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MECHANICAL CONSIDERATIONS IN THE DESIGN OF SURGICAL
RECONSTRUCTIVE PROCEDURES

Jan Fridén
Department of Hand Surgery
Sahlgrenska University Hospital, Goteborg, Sweden

INTRODUCTION. Tendon transfers are commonly used to restore arm and hand function after
injury to the main motor nerves or after spinal cord injury. Traditional principles used to choose
the length at which the transferred muscle should be attached are relatively vague and have not
been thoroughly examined (1). Since surgeons use passive tension to indicate the “length” at
which a muscle should be attached during tendon transfer, misunderstanding of the sarcomere
length-passive tension relationship can result in severe overstretch of the muscle, and thus, poor
function. The focus of our studies was to measure muscle sarcomere length and passive tension
during tendon transfer surgery. It is hypothesized that a significant functional improvement will
be realized when muscles are reattached during tendon transfer procedures at the appropriate
length and tension. In addition, since many of these transfers involve spastic muscles and no
adequate animal model exists to study spasticity, preliminary length-tension data on spastic wrist
flexor muscles will be discussed. ‘

MATERIALS AND METHODS. A laser diffraction device that permits direct measurement of
sarcomere length in human muscles during surgery was developed (2,3). The use of this device
has enabled us to understand the normal function of human upper extremity muscles and to
provide specific recommendations regarding optimal surgical reattachment of muscle during
reconstructive surgery. The basic device consists of a low power laser beam that transilluminates
a small muscle fiber bundle. The striation pattern within the muscle results in a diffraction pattern
that can be measured with photodetectors.

RESULTS AND DISCUSSION. To date, we have published intraoperative sarcomere length data
from six studies involving 47 subjects. Thirty-five of these cases involved surgical tendon
transfers:

- Patients (n=5) undergoing tendon transfer of the flexor carpi ulnaris (FCU) to the
extensor digitorum communis (EDC) secondary to acute radial nerve palsy (4).

- Patients (n=5) undergoing tendon transfer of the FCU to the combined wrist extensors
(ECRB and ECRL) secondary to radial nerve palsy 6).

- Patients (n=22) undergoing tendon transfers about the wrist, primarily involving the
flexor carpi ulnaris (n=15), but also including the ECRL (n=4), and brachioradialis (n=3)
secondary to tetraplegia (7).

- Patients (n=3) undergoing tendon transfer of FCU to ECRB or EDC to correct for wrist
flexion contracture secondary to spasticity (8).

We have found that upper extremity muscles have operating ranges that vary between
synergists (5) and antagonists (9). In contrast to other in vivo studies of muscle function that
seem to indicate an architectural and biochemical optimization for power production (10,11) our
data suggest that upper extremity muscles are designed to provide optimal control of joint
position and stability. In the study of spastic muscles we found that spastic FCU muscles had



extremely long sarcomere lengths with the wrist fully flexed and the slope of the FCU sarcomere
length-joint angle relationship was essentially normal (8). This suggests that serial sarcomere
number (and therefore muscle fiber length) is unchanged in spite of the dramatic absolute
sarcomere length change.

In addition, we have demonstrated that it is possible to stretch muscles intraoperatively to
such lengths that they no longer have sufficient myofilament overlap to perform the desired
function (Fig. 1).
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However, the extent to which this problem can be measured and controlled
intraoperatively remains to be determined. In addition, the extent to which skeletal muscles will
adapt to such chronic length changes is not know but preliminary data suggest (12) that muscle
adaptation may not result in optimized function as has been assumed based on extrapolation of
studies in rodent muscle (13).
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Fluid Shear Stress as a Control Mechanism in Tissue Injury.
Geert W. Schmid-Schénbein, Shunichi Fukuda, Peter Marschel
Department of Bioengineering and
Whitaker Institute for Biomedical Engineering
University of California San Diego
La Jolla, California

In the majority of cardiovascular complications a key reaction is the
development of an 'inflammatory reaction'. In inflammation,
circulating leukocytes become activated and adhere to vascular
endothelium, they migrate into the tissue and participate in
parenchymal cell dysfunction, apoptosis and even necrosis. An
important requirement for inflammation is cell activation. Cell
activation can be detected in circulating leukocytes, platelets, and
under experimental conditions also in endothelial cells in form of
cytoskeletal mechanical parameters, a shift in membrane adhesion
molecules (e.g. selectins, integrins), degranulation of cytoplasmic
granules or production of reactive oxygen species. Among several
mechanisms that may lead to cell activation, increasing evidence
suggests that fluid mechanical shear may play a central role. Fluid
shear stress (of the order of 1 dyn/cmz) applied to freshly collected
leukocytes leads to rapid actin degranulation, pseudopod retraction
and down-regulation of membrane integrins. In contrast, reduction
of the fluid shear in the microcirculation leads in many leukocytes to
development of pseudopods, attachment to the endothelium,
spreading and migration across the endothelium. Thus application of
physiological fluid shear stress is a requirement to prevent early
forms of inflammation. Application of normal stress is less effective
in downregulation of leukocytes than fluid shear stress. Recently,
we also uncovered mechanisms that lead to abolishment of the fluid
shear response by depletion of the second messenger cGMP from the
cytoplasm and attachment via B, integrin. The mechanisms that
serve to enhance the fluid shear response and to block it are a key to
understanding trigger mechanisms that lead to cardiovascular
complications.

Supported by NIH Grants HL10881 and HL43026.
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Single Molecule Mechanics and the Myosin Family of Molecular Motors

James A. Spudich, Departments of Biochemistry and Developmental Biology, Stanford
University School of Medicine, Stanford, CA 94305.

General:

We use a multifaceted approach to unravel the mechanism by which molecular
motors transduce the chemical energy of ATP hydrolysis into mechanical motion. Work
in my laboratory has focused on the myosin family of molecular motors, enzymes that
generate the force and motions that underlie muscle contraction, cytokinesis in nonmuscle
cells, cell movement, and membrane translocations in cells. We have established both in
vitro motility assays and a cell system for functional and molecular genetic analyses of
myosin. Using the cellular slime mold Dictyostelium, we provided genetic proof that
myosin is required for cytokinesis of cells in suspension, changes in cell shape during
morphogenesis, and capping of cell surface receptors. We also designed and developed
in vitro assays for ATP-dependent movement of purified myosin on filaments
reconstituted from purified actin. This assay has been extended to the single molecule
level, using a dual beam laser trap microscope developed in collaboration with Steve
Chu. We are measuring directly the interaction of single myosin molecules with single
actin filaments, examining both conventional myosin (myosin-II), found in muscle and in
the contractile ring of dividing cells, and nonconventional myosins such as myosin-V (in
collaboration with Drs. Mark Mooseker, Richard Cheney, and Lee Sweeney), found in
nerve cells and other cells where membrane translocations are required.

Recent work:

It has long been hypothesized that the molecular motor myosin acts by binding to
actin and swinging its light-chain binding region through a large angle to provide a ~10-
nm step in motion coupled to changes in the nucleotide state at the active site. Direct
dynamic measurements to date, however, have largely failed to reveal changes of that
magnitude. We used a cysteine engineering approach to create a high resolution FRET-
based sensor that reports a very large ~70-degree nucleotide dependent angle change of
the light-chain binding region. The combination of steady-state and time-resolved (with
Zygmunt Gryczynski and Joseph Lakowicz, Univ Maryland) fluorescence resonance
energy transfer measurements unexpectedly reveals two distinct prestroke states, one of
which has not yet been detected in crystallographic studies. The measurements also show
that bound Mg.ADP.Pi, and not bound Mg.ATP, induces the myosin to adopt the
prestroke states.

It is thought that Switch II of myosin, kinesin and G-proteins plays a critical role
in relating the nucleotide state to the protein conformation. We examined S456L myosin-
11 from Dictyostelium, a mutant of the Switch II region, whose mechanical activity is
uncoupled from the chemical energy of ATP hydrolysis so that actin filament gliding
velocities are only one-tenth that of wild type. The mutant myosin exhibits an extended
strongly-bound state time and a shorter step size, which together account for the decrease
in in vitro velocity.

Myosin-V is a molecular motor from brain that moves processively along its actin
track. With Mark Mooseker (Yale) and Richard Cheney (Univ North Carolina), we
employed a feedback-enhanced optical trap to examine the stepping kinetics of this

1



movement. By analyzing the distribution of time periods separating discrete ~36-nm
mechanical steps, we characterized the number and duration of rate-limiting biochemical
transitions preceding each such step. Based on this, we propose a model for myosin-V
processivity involving a tightly coupled motor whose cycle time is limited by ADP
release. In collaboration with Lee Sweeney (Univ Pennsylvania), we are characterizing a
number of mutant forms of myosin-V, expressed in Baculovirus, as well as myosin-VI, a
fascinating motor that moves in the opposite direction along an actin filament from all the
other known myosins.

12
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Understanding Muscle Coordination of the Human leg with Dynamic Simulations

Felix E. Zajac'?

! Rehabilitation R&D Center, VA Palo Alto Health Care System, Palo Alto, CA USA
2 Mechanical Engineering and Functional Restoration Departments,
Stanford University, Stanford, CA, USA

E-mail: zajac@rrdmail.stanford.edu

INTRODUCTION

Movement of our body requires muscles to
coordinate force and power generation 5o
the body segments can accelerate or
decelerate, consonant with the task being
executed. It is with extreme pleasure, in
honor of Giovanni Borelli, considered to be
the father of modem biomechanics, to be
able to convey the work of my collaborators
and me. Specifically, how dynamic
simulations of human lower limb tasks have
assisted in elucidating muscle coordination
principles during standing posture, jumping,
seated pedaling, and walking.

METHODS

The generation of dynamic simulations
begins with a multi-step modeling process.
We use simple models, if appropriate;
otherwise more complex models, depending
on the specific question under study. Rigid
body segments are used to represent the
body mass distribution. Joints are modeled
as hinges or ball-and-sockets whenever
possible (e.g., ankle, hip; cf. knee). Joints
superior to the hip have been ignored (i.e.,
head-arms-trunk is one segment). Currently,
the dynamic equations of motion (EOM) of
the articulated body are generated by
commercial software.

Muscles are modeled with force-length-
velocity and activation (excitation-
contraction) dynamical properties with one

excitation signal (cf. EMG signal). Elasticity
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in-series with the muscle fibers is accounted
for by a “tendon” model. Musculotendon
paths are modeled by straight-line sequences
with intermediate via points to allow
wrapping over anatomical structures (to
emulate appropriate muscle moment arms).
In seated pedaling the feet are assumed to be
rigidly attached to the pedals and the hips
stationary. In the other tasks, the ground-
foot interface has undergone an evolution.
Currently, viscoelastic elements represent
this interface. To facilitate musculoskeletal
model development, a computer-graphics
user-interactive interface was created and
integrated with the EOM software.

Muscle excitations are found using
optimization algorithms. Either some task
performance criterion (e.g., maximum
height in jumping; maximum speed in
pedaling) or the replication of experimental
data is maximized (e.g., submaximal effort
pedaling; walking). Simulation data are
analyzed to find the contributions of
individual muscles to the acceleration and
power of the segments.

RESULTS AND DISCUSSION

In standing, FES feedback controllers were
designed to excite leg muscles to maintain
upright posture subject to extreme
perturbations, such as what might occur
during arm movements. Simulation analysis
of standing posture showed that hamstrings
and gastrocnemius muscle strength limit
postural mobility.



To jump high, we found that uniarticular
hip, knee, and ankle extensor muscles
produce the energy required, with most of it
delivered to the trunk. Biarticular muscles
(i.e., hamstrings, rectus femoris,
gastrocnemius) fine-tune the coordination.
Countermovement causes upwards
propulsion to be stronger because
decelerating downward body motion gives
muscles time so that high force is produced
from the outset of upward body motion.

In pedaling, power delivery to the crank
occurs, in large part, by muscle synergies. A
muscle synergy is defined as co-excited
muscles executing different body segmental
energetic functions so energy can be
delivered to the crank. A hip (and somewhat
a knee)/ankle extensor synergy during leg
extension and a hip (knee)/ankle flexor
synergy during leg flexion have been
identified. The uniarticular hip (and
somewhat the knee) muscles produce energy
but, because of their limited ability to
accelerate the crank, deliver energy to the
leg instead. The ankle muscles produce
relatively little energy but, by developing
high (isometric) force, transfer leg energy to
the crank by decelerating the leg and
accelerating the crank. Thus the hip and
knee uniarticular muscles work
synergistically with the ankle muscles to
provide crank propulsion. Hamstrings
produce energy and deliver it directly to the
crank near the limb extension-to-flexion
transition to diminish the ongoing crank
deceleration. Rectus femoris has a similar,
though less effective role at the opposite
transition. In backwards pedaling, the
transitions where these biarticular muscles
accelerate the crank reverse.

In walking, ankle plantar flexor muscles
have a prominent role in stance, but soleus
(SOL) and gastrocnemius (GAS) often have
different segmental energetic functions. In

16

the beginning of stance, both eccentric SOL
and GAS, while storing energy in their
tendons and hindering trunk forward
progression, provide trunk support. In
midstance, however, near isometric SOL
and GAS have different segmental energetic
functions. GAS transfers energy from the
trunk to the leg, and SOL the opposite,
enabling them to work in synergy to support
the body and maintain its forward
momentum. In late stance, though both SOL
and GAS are concentric, SOL delivers the
energy it produces and the energy stored in
its elastic structures to the trunk, whereas
GAS delivers its energy to the leg to assist
swing initiation.

In the very beginning of stance, the eccentric
quadriceps (vasti muscles particularly), not
only provide support of the trunk but also
forward progression of the trunk. More
energy is transferred from the leg to the
trunk by the quadriceps than dissipated by
their muscle fibers. Thus the role of
quadriceps as an accelerator of the trunk
seems to be comparable to its role as a brake

A ¢l Tae
O uiC 1CgE.

SUMMARY

Dynamic simulations provide invaluable
data to understand muscle coordination.
Dissection of the acceleration and power of
individual body segments into individual
muscle (and gravity and inertia)
contributions, made possible with
simulations, shows how muscles work
together to execute the specific motor task.
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DESIGN AND EVALUATION OF A CRYOGENIC PROBE TO INDUCE
OSTEONECROSIS IN A PRECISE LOCATION
Karen L. Reedl, Thomas D. Brown?', Michael G. Conzemius®
'Departments of Biomedical Engineering and Orthopaedic Surgery

University of Iowa, Iowa City, IA
*Veterinary Teaching Hospital

Iowa State University, Ames, IA
Email: karen-reed@uiowa.edu

INTRODUCTION

Approximately 25,000 new cases of femoral
head osteonecrosis (ON) present each year
in the U.S. To better understand the
pathology and improve treatment of this
disorder, animal models used by other
research groups have included dogs, horses,
goats, and rabbits. Recently, we
hypothesized that the emu (Dromaius
novaehollandiae), a large, bipedal, flightless
bird native to Australia, would be more
biomechanically similar to humans. Results
from a pilot series of 38 birds showed that
after ON is induced with liquid nitrogen
injection into the femoral head, lameness
ensues in 12-16 weeks, due to bony collapse
(Conzemius, 2000). However, pilot series
lesion size was too large, and was difficult
to control. To improve lesion localization in
this model, a C-arm fluoroscope is now
being used during the surgery for more
precise cryo-insult delivery. And, an
improved, closed-circulation liquid nitrogen
probe has been developed. A finite element
(FE) model and physical bench simulations
have proven helpful to further refine the
freeze protocol.

