did
not necessarily follow those of the feedback variable displayed,
indicating that amputees may alter their gait patterns to decrease
one form of asymmetry by increasing other asymmetries. The
significant differences between walking with two different
durometers of heel bumper in the Otto Bock 1M1 multi-axis foot
demonstrate that the CCF treadmill device is an effective tool for
determining the effects on gait symmetry patterns of small changes
in prosthetic componentry.
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POST-ACTIVATION EFFECTS AND FACILITATION OF BALLISTIC MUSCLE ACTIONS

R.U. Newton', K. Colleran®, and W.J. Kraemer

! Center for 1luman Movement Science, Southern Cross University. Lismore, NSW 2480, Australia
“Center for Sports Medicine, The Pennsylvania State University. University Park. PA 16802, USA

INTRODUCTION

This study examined the post-activation effect of various modes
of muscle action on subsequent performance in a ballistic upper
body pushing movement. Such a study was designed to address
the belief by many strength and conditioning specialists, that
the post-activation effect can be used to enhance athletic
training and performance. If a facilitation effect could be
demonstrated for powerful, ballistic muscle action then this may
have application in rehabilitation and training for athletic and
work performance. However, no significant effect on any
kinematic or kinetic variable of the powerful push movement
using a 30% of maximum load was found . This may have been
due to the observation by previous research, that the post-
activation effect is greatest during high force rather than high
power. high velocity muscle actions.

REVIEW AND THEORY

The post-activation effect was first detected by Ilunt et al.
(1951) in which they found that repetitive stimulation of the
fusimotor supply of a muscle spindle is followed by a period
during which the spindle's response 10 a subsequent single
fusimotor transmission is enhanced. A bricf stretch abolished
this post-activation facilitation. Brown et al. (1969) found that
responses of muscle spindles to stretch greatly increased if the
stretch was preceded by a period of fusimotor stimulation. It
was proposed that stable cross-bridges were formed between
the actin and myosin filaments within sarcomeres of the
intrafusal fibers. The hypothesis was that the intrafusal fibers
became 'stuck’ at the length at which stimulation had been
applied (Brown et al., 1969). The after-effects of stretch and
dynamic fusimotor stimulation appear to be due to the existence
of stable cross-bridges (Morgan et al., 1984).

This alteration in the intrafusal fibers led Eldred et al., (1976)
to suggest that the nuclear bag regions may not return to their
initial set length due to the increase in tension. This property of
plasticity of intrafusal muscle fibers causcs the fibers to be more
resistant to subsequent displacement (Brown et al., 1970;
Hagbarth et al., 1985) and allows the transference of stretch to
be more direct (Hutton, 1984). Therefore, post-activation
stretch sensitivity is enhanced for most units (Brown et al.,
1969; Durkovic, 1976; Suzuki et al., 1976).

Golgi tendon organs have also been linked to the mechanism of
post-activation facilitation. Isometric contractions of greater
than 25% maximum voluntary contraction (MVC) have been
shown to cause a brief desensitization of the Golgi tendon organ
receptors in response to tension (Hutton et al., 1986). This,
when coupled to the autogenic inhibitory reflex role of the Golgi
tendon organ (Granit et al.,1959) leads to disinhibition of the
muscle. A conditioning contraction thereby allows for greater
production of muscle force despite the facilitory adaptation
being somewhat shorter (3 to 20 sec) for the Golgi tendon
organ (Hutton et al.. 1086).
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Additional research has shown that the pre-contraction of
antagonist muscle groups has a facilitatory effect on the
subsequent contraction of the agonist group. It has been
proposed that a tension-dependent, neural mechanism limits the
excitation of agonist motorneurons during maximum voluntary
contractions against high resistance (Perrine et al., 1978). The
pre-contraction of the antagonists in some way counters the
inhibitory influence and allows greater activation of the agonists
in the subsequent contraction. Increases in low velocity
isokinetic strength have been hypothesized to be the result of a
neural adaptation that overcomes or modifies the inhibitory
influence (Caiozzo et al., 1981).

‘The post-activation facilitation effect has yet to be examined in
powerful ballistic movements. This is despite the fact that many
practitioners in training and rehabilitation believe such an effect
exists and is beneficial. If this facilitation eftect can be
demonstrated, improvements in the areas of muscular strength
training, rehabilitation, and competitive performance should be
forthcoming. This study is therefore designed to investigate the
facilitory effects of intense eccentric, concentric, and isometric
muscle actions, as well as the effects of pre-contraction of
antagonists, on subsequent muscle action as measured by
kinematic and kinetic variables during a powerful. ballistic
upper body push movement.

PROCEDURES

Ten male subjects with at least 6 months bench press
experience participated in the study. The mean (£SD) age,
weight, and height of the subjects was 22 + 2 yrs, 82+ 10 kg,
and 180 + 94 cm respectively. All subjects read and signed an
informed consent document prior to participation.

The test movement involved the performance of an upper body
push using elbow extension and shoulder transverse flexion
similar to that of the bench press movement, however. the mass
was released from the hands (similar to a throw). A loaded
barbell with a mass of 30% of the subjects one repetition
maximum (1RM) bench press was used and the subject was
instructed to project the bar vertically upwards for maximum
height. Six trials were completed each involving a different
conditioning muscle action. (1) Control (i.e.) no conditioning
muscle action: (2) two repetitions at 90% of 1RM: (3) two
repetitions at 70% of 1RM; (4) a 4 second maximal isometric
contraction in the bench press position; (5) an eccentric action
of lowering the bar to the chest with a load of 120% of 1RM;
and (6) pulling the bar downwards against resistance (i.e.
antagonist muscle activation).

All conditioning movements as well as the test movement were
performed using an instrumented “Smith™ machine linked to a
computer (Wilson et al., 1993). The device measured bar
displacement with time and the computer calculated velocity
and acceleration through differentiation of the displacement-
time data. Force-time data was also calculated based on
acceleration data and the mass of the bar. The following



vaniables were then calculated to describe the kinematics and
kinetics of the balllistic push movement: (1) time of the
concentric muscle action; (2) total bar displacement; (3) peak

velocity, (4) peak acceleration: (5) time to peak acceleration; (6)

total work done; (7) average power output; (8) peak
instantaneous power output, (9) average force output; (10)
peak force output; (11) maximum rate of force development
over 50 ms.

The results were examined statistically using analysis of
variance with repeated measures followed up by Scheffe post
hoc testing in the event of a significant interaction. An alpha
level of 0.05 was the criterion for significance.

RESULTS

Analysis of variance revealed no interaction between type of
conditioning muscle action and any of the measured variables.
Subsequently the data was pooled and summary statistics are
provided in the following table.

Mean |S.D.
[time for the concentric muscle action (s ) | 0.623| 0.043
Jtotal bar displacement (m) 0.739] 0.097
Peak bar velocity (m.s') 1.519] 0.152
Peak bar acceleration (m.s~) 4.715] 0.715
Time to peak acceleration (s) 0.305] 0.044
Total work done (N.m) 1941 39.4
Average power (W) 3155 80.1
Peak instantaneous power (W) 478.8] 129.7
Average force (N) 329.5| 633
Peak instantaneous force (N) 391.3| 825
Maximum rate of force development over |1482.9| 456.1
50 ms (N.s™)

DISCUSSION

‘The finding that there was no post-activation effect on powerful
muscle action ts surprising given the belief held by many
practitioners in strength, conditioning and rchabilitation.
However. if we are to examine the prior research and theoretical
mechanisms proposed for the post-activation facilitation, the
results may be more reconcilable.

The first mechanism, that of an increased stiffness of the
intrafusal fibers (Brown et al.. 1970) results in an increased
post-activation stretch sensitivity. This study involved purely
concentric muscle actions with relaxation of the agonists
between the conditioning action and the test movement.
Therefore, the contribution of enhanced stretch sensitivity may
have been lost. Future research should address the effect of
post-activation facilitation during stretch shortening cycle
movement for which the contribution of the stretch reflex has
already been well established. A further advantage to testing
stretch shorten cycle movement is that it is much more common
in human movement especially explosive muscular actions.

The second mechanism involved the Golgi tendon organ in
which a disinhibition of the force limiting Golgi tendon organ
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reflex has been observed (Hutton et al. 1986) following agonist
activation above 25% of maximum voluntary contraction. The
Golgi tendon organ is also disinhibited by a prior activation of
the antagonist muscles (Pernne et al., 1978). The activation of
the agonists during the conditioning action was certainly of’
sufficient intensity to produce disinhibition (1.e. 70%, 90%,
120% of 1RM and maximum isometric). Similarly, the
antagonist activation should have been effective. It is postulated
that the lack of an experimental effect was due to the test mode
used.

A load of 30% of 1RM was chosen for the testing protocol
because this is the optimal load for the production of maximum
mechanical power (Kaneko, et al., 1983), however, such a light
load does not allow the muscle to produce very high forces.
Thus, the disinhibition effect may not have had an influence
because the force through the tendon was not high and so the
Golgi tendon organ may not have inhibited the muscle
activation even without a previous conditioning muscle action.
Research by Perrine et al., (1978) supports this concept, finding
that the effect of the disinhibition of the Golgi tendon organ
reflex is substantial at slow movement velocities and high force
but is not apparent during faster movements.

Based on the findings of this study it is concluded that post-
activation facilitation is not effective for enhancing performance
in ballistic muscle actions involving a load of 30% of 1RM.

Future rescarch should address the cffect that post-activation
facilitation may have on other functional movements. In
particular, the role of post-activation facilitation in high force,
stretch shortening cycle movements such as those involved in
resistance training and many manual work tasks needs to be
investigated.
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AN ITERATIVE SEGMENT LENGTH NORMALIZATION ROUTINE
FOR USE WITH LINKED SEGMENT MODELS
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INTRODUCTION

Linked segment models assume that segment lengths are
constant throughout movement. However, analysis
methods involving digitizing of recorded images
introduce error onto position-time data which results in
varying segment length. An iterative segment length
normalization routine was created which controls
segment length along with smoothing of position data.

REVIEW AND THEORY

The collection of position-time data for linked segments
by means of film or video recording and subsequent
digitizing has been used for two and three dimensional
analysis of a variety of human activities. This
measurement process introduces some amount of random
as well as systematic error into the positions determined
for each end point of the segments being analyzed.
Typically, the error introduced through the measurement
process is dealt with through digital filtering algorithms
which pass low frequency components of the signal
while attenuating high frequency components
containing most of the random measurement errors
(Wood, 1982). Filtering algorithms based on spline
functions, fourier analysis and the Butterworth filter
have all been shown to be effective at removing much of
the measurement error involved in digitizing film and
video (Hatze, 1981; Wood, 1982). However, these
algorithms deal only with the digitized positions as
independent points without regard to the segments
linking points in a model.

In an ideal linked segment model of a body, segments
can be thought of as rigid bodies of fixed length
connected to adjacent segments by simple hinge joints.
Defining a model solely in terms of segment end point
position-time data (as is conventionally done) ignores
additional information associated with segment length.
This additional information can be used in conjunction
with filtering routines to smooth position data while
constraining segment length to a nearly constant value
(Ariel et al., 1993). The purpose of this study was to
develop an algorithm to accomplish such segment
length control in conjunction with a Butterworth filter
for control of high frequency noise.