METHODS

A closed-circulation cryogenic probe
(Figure 1) was developed in tandem with an
FE model of the probe’s heat transfer
characteristics in cancellous bone. Primary

Gas Nf out Copper Heating Coll

considerations in the probe design were
appropriate size for the emu, no direct liquid
nitrogen/tissue contact, no freezing of non-
targeted tissue, durable, autoclavable. To
this end, the closed-circulation probe was
designed, built, and tested. Several key
features of this probe include its small-
diameter (3 mm), actively heated shaft, and
thermally isolated tip. The tip and shaft are
separated by a small layer of Ultem®
(polyetherimide) (GE Plastics, Pittsfield,
MA). This plastic has a very low thermal
conductivity (k=0.13 W/m*K) compared to
the shaft material (stainless steel, k=12.49
W/m*K). This prevents the tip from
becoming warm as a result of shaft heat
conduction.

A finite element model of this probe was
developed, using Patran 9.0 for pre-
processing (HKS, Pawtucket, RI), and
ABAQUS 5.8 for analysis (MSC, Los
Angeles, CA). More specifically, a probe
surrounded by an “infinite” field of a 1%
agarose-water gel (whose thermal
conductivity is similar to that of cancellous
bone) was constructed. Boundary
conditions for this model are fixed
temperatures on the probe tip and shaft, and
emu body-temperature (303 K) at distant
points. This model provides a 2D
longitudinal section of the temperature
fields, which were modeled before the

)
Ultem™ Insulator

Liquid

N2 In

Figure 1: Schematic of final cryogenic probe
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probe was built. The predicted temperature
fields were used in the probe design process.
The experimental probe testing setup
consisted of 5 type T thermocouples,
embedded in the agarose gel at locations
ranging from 0 mm to 12 mm from the
cryogenic probe (Figure 2). Data were
collected using LabVIEW (National
Instruments, Austin, TX).

Cr;og;:ic Plexiglass
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sl ams flxt{:re
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Figure 2: Schematic of bench testing set-up

RESULTS

Bench-top testing of the probe embedded in
agarose showed a tip temperature decreasing
exponentially to an average of -45 °C over
300 seconds, with shaft minimum of 0 °C
and a maximum of 30 °C. When boundary
conditions of the FE model were set to these
temperatures, a steady-state ice ball 26 mm
in diameter was formed after 385 seconds
(Figure 3). Steady state was defined as no
temperature change of greater than 0.02
degrees/second.

Due to unsteadiness in the nitrogen delivery
system, the bench-top probe had a slower
freezing rate than that of the FE model.
Several trials showed that an ice ball of 8
mm in diameter could be consistently
produced at just under 100 seconds, and a
diameter of 20 mm was reached at roughly
500 seconds (Figure 4). Visual observation
confirmed that the experimental ice ball was
nearly spherical in shape, and was situated at
the tip of the cryogenic probe.
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heating coil surrounding the
probe actively prevents tissue along the shaft
from freezing. Power input to the coil is
manually adjusted during probe operation, to
compensate for changes in nitrogen flow,
with the average input being 17 Watts
(17V, 1 A). Athermocouple is mounted at
the probe tip to actively monitor temperature
during surgery. The entire probe is coated in
an autoclavable epoxy to protect and
strengthen all components, and seal any
leaks.

SUMMARY

An actively heated cryogenic probe was
developed and evaluated for purposes of
inducing local osteonecrosis. Additionally,
a finite element model of the probe’s heat
transfer characteristics was developed to aid
1n probe design.
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A DATABASE OF LIVING-SUBJECT MOTION TO EXAMINE BOTH POSTERIOR
AND ANTERIOR DISLOCATION OF TOTAL HIP REPLACEMENTS

M.E. Nadzadi 2, D.R. Pedersen !, HL.J. Yack ®, 1.J. Callaghan "2, and T.D. Brown '
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INTRODUCTION

Dislocation in total hip arthroplasty remains
the second leading cause of implant failure,
with primary failure rates between 2 and
11%, and roughly double that rate for
revisions. Several maneuvers have been
identified as being responsible. Included in
this list are erectly seated leg crossing,
bending over in a chair to tie one’s shoes, or
rising out of a low seated position. Most
current thinking on dislocations has been
shaped by retrospective clinical reports,
although several laboratory models have
recently emerged to begin addressing direct
causality.

Although that research has led to a greater
understanding of dislocation mechanics,
such data are specific to just one maneuver.
It also is important to address anterior
dislocations (about 20% of cases). To this
end, we report the development of a motion
database for seven dislocation-prone
maneuvers, and we explore these motions in
terms of their leading to dislocation of a
THA finite element model.

METHODS

Ten (5 male, 5 female) THA-aged normal
(i.e., non-THA-implanted) subjects (49.7 +
4.97, range 44 to 59 y.o.) performing a
series of dislocation prone maneuvers were
monitored by an optoelectronic motion
tracking system and force plate recordings.
A total of seven maneuvers were repeatedly
recorded for each patient over several days,
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resulting in nearly 400 separate trials. Five
of these maneuvers are prone to posterior
dislocations (SSL, SSN, STOOP, TIE,
XLG)*, and two are for anterior dislocation-
prone maneuvers (PIVOT and ROLL). A
47-muscle kinetic model (Brand, 1982) was
used to estimate the physiologic joint load in
the pelvic reference frame, as a function of
hip clinical angles. Figure 1 represents a
typical data set as a function of the captured
motion frame number.
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Figure 1: Optoelectronically determined
Cardan angles, joint loading, and FEA-
computed resisting moment, for a PIVOT
maneuver.

A series of three-dimensional FE models of
a widely used titanium-backed total hip
implant system** were developed from
manufacturer IGES files, using Patran 8.5
pre-processing. Following an established
formulation (Scifert, 1998), a non-linear,
large displacement contact analysis was
performed with ABAQUS 5.8. The cup
backing and liner were modeled with 3920
continuum elements, while the proximal
third of the femoral component was modeled



with 4238 rigid-body Bezier surface
elements. The polyethylene liner was
characterized by a 4™-order constitutive
model relating von Mises stress to tangent
modulus (Cripton, 1993).

RESULTS AND DISCUSSION

We have recorded several cases of
impingement leading to a computed lever-
out dislocation event for each maneuver.
These results are of particular importance
for the two maneuvers that result in an
anterior dislocation. This is the first time (to
our knowledge) that an anterior dislocation
has been simulated experimentally or
computationally. This will allow additional
research in the area of optimal design and
placement to best avoid a dislocation.
Additionally, the present data represent the
first formal kinetically based study of
dislocations from other than primarily hip
flexion events such as leg crossing (Sahni,

1998).

In a few instances in our FE series, the
*ane-r'ﬂ hnad Sublnvar] nA Aielarntad

ANARISL G 10N Unalkd all\d— ULSLU\J“LUU
without an impingement/lever-out. This
“shear-out” of the head was due to a
combination of component orientation and
prescribed joint load magnitude and
direction, (Figure 2).

SUMMARY

Seven maneuvers of ADL have been
optoelectronically recorded for
computational studies of THA dislocation,
using THA-aged living subjects. Included
in this data set are two maneuvers that result
in an anterior dislocation. This opens the
way for a much richer picture of the
spectrum of dislocation challenges which
THA implants must meet. Specifically,
current empirical criteria for optimal
surgical placement of the acetabular
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component can be deterministically refined.
The revised criteria can then be applied in
conjunction with recent accuracy
improvements of surgical navigational
systems, to reduce clinical dislocation rates.
Additionally, a non-impingement/lever-out
mode of dislocation has been demonstrated.

RSt

Figure 2: (L) Close-up view illustrating
impingement-free subluxation, and (R) von
Mises stress pattern in the liner
(deformations NOT magnified).

* SSL = sit-to-stand from low chair;

2 i1 10V ALy &

~ ST T

sii-to-stand from normai chair; STOOP =
stand and reach for right foot with left hand;
TIE = bend over in a seated position to tie a
shoe; XLG = seated leg crossing; PIVOT =
pivoting to produce femoral extension and
exorotation; ROLL = rolling over while
lying on back

** Endurance femoral stem, 22mm modular
head, and Duraloc 22-52 acetabular shell,
DePuy, Inc.
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ABDUCTOR MUSCLE IMPAIRMENT AND RECOVERY MAY AFFECT BONE
LOSS AROUND HIP IMPLANT STEMS

Scott Hazelwood and Yoshihiko Mizumoto

Orthopaedic Research Laboratories, University of California Davis, Sacramento, CA 95817
e-mail: sjhazelwood@ucdavis.edu

INTRODUCTION

Abductor muscle strength reduction after total
hip arthroplasty may lead to functional
impairment, such as limping and reduced
walking speed (Murray et al., 1975; Vaz et
al., 1993), and also may contribute to bone
loss of the femur (Burr, 1997). Depending
on the surgical approach used (anterolateral,
direct lateral, posterior, etc.), as much as
50% of the abductor function may be lost
following the insertion of the implant (Vaz et
al., 1993). The recovery period for the
abductor muscles varies greatly and may last
up to two years after surgery (Horwitz et al.,
1993; Minns et al., 1993; Murray et al.,
1981). We used a bone remodeling
simulation to study the effects of the
reduction and recovery of the abductor
muscle force on femoral bone loss following
hip replacement surgery.

METHODS

An adaptation simulation based on bone
remodeling stimuli of damage and disuse was
used for this study (Hazelwood and Castillo,
2000). The mechanical stimulus for
remodeling was assumed to be proportional
to the product of the strain range (s) raised to
a power and the loading rate (R,) from n
different activities:

@ = nZS?RLi

i=1

Damage in the bone matrix was assumed to

accumulate at a rate proportional to ®. The
principal strain with the largest magnitude
was used as the strain quantity, s, for this
simulation. Disuse was assumed for values

of @ below an equilibrium mechanical
stimulus.
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The damage removal rate was calculated from
existing damage, basic multicellular unit
(BMU) activation frequency (f,), and the area
of bone removed by each BMU. A removal
specificity factor was included to spatially
associate removal with damage. Daily f,
values were calculated from the amount of
disuse, existing damage, and the surface area
available for remodeling. The number of
resorbing and refilling BMUs active each day
were calculated from the f, history over the
remodeling period: 25 days for resorption, 5
days for reversal, and 64 days for refilling.
Daily density changes were then calculated
from the net amount of bone removed or
added by each resorbing or refilling BMU,
respectively. A mechanism was included to
allow for less than complete refilling on
trabecular surfaces in disuse. Elastic
modulus—density relationships were
determined from empirical data for both
cortical and trabecular bone.

A two-dimensional finite element model
(linearly elastic, isotropic), consisting of
4216 4-node quadrilateral elements, was
created from a radiograph of a representative
femur. A bony side plate was added to the
model to account for the out-of-plane cortical
bone (Weinans et al., 1992). Three load
cases, each consisting of joint reaction and
abductor muscle forces, were used to
simulate the daily loading history for normal
activity (Carter et al., 1989): single-leg
stance was applied for 3000cpd while the
abduction and adduction load conditions were
each applied for 500cpd. The bone
adaptation algorithm was integrated into the
analysis through a UMAT subroutine and the
simulation was run using ABAQUS 5.8
(HKS, Pawtucket, RI) until the density
distribution achieved steady state.

The steady-state results of the femur model
were used as the pre-surgical condition. Hip
replacement surgery was simulated by adding



a conventional press-fit prosthesis and
reducing the abductor muscle force to 50% or
70% of normal. The abductor muscle
strength was allowed to recover to 100% in a
linear fashion over either 400 days or 800
days for each simulation, and bone loss was
analyzed after simulating remodeling of the
femur for 2000 days.

RESULTS AND DISCUSSION

A reduction in the initial abductor muscle
function to 50% of normal after hip
replacement surgery produced increases in
femoral bone loss in the seven Gruen zones
surrounding the implant stem (Table 1).
Increasing the recovery period of the
abductor muscles also produced increases in
predicted bone loss in the regions examined,
especially in the proximal/lateral region (P/L,
zone 1). In this region, bone loss during an
800 day recovery period increased by 19%
compared to a recovery period of 400 days
for a 50% reduction in initial muscle force.
Femoral bone loss was generally greater in
the proximal and medial regions than the
distal and lateral ones, and was found to be
largest in the proximal/medial zone (P/M,
zone 7). In this region, only slight affects in
femoral bone loss were observed following

1 1 £ +h
changes in the reduction and recovery of the

Table 1. Simulated Femoral Bone Loss (%)
in 7 Gruen Zones after 2000 Days for 50%,
70%, and 100% Abductor Muscle Function

400 day 800 day

recovery recovery
zone 100% 50% 70% 50% 70%
1(P/L) 33.1 382 351 453 384
2(M/L) 313 366 332 426 36.8
3MM)y 275 317 304 359 343
4% 3.7 6.1 65 7.1 7.6
5MOM) 337 391 373 432 41.1
6 (M/M) 384 432 392 488 433
7®M) 617 644 63.1 67.6 64.8

*zone 4 is distal to the implant stem

P/L=proximal/iateral, M/L=mid/ lateral,

D/L=distal/lateral, D/M=distal/medial,
=mid/ medial, P/M=proximal/medial
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SUMMARY

Many factors contribute to the bone loss of
the femur following hip replacement surgery:
bone quality, implant material and design,
patient weight and activity level, duration of
implantation, etc. In this study, it was found
that the reduction and recovery in the strength
of the abductor muscle force following hip
replacement surgery also affects bone loss
around implant stems. With several options
available to surgeons for exposing the hip
during surgery, these results imply that a
surgical approach which maintains most of
the abductor muscle function would not only
improve patient functionality, but also would
reduce the amount of femoral bone lost in the
period following implantation. In addition,
patients who undergo hip surgery usually
participate in a rehabilitation program that
emphasizes strengthening of the abductor
muscles. Our results suggest that if such a
program were designed to allow for the
quickest feasible recovery of the muscle
function, then subsequent bone loss
following surgery may be significantly
reduced.
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INTRODUCTION

Desmin is the primary intermediate filament
in the skeletal muscle cytoskeletal system.
Early experiments have established that
intermediate filaments provide transverse
and longitudinal linkages between Z-disks in
adjacent myofibrils (Wang and Ramirez-
Mitchell, 1983). In addition, desmin also
appears to connect sarcomeres to the
sarcolemmal membrane at the costameric
complexes, and the nucleus to the plasma

membrane (for review, see Capetanaki and
Milner, 1998).

Based on the prevalence of desmin
connections, it has been suggested that
desmin plays a role in radial and
longitudinal force transmission through the
fiber. Such a role, in addition to influencing
the passive and active mechanical properties
of a muscle, could have significant
implications in a mechanical signal
transduction pathway, from the inside to the
outside of a cell, or vice versa.

This study compared wild-type (+/+) and
desmin-null (des -/-) mouse extensor
digitorum longus (EDL) muscles to further
characterize structural and functional roles
of desmin under passive loading conditions.
A novel experimental system was designed
to image, in real-time, the positions of
representative proteins within a single
skinned fiber during stretch, while
simultaneously measuring force and
sarcomere length (SL). In addition, electron
microscopy (EM) was used to assess in
greater detail inter-myofibrillar interactions
at varying passive strains.
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METHODS

Membrane-sarcolemma interactions

Single skinned fibers from the 5 toe of +/+
and des -/- mouse EDL muscles were
dissected, and mounted in relaxing solution
between two rigid posts. One post was
attached to a force transducer (Aurora Sci.,
405-A), and the other to a rotational bearing
(Newport, MT-RS). Fiber/post position was
controlled using XY Z-translational stages.
The fiber was double-labeled fluorescently
for ct-actinin (a Z-disk protein) and talin (a
costameric protein). The apparatus was then
integrated into a laser scanning confocal
microscopy system (Zeiss, Axiovert 100M)
for imaging of the fiber during stretch.
Upon preconditioning, passive tension was
measured at varying fiber strains. Sarcomere
length was estimated using average regional
o-actinin periodicity. Cross-sectional area
was calculated using phase-contrast images
of the fiber, and used to calculate stress.
Stiffness/modulus and the periodicities of
the talin label and c-actinin label (adjacent
to the membrane) were compared between
+/+ and des -/- fibers. Differences between
genotypes in Z-disk curvature due to strain
were also assessed.

Moyaofibril-myofibril interactions

+/+ and des -/- EDL 5" toe muscles were
fixed for EM at varying muscle strains.
Images of randomly sampled deep and
superficial regions (5 each) from each
muscle were digitized. SL (5 SL per image)
and average longitudinal displacement
between adjacent Z-disks (all Z-disks per
image) were obtained.



RESULTS AND DISCUSSION
Membrane-sarcolemma interactions

Sample images and periodicity analysis of
one wild-type fiber at slack length and
~100% stretch are given in Figure 1. It is
observed that costameres and Z-disks
adjacent to the membrane were coupled
even at high strains. A phase shift and/or

differences in the periodicities of talin and

o-actinin labels are expected in the des -/- at
high strains. Differences in periodicity were
detected to a resolution of 100 nm.

Profile

0 12 14 16 18 20 22
Distzncs urm)

Figure 1: Sample images/profiles in a wild-
type fiber of in-phase talin (ved/Chi1-T1) and
a-actinin (green/Ch2-T2) periodicities at

slack SL (top) and >100% stretch (bottom).
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Passive tension in single mouse fibers

Wild-type fibers display typical viscoelastic
properties such as stress-relaxation and
hysteresis. Fibers were consistently
stretched by more than 100% before
fracture. It is expected that due to increased
“sliding” of myofibrils with respect to each
other (Figure 2) and the membrane, des -/
fibers may reflect greater compliance.

Mpyofibril-myofibril interactions

Longitudinal displacement of Z-disks vs.
sarcomere length is plotted in Figure 2.
While adjacent +/+ Z-disks remain coupled
at high strains, dramatic separations are
observed between adjacent des -/~ Z-disks.
Decoupling in the absence of a significant
intermediate filament system could lead to
the expected differences in passive
mechanical properties between wild-type
and desmin-nuil muscle fibers.
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Figure 2: Longitudinal displacement of
adjacent Z-disks vs. Sarcomere length
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THE POTENT OSTEOGENIC POTENTIAL OF REST-INSERTED LOADING: ROLE
OF FLUID FLOW AS AN UNDERLYING MODALITY

Sundar Srinivasan and Ted S. Gross, Orthopaedics and Sports Medicine, University of
Washington, Seattle, WA, USA, E-mail: sundars@u.washington.edu

INTRODUCTION: Bone response to
repetitive mechanical stimuli is rapidly
saturated (Rubin and Lanyon 1984). To
investigate response saturation, in part, we
developed an analytical model of canalicular
fluid flow in bone (Srinivasan and Gross
2000). We found that fluid flow and related
stimulation of bone cells is markedly
reduced (nearly 50%; due to viscous inertial
effects) beyond the first load cycle of a
repetitive loading regimen (Fig 1). If this
occurred in vivo, the percentage of bone
surface (and therefore the percentage of
bone cells) exposed to stimuli above
threshold levels (for bone cell activation)
could be dramatically reduced. We propose
that insertion of rest between load cycles
could overcome inertial effects, reproduce
the maximal fluid flows during each and
every load cycle and thereby enhance bone
cell activation. Here, we indirectly test this
proposal by examining the ability of rest
inserted loading to enhance bone modeling
response in two in vivo models.

METHODS: Surgical Avian Ulna Model:
The left ulnae of a group of adult male
turkeys (n=4, 1.5 Yrs) underwent a 1-Hz,
800 e peak strain, 100 cycle/d, 1-wk
loading protocol wherein bending loads
were applied to the left ulna via transcortical
pins (‘repetitive’). The second group (n=4)
was different only in that a 10-s rest (or
unloaded) interval was inserted between
each of 100 load cycles (‘rest-inserted’).
Mid-diaphyseal osteoblastic activation was
assessed via Calcein (day 5) incorporation
and peak strains estimated via beam theory.
Non-Invasive Murine Tibia Model: The
right tibia of three groups of adolescent
female C57BL/6J mice were subject to
mechanical loading utilizing the noninvasive
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Fig 1: Fluid flows around mid-diaphyseal
cortex are maximal during the first load
cycle (1) with markedly reduced profiles
during subsequent cycles (2-10). Inset
illustrates the numbering scheme with
neutral axis and sites of peak flow noted.

murine tibia loading device (Gross et al. In
Review). The first group (n=7) underwent a
1-Hz, 0.25 N, 100 cycles/d, 1-wk loading
protocol followed by three weeks of normal
cage activity (‘low-mag’). The second
group (n=6) underwent an identical protocol
but at double the loading magnitude (0.5 N;
‘high-mag’). The last group (n=7)
underwent a similar protocol as the ‘low-
mag’ group but: 1) the tibia was loaded for
only 10 cycles/d, and 2) a 10-s rest interval
was inserted between each of the 10 load
cycles (‘rest-inserted’). Mid-diaphyseal
bone formation was determined via Calcein
labels (days 5, 26) and peak strains
estimated via FE and beam theory estimates.

RESULTS: Surgical Avian Ulna Model:
Peak strains induced in the repetitive and
rest-inserted groups were not significantly
different (820 = 50 pe, 830 £ 60 L,
p=0.40). While low-magnitude repetitive
loading did not induce periosteal
osteoblastic activation significantly different
from control (3.8 +1.5% vs 1.6 £1.1%, p=
0.14), rest-inserted loading enhanced




osteoblastic activation 10-fold versus
controls (21.9 = 4.5%) and 6-fold versus the
repetitive loading group (p < 0.01; Fig 2).
Non-Invasive Murine Tibia Model: While
peak strains induced at the tibia mid-
diaphysis in the low-mag and rest-inserted
groups were not significantly different (643
5, 648 *+ 32 ug; p=0.44), strains induced in
the high-mag group were significantly
increased (1332 + 50 pe, p< 0.0001). Low-

magnitude loading did not increase bone

formation rate (BFR) vs control bones (0.04
+0.04 vs 0.08 % 0.02 pm*/um*/d, p = 0.22).
In contrast, the high-magnitude (0.3 * 0.1
um’/umz/d, p <0.01) and rest-inserted
loading (0.37 £ 0.1 um*/um?d, p < 0.001)
significantly increased BFR (Fig 3).

DISCUSSION: Data in two in vivo models
demonstrate that insertion of' a 10-s rest
between load cycles, per se, dramatically
enhances osteoblastic activation and bone
formation. These results are surprising
considering that the peak strains induced by
comparative repetitive and rest-inserted
protocols were identical (in both the avian
ulna and murine tibia). Of note however, for
a given magnitude of bone tissue strains, the
induced fluid flows could be markedly
diminished (by 50%) beyond the first cycle
of repetitive loading. In contrast, insertion
of a 10-s rest between load cycles could
overcome inertial effects, maximize fluid
flows and stimulate cells over a greater
percentage of the bone surface. The
enhanced activation of bone surface in the
avian ulna via simple insertion of rest
between load cycles supports this
possibility. Specific to the murine tibia
model, the ‘high-mag’ loading induces
strains double those in the ‘rest-inserted’
group. Doubling strain magnitudes (‘high-
mag’) increases fluid flow related
stimulation of bone cells; nevertheless, the
repetitive nature of the waveform diminishes
fluid flows by one-half beyond the first load
cycle. In effect, flow magnitudes induced
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Fig 2: While periosteal activation
induced by repetitive loading was not
different from controls, insertion of a 10-
s rest between load cycles significantly
(*) enhanced osteoblastic activity.
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Fig 3: Low-magnitude loading does not
alter BFR compared to control. In

contrast, both high-magnitude and rest-

*
inserted loading significantly (*)

increased BFR by greater than 3- and 4-
fold, respectively, versus controls.

o

during cycles 2-100 of the ‘high-mag’
protocol could be similar to flow magnitudes
induced during all 100 cycles of rest-
inserted loading. The equivalent bone
formation induced in the murine tibia by
both the ‘rest-inserted’ and ‘high-mag’
protocols additionally suggests that the
osteogenic benefit of rest inserted loading
arises via the modality of increased fluid
flow related stimulation of bone.
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CHANGES IN MUSCLE MECHANICAL ADVANTAGE OF HUMAN RUNNERS
DURING SPRINT ACCELERATION
Gwyneth Card, Peter G. Weyand and Andrew A. Biewener

Concord Field Station, Harvard University, Bedford MA USA
E-mail: card@fas harvard.edu

INTRODUCTION

Previous studies of muscle mechanical
advantage relative to ground reaction force
(Ggr) mechanical advantage, defined as the
ratio: R/r = [Fu/ fGrr or ‘EMA’ (Fig. 1),
have shown that EMA decreases (i.e. mass-
specific muscle force decreases) with
increasing size when compared broadly
across different sized mammalian runners
(mouse to horse; Biewener, 1989), that
EMA remains constant across steady speeds
within a gait, and that differences in EMA
between avian bipeds and mammalian
quadrupeds of similar size helps to explain
their metabolic cost for generating muscle
force to support body weight (Roberts et al.,
1998).

In this study we examine how muscle
mechanical advantage varies during sprint
acceleration in human runners, testing the
hypothesis that shifts in limb posture during
progressive steps of a sprint are matched to
changes in the direction of Ggr during limb

_R, _
EMA =R/, = Fie

Figure 1
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support to maintain a constant limb
mechanical advantage at the hip, knee and
ankle joints overall.

METHODS

Nine runners (5 male/4 female) sprinted
from a four-point start (with > 90% of body
weight supported over the primary
propulsive limb) beginning on a Kistler
9203 force platform and preceding the
platform at specific distances to record the
fore-aft and vertical ground reaction forces
for steps 1, 3, 5, and steady speed (> step
13) of maximal sprints over the force
platform. A MacReflex (Qualysis) infrared
camera was used to record joint positions of
the lower limb and trunk at 60 Hz. Joint
coordinate data were smoothed using a four-
order digital Butterworth filter (17 Hz 3db
cut-off) and referenced to the platform and
the location of Grr application in order to
calculate the external moments acting at the
hip, knee and ankle joints. All signal
processing and computations were
performed in Matlab. EMA was defined as
fF/ JGrr measured over the entire period of
ground contact. By focusing on how muscle
forces are influenced by limb posture and
Grr, EMA ignores inertial and gravitational
moments, which are likely important at the
hip and knee.

RESULTS AND DISCUSSION

A significant decline in EMA were observed
at the hip for step 1 (p<0.001) and step 3
(p<0.005) compared with step 5 and steady
speed (Fig. 2A). No significant change in



EMA however was observed at the knee and
ankle joints during different steps of a sprint
(Fig. 2B&C). When summed for all three
joints, a significant decline (p <0.001) in
whole limb EMA (Fig. 2D) was only
observed from step 1 to step 3; remaining
constant from step 3 to steady speed
running.

Consequently, these results partially support
our hypothesis that shifts in limb posture
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Figure 2. Changes in effective muscle
mechanical advantage (EMA = fF,,/ [Ggr) of
major lower extremity muscle extensor
groups as a function of step number during
sprinting trials. Whole limb EMA
represents the average of the hip, knee and
ankle values.
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during a sprint help to maintain consistent
muscle force generating requirements at
different limb joints as an individual
accelerates during a sprint. However, the
decline in limb EMA observed from step 1
to 3 results from the decline in hip extensor
EMA. This likely reflects the ‘crouched’
posture that the runners adopted when
beginning a sprint, which greatly increases
ihe hip flexor moment during steps 1 and 3.

The increase in hip flexor moment reflects
the large horizontal component of Ggrr (net
horizontal impulse = 0.60 vertical impulse at
step 1 and 0.32 vertical impulse at step 3)
and large amount of positive mechanical
work (Cavagna et al. 1971) that occurs as a
runner accelerates early in a sprint.. The
large hip extensor force contributes to
increased mechanical power developed at
the hip, which is likely transmitted to more
distal limb joints in a temporally coordinated
manner (Jacobs et al. 1992), in order to
facilitate more rapid acceleration of a
sprinter.
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INTRODUCTION

Recent studies have attempted estimation of
moment arm (the distance between joint
center of rotation and muscle line of action)
for in vivo human muscles, by two-dimen-
sional morphometrics using X-ray or MRI
(Marshall et al. 1990; Rugg et al. 1990) and
tendon travels using ultrasound (Ito et al.
2000; Maganaris et al. 2000). The latter
method overcomes the uncertainty of deter-
mining joint center of rotation inherent in
the former method, and can take a functional
aspect of muscles into consideration. How-
ever, the major drawback of this method is a
possible error of tendinous movement
determination due to concurrent occurrence
of tendon elongation (Maganaris et al.
2000). Here we propose a novel approach to
take advantage of this tendon elongation for
moment arm estimation.

METHODS

The relationship between joint moment (M),
moment arm (r), and muscle force (F) is
expressed as

M=rF
If we assume constant moment arms at
different muscle force levels, then

AM = rAF
The elongation of tendinous tissues (AL) is a
function of muscle force, i.e.

AF = kAL
where k is stiffness of the tendinous tissues
at a linear region of the length-force curve
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where tendon elongation is linearly related
to applied force. It thus follows that
AM = rkAL

AM

y = ———

kAL
Consequently, the moment arm is a linear
function of the ratio of changes in muscle
force and tendon length. Therefore, once we
obtain this ratio for different joint positions,
we can estimate the relative moment arms
for those positions.

We applied this procedure to human Achilles
tendon moment arm estimation in vivo.
Subjects were six healthy men (23-46 yr,
172 + 4 cm, 67 + 8 kg, means + SD). The
subject lay prone with the knees fully ex-
tended, and the right foot was secured to a
foot plate of an electrical myometer with the
ankle joint set either at -15, 0, 15, and 30°
(0°: anatomical position, positive values for
plantar flexion). At each ankle position, the
subject performed constant-level,
submaximal and maximal plantar flexions
isometrically. The torque levels were se-
lected so that they were scattered over the
whole range of torque from rest to maximal
voluntary contraction. During contraction,
B-mode real-time ultrasonogram (Aloka,
Japan) was obtained for the distal attach-
ment site of the gastrocnemius muscle fibers
onto the Achilles tendon. At each ankle
position, the attachment site moved proxi-
mally as the torque level increased, which
was regarded as elongation of the Achilles



tendon. From the relationships between
Achilles tendon elongation and torque at
four ankle positions (Fig. 1), the linear
regions were determined and slopes (torque
/ elongation) over these regions were calcu-
lated, and values relative to that of 0° were
obtained. The absolute moment arm at 0°
was derived from the length change of the
whole gastrocnemius muscle-tendon unit Ao s alf\ "
{detetmined by 3D ulirasonogram, Aloka, TR T e
Japan) for an angle change of 15 arc around Figure 1: The relationship between Achilles
0°, from which, absolute moment arms at tendon elongation and plantar flexion torque
other positions were estimated. at four ankle positions. Example from one
subject.
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RESULTS AND DISCUSSION
Moment arms varied from 2.3 + 0.7 to 4.1 + °
0.9 cm, and peaked at 0° (Fig. 2). These
values were slightly smaller than, and the

r’hnngpc with respect to ankle pOSltIOHS were

——

5.0
3.0 1
different from, those reported previously 20 {/
using MRI morphometrics (Rugg et al.
1990). These results might be related to the
possible error in determination of joint ' o p 5 P
center in the previous study, since the Ankle joint angle ()
present values were similar (both for abso-
lute values and their variations for ankie Figure 2: Iistimated moment arms ai four
joint positions) to the measurements on ankle positions. Means and SD from six
cadaver specimens using the tendon travel subjects.
method (Spoor et al. 1990). However, the
present method might also have sources of vivo determination of moment arms as
errors inherent in the assumptions. For proposed in this study should be done for
example, the moment arm can increase by each individual.
muscle contraction (Ito et al. 2000;
Maganaris et al. 2000) although we assumed REFERENCES
constant moment arms at different torque
levels. The contribution of other muscles Ito, M. et al. (2000). J. Biomech., 33, 215-

than the gastrocnemius to plantar flexion 218.

torque might change at different ankle K@ﬁﬁ%éh?nﬁs%%%?a\gflilieifkgestgins.