PROCEDURES

A three-segment compound pendulum was constructed for
purposes of exploring segment length constraints on
data smoothing. A planar swing pattern of the pendulum
was recorded on video and subsequently digitized (128
frames at 60 Hz frame rate). The raw data segment
lengths were found to vary by about 1 to 2% of the actual
segment lengths. From a smoothed angle-time history
of the pendulum, an ideal system position-time data set
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was created describing precisely the end points of each
segment with constant segment lengths. This ideal data
set was used as the reference motion for comparison of
subsequent analysis methodologies. In simulation of the
digitizing process, random noise was added to the ideal
data set (with magnitude of approximately £ 1% of
segment length). This noisy data set was subsequently
smoothed and length normalized and compared to the
ideal position-time data and segment lengths to assess
effectiveness of the methodology.

Length normalization was accomplished through an
iterative process which converged on a position-time
solution for segment end points while controlling the
segment's length. The normalization process involved
initial determination of a mean length for each segment.
Raw position data were smoothed with a Butterworth
filter (6 Hz cutoff) and segment angle-time data were
determined. Then, using each segment’s angle, mean
length and midpoint (from original position-time data),
end point coordinates were determined. End points
which were common between two segments had two
coordinate predictions made; mean of the two predictions
was used, thus slightly altering each segment’s length.
Succeeding iterations began with the previously
calculated end points determining the segmental
midpoints. From mean segment length and segment
angle, new end points were redetermined. With each
iteration, segment end points converged toward
positions such that each segment’s length was equal to
the mean length determined from the original data set.

After each iteration, the RMS error of each point was
determined (compared to the ideal data set positions) and
the variability of each segment length was determined
across the complete movement period.

RESULTS

The ideal data set used as the reference in this experiment
had constant segment lengths across time. The noisy
data set created from the ideal data had considerable
variability of segment length: SD of approximately 1%
of segment length. Simple digital filtering reduced this
length variability to 0.2 to 0.3% of segment length.
Further reduction of segment length variability was
observed with each iteration of the normalization
routine. After 10 iterations, the segment lengths had
converged to nearly constant values equal to the mean
segment length (SD of 0.004% of segment length). This
convergence is illustrated in Figure 1.

Accuracy of the segment end point positions was also
determined. The noisy data had positional errors of
about 1% of segment length. Filtering reduced these
positional errors to about 0.3 to 0.5% of segment
length. The length normalization routine, while
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Figure 1. Standard Deviation of segment length for raw
data (R), filtered data (F) and iterations 1 to 10.
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Figure 2. Root-mean-square error of point positions for
raw data (R), filtered data (F) and interations 1 to 10.

slightly adjusting the end point positions to achieve
nearly constant segment lengths, resulted in only
marginal improvements in positional accuracy (Figure
2).

The normalization routine made small corrections in
position from those determined by the Butterworth filter.
As an initial assessment of the effect of these small
positional changes on other kinematic variables,
acceleration-time curves were generated for each point
and direction for the ideal and the length normalized data.
Only relatively small differences in accelerations were
observed; a typical example is illustrated in Figure 3 for
a single point.

DISCUSSION

Digitizing recorded motion introduces random error onto
positional estimations. While filtering removes much
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Figure 3. Horizonal acceleration of point 4 comparing
the ideal acceleration (solid line) with the acceleration
obtained from length normalized data (open squares).

of this error, segment lengths determined from position
data are found to vary appreciably across movement
time. Normalization of segment length uses additional
information to “fine tune” position-time data from
filtering to minimize segment length variation. Some
previous normalization algorithms have been
implemented using spline functions (Jennings & Wood,
1987) and weighted averages (Ariel et al.,1993). The
approach suggested here is considerably simpler than the
spline function normalization and offers better control
of smoothing than the weighted average approach. In
addition, the iterative technique allows the user to
determine what is acceptable variability of segment
length for a given situation.

The simulation used for this experiment was two-
dimensional and involved perfectly constant segment
lengths. In actual human motion, the situation is
somewhat more complex. Segment lengths are known to
be slightly variable, however the variability due to
random and systematic errors in image digitizing are
probably of considerably larger magnitude (and
considerably larger than the noise introduced in this
simulation as well). In addition, out-of-plane motion
occurs which changes the projected lengths of segments
in two-dimensional analyses. Further extensions of the
segment length normalization routine developed here
should be generalized to the three-dimensional situation
and tested with kinematic data from human motion.
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INTRODUCTION
In-vivo lines of action for individual muscles in the
lower extremities, and concomitantly muscle lengths,
velocities and moment arms, can be measured by
filming the motion of external markers attached to
palpable boney landmarks on subjects during
locomotion. This requires a database of three-

dimensional (3D) muscle origins and insertions relative
to the palpable boney landmarks in order to extrapolate

muscle motion. Unfortunately, the number of skeletal

specimens used to accumulate existing databases of 3D

origin and insertion locations for the lower extremities
are relatively limited.

To this end, 3D locations of muscle attachments on the

pelvis, femur, tibia/fibula, and foot were accurately

digitized for 52 dried skeletal specimens from the Terry
Collection of the National Museum of Natural History,

Smithsonian Institution, Washington, DC. Thirteen
specimens each were selected within four gender/race
categories with representative stature. Normative 3D
databases developed from these landmark data

statistically extend currently available 3D databases by

an order of magnitude, include expected gender/racial
variation, and provide better effective lines-of-action
for muscles which wrap over boney structures.

REVIEW
Knowledge of muscle kinematics such as lines-of-
action, velocities and moment arms can be useful in
both the clinical analysis of human motion and in
computer aided assessment of surgical techniques
(Delp, et.al. 1990). Although muscle kinematics
can be extrapolated from surface landmark
measurements using a database of muscle origins
and insertions, existing 3D databases (White, et.al.
1989) have several limitations. First, the numbers
of specimens used to create these databases were
limited (pelvis N=9, femur N=9, tibia/fibula N=9,
foot N=2). Secondly, the databases do not account
for gender or racial variation in skeletal geometry.
Lastly, previous databases do not completely
represent muscle lines-of-action throughout a range
of joint motion as muscles may wrap over boney
structures rather than simply connect their origin
directly to their insertion along a straight line
(Kepple, et.al. 1994).

PROCEDURES
Three-dimensional muscle origin and insertion
landmark locations as well as selected muscle
connector landmarks were digitized from 52 dried
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skeletons in the Terry Collection of the National
Museum of Natural History, Smithsonian
Institution, Washington DC. Specimens were
selected for equal representation within four
gender/race categories (13 white males, 13 white
femnales, 13 black males, and 13 black females) with
stature spanning the 5th and 95th percentiles for
each gender.

Data were collected on seven anatomical segments
per skeleton (pelvis, two femurs, two tibias/fibulas,
and two feet) with varying number of landmarks per
segment as shown in Table 1. Distributed muscle
origins and insertions were approximated by
centroid locations. Three landmark locations that
could be palpated externally on living subjects were
also digitized for each segment.

Muscle lines-of-action connected origin and
insertion centroid locations. When a single line-of-
action was considered to be an insufficient
representation because of widely distributed origins
or insertions, the muscle was subdivided into two or
more muscle units. When a line-of-action would be
expected to wrap over a boney structure, connector
points were selected as effective intermediate
origins or insertions. A total of 43 lower extremity
muscles and 60 muscle units per side were included
in the database.

The locations of the muscle landmarks, the
connector landmarks and the palpable landmarks
were measured using a Bird three-dimensional
electromagnetic digitizer (Ascension Technologies,
Burlington, VT) with root-mean-square (RMS)
calibration precision of approximately 2 mm.
Affine scaling along three arbitrary axes (Sommer,
et. at. 1982) was used to accumulate normative
models and assess expected RMS landmark
variation for each anatomical segment. Data from
left and right segments were pooled. Procrustes
multivariate statistical methods (Goodall, 1991)
were then used to compare and statistically group
the normative models.

As an additional test, the grouped normative models
were regenerated excluding their second tallest and
second shortest specimens. These independent
specimens were then compared to the new modified
models as an independent assessment of the models’
predictive ability.



RESULTS
Procrustes comparisons were used to group the
normative models nominally with 0.01 significance
as shown in Table 1. The foot was characterized by
clear differences between the black and white
normative models but with insignificant gender
variation. Expected RMS variation in foot
landmarks is nominally 3.7 mm. Comparison of
normative models for pelves indicated clear gender
differences with additional variation between black
and white female pelves. Racial differences in the
female pelvis are corroborated by traditional
anthropometry (Krogman and Iscan, 1986).
Expected RMS variation in pelvis landmarks ranged
from 6.1 to 7.8 mm. There was insufficient
evidence to use more than one respective model for
the tibia/fibula and femur segments. Expected
RMS variation in tibia/fibula and femur landmarks
was 5.8 mm and 6.6 mm respectively.

The overall RMS variation associated with each
normative model resulted from comparing each
individual landmark, on each individual specimen,
to its homologue in the normative model.
Additionally, individual variance-covariance
matrices were accumulated for each landmark to
assess directionality and relative variation between
landmarks. The best results were obtained for the
smallest segment (foot), with RMS variations
tending to increase with segment size.

To test model performance, the second tallest and
second shortest specimens were excluded from new
modified normative models as independent
specimens. Using both right and left segments for
these independent specimens allowed 22
independent comparisons to respective normative
models (4 for the white foot, 4 for the black foot, 4
for the tibia/fibula, 4 for the femur, 2 for the male
pelvis, 2 for the white female pelvis, and 2 for the
black female pelvis). Procrustes comparisons of
these independent specimens to the modified
models produced almost identical RMS variations
as those obtained in generating the original
normative models, with most comparisons differing
by less than 1 mm from model RMS variations.
These 22 comparisons indicate that independent
specimens can be accurately mapped into the
normative models with accuracy levels similar to
that found in accumulating these databases.

DISCUSSION
With over 12,000 muscle origin and insertion
locations digitized from 52 dried skeletons, the
number of specimens used in this work represents
an improvement over previous databases by an
order of magnitude. These databases also account
for gender and racial differences, and allow for
more accurate representation of muscle lines-of-
action by extensive use of connector points to
account for muscle wrapping. These new
normative databases should greatly enhance the
ability to provide accurate estimates of muscle
kinematics from surface landmark measurements.
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SEGMENT LANDMARKS MODEL SPECIMENS BONES RMS
VARIATION

(mm)
Foot 13 All Whites 26 52 3.6
Foot 13 All Blacks 26 52 3.7
Tibia/Fibula 38 All 52 104 5.8
Femur 41 All 52 104 6.6
Pelvis 54 All Males 25 25 7.8
Pelvis 54 White Females 13 13 6.7
Pelvis 54 Black Females 13 13 6.1

Table 1. Grouping of normative models based on Procrustes comparisons at 0.01 significance.
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INTRODUCTION

A fully dynamic, three dimensional model of the lower extremity
was derived using Kane's method of dynamics. The model
includes 24 pertinent motions with respect to each leg and six
pertinent motions at the pelvis and predicts hip, knee, and ankle
joint interaction joint forces. These forces vary with respect to
soft-tissue boundary conditions and motion speed. During gait,
the interaction forces at the hip and knee joints were in the range
of 1.9 10 2.6 and 1.7 to0 2.3 times body weight, respectively. The
value derived at the hip joint compared favorably with
previously published telemetric studies. Interaction forces
obtained from the model were varied under abnormal conditions,
such as the removal of the cruciate ligaments. The implication is
that normal joint kinematics need to be re-established after total
joint replacement to optimize knee function. This model will
allow for parametric studies using total knee implants to assess
ultimate performance of a prosthetic system.