Moment arm (cm)
e

positions, as pointed out by Kawakami et al. Maganaris, C.N. (2000). . Biomech. 33
(2000). These concerns should be clarified 375-379. '
in further studies. Marshall, R.N. et al. (1990). Eur. J. Appl.
Physiol., 61, 263-270. )

Muscle force estimation from joint moment R‘i%% 580(1} et al. (1990). J. Biomech., 23,
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arms. Considering anatomical variations, in 1247-12509.
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CHANGES IN IN VIVO APONEUROTIC DIMENSIONS UPON HUMAN
MUSCLE CONTRACTION
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Active Life Span Research, Manchester Metropolitan University, Alsager ST7 2HL,
UK, E-mail: C.N.Maganaris@mmu.ac.uk

INTRODUCTION

In modelling-based studies of muscle
performance, the aponeurotic portion
of tendon has often been treated as a
rigid element (e.g. Huijing & Woittiez,
1985). In vitro experiments, however,
have shown that aponeuroses posses
elastic properties (e.g. Scott & Loeb,
1995). Aponeurotic deformations
during muscle contraction have so far
been measured after epimysial removal
(e.g. Scott & Loeb, 1995). This
procedure decreases the muscle force
and pressure elicited during
contraction (Garfin et al. 1981), thus
indicating that in vitro-based
aponeurotic deformations may not
represent in vivo conditions. In the
present study, changes in the resting-
state dimensions of the central
aponeurosis of the human tibialis
anterior (TA) muscle during
contraction were estimated iz vivo.

METHODS

Measurements were taken in seven
healthy men (age 2314 years, height
17243 cm, body mass 73.5483 kg;
mean+SD) at an ankle angle of 30° of
plantarflexion, at rest and during
isometric dorsiflexion maximum
voluntary contractions (MVC) elicited
against the footplate of a dynamometer
(Lido, Loredan Biomedical, Davis). At
each contraction state, the TA
aponeurosis’ length, the aponeurosis’
width along its length and the
aponeurosis’ entire area were
estimated in-vivo using B-mode

{";ultrgﬂ ‘nqujaphyw(}?;saote Biomedica,

“Florence). Sagittal-plane scans over the
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myo-tendinous junction and the
aponeurosis’ proximal end were taken,
and the distance between the echoes of
these reference markers over the skin
was assumed to be the aponeurosis’
length. Axial-plane scans were taken
every 1 cm along the aponeurosis’
length to measure, by means of
digitization, aponeurotic widths. The
aponeurotic areas between the axial-
plane scans were estimated and
summed up to take the aponeurosis’
entire area. Differences between
resting-state and MVC-state
dimensions were tested using a
Student’s #-test.

RESULTS AND DISCUSSION

All aponeurotic dimensions examined
increased in the transition from rest to
MVC. The aponeurosis’ length
increased from 16516 to 17746 mm
(7%, P<0.05), the aponeurosis’ width
increased by between 8 and 21% (from
8.7+£1 to0 9.4%1.2 mm, and from 20.4£2
to 24.4+2 mm, respectively, P<0.05),
and the aponeurosis’ entire area
increased from 2,327+197 to
2,7154202 mm? (17%, P<0.05). The
aponeurotic lengthening in the
experiment would be associated with
the traction imposed by the contracting
muscle. The aponeurotic widening may
be associated with a medio-lateral fibre
curvature due to intra-muscular
pressure rise during contraction.

SUMMARY
The present results indicate that the TA
aponeurosis behaves as a compliant



material during in vivo muscle
contraction.

The methodology employed here
allows cross-sectional and longitudinal
design investigations, circumventing
the problems associated with fascial
removal under in vitro experimental
conditions.
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MUSCLE FIBER BEHAVIOR DURING DROP JUMP IN HUMAN

Tetsuo Fukunaga, Sadao Kurokawa, Senshi Fukashiro, and Yasuo Kawakami
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INTRODUCTION

Many human movements such as jumping
and running involve muscle actions in which
a concentric phase is immediately preceded
by an eccentric phases. This is generally
referred to as stretch-shortening cycle exer-
cise (SSC). It is generally observed that
mechanical power output and efficiency are
enhanced in SSC, which has been attributed
to some mechanisms, one of which is the
storage of elastic energy during pre-stretch
and its release. However no research has so
far been done to determine in vivo behavior
of muscle fibers and tendinous tissues in
human movements during SSC. The purpose
of the present study is to determine the in
vivo behavior of muscle-tendon complex
during drop jump by means of real-time
ultrasonography and to discuss the func-
tional role of contractile (muscle fibers) and
elastic elements (tendinous tissues).

METHODS

Subjects. Eight healthy male subjects (age
23 + 5 yr, height 1.72 + 9.9 m, and body

mass 68 + 11 kg) participated in this study.
All subjects gave their informed consent to

participate in the experiment.
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Experimental protocol. Subjects with bare
feet performed several drop jumps (DJ) from
a height of 0.2 m, keeping with their arms
akimbo. During DJ kinematic, kinetic and
ultrasonographic data as well as electromyo-
grams from lower leg muscles were obtained
simultaneously. The behavior of muscle
fascicles (fiber) and tendinous tissues of
gastrocnemius medialis were observed by
means of real time ultrasonic apparatus
(SSD-2000, Aloka, Japan) using electronic
linear array probe of 7.5 MHz. The probe
was carefully fixed onto the tissue surface
with a specially designed tool and elastic
tape to prevent oscillation, which may occur
during jumping. The length of fiber was
measured as the length of the echo that runs
diagonally from the superficial to the deep
along the fascicle. The fascicle angle
(pennation) was obtained as the angle be-
tween the deep aponeurosis and the line
drawn tangentially to the fascicles. During
DJ the ultrasonic images of the MG were
stored consecutively in the cine-memory of
the ultrasonic apparatus set to operate at 40
frames/sec. The instantaneous length of
MTC for MG was obtained from the equa-
tions developed by Grieve et al (1978). The
length of tendinous structures was calculated



from following equation,

L=L_ -Lcosb
where L, 0, and L__are fiber length, fiber
angle and MTC length, respectively.

The force exerted by MG was calculated by
the plantar flexion torque and moment arm,
under the assumption of that the MG force
was equivalent to the relative physiological
cross-sectional area of MG to the total
plantar flexor area (i.e. 15.4 % by Fukunaga
et al 1996). Net joint torque around the
ankle and knee were calculated using in-
verse-dynamics (Winter, 1990).

After touchdown of feet onto the force
platform, the downward displacement of
mass center of body (MCB) was turned
toward upward before 100ms of toe off.
During MCB downward-phase, the L__
increased by 4%, L, decreased from 43 to 35
mm and L, increased from 370 to 400 mm.
After the MCB turned upward (upward-
phase) the L decreased by 7 %, while the
L. kept approximately constant of 35 mm
accompanying with decreasing of the L, by
6.5 %. The fascicle angle changed due to
changing L, . Mechanical work during
downward-phase were calculated positive
2.6 J for fascicle and negative 7.6 J for
tendinous tissue. During upward-phase the
fascicle exerted positive work of 1.9 J and
the tendinous tissue performed positive
work of 5.8 J.
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DISCUSSION

Higher performance in DJ has been ex-
plained by the enhancement of mechanical
work due to storage and reutilization of
elastic energy (Komi, 1992). In the present
study during downward-phase the tendinous
structures stored elastic energy (equivalent
to 66 % of total work of MTC) and remain-
ing work of 34 % was originated from
concentric contraction of muscle fiber. In the
following upward-phase 76 % of the total
mechanical work done by MTC was ac-
counted from reutilize the elastic energy in
tendinous tissue. The present results demon-
strated that the explosive power during DJ is
due to mainly rapid recoil of tendinous
structures, allowing the quasi-isometric
contraction of muscle fibers.
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INTRODUCTION

The long-term goal of our work is to understand
the function of the rectus femoris muscle before
and after surgical transfer of its distal tendon. In
this surgery, the tendon of the rectus femoris is
detached from the patella and reattached behind
the knee. The surgery is performed in persons
with cerebral palsy who walk with stiff-knee
gait, and is thought to convert the muscle from a
knee extensor to a knee flexor to assist in knee
flexion during walking (Perry, 1987). However,
stimulation of the muscle after surgery has
revealed that it does not generate a knee flexion
moment (Riewald and Delp, 1997). Itis
possible that scar tissue formed after surgery
adheres the rectus femoris to the vastus
intermedius and does not allow independent
motion of the two muscles. Consequently, the
ability of the rectus femoris to transmit force to
its tendon and generate knee flexion could be
compromised.

As a first step, we examined the relative motions
of the rectus femoris and vastus intermedius in
subjects with no surgical history. These two
muscles share a common distal tendon, but the
proximal regions are separated by a fascial
plane. We hypothesized that in the absence of
scar tissue the rectus femoris and vastus
intermedius slide relative to one another during
extension of the knee. Futhermore, because the
rectus femoris inserts more anteriorly on the
patella, we expected this muscle to displace
more than the vastus intermedius. The purpose
of this study was to test these hypotheses by
measuring the displacements of the rectus
femoris and the vastus intermedius muscles
during knee extension in unimpaired subjects.

METHODS

We used cine phase-contrast magnetic resonance
imaging (cine-PC MRI), a dynamic imaging
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technique, to capture muscle tissue velocity in
vivo (Pelc et al., 1991; Pappas, 2000). One
magnitude image and three velocity images (X,
y, and z directions) are acquired for each time
frame in a cine-PC MRI movie. Cine-PC MR
images of the lower limb were acquired from 3
unimpaired subjects (age: 25-32 yrs, height: 5
57 .56, 2 female, 1 male) with a 1.5T GE
scanner. The subjects were positioned supine
with the thigh supported in 40° of hip flexion.
Subjects were imaged as they actively moved
their knee through 100 repeated cycles of knee
extension/flexion from approximately 65° of
flexion to near full extension at a rate of 35
cycles/min. A second set of images was acquired
as the investigator moved the subject’s relaxed
leg. All images were acquired in the sagittal
plane with a 17ms TR, 36 x 27 cm field of view,
and 256x128 matrix with 24 time frames
representing a complete motion cycle.

The displacement of square regions of interest in
the mid-thigh portion of the rectus femoris (RF)
and the vastus intermedius (VI) muscles (Fig. 1)
were calculated by integrating the velocity
image data (Zhu et al., 1996). We compared the
displacements in RF to displacements in VI to
assess the relative motion of these muscles.

Figure 1. Sagittal plane cine-PC MR images of the thigh.
Positions of 1-cm square tissue regions (white boxes)
depict displacement of RF relative to VI during active
extension from maximum flexion (A) to maximum
extension (B).
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Figure 2. Displacements of the regions of interest within the rectus femoris (RF) and vastus intermedius (VD). Time
frame 1 represents approximately 65° of knee flexion and time frame 10 represents the maximum knee extension
achieved by the subjects. Displacements were normalized by peak RF displacement during active knee extension.

RESULTS the future we will use cine-PC MRI to measure

) i . the relative displacements of the rectus femoris
Displacements of the regions of interest were and vastus intermedius in subjects with cerebral
greater in the RF than in the VI (Figure 2). The palsy after rectus femoris transfer surgery. If the
maximum displacements of the RF during active rectus femoris is functioning as a knee flexor
extension were 2.1 em (subject 1), 2.6 cm after transfer, it will move in the opposite
(subject 2), and 2.4 cm (subject 3). The VI direction of the vastus intermedius. We pian to
displaced 17-44% less than the RF. When the quantify rectus femoris displacement to
subjects were moved by the investigator, the determine if scarring of the fascial plane restricts
displacement trends were similar to the active relative motion of the rectus femoris and vastus
case, with slightly reduced displacements. The intermedius. This work will evaluate how
maximum displacements of the regions of adhesive scar tissue affects the function of rectus
interest in RF for the passive motion case were femoris after surgery.
1.9 ¢m (subject 1), 2.0 cm (subject 2), and 2.2 7
cm (subject 3). The VI displaced 21-47% less REFERENCES
than the RF when the investigator moved the
limb. Buford, WL et al. (1997). IEEE Trans Rehab

Med, 5,367-79.
DISCUSSION Pappas, GP (2001). Ph.D. Dissertation, Stanford
oo University.
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femoris slides relative to the vastus intermedius. 227.54.
Therefore, we believe that the fascia between the Perry, J (1987). Dev Med Child Neurol, 29,
muscles allows the relative motion of these 153-8.
muscles in unimpaired subjects. The Riewald, SR, Delp, SL (1997). Dev Med Child
displacements of the regions of interest within Neurol, 39, 99-105.
the rectus femoris were greater thanthe Zhu, Y etal. (1996). Magn Res Med, 35, 471-80.
displacements of the regions of interest within
the vastus intermedius; this is consistent with the ACKNOWLEDGEMENTS
observation that the rectus femoris has a larger
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muscles in vivo using dynamic MR imaging. In
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FORCE ENHANCEMENT FOLLOWING STRETCH DURING HUMAN
VOLUNTARY CONTRACTIONS
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INTRODUCTION

When an active muscle is stretched to a
new length and held, the isometric force
produced at the new length is greater
than the isometric force at the
corresponding length without preceding
stretch (Abbott & Aubert, 1952). This
property is referred to as force
enhancement following muscle stretch
(FE) (Herzog & Leonard, 1997).

FE has been well accepted and observed
in various muscle or fibre preparations
(Edman et al., 1978; de Ruiter et al.,
2000; Morgan et al, 2000) using
electrical stimulation. However, the
mechanism responsible for FE is not
well understood, and FE has never been
reported for in vivo human voluntary
contractions.

The purpose of this study was to
investigate FE in in vivo human skeletal
muscle during voluntary contractions.

METHODS

Effect of muscle stretch on force
production was investigated for the
adductor pollicis (n = 12) of the left
hand of twelve volunteer subjects during
electrically induced and voluntarily
elicited contractions. Once muscle force
reached the steady-state isometric force
at the initial length, stretches of varying
amplitude (10, 20 and 30 degree) and
speed (10, 20 and 60 degree/s) were
applied and held at the new length until
the final steady-state isometric force was
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reached. The isometric force following
stretch, and the passive force after
deactivation of the muscle, were
measured using a custom-built
apparatus, and were compared with the
corresponding purely isometric
contractions.

We also investigated FE in in situ cat
soleus (n = 8) for electrical stimulation.
Once the isometric force at the initial
length was achieved, muscles were
stretched to a new length under various
contractile conditions (i.e., 3, 6, and 9
mm stretch amplitude and 3, 9, and 27
mm/s stretch speed) and held at the final
length until a steady-state force was
reached. The isometric force following
stretch and the passive force after
deactivation of the muscle were
measured.

RESULTS AND DISCUSSION

For human adductor pollicis, FE was
observed during electrically induced and
voluntary contractions, regardless of
stretch conditions. During electrically
induced contractions, FE increased with
increasing amplitudes of stretch (Fig. 1)
but was independent of stretch speed.
For voluntary contractions, FE was
independent of stretch amplitude (Fig. 2)
and stretch speed. FE during voluntary
contractions (12.0 £ 8.7 %) was smaller
and more variable than FE obtained from
electrical stimulation (14.9 £ 3.5 %).
The passive force after active stretching
of the muscle was greater (Fig. 1) than



the passive force obtained after isometric
contractions.