REVIEW AND THEORY

A mathematical model of the human lower extremity was
derived using Kane's method [1] of formulating dynamical
systems of equations. The author's proposed model is a fully
dynamic, three dimensional representation containing 24
pertinent motions with respect to each leg and six pertinent
motions at the pelvis. The objective of this work was to find
accurate temporal interaction forcing functions across the hip,
knee and ankle joints during various kinematic activities.
Attempts have been made in the past to theoretically model the
human lower limb [2,3,4], but they have unfortunately predicted
values that are extremely high in comparison to experimental
telemetric studies [5,6]. Davy, et. al. [5] writes, "Several
investigators have approached the redundant force-distribution
problem, using techniques that produce unique solutions by
optimizing mathematically defined criteria for performance ...
Hardt estimated peak contact forces of 5.7 times body weight for
one subject. Recently, Rohrle, et. al. reported predicted peak
forces of 4.1 10 6.9 times body weight ... Typically, the
experimentally measured forces about the hip joint are lower
than values that are predicted using analytical models.

The kinematics and the kinetics of the lower extremity were
derived such that the pelvis initially coincided with the inertial
reference frame. The pelvis, femur, tibia, patella and the foot
were each modeled as rigid bodies with respect to the previously
described reference frame in the sequence of rotations and then
transformed to the inertial reference frame. Cadavers were used
to identify muscle origin and insertion positions. Each muscle
was then modeled as a distributive load at the rigid body
attachment sites with respect to the corresponding interaction
joint center. Muscle forces were then derived by decoupling the
applied torques across the hip, knee and ankle joints.

The angular velocities, angular accelerations, velocities and
accelerations were derived for each rigid body with respect to the
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inertial reference frame. Partial angular velocities and velocities

of each respective body were derived for each generalized speed
and dot multiplied with the active and inertial forces to obtain the
equations of motion.

Twenty-four equations of motion were derived for each leg using
Kane's equation,

F,+F,. =0, r=1,..,n.

whereas F, and F,' are the generalized active and generalized
inertia forces, respectively. Equations for F, and F,” are given by,

N
Fr= 2 (A, B v 2%, 1%,

u=l

N
F, =L (A, B+ T

u=l
EXPERIMENTAL METHODS

Seventy-five patients with Total Knee Arthroplasty and five
people with normal knees were analyzed under kinematic
conditions using fluoroscopy. A fluoroscopy video of each
subject was filmed as they performed a prescribed kinematic
activity to maximum flexion. The video was then analyzed using
a still photograph from the video taken at 5 degree increments.
Successive photographs were transposed in sequence as shown
in Figure 1 to obtain femoral contact positions with respect to the
tibia and patella contact position with respect to the femur
patella relative to the tibia. The relative angle shown in Figure 1
ranges from O degrees to the maximum flexion, N degrees.

@ o

Figure 1. Flexion angle positions for analysis.



Two dimensional plots of these relative positions with respect to
flexion angle were derived, as well as the patella and patella
ligament relative rotations with respect to flexion angle.

Each two dimensional plot was then curve fitted to a R? > 0.99 so
that an equation could be derived for each position and angle as a
function of flexion angle. Each equation was then defined as a
specified motion in the mathematical model that evaluates each
respective relative motion with respect to flexion angle for the
entire cycle. The obtained relative positions are used as
boundary conditions at the knee for a mathematical model of the
human lower extremity.

RESULTS AND DISCUSSION

Initial validation of the model was done under static and quasi-
static conditions. Maximum hip joint interaction force during
gait was compared to values obtained using telemetry. The
telemetric studies [5,6] obtained maximum interaction force
magnitudes for a total hip arthroplasty (THA) in the range of 2.0
- 3.0 x body weight (BW). The maximum resultant interaction
force between the pelvis and the femur using the author's
proposed model was in the range of 1.9 to 2.6 x BW for a normal
hip and 1.7 to 2.3 x BW for a normal knee. A simulation was
attempted with an implanted hip which predicted values slightly
higher than those obtained for a normal hip. This simulation was
derived by altering the femur/pelvis contact position and the gait
data of the individual. Interaction forces at the hip, knee, patella
and ankle for a slow gait cycle are shown in Figure 2. Figure 3.
shows a caption of the computer program that is used to visually
display the motion of the theoretical leg. A color bar displays
lower extremity stress levels that change as the model replicates
motion. As the leg moves, interaction forces are shown on the
graph displayed on the lower portion of the screen. A bar
sweeps through the graph depicting the same position the
theoretical leg is at during the motion cycle. Other interaction
and soft tissue forces have also been derived under varying
conditions, but will not be published at this time. It is apparent
that the interaction forces derived by the author's proposed
model are less in magnitude than those previously reported. It is
proposed by the authors that the use of optimization techniques
may have contributed to the larger interaction force magnitudes
in the hip that were previously reported in the range of 4.5 - 6.0 x
BW during gait. The authors believe that the results derived
using the proposed model are accurate and are partially attributed
to the use of Kane's method of formulating dynamical systems of
equations.
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Figure 2. Interaction joint forces of the leg.
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Figure 3. Visual display of the leg model.

The proposed model seems 1o accurately predict interaction
forces in the normal human hip joint. This model should prove
beneficial for determining normal loading forces in lower
extremity joints and will be of great interest for investigating
abnomal circumstances such as limb deformities and
malalignment. The authors conclude that this model will be a
valuable asset in understanding other interaction and soft-tissue
forces in the lower extremity and will play a significant role in
design evaluation of orthopaedic impants.
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THE EFFECT OF QUADRICEPS LOAD ON LIGAMENT LENGTHS IN THE KNEE
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Section of Orthopaedics And Rehabilitation Medicine
Department of Surgery
The University of Chicago
Chicago, Illinois

ABSTRACT

The relationship between quadriceps loading
and length changes of the ligaments of the
human knee has not been reported. The
purpose of this cadaver study was to
investigate that relationship for the anterior and
posterior cruciate ligaments (ACL and PCL)
and for the medial and lateral collateral
ligaments (MCL and LCL) using a three-
dimensional digitizer. For quadriceps forces
ranging from low to physiological levels the
relationship between ligament length and
quadriceps force was found to be linear for
nearly all of the superficial fiber bundles
studied in these ligaments.

INTRODUCTION

Few studies have been performed to investigate
the length changes of the major ligaments of
the knee during extension by the quadriceps
(1,2,3,4). In those studies, relatively low
quadriceps forces were applied. Since no
studies have been performed to investigate the
effect of the magnitude of quadriceps load on
the length changes of the ligaments, it is
unknown whether the length changes generated
with low quadriceps forces are representative
of those occurring with physiological levels or
whether the length changes can be
extrapolated. Thus, the purpose of this study
was to determine the relationship between the
externally applied flexion moment in the knee
equilibrated by the quadriceps and the lengths
of the anterior and posterior cruciate ligaments
and the medial and lateral collateral ligaments.

METHODS

Twelve cadaveric knees from twelve different
donors with an average age of 47.6 years at the
time of death were obtained fresh at autopsy
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and tested. The experiments consisted of
applying four magnitudes of flexion moments,
based on 1/12, 1/6, 1/4, and 1/3 of values
reported in the literature for maximum
isometric moments, equilibrating the knee with
quadriceps forces at a particular flexion angle,
and measuring the position of the knee using a
three-dimensional digitizer. The loads were
applied and measurements taken at 15©
increments from 0 to 120° of knee flexion.
After the position data were collected the knee
was dissected to remove all soft tissues except
for the ACL, PCL, MCL, and LCL which were
left intact. Selected superficial bundles of
fibers were identified in the ACL, PCL, and
MCL. The bundles were located according to
the locations of their insertions into the tibia.
Six bundles were identified for the ACL, six
for the PCL, and three for the MCL. For the
ACL and PCL these locations corresponded to
the anterior (a), anteromedial (am),
anterolateral (al), posterior (p), posteromedial
(pm), and posterolateral (pl) aspects of the
their attachments to the tibia. For the MCL
these locations corresponded to the anterior,
central (c), and posterior most aspects of the
their attachments to the tibia. Tension was
applied to each fiber bundle using forceps in
order to identify the corresponding bundle's
points of insertion into the tibia and femur for
digitization. The centers of the LCL's
insertions were also digitized. Thus, the LCL
was represented by a single point-to-point
attachment. In addition, anatomical reference
points on the tibia and femur were identified
and digitized in order to construct tibial and
femoral coordinate systems. Ultimately, all
digitized data were transformed to he femoral
coordinate system for analysis.

The length of each bundle of fibers was



approximated as the straight line distance
(using the Pythagorean theorem in three
imensions) between the tibial and femoral
points of insertion. The distance was modelled
as a function of the applied external flexion
moment using linear regression analysis. The
method of least squares was used to determine
best fit. The linear equation was derived and
the correlation coefficient computed. Student's
t statistic was used to test the significance, at
the p < 0.05 level, of the differences of 1) the
slope, m, and 2) the constant, b, from zero in
the equation: distance = m(load) +b.

RESULTS

Quadriceps forces necessary for equilibrium of
the knee ranged from approximately 100 N at
full extension with the application of 1/12 of
maximum isometric flexion moments reported
in the literature to 1400 N at 900 of flexion for
the application of 1/3 of maximum isometric
flexion moments. Of the 144 equations
developed to describe the relationship between
distance and flexion moment for all of the fiber
bundles studied, only twelve had slopes which
were not significantly different from zero. For
example, at 300 of flexion of the knee the
slopes in the equations representing the
distances for the anterior and central fibers of
the MCL were not significantly different from
zero, while the slopes in the equations used to
model the rest of the distances were (Table 1).

DISCUSSION

The loads applied in this study ranged from
very low levels to approximately 75% of those
attained during stair climbing (5). Thus, for
the knee loading paradigm and large range of
quadriceps forces used in this study the results
demonstrate that the relationship between
ligament length and external flexion moment
can be modelled with a linear equation for
almost all of the fiber bundles studied between
full extension and 120° of flexion.
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Table 1. Linear regression analysis for 30° of knee
flexion.*
R2

Lig. (b)** p(m)*** b m
MCL-a 0.800 <0.001 0.106 8.055 0.048
MCL-c 0.800 <0.001 0.106 8.090 0.090
MCL-p 0.966 <0.001 0.017 7.940 0.156
LCL-c  0.982 <0.001 0.009 5.230 -0.432
PCL-pl 0997 <0.001 0.002 3.055 -0.516
PCL-p 0.985 <0.001 0.008 3.120 -0.384
PCL-pm 1.000 <0.001 0.000 2.370 -0.120
PCL-am 0.997 <0.001 0.002 2.605 -0.516
PCL-a 0999 <0.001 0.001 2.575 -0.672
PCL-al 0.999 <0.001 0.001 2.565 -0.672
ACL-am 0.991 <0.001 0.005 3.185 0.468
ACL-a 0998 <0.001 0.001 3.055 0.552
ACL-al 0998 <0.001 0.001 2.695 0.636
ACL-pl 0997 <0.001 0.002 2.175 0.516
ACL-p 0.997 <0.001 0.002 2425 0.408
ACL-pm 0.984 <0.001 0.008 2525 0.348
* ligament length = m(load) + b, where
ligament length was measured in cm and
load was a fraction of maximum isometric
moments.
ok p(b) is the p value for testing the
significance of the difference of the
constant, b, from zero.
el p(m) is the p value for testing the
significance of the difference of the slope,
m, from zero.
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INTRODUCTION

Prilutsky et al. (1992a) and Prilutsky (1993a) showed using a
theoretical analysis that two lower extremity models with different
sources of mechanical energy - (1) muscles and (2) joint moments
could have different mechanical energy expenditure (MEE) during
the same movement. Model 1 with muscle sources could spend less
mechanical energy than Model 2 with joint moment sources. This
economy of MEE provided by two-joint muscles of Model 1 was
possible if: (i) signs of the muscle powers produced by a two-joint
muscle at both joints were opposite; (ii) antagonistic muscles were
not active. In the present study, implementation of these two
conditions during human locomotion was checked experimentally.
Electrical activity of eight lower extremity muscles of ten subjects
was measured during treadmill walking and running. Moments and
powers at joints of the lower extremity of two subjects performing
walking and running were calculated using kinematics and ground
reaction force measurements, and an inverse dynamics approach. It
was shown that MEE of models with different sources of
mechanical energy appeared to be different during certain periods
of the swing phase. However, the magnitude of this difference was
probably relatively small.

REVIEW AND THEORY

Different approaches for estimating MEE of humans during
movements give different results (Cavagna et al., 1965; Fenn, 1930;
Pierrynowski et al., 1980; Prilutsky et al, 1992b; Williams et al.,
1983; Winter, 1983; Zatsiorsky et al., 1982), depending on the
assumptions about the sources of mechanical energy (term defined
by Aleshinsky, 1986) which make movement possible. A detailed
analysis of different approaches for determining MEE was made by
Aleshinsky (1986). He showed, in particular, that if sources of
mechanical energy producing human movement were assumed to
be moments and forces at joints, the best estimate of MEE would be
the summed mechanical work of net moments at joints. However,
humans move because of forces created by muscles, some of which
cross several joints. One can expect that mechanical work at a joint
may not coincide with the summed mechanical work of muscles
crossing this joint, even if antagonistic muscles around this joint are
not active. For example, consider a movement during which only
two muscle groups are active: the one-joint hip extensor muscles
and the rectus femoris muscle. The hip joint is extended as a result
of positive work done by the hip extensor muscles, and the two-
joint rectus femoris muscle contracts isometrically, i.e., its length
does not change. If there are no external constrictions, the knee
joint will be extended because of the action of the rectus femoris
and the one-joint hip extensor muscles. In this example, work done
by the knee joint moment is positive (this work is equal to the
product of the moment at the knee joint and the knee angular
displacement). However, the work of muscles crossing the knee
joint (defined as the product of force and change in the length of the
muscles) is zero, because only the rectus femoris is active and the
length of this muscle is constant.

To compare the mechanical energy expended by the models with
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different sources of mechanical energy during the same movement,
the difference in MEE between these two models was estimated
using theoretical analysis (Prilutsky et al., 1992a; Prilutsky, 1993a).
The model of the lower extremity with muscle sources of
mechanical energy (Model 1) consisted of 4 rigid segments (foot,
shank, thigh, and pelvis) interconnected by frictionless joints, and
eight muscles, three of which were two-joint muscles. It was
assumed that sources of mechanical energy of this model, muscle
forces, were not ‘intercompensated’ or ‘recuperative’ (Aleshinsky,
1986), that is, mechanical energy spent by a muscle cannot be
reduced by simultaneous absorption of energy by another muscle at
the same time, or by the same muscle during time. Model 2 had
different sources of mechanical energy: moments at joints. It was
assumed that these sources of mechanical energy were likewise not
‘intercompensated’ or ‘recuperative’ sources. For convenience of
comparison of MEE between the models, Model 2, without
muscles, was changed by ‘identical transformations’; that is, the
mechanical energy sources of Model 2 (joint moments) were
substituted for muscle forces of Model | in such a way that the total
MEE of the sources of Model 2 remained unchanged. Model 2
differed from Model 1 by the absence of two-joint muscles, which
had been substituted by pairs of one-joint muscles having the same
action at the corresponding joints. It can be shown that the above
transformation ensures the same moments at the joints and their
powers during the same movement of Models 1 and 2. On the other
hand, it is easy to show that the conducted transformation of Model
2 does not change its MEE if antagonistic muscles are not active.
The difference in MEE between Model | (W) and Model 2 (W;)
was estimated theoretically by Prilutsky et al. (1992a) and Prilutsky
(1993a). It was shown that the difference in MEE between joint
moments and muscles (W,-W,>0) was observed if signs of powers
produced by a two-joint muscle at both joints were opposite and
antagonistic muscles were not active.

The purpose of this experimental study was to check whether or not
there are phases in human locomotion where powers at adjacent
joints have opposite signs during which there is no activity of
antagonistic muscles.

PROCEDURES

Recording and analysis of muscle electrical activity. Ten healthy
males took part in the experiments. They walked and ran on a
treadmill operated at a speed of 1.82 m/s (6.5 km/h). Electrical
activity (EMG) of 8 muscles of the lower extremity (Fig. 1) was
recorded using surface bipolar silver electrodes 8 mm in diameter.
The recorded signals were amplified and fed into a computer at a
sampling frequency of 2083 Hz. for 2.8 s. The EMG was rectified
and integrated every 40 ms. Discrete integrated EMG (IEMG)
values were connected using an interpolation spline. IEMG values
for each percent of a single locomotion cycle were calculated from
the spline function. IEMG values of each muscle were normalized
with respect to the peak IEMG value of the corresponding muscle
in a given cycle of locomotion. For each percent of a cycle of
locomotion, IEMGs of each muscle were averaged over all cycles
and subjects available. A total of more than 20 cycles were



processed for both walking and running.

Registration of movement and inverse dynamics analysis. Two
subjects participated in the second series of experiments. They
walked and ran at constant speeds on a speciai wooden rostrum 40
m in length. In the middle of this rostrum, two force platforms were
embedded. The force platforms were used for recording three
components of the resultant vector of the ground reaction forces
and coordinates of its point of application. A bilateral
stereophotogrammetric filming was used for registration of
kinematics (for details see Prilutsky et al., 1992b; Zatsiorsky et al.,
1982). In all cases, reflective markers attached to the main joints of
the subjects’ body were flashed by stroboscopes operated at 100
Hz. Traces of the markers were exposed onto photoplates of four
photogrammetric cameras (UMK-10, Carl Zeiss Jena, Germany).
Coordinates of the body markers were digitized with a precision of
1 um using a stereocomparator ‘Stecometer’ (Carl Zeiss Jena).
Trials of walking and running at speeds of 1.82 m/s (6.5 km/h) and
1.57 m/s (5.6 km/h), respectively, were chosen for further analysis.
A 16-link, 3D model of the human musculoskeletal system and the
software HUMMOT (Prilutsky, 1993b) were used for computation
of moments and powers at joints of the lower extremity in a sagittal
plane. Input required for computing were the body marker
coordinates, the force platform data, and the subjects’ mass and
inertia characteristics derived from the regression equations
(Zatsiorsky et al., 1985).

RESULTS AND DISCUSSION

Fig. | show the mean and standard deviation of normalized IEMGs
of lower extremity muscles during a running cycle. Fig. 2 shows the
powers at joints of the lower extremity during a running cycle. The
results of this study showed that during walking and running, two
two-joint muscles -- the rectus femoris and the hamstrings -
appeared to be active without co-activation of antagonistic muscles
during the swing phase (Fig. 1). Powers at the knee and hip showed
that during the swing of the lower extremity there were phases
where signs of these powers were opposite (Fig. 2). These results
mean that these powers were produced by the rectus femoris and
hamstrings without antagonistic activity. For example, during phase
3 in running, the rectus femoris muscle produced negative power at
the knee and positive power at the hip. During phase 4, the
hamstrings produced positive power at the hip and negative power
at the knee (Fig. 1 and 2). Thus, it appears that during the swing
phase in walking and running, MEE of Model 1 having muscle
sources of mechanical energy may be less than that of Model 2
having joint moment sources of mechanical energy. The economy
of MEE by two-joint muscles may be estimated using formula (5)
from (Prilutsky et al., 1992a) and results from this study about
activity of the muscles during walking and running. If one assumes
that negative and positive powers at the knee and hip joints during
the swing phase (see for example, phases 3 and 4 in running, Figs 1
and 2) are produced by the rectus femoris or hamstrings muscles
exclusively, the economy of MEE that results from the action of
these muscles will be 7.8 J and 12.7 J during walking and running,
respectively. These values are less than 3% of MEE of the joint
moments of the 16-link, 3D model of a human body estimated for
the corresponding types of locomotion by Prilutsky et al. (1992b).

Thus, results of this study suggest that MEE of the models with
different sources of mechanical energy, the joint moments and
muscle forces, appears to be different during the swing phase of
locomotion. However, this difference is probably relatively small.
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Fig. 1. Normalized IEMG of eight muscles as a function of
normalized cycle time during running. Thick lines represent the
average values of ten subjects; thin lines represent the standard
deviation. The vertical lines separate the stance and swing phases.
TA is tibialis anterior muscle: SO is soleus muscle; GM is
gastrocnemius medialis muscle; VM and VL are vastus medialis
and vastus lateralis muscles, respectively; RF is rectus femoris
muscle; HA is hamstrings; GLM is gluteus maximus muscle. The
nominal speed of running was 1.82 m/s (6.5 km/h).
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AN APPROACH FOR A DETAILED ANALYTICAL MODEL
OF THE HUMAN LOWER EXTREMITY
DURING A DROP LANDING
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INTRODUCTION

A computer model of the human leg and foot was generated to
explore the kinematic and kinetic properties of the human leg and
foot during a drop landing. Experimental data from an actual drop
landing was used to produce the model. A goal is to develop this
modeling approach into a tool to investigate the effects of
mechanical and geometric characteristics of sports shoes on acute
injury such as an eversion-related injury to the lateral ligament
complex.