The same results were obtained in cat
soleus. FE was increased with
increasing amplitude of stretch (Fig. 3)
but was independent of stretch speed.
The passive force enhancement was
more pronounced in cat soleus than
human adductor pollicis. This result
may be caused by stretching the soleus
in the mid-part of the descending limb of
the force-length relationship, whereas
the adductor pollicis tests were
performed at about optimal length.

The results of this study suggest that FE
is an actual property of in vivo human
skeletal muscle during voluntary
contraction. Furthermore, they indicate
that passive elastic elements play an
important role in producing FE, as had
been speculated by Edman and Tsuchiya
(1996). Unfortunately, this study cannot
provide direct evidence for the origin of
the passive FE. However, the giant
molecular spring titin seems the most
likely candidate. Future studies will
need to address this issue.
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Figure i. Force-time curves from
electrically induced adductor pollicis for
isometric reference contractions and
stretches of 10, 20 and 30 deg.
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Figure 2. Force-time curves from
voluntarily elicited adductor pollicis for
isometric reference contractions and
stretches of 10, 20 and 30 deg.
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Figure 3. Force-time curves of cat soleus
for an isometric reference contraction
and stretch of 3, 6 and 9 mm on the
descending limb of the F-L relationship.
A passive stretch (p) is also shown.
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EFFECT OF SPECIMEN LENGTH FOR IN VITRO SPINAL MECHANICS TESTING

Duncan J. Kerr and James P. Dickey

Human Biology and Nutr. Sci., University of Guelph, Guelph, Ontario, CANADA

E-mail: jdickev@uoguelph.ca

INTRODUCTION

In vitro testing is an essential approach for
studying spinal mechanics. Anatomical
studies show that structures such as the
supraspinous and longitudinal ligaments
contain collagen fibers that span several
spinal levels (Adams, 1995). Many
researchers use functional spinal unis (two
adjacent vertebrae and all intervening tissue)
for mechanical testing, however the effect of
cutting the structures that span several levels
has not been tested. The purpose of this
study was to directly compare the effect of
specimen length (number of vertebral levels)
on in vitro spinal mechanics. This study
focuses on the mechanical contribution of the
posterior spinal igaments.

METHODS

Thirteen porcine thoracolumbar spines were
used m this experiment (L2-L5). Pure
flexion-extension moments were applied
using a spine testing apparatus (Dickey,
1998; Lysack et al., 2000). This machine
applied continous cycles of moment between
approximately 3 Nm of extension and 13 Nm
of flexion. Two-dimensional kinematics
were collected using re flective markers and
videotape using a Peak5 system (Peak
Performance Technologies, Engelwood,
CO). This two-dimensional analysis is
justified as the segmental motion in flexion-
extension has been shown to be planar
(Dickey, 1998). Loads were transduced
using a six-axis load cell (JR3, 45E15A-
E24E, Multi-Axis Load Cell Technologies,
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Woodland, CA). These loads were
transformed mto the spinal coordmate
system to reflect the forces and moments
acting at the L3/L4 segment of the spine
(Cholewicki et al, 1996).

The testing involved performig five cycle of
loading between 3Nm of extension and 13
Nm of flexion; analysis was perfomed on the
data extracted from the fifth loading cycle.

Three loading conditions were performed on
each lumbar specimen. The motion and
loads for the L3-14 levels were evaluated in
allconditions. The first laoding condition
(Long-Intact) involved testing the intact
multi segment spine (L2-L5). The second
condition (Long-Cut) involved cutting the
supraspinous ligament at the L1/L2 and
L4/L5 levels, while maintaining the multi
segment spine. The third testing condition
(FSU) involved cutting the specimen down
to a L3-L4 functional spinal unit.

Moment-Angle curves were generated for
each test, and the laxity zone (Tencer et al.,
1995), stiffhess, and range of motion
parameters (Wilke et al., 1998) were
extracted. Repeated measures one-way
analysis of variance tests were performed to
assess the statistical significance of observed
differences.



RESULTS

We observed significant systematic
differences in the mechanics of the L.3/L4
motion segment when it was tested as part of
a multi segment specimen compared to a
functional spinal unit (Figure 1).
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Figure 1: Moment-Angle curves for the
three experimental conditions for a

representative specimen.

The range of motion and laxity zones were
significantly increased mn the long-cut and
FSU conditions compared to the long-intact
condition (Figure 2).
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Figure 2: Laxity zone and range of motion
for the three experimental conditions. The
FSU and Long-Cut conditions are
significantly different than the Long-Intact
condition (p<0.01).

There were no statistically significant
differences in stiffness between any of the
conditions.
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DISCUSSION

A number of researchers have stated that the
mechanical integrity of the spine is disrupted
when functional spmal unis are tested
(Adams, 1995; Wilke et al., 1998), yet few
studies have quantified this effect. Kettler et
al (2000) report that there are significant
differences in both the flexion and extension
ROM between the multisegment spine and
the FSU. They analyzed the motion segments
at the extreme ends of their multi segment
constructs, which may be appropriate for
assessing spinal implant mechanics.
However, the boundary conditions for these
levels were compromised, and accordingly
their tests on multi segment spines does not
represent physiologic spinal loading. The
current study clearly illustrates that the
mechanics of fanctional spinal units do not
represent the mechanics of motion segments
within the more physiolbgically appropriate
multi segment spinal constructs.
Accordingly, extreme caution should be used
when using functional spinal units to assess
spinal mechanics.
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COMPRESSIVE BIOMECHANICS OF DEVELOPING SPINAL TISSUES
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INTRODUCTION

Spinal column development, a dynamic
interplay of cellular, chemical, and
mechanical stimuli, involves morphologic
changes that confer distinct mechanical
properties to the hard and soft tissues of the
spine (Ogden, 1994). These changes in
tissue properties manifest epidemiologically
as distinct spinal injury patterns throughout
maturation (McGrory et al., 1993). The
dearth of basic tissue mechanics data for the
developing spine precludes the generation of
injury prevention or management schemes
to mitigate the devastating consequences
associated with pediatric spinal injuries.

Our investigation into the developmental
biomechanics of the spine utilizes the
cadaveric baboon (Papio anubis) spine, an
anatomic and kinematic analog to the human
cadaveric spine, as our model. Using this
model we evaluated the compressive
mechanics of maturing hard (vertebrae) and
soft (intervertebral) tissues in an attempt to
understand the functional biomechanics of
the spine throughout development. This
basic science appreciation of developmental
biomechanics will empower efforts to
model, minimize, and manage pediatric
spinal column injuries.

METHODS

Twenty, fresh cadaveric baboon cervical
thoracic spines were obtained through the
Washington Regional Primate Research
Center. These specimens ranged in human
equivalent age from 2.5 to 30-years based
upon radiographic assessment of their
skeletal maturity (Kuhns, 1998).
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Specimen Preparation. Each specimen was
dissected free of all musculature and then
further dissected into functional spinal units:
Occiput-C2, C3-4, C5-6, C7-T1 and an
isolated vertebral body: T9. The functional
spinal unit preparations involved the wiring
of each vertebra and its fixation in poly-
methylmethacrylate. Each vertebral body
was dissected free of its posterior elements
and fixed 1-mm deep into dental plaster for
even load distribution.

Experimental Procedure. Compressive
inputs were provided by a MTS (Model 858
Bionix, MTS Corp., Eden Prairie, MN)
servohydraulic testing system at 0.5-
mnysec. Each specimen (functional spinal
unit and vertebral body) was loaded 5 cycles
to 40% body weight and the stiffness data
was recorded on the final cycle. An
inferiorly mounted six-axis load cell
measured the force/moment response and
the displacement was recorded using an
LVDT. These data were collected at 200-Hz
using LabVIEW (National Instruments,
Austin, TX) data acquisition software.

Data Analysis. Specimen stiffness was
computed as the slope of the linear portion
of the load-displacement curve. A two-way
ANOVA was used to make comparisons
between soft (intervertebral) and hard
(vertebral) tissue stiffness measures and to
examine differences between functional
spinal unit levels.

RESULTS

The compressive mechanics of the maturing
spine reveals significant increases in
stiffness with skeletal development for both



the functional spinal units (p = 0.003) and
individual vertebral bodies (p = 0.009).
Further, these values for the hard and soft
tissues of the spine were found to be
statistically different for a similar
developmental age (p <0.001). Figure 1
demonstrates the function whereby stiffness
varies with skeletal development for both
the hard and soft fissues.
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Figure 1: Compressive Stiffness as a
Function of Development. The vertebral
and functional spinal unit stiffness plots
reveal similar exponential fits demonstrating

magnitude differences between maturing
hard and soft tissues of the spine.
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Compressive Stiffhess by Development and
Spinal Level. The data were grouped by age
for this comparison. (N=4 for each group)

10 20 30
Human Equivalent Age (Years)

56

Level-specific differences in the
compressive stiffness were discovered
(Figure 2). A significant difference between
the compressive stiffness of the Occiput-C2
level and each of the other levels exists
(p<0.028). These results reveal changes in
compressive mechanics between hard and
soft tissues and between spinal levels all
occurring throughout spinal development.

DISCUSSION

The compressive mechanical properties of
spinal hard and soft tissues were measured
and correlated with spinal development.
These data clearly demonstrate age-related
differences in the spinal biomechanics as
well as tissue related differences. Moreover,
level-specific differences were exhibited
indicating differing mechanci
along the length of the spine throughout
development. Ultimately, these data will
support tissue level modeling efforts aimed
at effectively protecting children from spinal
mjuries and aide in the management of
pediatric spinal column trauma.

mechancial properties
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Andrew Mahar', Kevin Fricka?, Peter Newton 1.2

'Orthopedic Biomechanics Research Center, Children's Hospital — SD, San Diego, CA, USA
2Department of Orthopaedics, University of California — SD, San Diego, CA, USA
Email: amahar@chsd.org

INTRODUCTION

Corrective surgery for scoliosis with anterior
instrumentation can be accomplished with
different constructs: single rod, single rod
with interbody cages and dual rods. These
varying constructs are most often used in the
lumbar spine to generate a fusion mass
while retaining the natural lordosis of the
lumbar region (Sweet, 1999). In a pediatric
population or in smaller adults, two screws
cannot often be implanted into a single
vertebral body due to the body’s limited
size. Previous work has compared the
rigidity of one rod versus two rods (Kaneda,
1996) but no information exists directly
comparing the stability of a single rod
augmented with an interbody cage against a
dual rod construct (Glazer, 1997). This
study was initiated to determine stiffness
differences in extension, lateral bending and
axial torsion between 4 possible lumbar
constructs: a single rod (Group 1), a single
rod plus interbody cages (Group 2), two rods
(Group 3) and two rods plus interbody cages
(Group 4).

METHODS

Eight bovine lumbar spines from L1 to L6
were harvested from twelve week old
calves. Muscular tissue was removed from
each specimen while keeping ligamentous
structures intact. Each specimen was
randomly assigned a device order using
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5mm Moss-Miami anterior instrumentation
(DePuy, Warsaw, IN). Full discectomies
and end plate removal were performed at the
1.2-3, L3-4 and L4-5 disc spaces. An MTS
machine (Eden Prairie, MN) applied non-
destructive, eccentric bending moments.
The flexion/extension and right/left lateral
bending testing protocol consisted of an
axial preload of 5 N and an applied bending
moment of 5.2 Nm. Eccentric bending
moments were applied in displacement
control at 5 mm/s with a static lever arm of
12 cm and a maximal force cutoff of 44 N.
The torsion testing protocol consisted of an
axial pretoad of 5 N and an applied +2 Nm
torsional moment applied in torsional
control at 0.4 Nmv/s (Ashman, 1989). Data
from the machine were sampled at 10Hz for
the force, displacement, angle and torque
channels. Construct stiffness (Nm/deg) for
each load condition was compared using a
two-way ANOVA combined with Tukey’s
post-hoc correction to compare the one
rod/cages with two rods/no cages constructs.

RESULTS/DISCUSSION

Stiffness data for each group and loading
condition is shown in Table 1. For flexion,
extension and torsion, as more
instrumentation was placed in the spine,
there was a trend toward greater stiffness.
For the lateral bending conditions, there was
no significant difference between groups.



The addition of cages to the rod systems
increased construct stiffness in flexion
(p=0.04), but not in all other loading
conditions (Figure 1).

Figure 1: Flexion stiffness for each group.
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The two rod system was significantly stiffer
than a single rod in flexion (p=0.01),
extension (p=0.03), and torsion (p=0.02),
but not in lateral bending. When comparing
one rod/cages and two rods/no cages there

was no statistically significant difference in
stiffness for any condition.
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correction because the cages prevent
anterior collapse of the spine.

SUMMARY

The primary purpose of this study was to
compare the performance of one rod plus
cages versus two rods without cages during
physiologic loading. Since these constructs

T annh Aiti
performed the same in each condition, it is

possible to use a single rod and cage to
maintain lumbar lordosis and provide equal
fusion possibilities as that of the two rod
system.
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Table 1: Overall Construct Stiffness Data (Nm/®)
Right Lateral Left Lateral
Flexion Extension Bending Bending Axial Torsion

1 rod/no cages 226+0.44 1.83 +0.31 1.72+0.36 2.67+0.67 0.78 +0.20
1 rod with cages 349+1.02 2.11+0.28 2.05+0.92 2.60+0.58 0.95+0.37
2 rods/no cages 3.76 +1.03 2.58+0.86 1.97 +0.83 322+1.14 1.14 +0.29
2 rods with cages 4.07 +1.03 2.65+1.21 1.80 +0.52 2.75+0.63 1.19+0.42
Dual rods provided significantly higher ACKNOWLEDGEMENT

construct stiffness than a single rod. The
use of interbody cages resulted in
significantly higher construct stiffhess in
flexion than when cages were not used.
There was no difference in stiffness when
comparing one rod/cages vs. two rods/no
cages for any condition. Single rod/cage
constructs have the advantage of decreased
operative time, are not limited by vertebral
body dimensions and maintain lateral plane
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VERTEBRAL KINEMATIC DESCRIPTIONS BASED ON IN VIVO MEASUREMENT
OF SURFACE MARKER MOTIONS
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INTRODUCTION

Among various techniques and systems for
acquiring spinal kinematic data
(Gracovertsky et al., 1995; Lundberg, 1996;
Marras et al., 1992), the most direct non-
invasive in vivo measurement still relies on
the use of skin-surface markers or sensors.
Markers as skin-based rigid posts have been
devised to estimate lumbarsacral orientation
(Anderson et al., 1986; Chen et al., 1997)
and external spinal profile (Bryant et al.,
1989). Spherical markers may also be
directly adhered to the skin over spinous
processes to attain gross spinal kinematic
information (Gram & Hasan, 1999).
However, a more elaborate assessment of
the kinematics of individual vertebrae,
through measuring the surface marker
motions, has been difficult. This is due
mainly to, besides other challenges
(Lundberg, 1996), the fact that the small
separation between spinous processes poses
a limit on the size of or the distance between
markers (or sensors). This limit would be
even more stringent for dynamic situations
when marker interference becomes more
probable. Recent advances in
instrumentation technology have enabled
considerable improvement on the accuracy
and resolution of the motion measurement
systems. For instance, an evaluation of
contemporary motion measurement systems
(Richards, 1999) showed that a millimeter
level of resolution (minimal discriminable
inter-marker distance) is achievable by some
of the newest opto-electronic systems. Such
technological advancement can be fully
exploited to better capture and understand
the kinematic characteristics of the human
spine.

The purpose of this study was to explore the
feasibility of quantifying vertebral
kinematics by in vivo measurement of skin-
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surface marker movements. We proposed a
novel method to derive, from measured
surface marker trajectories, the centers of
rotation for individual vertebrae during two-
handed symmetric lifting.

METHODS

Ten adult subjects (5 m, 5 f) participated in
an experiment in which they lifted a 15-1b
box from the floor up to a chest-height shelf,
at a self-preferred pace and in a sagittally
symmetric manner. Reflective spherical
markers were placed over subjects’ surface
landmarks corresponding to major body
joints (e.g., shoulders, elbows, hips, and
knees) and seven spinal processes (C7, T7,
L1-L5). Only the ones illustrated in Fig. 1a
were relevant and thus analyzed in the
current study. Note the markers in the
lumbar spine region were 9 mm in diameter,
and the rest were 25 mm. The marker
placement was conducted under the
guidance of an experienced physical
therapist. A five-camera Vicon 250 system

(a) (b)

Figure 1: Illustrations of (a) marker placement
scheme, and (b) vertebral center of rotation derivation
based on a minimum marker set.



was employed to capture the motions at a
frequency of 120 Hz. The acquired 3D
marker location data were projected onto the
mid-sagittal plane and thus simplified as 2D
data, while the bisection of two greater
trochanter markers was used to represent the
hip joint (Fig. 1a). The derivation of
vertebra center of rotation (COR) locations
was based on the assumption that a vertebral
segment follows a circular trajectory with

Tpcppr-f to a local reference frame affixed to
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its adjacent segment(s). Given that there
was only one marker attached to each
presumably rigid vertebral segment,
construction of a local frame was made
possible by utilizing the COR coordinates
pre-determined for the lower adjacent
segment (Fig. 1b). This procedure was
repeated recursively in the “bottom-up”
direction, with the initial frame constructed
from known coordinates of the L5 and hip
markers. An optimization routine was
created to identify the circle that best fit a
marker trajectory expressed in the respective
local coordinate system, by minimizing the
fitting error:
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where X; and Y; (i = 1...n) are the marker
coordinates in the local frame, (a, b) is the
center of the circle, and r the radius.
Algorithm determining the a, b, and r of the
maximum-likelihood circle (Rorres &
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numerically based on the Nelder-Mead
simplex search (1965).

RESULTS AND DISCUSSION

Table 1 presents a sample of the results from
this study. The initial inter-marker distance
(d) values provide a reality-check of the
marker placement and a reference for the

derived centers of rotation. Except for the
upper thoracic (C7-T7) segment, the COR
locations (not presented) and r values seem
plausible; the latter varied in a reasonable
range across subjects, and had very small
within-subject trial-to-trial variabilities. The
assumed circularity of marker trajectories,
and adequacy of the proposed analysis
method, are supported by favorable e/r
ratios for all but the C7-T7 segment.

SUMMARY

This work has demonstrated the viability of
using in vivo measurement of spinal surface
marker motions and novel analytical means
to quantify vertebral kinematics. Such
capability will facilitate investigating the
biomechanics of human spine, particularly
the lumbar spine, in a more discerning yet
non-invasive manner.
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Table 1: Mean (£S.D.) values for d—the initial inter-marker distance while subjects assuming an upright standing
posture, r——the derived marker-COR distance or radius of fitted marker trajectory, and e/r—normalized fitting error.
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Data Analysis- EMG data corresponding to
the neutral position (0° trunk flexion) were
processed using an RMS filter and
normalized to the previously collect
reference contractions (Deluca, 1997). The
data were averaged over all three trials of
forward trunk motion. Descriptive statistics
were used to identify trends and statistical
significance was assessed with t-tests.

RESULTS

In both conditions, four out of five muscles
in the instability group demonstrated higher
levels of muscle activation at the neutral
spine position (Figure 2). Despite the small
subject pool and high variability within the
instability group the three abdominal muscle
groups approached significance. All
muscles dramatically increased activity
between the no load and 10-pound condition
(Figure 3). However, only the erector spinae
muscles in the instability group
demonstrates a significant increases in
activation level (p < 0.05).

DISCUSSION

Results of this study are consistent with
pervious in-vive research on healthy subjects
reporting a baseline level of muscle
coactivation around a neutral spine position
and greater levels of coactivation with
increasing loads. (Cholewicki, et al., 1997)
It is acknowledged that muscle activation
levels reported here are higher than previous
research, however, secondary to the low
back pain group, normalization was
performed using standardized submaximal
contractions. These data are consistent with
biomechanical models that have predicted
increased trunk muscle coactivation
secondary to passive subsystem damage
(Cholewicki and McGill, 1996). The trends
in these data support Panjabi’s theory that
greater muscle coactivation may occur in
subjects with clinical lumbar instability.
Additional subjects will be tested using this
protocol and may provide evidence to
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support specific muscle activation patterns
or recruitment strategies that would assist
with rehabilitation of low back pain patients
diagnosed with segmental instability.
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Figure 3: Instability group mean (SD) for
each muscle, right side only, no load vs.10-
pound condition.
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INTRODUCTION

Epidemiological studies suggest that
repetitive lifting is of importance in the
development of back injuries including, disc
injuries. None of the cadaveric studies or
model studies existing in literature reflects
the type of repetitive loading that causes
disc failures. Clearly, in-vitro studies are
limited when it comes to understanding the
relationship that exist between the large
number of parameters needed to describe a
single loading and how the disc tissue break
down over the course of many years of
exposure. An improved understanding of
these complex relationships can best be
achieved by finite element modeling. With
the help of a poro-elastic finite element
model of a lumbar disc, biomechanical
responses due to a slow (1 lift per minute) as
well as a fast lifting activity (3 lift per
minute) are studied here. The hypotheses of
the current study are that (1) during initial
stages of lifting, the disc stiffness decreases
during both slow and fast lifting activity and
(2) the rate of decrease in disc stiffness is
faster during fast lifting activity.
MATERIALS & METHODS

A three-dimensional finite element model
(L3-L4) (1), was modified to include poro-
elastic components. Permeability and
porosity values for the nucleus, annulus,
endplate, cancellous bone and cortical bone
were taken from the literature (2). The
drained elastic modulus and Poisson’s ratios
for all the disc components were also taken
from the literature (2). Initial disc pressure
used in the subsequent analyses was
obtained by applying a compressive load of
400 N on to the motion segment with a

63

boundary condition preventing fluid from
flowing out of the disc. This resulted in an
internal disc pressure of 0.8 MPa.

The model was validated for
dynamic loading conditions (3) in which a
compressive preload of 400 N and a peak-
to-peak compressive load of 430 N was
applied cyclically for 30 loading cycles at
three frequencies, 0.01 Hz, 0.1 Hz and 1.0
Hz. The dynamic stiffness of the disc
calculated from the finite element results
followed a similar trend and fell within one
standard deviation of the experimental
results.

Load acting on the lumbar motion
segment during each lift was simulated in
the finite element model by applying
maximum compression force of 1000 N
combined with a maximum flexion moment
of 10 Nm. Time taken to perform each lift
was assumed as 3 seconds. During first half
of the lifting period the load reached the
maximum while during the second half the
motion segment was unloaded. Between two
lifts (57 seconds for 1 lift per minute and 17
seconds for 3 lift per minute) the disc carried
the upper body weight (400N) only. The
study was conducted over 100 lifts. The
loads were applied to the superior surface of
L3 while the inferior surface of L4 was fixed
in all degrees of freedom.

RESULTS

During initial 60 lifts both disc compression
stiffness (Figure 1) and disc flexion stiffness
(Figure 2) decreased non-linearly as the
number of lifts increased. Maximum
decrease in stiffness occurred in
compression (of the order of 40%) while the
corresponding decrease in flexion stiffness



was only of the order of 15%. After the
initial 60 lifts, rate of decrease in both
compression and flexion stiffnesses were
very small (1% over the rest 40 lifts).

During the initial 60 lifts, rate of
decrease in disc compression stiffness
remained same as the lifting progressed both
during slow and fast lifting activity (44%).
On the other hand for the same period, rate
of decrease in disc flexion stiffiiess was
higher during fast lifting activity. One lift
per minute reduced the flexion stiffness by
15% while three lifts per minute reduced the
flexion stiffness by a larger amount (18%).

After the initial 60-lift period, rate of
decrease in compression stiffness was
slightly higher during fast lifting activity
while the rate of decrease in flexion stiffness
remained same in both slow and fast lifting
activity.

DISCUSSION

A non-linear, poro-elastic finite
element model including fluid flow between
the disc and the surrounding tissues showed
that the disc became flexible rapidly during
initial lifting period suggestino that the spine
is more susceptible to injury during this
period. Fluid is forced out of the nucleus
with each loading cycle thereby reducing the
volume of the fluid inside the disc each time
the load is applied. This loss of fluid volume
in the nucleus allows for an increased
amount of deformations with each load
application thus explaining why the disc
stiffness reduces rapidly. During the initial
lifting phase, percent reduction in the disc
compression stiffness was twice as much as
the reduction in flexion stiffness. This result
leads to the conclusion that the disc is
vulnerable more under compression than
under flexion.

The current study showed that the
lifting speed had no effect on rate of
decrease in compression stiffness while
higher lifting speed induced larger reduction
in flexion stiffness as lifting progressed.

64

This leads to the conclusion that if lifting
involves flexion, higher speed of lift should
be avoided from injury point of view.
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Tendon Force Transducers: Their Use in Musculoskeletal Biomechanics and
Neural Control

Robert J. Gregor

Department of Health and Performance Sciences and Center for Human Movement Studies
Georgia Institute of Technology, Atlanta, GA, USA

INTRODUCTION

Tendon force transducers have been used in
research involving musculoskeletal
biomechanics and the neural control of
movement for over thirty years.
Investigators interested in the use of
different skeletal muscle fiber types and
whole muscle, bi-articular vs. uni-articular
muscles and their selection by the nervous
system in the control of movement, and
changes in muscle structure and function as
a result of selected interventions, e.g.
compensatory hypertrophy or reinnervation,
would like to know the nature of the forces
produced by the muscles under study.
Knowledge of such forces, in-vivo, has also
been used to evaluate force/emg
relationships and selected muscle models
related to force prediction during selected
forms of movement.

As a measurement tool tendon force
transducers are commonly used in
conjunction with muscle length
measurement systems and emg to more
completely evaluate muscle performance.
Synchronization of these measurements with
motion capture data, e.g. video, in an effort
to understand the role of the neuromuscular
system during different movement forms, is
common.

The purpose of this presentation will
be to place this system of measurement in
perspective as it relates to biomechanical,
neurophysiological and physiological
questions. The advantages and
disadvantages of such a system will be
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discussed and specific reference made to
locomotion in the adult cat.

METHODS

Tendon force transducers were used
in two sets of experiments, one set designed
to compare the force-velocity properties of
the cat soleus muscle in-vivo and in-situ and
a second set to evaluate the performance of
the same muscle during slope walking in the
adult cat. In the first set motion capture
provided kinematic data during level
treadmill locomotion at increased speed
while synchronized data from tendon force
transducers provided muscle force data
during the same trials. Terminal experiments
were conducted to evaluate the in-situ
force/velocity properties of the same muscle.

The second series of experiments
focused on movement control and slope
walking as a perturbation to the
neuromuscular system in the adult cat. A
series of slopes varying from a —75% slope
to a +75% slope, in increments of 25%, was
used. High speed video provided kinematic
data, a force platform concealed in the
walkway floor provided ground reaction
forces and center of pressure data, and
tendon force transducers and implanted
patch emg electrodes provided data on
soleus muscle output. Slopes were
randomized within and across four cats and
each cat walked at a self-selected
comfortable speed. Data were collected over
a two-week period of time.



RESULTS

Data on soleus output during level
treadmill locomotion indicate force;
mechanical work and power increased as
treadmill speed increased. These increases
were greater at the faster treadmill speed, in-
vivo, then would be predicted from the in-
situ force/velocity relationship of the same
muscle. Muscle-tendon unit lengths
increased markedly as treadmill speed
increased, as did lengthening velocities
during the yield phase in early stance.
Soleus output appeared to be enhanced
during the shorting action of the muscle in
late stance by the stretch imposed on the
muscle during early stance.

Data on slope walking, to date, are
ixed regarding soleus output. Plantar

T moments increase as upslope intensity

increases but soleus peak forces appear to
decline. In a separate cat, soleus emg
appeared to increase as upslope intensity
increased. Data are considered preliminary
and reasons for this possible discrepancy
will be discussed.

During downslope walking the
soleus muscle plays a major role in
controlling ankle joint kinetics. The moment
at the ankle appears to decline as downslope
intensity increases but soleus peak force
does not. The muscle undergoes a
significant amount of stretch during early
stance but contributes considerably more
than other plantar flexors during the entire
stance phase.

Ongoing experiments will be
discussed related to slope walking.
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EMG amplitudes suggest that activation
levels sufficient to recruit all motor units
occurred for only a few seconds per day and
force recordings from MG suggest that such
activation levels would be accompanied by
forces close to a maximal tetanic
contraction. The distributions of EMG
amplitudes during locomotion differed from
those observed over a 24-hour period,
suggesting that behaviors other than
locomotion contributed a majority of the
overall daily muscle activity.
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Figure 1. Average + SD durations of EMG
activity from & Rhesus monkeys measured
during 2-hour periods throughout a day.

Comparisons of EMG activity and force
levels in quadrupedal and bipedal
locomotion suggest that minimal
adjustments were necessary to achieve
bipedal stepping. Plantarflexors EMG levels
and MG force were slightly higher in
bipedal stepping, probably as a consequence
of greater loading on the hindlimbs. Thes
findings suggest that the evolution of
bipedal locomotion did not require major
alterations of motor control strategies.

The growing recognition that brief periods
of muscle loading are the norm and that such
stimuli are sufficient to activate protein
synthesis pathways (Baldwin & Haddad,
2001) has broadened the search for the

70

mechanisms linking biomechanical events
and muscle gene expression, particularly
when faced with the notion that some
muscle fibers may rarely become active.

The distribution of strain within muscles and
muscle compartments (Fukunaga et al.,
2001) is one poorly understood area that
may link passive and active portions of a
muscle. We will demonstrate how recent
developments in velocity cine phase contrast
MRI provide an opportunity to track the
motions of intramuscular tissues and thus
the distribution of strain within calf muscles
during repetitive movements (Drace & Pelc,
1994; see also A.M. Lia et al., these
proceedings).
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PATTERNS OF STRAIN AND ACTIVATION IN PROXIMAL LIMB MUSCLES OF
THE RAT: DO FASCICLES CHANGE LENGTH SUBSTANTIALLY WHEN ACTIVE?

Gary B. Gillis and Andrew A. Biewener
Concord Field Station, Harvard University, Bedford, MA, USA
E-mail: ggillis@oeb.harvard.edu

INTRODUCTION

Direct measurements of muscle strain in the
ankle extensors of running turkeys and
hopping wallabies have shown that fascicles
shorten little (< 6%) when actively
generating force during stance (Roberts ez
al., 1997; Biewener et al., 1998). It has
been proposed that vertebrate limb muscles,
more generally, may function nearly
isometrically during locomotion, producing
little mechanical work, but economizing
force production (Taylor, 1994). However,
studies of ankle extensors in cats suggest
otherwise, with fascicles changing length
more substantially and producing positive
work and power (e.g., Prilutsky et al., 1996).
Because turkeys, wallabies, and cats
comprise a small range of vertebrates and
ankle extensors constitute only a fraction of
a limb’s total musculature; it is important to
examine strain patterns in more proximal
muscles and in other vertebrate groups. In
this study we examine strain and activation
in hip and knee extensors of rats to test more
broadly the hypothesis that major limb
muscles may be active nearly isometrically
during locomotion. In addition, we compare
functional patterns among different gaits to
assess how these more proximal muscles
respond to changing locomotor demands.
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METHODS

To examine patterns of muscle strain and
activation, finewire bipolar electrodes and
pairs of sonomicrometry crystals were
implanted unilaterally into the cranial aspect
of the biceps femoris and into the central
region of the vastus lateralis. Following
surgeries, rats were allowed to recover and
then exercised on a small treadmill over a
range of speeds to elicit walking, trotting,
and galloping gaits. Strain and/or activity
were recorded from each muscle from a total
of four rats. Data from 3-5 step cycles were
analyzed for each locomotor trial. Variables
characterizing the timing and magnitude of
electromyographic activity and strain were
determined for each stride, and averaged
over each trial. Using the mean trial values,
analyses of variance were performed to
examine the effects of gait on the parameters
characterizing activation and length-change.