MUSCULOSKELETAL MODEL

'SKIN MODEL

Figure 1. Musculoskeletal Model with Skin Model Overlay.
REVIEW AND THEORY

Rearfoot stability during running and general sports activities is
related to foot anatomy and the kinematic changes that result from
footwear, Nigg (1986). To study the effects of changes in footwear
design varables, researchers have predominantly relied on
laboratory analysis. Simple analytical models, Stacoff et al. (1988),
Nigg (1986), Miller, et al. (1973), Jonsson (1987), have also been
used, however, researchers continually stress the need to develop
more detailed models to supplement and complement existing
laboratory methods, Stacoff et al. (1988), Clark et al. (1984),
Cavenaugh (1980), Cavenaugh (1990), Miller et al. (1973), Jonsson
(1987).

As early as 1960, researchers have recognized that the human
locomotor system can be characterized by a set of differential
equations, Miller (1973). This characterization can be expanded to
include a mechanical model of the shoe. Simple analytical models
have been useful in obtaining relationships between rearfoot
eversion and a changing moment arm due to varying midsole
geometry and cushioning properties, Stacoff et al., (1988), Nigg
(1986). Although a computer is used to find solutions to the set of
differential equations characterizing the dynamics of these models,
the set of equations themselves, were usually derived and
assembled by hand, limiting the detail and complexity of the
mechanical system described.

With the evolution of mechanical system simulation tools such as
ADAMS™ it is now convenient to generate a system of non-linear
(differential/algebraic) equations, representing a set of constrained
six degree-of-freedom parts by working on a computer graphics
analogy of the system. The system of equations are then assembled
into matrix form and solved through time, Chase (1984). The
simulation results are interrogated using computer animations and
data graphs. This relatively new generation of software simulation
tools removes the analyst from the complexity of the underlying
mathematics allowing the focus to shift to model behavior and
function.

Due to this increased convenience, the analytical models generated
using mechanical simulation tools, will be of a higher order of
sophistication and detail than of those used in the past for sport
shoe evaluation, and will include many more interacting kinematic
variables. For example, the model presented in this paper couples
pronation/supination with full eversion/abduction/dorsiflexion, not
Jjust calcaneal eversion, to study the effects of pronation/supination
on tibial rotation. In addition, the shoe model complete with
flexure and cushioning properties, is capable of capturing the
effects of a continuously varying moment arm during the jump
landing. This cushioning surface can also be used to model the
partial interaction between the shoe and obstacles, such as the
landing on another player’s foot. Through discretization, the foot
and shoe model will better adapt to the ground surface, with or
without obstacles, to provide increased kinematic accuracy of the
entire human locomotor system.

PROCEDURES

Data Collection

A barefoot male subject dropped onto a Kistler™ force plate by
releasing his grip from a "hang-bar." The drop height (distance
from subject’s toe to ground) was 14 cm. A Watsman™
optoelectronic 3-D motion analysis system was used to collect the
drop landing kinematic data for 2 seconds at 200 Hz. A
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Watscope™ system was used simultaneously to collect force plate
data at 600 Hz. Data collection was conducted on the subject’s
right lower extremity. Kinematic data were obtained using infrared
markers at boney locations. A four-segment experimental model
was assumed (Thigh, Shank, Rearfoot, and Forefoot) for data
collection. Three-dimensional joint motions for the Hip, Knee,
Ankle, and the "pseudo-joint” between Rearfoot and Forefoot were
calculated using data analysis software provided with the Watsmart
system. Data was collected for both a flat landing and a landing on
a 3 cm obstacle under the 1st metatarsal head.

Computer Model

To simulate the lower extremity response to the drop landing, three
types of computer models were constructed, a coarse model, a
detailed model and a skin model (see figure 1). The coarse model
was built with 4-parts to reflect the discretization employed during
data collection. The degrees-of-freedom, DOFs, in this kinematic
model would be driven with the experimental data produced by the
Watsmart  system. A detailed model of the complete
musculoskeletal lower extremity was developed using 26 parts and
a lumping scheme in the foot similar to Scott (1993). Mechanical
joints were used to connect all parts in model except for the
subtalar joint where a 3-D surface contact force was employed. A
skin model was developed to provide a contact force between the
musculoskeletal model and the environment (i.e., shoe, force plate,
etc.)

Simulations

A model overlay technique was employed to drive the 26 parts of
the detailed model with the 4 pans of the coarse model using the
experimental displacement data. Spring-dampers elements were
used to anchor the coarse model to the detailed model at the diode
locations used in the experiment. The spring and damping rates of
the connection elements were normalized to the specific accuracy
of the diode, to allow for the more accurate diode locations to
provide the dominant motion contributions. Viscous dampers were
applied to the rest of the model to prevent any motion in the free
DOFs during free-fall. The skin model was then overlayed over the
detailed model to provide for foot to floor interaction. Dynamic
simulations were performed with this overlay arrangement to record
the relative rotational and translational displacements at the joint
connections.

The coarse model was then stripped from the detailed model.
Muscle-ligament forces acting at the joints were described using a
controller element positioned at each DOF with the error function
being based on the difference between the recorded instantaneous
displacement from the previous simulation and the current
simulation displacement.  This controller would produce the
intemal muscular-ligament reactions necessary to guide the motion
at each DOF in order for the segments of the model to match the
segment motions in the experiment. Simulations were then
performed with this dynamic model. The gains of the controller
elements were iteratively adjusted using an optimization technique
to match model results to experimental results (segment motion and
extemnal reaction forces).

RESULTS

Model verification was performed by comparing the ground
reaction forces for model and experiment and the CP travel history.
Figure 2 displays the vertical ground reaction force comparison
between model and experiment. With the extemal reactions of the
model correlating with the experiment in conjunction with a
correlation of segment motion it is assumed that the intemal
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reactions or muscle forces and ligament loadings of the model will
also correlate to loads the experimental subject experienced.

DISCUSSION

Simulations using this method were performed for both flat landing
and obstacle landing cases. With the model validated for both
cases, the height of the obstacle is increased in the simulations to
cause an ankle eversion in the model. Stresses on the spring
elements representing the lateral ligament complex are monitored
to gage injury and rupture. With this acute injury producing
mechanism isolated, research is now focused on the development
of a sports shoe model to overlay onto the detailed model to
stabilize and reinforce the ankle.

PHASE 1 - Experiment/Simulation Correlation
Vertacle Ground Reaction Force :: Exp-ThicklLine, Sim- ThinLine
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Figure 2. Experiment and Model Vertical Ground Reaction Force.
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THE VOLUNTARY STRENGTH OF A HUMAN HAND MUSCLE CANNOT BE PREDICTED
BY ITS SIZE

G. H. Yue, D. A. Keen, and R. M. Enoka

Department of Biomedical Engineering, The Cleveland Clinic Foundation,
Cleveland, OH 44195-5254

INTRODUCTION

The capacity of skeletal muscle to exert
force is determined by four factors: the level
of activation (neural drive), the amount of
agonist-antagonist coactivation, the cross-
sectional area (CSA) of the muscle, and the
specific tension (force generated per unit of
CSA). If motivated humans are able to fully
activate a muscle without coactivation dur-
ing a maximal voluntary contraction (MVC),
the MVC force should be directly related to
its CSA, provided there is no change in spe-
cific tension. Furthermore, the increase in
force due to strength training should be di-
rectly related to an enlargement in muscle
size. To test these hypotheses, we examined
the association between the abduction force
exerted by the index finger during an MVC
and the size (CSA and volume) of the first
dorsal interosseus (FDI) muscle both before
and after a strength training program. We
found that the MVC force was poorly corre-
lated with muscle size.

METHODS

Nineteen healthy subjects were assigned to
an elderly group with an average age of 65
years or a young group with an average age
of 23 years. All subjects were right-hand
dominant and had no known neuromuscular
disorders. Each subject participated in a 12-
wk strength training program that involved a
concentric-eccentric exercise by the FDI
muscle of the left hand. The exercise was
performed against a load that tended to
adduct the index finger. The subjects per-
formed 3 training sessions each week with
each session comprising 6 sets of 10 repeti-
tions of the exercise. The index finger was
displaced through a 0.5-rad range of motion
for each performance of the exercise. The
training load was maintained at 80% of the
maximum load that could be lifted. Subjects
were instructed to increase the training load
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so that it remained difficult to complete all
10 repetitions in the final (6th) set.

Before and after the 12-wk training program,
the index finger abduction MVC was mea-
sured during an isometric contraction. The
MVC task consisted of a gradual 3-s in-
crease to maximal effort with the MVC
force maintained for 2-3 s before the subject
relaxed. Each subject performed the MVC
task 3-4 times with about a 60-s rest be-
tween trials.

The CSA and volume of the left-hand FDI
before and after the 12-wk training program
were measured with magnetic resonance
imaging (MRI). The imaging protocol con-
sisted of a volume gradient-echo pulse se-
quence (TR/TE = 50/7 ms; 60 degree flip
angle; 256 x 192 acquisition matrix; and 10
cm field of view). Sixty cross-sectional
slices (1.1 mm thick) were obtained in each
MRI session. The boundary of the muscle in
each slice was identified and the CSA of the
muscle determined. The volume of FDI was
calculated by summing the volume of each
slice. Repeat measurements of the CSA and
volume yielded a variability of less than 1%.

RESULTS

The correlations between the MVC force
and the maximal CSA were r2 = 0.12 (Fig
1A; before training) and r2 = 0.21 (Fig. 2A;
after training) while those between MVC
force and volume were r2 = 0.18 (Fig. 1B;
before training) and r2 = 0.13 (Fig. 2B; after
training). The correlations between the
training load and the CSA were 12 = 0.14
(Fig. 1C; before training) and r2 = 0.12 (Fig.
2C; after training) while those between
traning load and volume were r2 = 0.16 (Fig.
1D; before training) and r2 = 0.07 (Fig. 2D;
after training). Furthermore, after 12 wks
training, the isometric MVC force increased
37% for the young subjects and 42% for the



elderly subjects, and the training load in-
creased by 127% for the young and 148%
for the elderly subjects. However, the in-
creases in muscle CSA and volume were
only 9.1 and 7.8% for the young subjects
and 4.3 and 2.8% for the elderly subjects, re-
spectively. The correlation between the in-
creases in MVC force and muscle CSA was
r2 = (.08 (Fig. 3A) and between MVC force
and volume was r2 = (.19 (Fig. 3B). The
correlation between the increases in training
load and the CSA was r2 = 0.06 (Fig. 3C)
and for training load and the volume was r2
= (.09 (Fig. 3D).