RESULTS AND DISCUSSION

The cranial portion of the biceps femoris
actively shortens during the stance phase,
regardless of gait (Fig. 1). Total shortening
strain, however, varies significantly among
gaits (P < 0.01), ranging from 23 £ 3%
during slow walking, to a maximum of 27
5% at a fast trot.
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Figure 1: Representative patterns of strain
and activation in the biceps femoris during
trotting.

Upon shifting to a gallop, strains decrease
and shortening velocities become less
consistent, with some periods of little length
change. Furthermore, during galloping,
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Figure 2: Representative patterns of strain
and activation in the vastus lateralis during
trotting.

The one exception to this pattern is the
vastus of the leading hindlimb during
galloping. In this case, the fascicles do
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shorten substantially in the second half of
stance (mean = 10 = 2%) and the timing of
EMG activity is phase-delayed such that this
shortening occurs while the fascicles are
active.

Thus, patterns of muscle activation and/or

strain differ among gaits an

n
aLx

[&%
(e

muscles, and even between contralateral
hindlimbs during the same gait (galloping).
Further, our results also show that these two
proximal muscles of the rat exhibit
substantial ranges of strain during activation,
countering the hypothesis that limb muscles
operate nearly isometrically when active
during stance. Finally, comparisons with

cle

strain patterns of similar muscles in horses
suggest that differences in animal size (and
corresponding shifts in limb configuration)
may influence the functional roles of

homologous muscles.
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CONSIDERATION OF ONE- AND TWO-JOINT MUSCLE FUNCTION BASED ON
DIRECT MEASUREMENT OF IN VIVO MUSCLE FORCES

Motoshi Kaya, Tim Leonard, and Walter Herzog

Human Performance Laboratory, University of Calgary, Calgary, Alberta, CANADA
E-mail: motoshi@kin.ucalgary.ca

INTRODUCTION

It has been proposed that one- and two-joint
muscles perform distinctly different
functions: one-joint muscles have been
associated with positive joint power
generation, irrespective of the required net
joint moment; while two-joint muscles have
been said to cause appropriate distribution of
net joint moments to control the direction of
external forces (Ingen Schenau et al., 1992).
In Ingen Schenau’s studies, muscle force
patterns were estimated by EMG rather than
by direct measurement of the forces.
Therefore, the purpose of this study was to
determine the proposed function of one- and
two-joint muscles based on direct
measurement of in vivo cat ankle extensor
forces during level and downslope walking.

METHODS

Four adult male cats were trained to perform
level and 30 degree downslope walking.
The forces in the two-joint muscle, medial
gastrocnemius (MG), and the one-joint
muscle, soleus (SO), were individually
measured using buckle type force
transducers (Walmsley et al., 1978). EMG
activities of these muscles were measured
using indwelling, bipolar fine wire
electrodes. The hind limb kinematics and
ground reaction forces (GRF) were
measured using high-speed cameras and
force platforms. The muscle-tendon length
changes were estimated by kinematics and
muscle geometry measurement including,
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the origin-insertion location, and the
instantaneous moment arm.

Results

Typically, SO produced greater forces than
MG during the stance phase of level and
downslope walking (Fig. 1 a). For level
walking, SO and MG produced forces over
the entire stance phase and the ankle
extensor moment was extensor (Fig. 1 b).
For downslope walking, MG forces became
virtually zero around the middle of stance
when the ankle moment changed from
extensor to flexor (Fig. 1 b), while SO
produced force during the entire stance
phase. SO and MG initially lengthened
(level: up to 30% of stance phase,
downslope: up to 60 %), followed by
shortening (Fig. 1 c).

DISCUSSION

For level walking, the net ankle moment was
always extensor during stance, while for
downslope walking, the ankle moment
changed from extensor to flexor at about

50 % of stance. The differences in MG
force patterns for level and downslope
walking seem to correspond to the change in
ankle moment (Fig. 1 a). Therefore, MG
force appears to parallel the required ankle
joint moment. Since the direction of ankle
joint moment (flexor/extensor) also
represents the direction of the external GRF
relative to the ankle joint center, MG might
primarily control the direction of GRF,
consistent with the function of two-joint



muscles proposed by Ingen Schenau et al.
(1992). During stance, MG lengthened,
followed by shortening, and thus MG
produced positive and negative power.
Therefore, MG force seems to be
independent of joint power.

In contrast to MG, SO produced force
during the entire stance phase in downslope
walking when ankle extensor and ankle
flexor moments were required (Fig 1 b).
Thus, SO force seems to be independent of
the net joint moment requirements.
Moreover, SO reached its peak force in the
first half of stance, when SO was
lengthening, and SO produced negative
power. This suggests that SO force
production is not consistent with the
function of one-joint muscles proposed by
Ingen Schenau et al. (1992) who stated that
one-joint muscles are primarily activated to
produce positive power. From our results, it
appears that SO is a stabilizer of the ankle
and prevents a collapse of the ankle during

stance.

p b

SO. In this animal, MG forces persisted
throughout the entire stance phase in level
and downslope walking (Fig 1 d). In this
case, MG appeared to take over the lost
function of SO in the late stance phase of
downslope walking.

CONCLUSION

Based on the results of this study, we
conclude that the function of one-joint
muscles proposed by Ingen Schenau et al.
(1992) is not correct and cat SO is not a
power producer but an ankle stabilizer. SO
produced force independent of the net joint
moment and joint power requirements. The
function of two-joint muscles proposed by
Ingen Schenau et al. (1992) appears correct
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for MG. MG force production was tightly
linked to the direction of the external GRF,
and therefore, the net ankle moment (Fig. 1
a, b). MG primarily functions as an ankle
moment generator, and MG can take over
the function of SO, if SO function is lost.
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IN VIVO MUSCLE FUNCTION IN HIGH PERFORMANCE FISHES

Robert E Shadwick' and Douglas A. Syme?

! Scripps Institution of Oceanography, University of California, San Diego, CA, USA
? Department of Biological Sciences, University of Calgary, Calgary, Alberta, CANADA
E-mail: rshadwick@ucsd.ed

INTRODUCTION

Axial locomotor muscle in most fishes
consists of a series of nested cone-shaped
myotomes that run along the sides of the
body. These muscle blocks are linked by
connective tissue to the skin and backbone.
Typically, muscle shortening results in local
bending, whether it be superficial red
(aerobic) fibers that power steady cruise
swimming, or deep white (glycolytic)
myotomal fibers powering burst swimming.
Progression of a wave of muscle activation
and contraction along the body yields a
travelling wave of bending. Muscle strain
amplitude increases from anterior to
posterior in direct correlation to the
increasing amplitude of body bending.

An exception to this pattern is found in the
tunas and lamnid sharks (e.g. great white
and mako), where the bulk of red fibers are
located deep within the myotomal mass,
which has been shifted anteriorly to create a
more streamlined body. This specialized
location of red muscle presents a potential
dilema. Shifting the aerobic muscle mass
anteriorly and internally should hinder its
ability to contribute power to swimming, yet
these animals are regarded as being highly
adapted for continuous locomotion. There is
little body bending in the region where the
bulk of the red muscle resides, and the
nearness of this muscle to the neutral axis of
bending should further limit its strain
amplitude and power output. Here we
address this issue by using irn vivo and in
vitro methods to analyze muscle function.
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METHODS

We measured in vivo muscle strain in
yellowfin tunas (Thunnus albacares) while
they swam in a large water tunnel treadmill.
Fish were implanted with three pairs of 2
mm diameter sonomicrometer crystals.
placed in three locations: in the superficial
and deep red muscle at the longitudinal
midpoint of the animal (0.5 BL, BL = body
length), and in the superficial red muscle at
0.7 BL. Simultaneously, the fish were
videotaped from above. Sequences of
images of the fish were digitized, and
polynomial functions were fit to the body
midline for each frame. From these
functions we calculated local curvature of
the body and the corresponding local muscle
strain, based on simple beam theoery. The
fish averaged 42.3 cmin BL (S.E.=1.1)
and had an average mass of 1297g. (S.E.=
157). Once recovered from anesthesia, fish
swam at a mean speed of 1.85 BL/s (S.E.=
0.04),

Mechanical work and power were measured
on excised blocks of red muscle using the
work loop (e,g, Altringham and Johnson
1990). Briefly, the muscle was subjected to
sinusoidal length oscillations (strain)
centered about 1. The muscle was
stimulated phasically during the strain cycle
such that it developed force primarily during
muscle shortening and was relaxed during
lengthening. Muscle work and power were
measured over a range of cycle frequencies,
strains and stimulus duty cycles and phases
that encompassed and/or equaled the



physiological conditions measured from
swimming fish (Knower, 1998; Shadwick et
al., 1999). These included cycle frequencies
of 1-12 Hz and strains of +£5.5%, +2.75%
and £8%. Stimulus duty cycle and phase
were systematically altered to maximize the
net work produced by the muscle; in all

cases the physiological values were included
the vahies tested.

RESULTS AND DISCUSSION

Sonomicrometry measured strain in
superficial red muscle is matched in
amplitude and phase to strain calculated
from midline curvature (Fig.1). However,
the internal red muscle contracts
independently of the more peripheral red
muscle. Contrary to being strain limited, the
internal red muscle produces large strain
amplitudes and greater power all along the
body, without causing large local bending.
This is the defining difference between the
thunniform design and all others. Internal
red muscle strains based on curvature are
predicted to be £2.5-3%, whereas those
measured with sonomicrometry (£5.5 - 6%)
are double the amplitude expected if the
myotomes were acting as a homogeneous
beam, and may even be larger than
peripheral red muscle strain at the same
longitudinal position. Work-loop tests show
that the power produced by red muscle at the
measured strain is indeed twice that
produced at the smaller calculated strain.
Most importantly, cyclic length changes in
the internal red muscle of tunas are
significantly out of phase with changes in
local bending. For example, at a midpoint
along the body length, deep red muscle
shortening is 30-50° later in time than local
body bending, which means the muscle
shortening is synchronous with midline
bending several cm more posterior (Fig.1).
Thus, the internal placement of tuna red
muscle appears to provide a performance
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Muscle strain (%)

enhancement not seen in other teleost fishes,
one that should increase power output and
focus muscle action to the more posterior
thrust-producing caudal region. The internal
and anterior location of red muscle in the
mako shark suggests a parallel mechanical
function to tunas which is currently under
investigation.
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Figure. 1. Comparison of muscle strain
calculated from midline curvature (symbols)
vs. that measured by sonomicrometry (iine)
for a yellowfin tuna swimming at 2BL/sec.
A. Superficial red muscle strain at 0.5 BL,
showing close agreement between the two
methods. B. Internal red muscle strain at
0.5BL. Note that the measured strain here is
larger and phase-delayed compared with the
predicted strain. C. Superficial red muscle
strain at 0.7BL. Strain here is approximately
in phase with strain of internal red muscle at
0.5BL.
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FULL WALKING CYCLE SIMULATION OF A ROTATING PLATFORM TKR
Jason K Otto?, John J. Callaghanl’z, and Thomas D. Brown'??
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E-mail: tom-brown@uiowa.edu

INTRODUCTION

Although mobile bearing total knee
replacements are growing in popularity,
little is known about the mechanics (i.e.,
motion, contact stresses, wear) at the
“mobile” (backside) interface. The objective
of this study was to develop a physically
realistic, multi-contact-interface finite
element (FE) model of a rotating platform
total knee, for the purpose of studying the
mechanics at the “mobile” interface under a
standardized walking cycle.

METHODS

A 3-D FE model of a rotating platform total
knee* was meshed with the PATRAN 8.5
pre-processor (Fig 1). ABAQUS 5.8 was
used to perform a nonlinear, large-
displacement contact analysis. Since the
CoCr elastic modulus (220 GPa) is over 300
times higher than that for UHMWPE, the
femoral component and tibial tray were
modeled as rigid surfaces (3062 and 3707 3-
noded triangular elements, respectively).
The PE insert (7390 8-noded hexagonal
elements) was treated as a nonlinear
deformable body, with a Poisson ratio of
0.45 and a tangent elastic modulus governed
by a 4th-order constitutive relationship with
von Mises stress (0): E(c) = 634.92 -
12.310 - 3.616% + 0.1990° - 0.002836" MPa
(Cripton, 1993).

Unlike FE models with prescribed bearing
surface traction, this model used multiple-
surface contact interactions (“bearing” =
femoral component/PE and “mobile” = tibial
tray/PE interfaces), which permitted a
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realistic load transfer analysis. An
experimentally derived dynamic friction
coefficient of 0.089 was used at the
interfaces. The femoral component was
given varus/valgus rotational, and full
translational freedom. The tibial tray was
only free to axially rotate. The PE insert, by
contrast, had complete translational and
rotational freedom, constrained only by
contact with the femoral and tibial
components.

Fig 1: FE model of a rotating platform TKR.

Waveforms from the proposed ISO standard
#14243-1 were used as input for the FE
model. The standard includes force-
controlled axial load, axial torque, and A/P
force waveforms, and also a displacement-
controlled flexion waveform (Fig 2). These
waveforms were discretized into 100
piecewise linear segments, each increment
being an FE analysis step. In addition, linear
soft tissue constraints of 30 N/mm A/P, and
0.6 N-m/deg rotational displacement were
used. Lastly, a medially biased condylar
load allocation was achieved by moving the
concentrated axial load 4.9 mm medially.
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RESULTS AND DISCUSSION

During surgery, the tibial tray is implanted
with a 10° posterior slope, and the femoral
component is flexed 5°. Therefore, flexion
angles used here are 15° less than clinical
flexion angles. As flexion angle increased
(as seen in most of the swing phase), the
contact stress distributions shifted
posteriorly. When this posterior shift of
contact was coupled with a nontrivial level
of anterior force, the posterior edge of the
PE insert acted as a fulcrum, lifting the
anterior edge off of the tibial tray.

Peak von Mises contact stresses in the PE
insert rarely exceeded 12 MPa. These
stresses were considerably lower than those
measured in fixed bearing total knees, which
can be 20 MPa or more (Szivek et al., 1996).
Contact stresses developed in the post were
low (<5 MPa). Although this may change
when the tibial tray is placed at 10° of
posterior slope.

The amount of torque required to overcome
friction at the “mobile” interface is
proportional to the axial load (Otto et al.,
2000). There was very little axial rotation of
the tibial tray during the first 30% (first half
of stance phase) of the gait cycle (Fig 3).
This was caused by the high axial loads and
small axial torques during this period.
Conversely, the end of stance phase was
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marked by significant tibial tray rotation.
Normal kinematic total ROM for
endo/exorotation is generally considered to
be approximately 13° (Kabada et al., 1990).
This implant has a total ROM of just over
6°. Changes in normal kinematics may have
adverse consequences in terms of
accelerated wear and/or loosening.

Solution of the finiie element model was
sensitive to the soft tissue constraint
constants. A previous model used
constraints of 0.27 N-m/deg rotational and
20 N/mm A/P displacement. The decrease in
constraint caused the tibial tray to internally
rotate nearly 11°, which caused the solution
to diverge and end before completion.
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Fig 3. Axial rotation of the tibial tray.
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INTRODUCTION

Retrograde femoral nailing for femoral shaft
fractures has been used in its present form
since approximately 1995. A rod is placed
into the medullary canal through an entry site
in the knee, extending into the
subtrochanteric region of the proximal femur.
Little is known regarding the implant’s effect
on strain in the proximal femur. Report of
fracture at the tip of the nail has occurred in
shorter retrograde nails that end in the mid-
diaphysis (Leibner et al., 1999). Other
implanted devices which end in the
subtrochanteric region, such as femoral neck
pins and short antegrade intramedullary nails,
have a well-established history of increased
fracture risk (Andrew and Thorogood,

1984). This study examines strain changes
incurred in the proximal femur before and
after retrograde nailing, using a three
dimensional finite element model.