DISCUSSION

These data suggest that the maximal volun-
tary strength of the FDI muscle does not de-
pend exclusively on the size of the muscle,
regardless of whether the task was novel
(pre-training data) or learned (post-training
data). The poor correlations were observed
with both measures of size (CSA and vol-
ume) and force (MVC force and training
load). The correlations obtained with the
before-training data indicate differences
between subjects in the extent of activation
(less than maximal) and in the amount of
coactivation. In addition, the after-training
data could have been influenced by changes
in specific tension. The similarity of the be-
fore- and after-training correlations is sur-
prising because training is known to influ-
ence the neural drive to muscle (Yue &
Cole, 1992), the amount of coactivation
(Carolan & Cafarelli, 1992), and specific
tension (Kandarian & Williams, 1993). We
conclude that the maximal voluntary force
of a hand muscle in healthy humans cannot
be predicted reliably by the size of the
muscle.
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Figure 1 - Before Training

-
= A B
;45 i o ° ] ) .
S 35 % § o S
w o ® e A o ° %
S5 ¢ e ° 1° 3% °
=2 ° °

15 r T LA | ) r T T T 1
— 71
= C L] D O Young | ®
= e Elderly
ko]
g 5 4 o 4 o
3 o o ° [
o 3 o % <) o & o
£ 1 o o ose h o o0 o ee
‘«© e o° e o °
= 1 Jl T T T T 1 -r T T T 1

100 150 200 250 300 35 4 6 8 10 12

FDI CSA (mm?)

FDI Volume (cm?)

Figure 2 - After Training

Z A ® L B o e b
8 60 4 o . o
<) o Q
w ) %o
O 40 - .O$ - ® o OO o
)
; o® % . o® ° o
20 - T -
16 - -
e | °
= ® Elderly
° ° ]
§ 12 4 o o .
°
o o
o ® o ] [e)
€ 8 1 ° 6 % ] ° o o
“:u oeg * ® o0 ¢
L | T T e T 1 -r T T T 1
100 200 300 400 4 6 8 10 12
FDI CSA (mm?) FDI Volume (cm?)
Figure 3
S 250 - .
E A B
2 200 ® 4 ®
; o o
o 150 o, ® o o4
0 B LA
3 100 - *"8 o 4 50 %
>
= 50 -r T T L T T 1
-;‘—;500 -
e °
c i o X
&2 400 - . .
° o
300 o b
§ %o © % o
200 4 o9 © . g*o °
g o @ Oeo
‘© 100 =r T T y T T T 1
= 140 80 100 120 140

80 100 120
FDI CSA (% initial)

FDI Volume (% initial)



BIOMECHANICAL DETERMINANTS OF HUMAN WRIST JOINT STRENGTH

S.D. SHOEMAKER, T.J. BURKHOLDER, G.J. LOREN, M.D. JACOBSON AND
R.L. LIEBER

Departments of Orthopaedics and AMES/Bioengineering
Biomedical Sciences Graduate Group
University of California and VA Medical Centers, San Diego, CA 92161 USA

INTRODUCTION

Strength is the most common clinical
parameter used to assess neuromuscular function. It is
therefore essential to understand the biomechanical
determinants of strength to prescribe rational therapeutic
methods for restoration of strength or function.

Maximal muscle force is determined primarily
by muscle architecture (Gans, 1982) but is also
influenced by sarcomere length (Gordon gt al. 1966)
and tendon compliance (Zajac, 1989). Moment arm can
vary with joint angle (Brand, 1985) resulting in a
system in which both muscle force and mechanical
advantage are changing as a joint rotates. Since these
components interact to produce the joint moment, it is
of interest to determine their interrelationships. Thus,
the purpose of this study was to measure muscle
architecture, tendon compliance and moment arm of
each of the five prime wrist torque generators (L¢., the
muscle-tendon-unit acting across a moment arm) to
model the human wrist torque-joint angle relationship.

METHODS

Maximum isometric tension of each wrist
muscle-tendon unit (MTU) was predicted based on its
physiological cross-sectional area. Architectural and
tendon properties of the prime wrist MTU's (extensors
carpi radialis brevis (ECRB) and longus (ECRL),
extensor carpi ulnaris (ECU), flexor carpi radials
(FCR), and flexor carpi ulnaris (FCU)) were determined
as previously reported (Lieber gt al. (1990). Maximum
muscle tetanic tension (Pg) was calculated via
multiplying PCSA on a specific tension of .25 MPa
(Powell gt al. 1974).

Tendon excursion was measured throughout
FE and RUD in pronated, neutral and supinated forearm
positions as described by An et al. (1983) and
differentiated with respect to joint angle to obtain
instantaneous moment arm. Moment arm data were fit
using stepwise polynomial regression and averaged over
the five different specimens.
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A geometrical muscle force model was then
developed after Zuurbier and Huijing (1990) which
related sarcomere length to joint angle accounting for
tendon elasticity. This scaled Pg over FE and RUD.
The resulting muscle force was multiplied by the
corresponding moment arm to yield isometric joint
torque throughout FE and RUD.

RESULTS

Moment arms magnitudes compared favorably
to reported values (Brand, 1985; Horii gt al. 1993).
However, contrary to previous reports, moment arms
varied substantially throughout the range of motion
(Fig. 1). Extensor moment arms peaked in 10-30° of
extension while flexor moment arms peaked at extreme
flexion. :

Maximum muscle force of the ECRB and
ECRL coincided with their maximal moment arm in
wrist extension (Fig. 1A), whereas maximum flexor
muscle force (observed in extreme extension) did not
coincide with flexor peak moment arm (observed in
extreme flexion).
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FIGURE 1: (A) Wrist extensor and (B) wrist flexors

moment arm, muscle force and torque profiles. Mean
SEM (n=5).

Sarcomeres within the extensors were predicted
to operate almost exclusively at lengths corresponding
to maximum tension (Fig. 2). Flexor sarcomeres had a
greater range of sarcomere lengths during FE,
shortening onto the steep ascending portion of the
sarcomere length tension curve. This resulted in greater
muscle force variation over FE for the flexors compared
to the extensors (Figs. 1 and 2).
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FIGURE 2: Sarcomere length changes for

flexion/extension of the wrist flexors (above) and

extensors (below) superimposed on the length-tension

diagram.

Torque profiles varied markedly with joint
angle. The shape of the extensor torque profiles were
dominated by the moment arm and showed less
dependence on muscle force. Tendon compliance had
very little influence on the extensor torque profile.

Flexor torque profiles varied less from flexion to
extension due to muscle force increases being attenuated
by decreasing moment arm. As a result, neither muscle
force nor moment arm dominated the flexor torque
profiles. Tendon compliance had a much greater effect
on the torque profiles of the flexors compared to the
extensors.

DISCUSSION

These data illustrate that wrist strength results
from interaction between muscle force, tendon
compliance and moment arm and does not simply
reflect either component alone. In addition, the relative
influence of muscle, joint and tendon properties of
wrist flexors and extensors differs considerably.

It may not be surprising that extensor muscle
force and moment arms peaks in extension, since this is
known to be the position of normal use. In contrast,
the flexor system appears to be designed to generate a
relatively high torque over a wide range of motion by
means of an angular disparity between peak muscle
force and moment arm.

These results have significant implications for
surgical tendon transfers. For example, it would be
nearly impossible to recreate a normal extension profile
with either flexor muscle because the relationship
between muscle and moment arm would be
dramatically altered. In this case, however, the high
force capacity of the FCU, more than twice that of the
ECRB or ECRL may compensate for the lost elegance
of design. A more thorough understanding of this
design may enable improved decision regarding donor
muscles and insertion positions of surgical tendon
transfers.
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VALIDATION OF A FINITE ELEMENT MODEL OF THE FUNCTIONALLY LOADED
ZYGOMATIC ARCH BY IN VIVO STRAIN GAGE DATA
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INTRODUCTION
Understanding the biomechanics of mastication may lead to
design improvements of dental implants, retardation of
alveolar bone loss, prevention of tooth loss, improved
fracture healing of facial bones, and support for form/function
assumptions in anthropologic and paleologic investigations.

In the study reported here, biomechanics of the zygomatic
arch during mastication was investigated in an adult female
macaque. Three 3-element rosette strain gages were applied to
the lateral aspect of the zygomatic arch, and strain was
recorded strain during functional activity (ie:chewing). A
finite element analysis of the zygomatic arch was modeled
and results of different boundary conditions compared to the
surface strains measured in vivo . The approximate
biomechanics of both the working-side and balancing-side
zygomatic arches during mastication mimicked a moment
applied anteriorly to a curved, built-in cantilever beam that
caused the arch to bend superolaterally, a loading condition
not anticipated based on results of previous in vivo
experimental work.

REVIEW AND THEORY
Many analytic models have attempted to describe the strain
distribution of the madible and zygomatic arch to improve our
understanding of mastication. One of the most powerful
experimental models has involved in vivo strain
measurements made from various craniofacial bones of
macaques during mastication (Hylander and Johnson, 1992).
Although the bone strains can be measured, description of the
resultant forces and moments are difficult due to the
complexity of the loading and boundary conditions of
muscles and food substance on the facial bones. Others have
used finite element methods to study the mandible during
mastication (Hart et al., 1992; Korioth et al., 1992). The
results of these mathematical models, however, are vulnerable
to speculation since loading and boundary conditions may
produce erroneous results that cannot be compared to actual in
vivo experimental measurements. Here, in vivo strain data
are combined with a finite element model to more rigorously
define the loading conditions of the zygomatic arch.

The strain analysis uses a technique derived from that
described by Gross et al. (1992) to describe the biomechanics
of the zygomatic arch of an adult female macaque during
mastication. The accuracy of various a priori loading and
boundary conditions will be checked by comparing the results
obtained from the FEM with those obtained from the in vivo
strain measurements, thus allowing approximation of the
biomechanics of the zygomatic arch. This can serve as a first
step in understanding the biomechanics of mastication in
humans with possible future application of similar techniques
to the mandible.

PROCEDURES
Under a general halothane anesthesia, three rosette strain
gages were fixed to the lateral aspect of the right zygomatic
arch of an adult female macaque (see figure 1). All
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experimental and surgical protocols were reviewed and
approved by the Duke University Laboratory Animal
Committee. One strain gage was located rostrally (or
anteriorly), one was located caudally (or posteriorly), and the
middle gage was located immediately rostral to the
zygomatico-temporal suture. Details of the recording
procedure are the same as described previously (Hylander et
al., 1992). The strain data was recorded for two mastication
series: chewing on the right side such that recorded strains
represented working side strains, and chewing on the left side
such that recorded strains represented balancing side strains.
A sequence of 16 and 17 chewing cycles for analysis of
working-side and balancing-side strains were averaged,
respectively, to give representative peak principal strain
values and the corresponding directions of those peak
principal strains.

Fifty-three high-resolution CT scans of the animal's head
were made at Imm intervals to define the morphology and
strain gage locations on the zygomatic arch. The finite-
element model of the zygomatic arch was constructed from the
CT images using a method similar to that described by Gross
(1993). The model contained 4462 nodes with 2880 eight-
node three-dimensional trilinear displacement bricks and
1440 six-node trilinear displacement triangular prisms.
Because the CT scan showed mineralized tissue in the area of
the zygomatico-temporal suture, the FEM model assumed this
suture as fixed. The zygomatic arch was assumed to be a
linearly elastic isotropic material with a Young's modulus of
100 MPa (for cancellous bone) and a Poisson's ratio of 0.32.

Over thirty different loading and boundary conditions were
initially used in the FEM model. For example, loads were
applied along axes representing pure axial compression and
tension, pure bending, pure torsion, and three and four point
bending as well as other simple loads. These loading
conditions were then combined in ratios ranging from 0.1 to
1.0 of the load originally used for the single load cases, and
FEM analysis was performed on these cases as well. The
loading regimen also approximated an assumed action of the
masseter muscle and temporalis fascia on the zygomatic arch.

Principal strains and directions were obtained for the three
nodes corresponding to the approximate location of the three
rosette strain gages. The results from the FEM for each
loading condition and combination of loads were normalized
to eliminate errors introduced by assumed load magnitudes and
material properties. These values were compared to the in
vivo results using functions that involved strain magnitudes
and directions.

RESULTS
Using strain parameters at the point in the chew cycle where
the peak principal tensile strain occurs on the working-side
zygomatic arch, the results of FEM single load cases were
compared with in vivo strain quantities using the scalar and
angle comparison functions described above. When two
loading conditions were combined in the FEM analysis in



varying proportions, 291 cases produced principal strain
results that more closely approximate the in vivo scalar
quantities than the best single load case. Values of the scalar
comparison function ranged from 0.44 to 2950 with a value
of 0 representing an exact comparison between in vivo and
FEM results. Values of the angle comparison function ranged
from 27 to 243, again with O representing and ideal case. The
combined load case which best approximates the in vivo
principal strain magnitudes and direction is a moment applied
anteriorly acting superolaterally at the anterior zygomatic
arch which is fixed posteriorly. Figure 2 shows the actual
principal tensile and compressive strains for the in vivo
experiment and the FEM model for this loading condition.
This case has a scalar comparison function value of 0.59 and
an angle comparison function value of 40. A moment applied
in the opposite direction had a better scalar function value of
0.44, but the angle comparison function value was much
worse at 214.

As on the working-side, the loading combination which best
approximates the in vivo functional loading condition on
the balancing-side is a moment applied anteriorly with the
posterior end fixed that bends the arch superolaterally
(slightly less laterally than superiorly, ratio of 0.8). The
direction correlated well with an angle comparison function
value of 24. This loading case, although it improved the
correlation more than any simple loading case, had a scalar
comparison function value of 0.99, reflecting the fact that
many loading combinations that had good scalar function
values with poor direction correlation.

The approximate biomechanics of both the working-side and
balancing-side zygomatic arches during mastication
mimicked a moment applied anteriorly to a curved. built-in
cantilever beam that causes the arch to bend superolaterally
(see figure). The finite element model was extremely
sensitive to small changes in loading and boundary
conditions.

DISCUSSION
By combining experimental and computational modeling, the
biomechanics of the zygomatic arch of a macaque during
mastication can be approximated. Knowing the principal
strain magnitude and direction at three sites along the surface
of the bone, the results calculated by the FEM were compared
to the in vivo results. and the loading conditions of the FEM
were systematically changed while the calculated principal
strains approximated in vivo results.

As a first order approximation, this study shows that a
bending moment applied anteriorly that deforms the
zygomatic arch superiorly and laterally accurately describes
the loading of the working-side and balancing-side zygomatic
arches of an adult female macaque during mastication. This
mimics a bending moment applied to the end of a curved,
built-in cantilever beam. Importantly, other loading
combinations also improved the corrclations between
mathematic and experimental results, but not as well as the
bending moment case. Clearly, the actual biomechanics of
the zygomatic arch may best reflected by a complex
combination of bending, axial loading, and torsion.

The FEM is a useful tool in describing bone biomechanics.
especially when we can validate the finite element model by
comparing with in vivo strain data obtained during functional
activity. Understanding the functional load environment of
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the zygomatic arch is a first step in describing the
biomechanics of mastication. Such a complementary
analytic/experimental methodology has great potential in
describing the biomechanics of other bones during functional
loading.

Figure 1: Placement of strain gages on lateral aspect of the
zygomatic arch of the macaque: a, anterior rosette; m, middle
rosette; p, posterior rosette. The large arrow shows the
direction of the moment applied to the zygomatic arch in the
FEM model which yields results that most closely resemble in
vivo strain measurements.
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Figure 2: Principal tensile and compressive strain values for
the in vivo experiment and the FEM predictions for the case
of a moment applied anteriorly causing the arch to bend
superolaterally. Values are in 106 strain. The strain
gradients from anterior rosette (left) to posterior rosette
(right) are remarkable similar.
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INTRODUCTION

In an attempt to evaluate the biomechanical ‘Empenies of the
tibia-rod composite in complex fractures of the tibia, a study of
the biomechanical behaviors of intramedullary rods implanted in
cadaveric tibias has been undertaken. The research consists of a
series of biomechanical testing procedures applied to cadaver
tibias artificially fractured to simulate comminuted long bone
fractures, and implanted with 12mm -section, slotted Biomet
tibial inlramcdul]‘;ry rods. The data ined from the series of
tests will be used toward the following objectives: 1) to develop
methods for simulated physiological loading of a potted cadaver
tibia, 2) to enhance the techmque of measunng fracture
fragment motion using specially designed displacement
transducers, 3) to characterize the bending and torsional
rigidities of the tibia-IM rod construct in comminuted fractures.

REVIEW AND THEORY

The intramedullary (IM) rod has proven 1o be a time-tested
method of fracture fixation for midshaft diaphyseal fractures of
the tibia, Weller et al. (1979); Hindley (1988); Gad et al. (1990);
Court-Brown et al. (1991); Klemm and Bomer (1986); Kessler et
al. (1986); Whittle et al. (1992). Introduced in the 1940’s by
Kuntscher, the IM rod provides correct axial alignment in shaft
fractures and good apposition of the fracture fragments, Loties
(1958). It provides semi-rigid fixation, and therefore minimal
stress shielding, it absorbs rotational and bending stresses, thus
allowing for early weight-bearing, and it has shown a reduced
incidence of infection in closed ubial shaft fractures versus
plating, Weller et al. (1979); Loutes (1958); Hindley (1988).

With the advent of the interlocking rod, the technique has been
applied to more complex fractures of the tibia. The broader
applications include fractures of the proximal and distal thirds of
the tibia, fractures which have varying levels of comminution,
and segmental fractures which are extremely unstable, Bone and
Johnson (1986); Hindley (1988); Court-Brown et al. (1991);
Klemm and Bomner (1986); Kessler et al. (1986); Donald and
Pope (1985); Whittle et al. (1992); Gleis et al. (1988). The
loading which a fractured tibia fixed with an IM rod encounters
during early weight-bearing (prior to bony union) is oftentimes
sufficient to produce elastic and plastic deformation of the rod or
transcortical screws, Martens et al. (1972). This distortion or
failure of the IM rod may in fact be responsible for many post
openative orthopaedic complications. m. the need for
investigations which eluci the behaviors of fracwred tibias
fixed with intramedullary rods is obvious.

Several studies have addressed the biomechanics of fracture

fixation techniques for the tibia. In a study performed by

Laurence et al. (1969), they simulated transverse midshaft

fractures in the cadaver tibias and fixed the fractures with

various fracture fixation plates or a Kuntshner IM rod. They then

Loaded the fixed tibias to determine the stiffness of the fixation
evice.

In a study by Minns et al. (1977), human cadaveric tibias were
antificially fractured, fixed with various fracure fixation plates,
loaded physiologically, and evaluated for regions of compressive
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and tensile stress. In order to test the fracture fixation plates in a
realistic manner, the intersegmental forces and moments at the
knee joint had to be applied to the tibias fixed with the fracture
plates. The axial force and the cross-sectional resultant forces
were applied to the cadaver tibias, and displacements were
measured with dial gages in the plane of the applied loads.

In 1988 Gleis et al. (1988), attempted to measure the A-P
dimlxouncm of distal fracture fragments fixed with G-K rods in
cadaver femurs. They applied a known load to an exposed
proximal end of a Gross-Kempf rod which was inserted distally in
the cadaveric femur. Displacements of the proximal end were
recorded and related to the number of distal screws and the
percentage of proximal bony cortex which remained.

Henley et al. (1993), performed a series of biomechanical studies
on cadaveric tibias to determine the effects of cortical contact in
tibial fractures fixed with IM rods. His group artificially
fractured the proximal tibia, rodded it with an AO intramedullary
rod, and applied an axial load of body weight, and arbitrary
torsional and varus/valgus bending moments using an MTS
machine and a pneumatic actuator. They recorded fracture
fragment deflections, and reported a significant increase in axial
fragment displacement and varus/valgus translation with loss of
cortical contact. However, they do not discuss the effects of
variable amounts of cortical contact, and its relation to
interfragmentary motion.

The orthopaedic literature is void of a thorough investigation of
the biomechanical properties of comminuted tibial shaft fractures
fixed with intramedullary rods. As an initial step in the
investigation of tibial rods, we have attempted to characterize
how the remaining cortex of a comminuted tibial shaft fracture
fixed with an intramedullary rod contributes to the overall stability
of the fracture-rod construct.

PROCEDURES

The experimental portion of this study involved six cadaveric
tibias implanted with 12mm -section, slotted Biomet tibial
rods. The tibias were potted 1n dental plaster on their proximal
and distal ends, then artificially fractured to simulate the Winquist
(1984) comminuted fracture classification. Four tibias were then
loaded experimentally with an appropriately applied single
eccentric axial force to simulate two bending moments occurring
at the 13th and 50th percentiles of the normal gait cycle. These
positions were chosen because maximum forces or bending
moments occur at these phases of the gait cycle, Bresler and
Frankel (1950), Engin (1978). The remaining two tibias were
loaded with a series of pure applied torques in the physiologic
range. These loadings were performed on the intact tibias and
after each fracture simulation.

Fracture fragment deflections were measured at the fracture site
with specially designed displacement transducers for the tibia
loaded with the axial force and corresponding bending moments.
The applied axial load and the displacements of the proximal
fracture fragment relative to the fixed distal fragment were
recorded digitally with a data acquisition system.

A series of known torques was applied, and the relative rotation



of the proximal fracture fragment was recorded with small angle
rotation transducers and digitized on the data acquisition system.
The load versus displacement and torque versus angle of rotation
diagrams were tamed. A representative “tibia-IM rod”
bending rigidity and “tibia-IM rod” torsional rigidity was
determined for each type of Winquist fracture patem. Here, the
term bending rigidity i used to indicate the ratio of eccentrically
applied axi load to the relative proximal fragment displacement
a1 the fracture site.

RESULTS AND DISCUSSION

Figures 1 and 2 demonstrate the relative bending rigidities in the
A/P and M/L planes of the simulated comminuted fractures in a
cadaveric tibia fixed with an IM rod. Figure 3 demonstrates the
relative torsional rigidity of the various comminuted fracture

ttemns in a cadaveric tibia implanted with an IM rod. In the
three figures, a filled square represents the intact tibia before
fracture. The open diamond represents a type-1 comminu
fracture in which less than 25% of the bony cortex has been
removed. The open circle represents a type- comminuted
fracture. In this pauem, greater than 50% of the cortex remains
intact. The type-III fracture, represented by the open square, is
rotationally unstable with less than fifty percent of the bony
cortex intact. In the type- IV comminuted fracture, no corti
stability exists. This fracture patiem is represented with the open
triangle.

In Figures 1 and 2, the intact tibia load-deflection curve
demonstrates bending deformation directly proponional to the
applied load. In the type-I fractures, there 1s very lite relative
motion between the proximal and distal fragments; therefore, this
construct appears very rigid. In the type-1I and type-1 fracure
pattems, the data are uch more difficult to interpret. For
example, in Figure 1 the type-1I fracture appears more stable
than the tyfe-m fracture. The relative bending rigidity in the AP
and M/L planes is probably dependent on not only corti

contact, but also on the loading configuration in each phase of the
gait cycle. When the fractures are at the type-IV severity, the
expected behavior of greater deflection Wi increasing loa
predominates. At this point, the cortex provides little if any

The results of the purely applied physiologic torque in
increasingly more unstable fractre pattems was more
predictable. The intact, type-1, and type-II fracture patterns
demonstrated similar behaviors in that the applied torque resulted
in small angles of rotation. The I fracture resulted in a
torsional rigidity that was about half that of the intact tibia, and the
severe type-IV fracture resulted in a torsional rigidity that was
almost one-tenth of the intact tibia value.

The results of this preliminary investigation are not sufficient to
draw concrete conclusions. However, some general trends were
observed. The goal of this research was 10 develop methods of
physiologic loading that are reproducible, and to accuratel
measure the fracture fragment deflections and rotations. 1hese
goals have been accomplished. More data from additional test
specimens are required in order to fully charac erize the

behaviors of the ubia-IM rod construct in comminuted fractures.
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FIGURE 1. Eccentrically Applied Loads versus Relative
Proximal Fragment Displacements in the Anterior / Posterior
Plane.
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FIGURE 2. Eccentrically Applied Loads versus Relative
Proximal Fragment Displacements in the Medial / Lateral Plane.
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INTRODUCTION

We designed the present study to compare the strength of flexor
tendon repair in the hand using dorsal side modified Kessler
suture (AMKS) versus volar side modified Kessler suture (vMKS)
using static loading. We also compared the relative strengths of
dorsal portions (dFDP) and volar portions (vVFDP) of flexor
digitorum tendon to evaluate structural differences of these
regions. The mean failure load of dMKS was 26.5% greater than
that of vMKS, and the mean strength of dFDP was 58.3% greater
than that of vFDP. We attribute the greater strength of dorsal
core suture placement technique to the effect of suture placement
on the tendon/suture construct.

REVIEW AND THEORY

Dorsally placed core sutures for flexor tendon repair have been
previously discouraged due to concern about interfering with the
vincular blood supply. However, as diffusion of synovial fluid
has been shown to have a primary role in flexor tendon

nutrition' %, these prohibitions may be unfounded. Dorsally
placed core sutures have recently been described as a superior
method of tendon repair compared to volarly placed core sutures
in a dynamic-cadaveric model’. The authors attributed these
results to decreased sheath friction and the biomechanics of the
pulley system. However, this improved performance may also be
due to suture placement and its effect on the strength of the
tendon/suture construct.

The purpose of this study was to test our hypothesis that since the
vincular vascular anatomy enters the tendon from the dorsal
aspect of the tendon, the dorsal tendon should be stronger than the
volar tendon; thus there would be biomechanical advantages to
dorsal as opposed to volar placement of the core suture.

PROCEDURE

1) Measurement of breaking loads of dMKS and vMKS: Twenty
FDP from fresh frozen cadaver hands were sutured with either of
two suture patterns with 4-0 Dermalon (monofilament nylon) for
the core suture and 6-0 Surgilene (monofilament polypropylene)
for the running epitendinous suture. In one group (10 specimens),
the core suture was placed in the dorsal portion of the tendon. In
the other (10 specimens), this suture was placed in the volar
portion of the tendon (Fig. 1). The specimens were mounted on a
servohydraulic material testing machine (MMED, Matenals
Technology Corporation, La Canada, CA) with specially designed
clamps. The distance between clamps was measured as the initial
specimen length. The tendons were immersed in physiological
saline at room temperature and distracted longitudinally at a rate
of 2 cm/min to failure. Tendon load and grip travel were
measured throughout the tests.

A }%\ B

dorsal dorsal
= (D
it

dMKS vMKS

Fig. 1: A shematic diagram of a modified Kessler suture.
The comer {0ops are retained. Only one strand of
suture Is used. with a single intratendinous knot (A).
Cross section of the tendon ends. Core suture locate at
dorsal sde In dMKS and volar side In VMKS (B).

2) Measurement of the strength of dorsal and volar side FDP:
Seven fresh frozen human cadaver FDP were removed from the
hands and cut longitudinally with a razor. Tendons were loaded
to failure as described above. After the testing, the volume of
each specimen was determined gravimetrically. The average
specimen cross-sectional area was determined by dividing the
specimen volume by the specimen length®. The strengths (MPa)
were calculated as the peak force divided by the tendon average
cross-sectional area.

An analysis of histological differences between dorsal and volar
side FDP was performed using an image analysis system (NIH
image 1.54) on a personal computer.

RESULTS

1) Difference between dMKS and vMKS: The mean failure load
of dMKS was 26.5% greater than that of vMKS (35.48+1.96 N
and 28.04+1.89 N, respectively; p<0.05, Table 1). However, the
stiffness of dMKS and vYMKS were 8.02+1.00 and 7.19+0.83,
respectively with no significant difference (p=0.531). During
tensile testing, we observed that the running suture failed prior to
the development of a small gap in the tendon repair.

2) Difference between dFDP and vFDP: The mean strength of
dFDP was 58.3% greater than that of vFDP (18.331+2.75 MPa and
11.58+1.17 MPa, respectively, p<0.05, Table 1). In contrast,
there was a tendency that the stiffness of dFDP was smaller than
that of vFDP (17.52+2.36 N/mm and 18.10+2.19 N/mm,
respectively), (Table 1, Fig. 2).

Table 1: The tensile properties (mean + SEM) of all specimens

Peak load Stiffness Strength
() ™) (N/mm) (MPa)
dMKS 10 35.48+1.96* 8.0211.00
vMKS 10 28.04+1.89 7.19+0.83
dFDP 7 61.88+5.02 17.52+2.36 18.3312.75*
vFDP 7 58.6846.51 18.10+2.19 11.58+1.17
*Significantly different b dMKS and vMKS: p<0.05 (t-test)

+Sigmfi ly different b

dFDP and vFDP: p<0.05 (t-test)
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Fig. 2: A typical stress-strain curves of dorsal (dFOP)
and volar (vF DP) part of flexor dighorum profundus
tendon.



Histologic analysis revealed that the connective tissue elements of
the vincular system were more prevalent in the dorsal side of
flexor tendon.

DISCUSSION

Our results demonstrate that dorsal side modified Kessler suture
sustained significantly higher load to failure than volar side
modified Kessler suture. Moreover, dorsal portions of flexor
digitorum profundus tendon had significantly greater strength than
volar portions of flexor digitorum profundus tendon.

Komanduri et al.? were the first to state that a dorsally placed
core suture is a superior method of tendon repair. The authors
attributed the results of their dynamic-cadaveric model to sheath
friction and the biomechanics of the tendon pulley system. They
concluded that the dorsal suture placement prevented gapping as
the tendon was deformed in a volar direction with digital flexion.
However they did not analyze the relative strength of the tendon
substance itself. Our data demonstrate that their results may well
be explained by regional variation in tendon strength, and of the
suture-tendon interface, between the dorsal tendon and the volar
tendon. Similar results have been reported in the shoulder.
Nakajima et al.” reported that the bursal-side of the supraspinatus
tendon were different histologically and biomechanically from
the joint-side. They suggested that biomechanical differences in
the supraspinatus tendon were due to the differences of tendon
fiber diameter and density.

Recent in vitro studies have shown that intermittently loaded
connective tissue cells are sensitive to changes in cellular shape
and hydrostatic pressures. Stretching and distortion of the cells
enhances the production of fibrous matrix while hydrostatic
pressure enhances the production of cartilaginous matrix®’.
Giori et al.® found that regions of cartilaginous matrix and fibrous
matrix formation and turnover correlate well with the gradient of
hydrostatic compressive stress and distortional strain when a
tendon is pulled over a pulley. These results support the existence
of tissue character differences between dorsal and volar side
flexor tendon.

We anticipate that quantitative investigations of the tendon tissue
with biochemical and histological analysis, e.g., collagen typing
and counting, may help to further elucidate the structure of the
FDP tendon in an effort to refine suture placement and repair
techniques.
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INTRODUCTION

Two common surgical techniques for stabilizing the lower
cervical spine involve the insertion of intervertebral bone grafts
and/or attachment of bone plates. A new method for stabilizing
and promoting fusion of the cervical spine involves the insertion
of one or two threaded, porous titanium cylinders [NEK interbody
implants] in the disc space following discectomy. These hollow
baskets are currently being used for lumbar spinal fusion as the

BAK™ interbody fusion systcm1

. The purpose of this study was
to evaluate the initial stability of cervical spinal segments
implanted with one or two NEK interbody implants, as compared

to interbody bone grafts.
REVIEW AND THEORY

The complex neuromuscular control of the human spine cannot be
attempted in vitro. However, several methods have been used to
produce motion of spinal segments during in vitro tests, including
the application of eccentric loads (which result in combined
moments and loads, e.g., flexion and compression), or the
application of "pure" bending moments. Three dimensional
intervertebral displacements during the applied loads/moments
have been measured using various stereophotogrammetric
tf:chniques.2’3 , or with the use of extensometers or LVDTs. In
this study we used a non-constraining flexibility mode of testing4
while recording continuous intervertebral rotations using small
electrolytic tilt sensors (during bending) and an image-analysis
system (during axial rotation). Only main rotations were
considered. Motion parameters such as the range of motion
(ROM), neutral zone (NZ) and elastic zone (EZ) were determined
from moment-angular displacement curves.

PROCEDURES

A total of five fresh frozen (-20° C) human cadaveric spine
segments (C3 to C7) were used (ages: 37 to 72). The specimens
were cleaned of soft tissues, leaving the discs and ligaments
intact, and mounted in fixture cups using a dental acrylic
(PMMA). The specimens were allowed to thaw to room
temperature before testing. Each construct was mounted in a
servo-controlled hydraulic test machine (Shore Western Materials
Testing System) in a test fixture which, through a set of cables
and pulleys attached to the superior fixture cup, allows for the
application of pure bending moments without constraining the
motion of the spinal construct. Testing was performed in load
control in increments of 0.5 Nm to a maximum of 1.5 Nm to
simulate flexion, extension, lateral bending (right and left), or
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axial rotation (right and left). The spines were pre-conditioned at
least three times before measurements were made. Each
increment of 0.5 Nm was held constant for 45 seconds to allow
for creep. Main motion (i.e., rotation) of three intervertebral
bodies with respect to a global reference frame was recorded
during the application of each moment. Rotations during flexion-
extension and lateral bending tests were measured using small
electrolytic tilt sensors (The Fredericks Company, Huntington
Valley, PA) attached to the posterior 