METHODS

A three dimensional solid mode] of a
commercially available synthetic femur
(Sawbones, Pacific Research Laboratories,
Vashon, WA, USA) was constructed using
public domain surface geometries for The
Standardized Femur (Viceconti, 1997). A
mesh of 8 node hexahedral elements, with
intervals of 3mm, was constructed for
cortical and cancellous bone from the femoral
head to the distal femoral metaphysis (31,600
elements). An intramedullary retrograde rod
was modeled to fit the inner curvature of the
femur with a constant 1 1mm diameter.
Material properties were modeled as linear,
elastic, isotropic, and homogeneous. The
elastic modulus was defined as 14,200 MPa
for cortical bone (McNamara et al., 1997),
1500 MPa for cancellous bone (Duda et al.,
1998), and 200,000 MPa for the stainless
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steel rod (manufacturer); Poisson’s ratio was

0.3 for all materials. A femoral shaft fracture

was simulated by creating a segmental defect

at the mid-diaphysis. The distal end was fully
constrained.

Axial Loading: The femur was loaded in a
simulated single limb stance with the femur
positioned in 25° adduction (Sim et al., 1995)
and a load of 2000N distributed over the
femoral head.- An abductor force of 1240N
was applied on the greater trochanter at 40°
from the long axis of the femur (McNamara
et al., 1997). The maximum (tensile) and
minimum (compressive) principal strains
were recorded laterally and medially in the
intact femur and for nails with the proximal
tip ending 2cm above the lesser trochanter
(LT), at the LT, and 4cm below the LT.

Torsional Loading: A moment of 20 N-M
was applied about the z axis, centered
proximally around the long axis of the femur.
Maximum shear strain was recorded at the
same locations as for axial loading.

RESULTS AND DISCUSSION

Axial Loading: In the intact femur (no rod in
place), minimum principal strains recorded
along the medial proximal femur ranged from

2100 to 3300 pe, with the highest strains
immediately below the L'T. Laterally,
maximum principal strains ranged from 2100

to 2700 L, also with the highest strains just
below the LT. For all nail lengths, strains
decreased by less than 5% proximal to the tip
of the nail (Figure 1). With the tip at 4cm
below the LT, strains distal to the nail
decreased up to 15% medially and 20%
Jaterally. With the tip at the LT, strains distal
to the nail decreased 12 to 15% medially and
up to 27% laterally. With the tip of the nail



2cm above the LT, medial and lateral strains
decreased more than for the other two nail
lengths. Distal to the nail, medial strains
decreased 8% at the 1T and 10-15% 4cm
below the LT, while laterally the strains
decreased by 34% near the LT and
equilibrated to a 20% decrease further
distally.

Torsional Loading: All nail placements
behaved similarly for medial shear strain
(Figure 2). At 4cm below LT, minimal
decrease in shear strain was observed (2 to
5% in all cases). At the LT, strains were
increased by 17 to 18% compared to the
intact femur for all nail positions. Shear
strains increased by 34% for all nails at 2cm
above LT. Lateral shear strains demonstrated
similar behavior for all nails except in the
region between 2cm above the LT and 4cm
below the LT. In this region, progressively
higher strains were observed as the nail was
made shorter (Figure 2).

SUMMARY

Varying the length of a retrograde femoral
nail alters the strain distribution in the
proximal femur in this 3-D finite element
model. During axial loads, progressively
more stress shielding was observed,
especially laterally, when the length of the
nail was increased. The shortest nail had the
Ieast alteration in strain compared to the intact
femur. In torsion, progressively higher
shear strain was observed laterally at the LT
and below for progressively shorter nails.
Placing the tip of the nail more proximal may
potentially protect the femur from fractures in
the subtrochanteric region, but it will also
predispose this region to stress shielding,
which could be deleterious over time.
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INTRODUCTION

The human knee joint is a multi-body
complex system that experiences relatively
large loads and displacements during normal
daily activities. The joint stability is
provided by its articular surfaces, menisci,
ligaments and muscles. An injury to a
component influences the joint normal
kinematics/kinetics with liklihood to
initiate/accelerate joint instability and
degeneration. In this work, a validated
nonlinear 3-D model of the human knee
joint (Benjaballah et al, 1997 and 1998) is
further refined and applied to the analysis of
the tibiofemoral joint in passive flexion.
Attention is focused on the global motions,
ligament forces and load transmission. The
effect of changes in ligament initial strain on
the response is also investigated.

METHODS

The FE model (Fig. 1) of the tibiofemoral
joint consists of two rigid bony structures
(tibia, femur), articular cartilage layers,
menisci, and four principal ligaments
(collaterals and cruciates). The tibial
articular cartilage layers were refined into
two layers along the depth. For meniscal
tissue, a non homogeneous composite model
of a matrix of ground substance reinforced
by a network of radial and circumferential
collagen fibres was considered. Ligaments
were each modelled by a number of uniaxial
elements with nonlinear stress-strain curves
and initial strains; 6 elements for AM/PL
bundles of ACL, 6 for AL/PM of PCL and

3 for LCL. To account for the wrapping of
the MCL around the proximal medial tibial
edge and its peripheral attachment to the
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medial meniscus, the MCL was modelled by
5 uniaxial elements for proximal part, 10
elements for the attachment to the meniscus
and 5 wrapping elements for the distal part.
The mechanical properties remained nearly
the same as before.

For the loading in this study, femoral flexion
was prescribed while coupled femoral
medial-lateral, posterior-anterior and distal-
proximal translations were set free. Tibial
coupled varus-valgus and external-internal
rotations were also left free. Remaining
degrees-of-freedom at femur/tibia were
constrained. The joint nonlinear analysis
was carried out in two steps; ligaments pre-
strains were applied resulting in initial
strains in ACL, PCL, LCL and MCL of
respectively —0.7%, -25%, 1% and 0%.
Subsequently, the femur was flexed to 90°.

RESULTS

Displacements of the primary bony nodes
(Fig. 2) show the femoral rollback and
screw-home mechanism (tibial internal
rotation). The tibial rotation, however,
reverses at larger flexion rotations. As for
ligament forces (Fig. 3), all ligaments were
nearly inactive in the first third of the
applied rotation whereas the forces increased
at rotations beyond 40°; specially in ACL
and PCL reaching values beyond 100N at
the final rotation of 90°. The computed
forces transferred by medial and lateral
plateaus (Table 1) at both covered (via
menisci) and not-covered (cartilage-
cartilage) regions demonstrate that the axial
component of the load is transferred mainly



through the lateral compartment, particularly
through the lateral meniscus.

DISCUSSION

A detailed 3-D model of the human knee
joint is used in this study to compute the
global response, ligament forces and load
transmission in passive flexion. The results
are in general agrecinent with
measurements. The ACL and PCL ligaments
exhibit a clear coupling in that, for example,
an increase in PCL initial strain would
increase the tensile forces in both ACL and
PCL and decrease the tibial internal rotation
to become external at smaller flexion angles
and vice versa. As the flexion angle
increases, so do the forces in ligaments,
specially cruciates, which in turn compress
the articualr surfaces resulting in
compression forces on both covered and not-
covered areas. This developed nonlinear
model is currently used to investigate joint
pathomechanics in various loading
combinations and pathologic conditions.
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MEDIAL LATERAL
Flexion | ¢ vered | Mot Covered | O
° covered covered
0 0.9 0 9.73 0.25
30 0 0 9.32 0.2
60 22.38 22.43 67.23 0
90 58.83 56.71 9598 1367

Tablel. Total axial contact forces (N) on the
medial and lateral plateaus.
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Fig. 1 A typical posterior view of the model;
bony structures are not shown.
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INTRODUCTION

Blunt impact to the eye can cause a large
range of ocular injuries. Among men, fights
account for 18% of ocular injuries, while
sporting activities account for 11% (Wong et
al., 2000). The military sector of the
population is also experiencing a large
number of eye injuries. One would predict
that eye injuries would account for less than
1% of all injuries since the ocular surface
area is approximately only 0.27% of the
total body surface area. However, in
Operation Desert Storm, the incidence of
ocular injury was 13% of the total combat
injuries (Heier et al., 1993). Debris and
fragments sent into the face are usually
responsible. This study presents the
methods used to develop a finite element
(FE) model of the human eye to simulate
blunt impacts. This model is designed to
handle the large deformation induced by a
blunt impact and is suitable for investigating
the associated ocular injuries.

METHODS

The outer shell of the eye is formed by the
cornea and sclera (Figure 1). The varying
thickness of each was incorporated into the
model. Inside the shell lies the lens, held in
place by the ciliary body and zonules. The
ciliary body and zonules were modeled as a
single structure. Anterior to the lens is the
aqueous humor and posterior is the vitreous.
The globe is surrounded by fatty tissue and
encased by the bony orbit.
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vitreous

Figure 1. The meshed globe and internal structures.

For this study, the bony orbit was
approximated as a pyramid (Sauerland,
1994). The six muscles that control eye
movement were also modeled (Figure 2).

muscles
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N
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Figure 2. Extraocular muscles attached to the sclera
(fatty tissue not shown).

The nonlinear stress-strain behavior of the
cornea and sclera, up to rupture, was taken
from a study by Uchio et al (1999)(Table 1).
The bony orbit and lens were assumed to be
rigid. All six muscles and the ciliary body
were assigned a tensile strength of 20 MPa.
This initial approximation is supported by the



tensile strength reported for collagen and the
large amount of collagen in these structures.
The aqueous, vitreous, and fatty tissue were
modeled similar to soft human tissue with a
Young’s modulus of 47 kPa and a Poisson’s
ratio of 0.49 (Todd and Thacker, 1994). All
densities were approximated between those
known for water and collagen.

ummary of m
Structure | E (MPa) v | pkegm’)
Cormnea Nonlinear | NA 1400
Sclera Nonlinear | NA 1400
Lens Rigid NA 315
Ciliary body 20 0.40 1600
Aqueous 0.037 0.49 999
Vitreous 0.042 0.49 999
Six muscles 20 0.40 1600
Fatty tissue 0.047 0.49 999
Orbit Rigid NA NA

Meshing was performed using I-DEAS and
Hypermesh software programs. Triangular
elements yielded better computational
stability than quadrilateral elements.
Therefore, triangular membrane elements
were used to mesh the comea and sclera.
Thus they do not possess bending rigidity
but instead behave like the membrane of a
water balloon. Solid elements were used to
model the aqueous, vitreous, and fatty
tissue. Only the passive strength of the
muscles and ciliary body was simulated in
this study. Therefore, they were modeled
with tension-only membrane elements. In
total, 1256 elements and 1172 nodes were
used to construct the eye model.

RESULTS AND DISCUSSION

The finite element eye was imported into
MADYMO to simulate dynamic impacts
with rigid blunt objects. MADYMO was
chosen because of its airbag and dummy
models and the ability to perform both
multibody and finite element calculations.
The extraocular muscles were allowed to
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move freely within the fatty tissue (Figure 3).
Under impact loading, the fatty tissue acted
as a dampening material while the cornea and
anterior chamber experienced a large amount
of compression. The model also remained
stable under this loading.

muscles

fat orbit

cornea

Figure 3. Globe being impacted with a blunt object.

Several assumptions were made in the
formulation of this model. All anisotropic
and viscoelastic behavior was neglected.
However, this model can still provide
valuable insight into the ocular injuries
associated with blunt trauma. With modeling
of the surgical incisions, it could be used to
study the additional risks associated with
vision correction procedures (RK, LASIK,
etc.). Finally, more accurate material and
geometric properties of the orbit could be
incorporated to investigate blowout fractures
or other orbital injuries.
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INTRODUCTION

The cornea performs two major functions: to
protect the inner contents of the eye and to
refract light. To do so, the cornea must main-
tain its strength and transparency. The main
structural component of the cornea is the
stroma, which provides most of the cornea’s
strength, and helps give the eye its shape. The
refractive power of the cornea is determined
by its index of refraction and by its radius of
curvature, and accounts for over two-thirds of
the optical power of the eye.

The topography of the cornea is predomi-
nantly dependent upon the material stiffness
properties and thickness of the cornea. Cor-
neal diseases can affect corneal thickness and
stiffness, e.g. keratoconus, and can lead to
changes in topography, causing visual m-
pairment. There is also a need to understand
the effects of corneal thinning in myopic cor-
nea, in response to photorefractive surgery,
where the cornea is artificially thinned with a
laser to improve the optical properties of the
eye. Hence an understanding of the biome-
chanical behaviour of the cornea is vital for
the development of predictive tools to aid
clinical management of patients.

Corneas with reduced thickness and stiffness
will affect the accuracy of the indentor tech-
niques used for estimating intraocular pres-
sure (IOP), which are part of the process of
diagnosis for disease states such as glau-
coma. It is accepted in clinical practice that
applanation tonometry (which uses a cylin-
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drical indentor) becomes unreliable follow-
ing photorefractive keratectomy and is unreli-
able in keratoconic subjects.

The overall aim of this research is the devel-
opment of finite element models of the cor-
nea, to assess the effects of photorefractive
surgery and corneal thinning disease on the
accuracy of clinical indentor techniques. This
work is described below.

METHODS

Numerical analysis of thin corneas has been
carried out using finite element analysis of
axisymmetric models, subject to indentation.
Two approaches were adopted: (1) where the
pressure due to an indentor was applied as a
boundary condition and (2) where the inden-
tor was explicitly modelied. The thickness
and stiffness of corneal models were varied
for different intraocular pressures, above and
below normal physiological levels. The re-
sulting changes to comeal topography and
thickness were then compared. Simple linear
elastic material behaviour was assumed for
both the cornea and indentor.

Calibration exercises were conducted to
compare finite element predictions with
clinical observations. An example is shown
in Figure 1, which is a simulation of an ap-
planation tonometer test on a cornea. A cylin-
drical indenter is pushed into the cornea and
applanates the eye, leading to local deforma-
tion. The undeformed and deformed meshes
are shown in Figure 1.



Figure 1: Finite element simulation of 2 Goldmann tonometer
test showing undeformed and applanated eye

RESULTS AND DISCUSSION

Finite element analysis was carried out to
assess the variation in predicted intraocular
pressure (IOPG) from applanation tonometry
compared to the true intraocular pressure
(IOPT) as specified by the model boundary
conditions, for various pressures, material
thickness and stiffness. This variation can be
expressed using the modification factor (K)
below (after Orssengo and Pye, 1999):

I0PG
K= (1)

IOPT
A plot of central corneal thickness versus
correction factor (K), for an applied (true)
intraocular pressure of 15 mmHg (2.5 kN/nt’)
using a uniformly distributed load (to simu-
late the indentor) and a fully explicit model of
the indentor is shown in Figure 2. This is
compared with data from a review of the
clinical literature produced by Doughty and
Zaman (2000). This data represents the aver-
age correction of measured intraocular pres-
sure from applanation tonometry required for
healthy eyes with a 10% change in central
corneal thickness. The shaded region shown
in Figure 2, shows the data which represents
the maximum and minimum corrections re-
quired. The resuits indicate that the finite
element analysis shows a strong correlation
to the clinical studies. In addition, the pre-

diction where the indentor is modelled ex-
plicitly produces better results, which can be
attributed to the effects of the linear interface
between the cornea and indentor. Further im-
provements of the corneal model (e.g. non-
linear elasticity) would provide better cor-
relation with the data.

o Gulstrand Mesh with Applanator at 15mmHg
~8— Gulstrand Mesh with UDL at 15mmHg
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SUMMARY

It has been shown that the biomechanics of
the thin corneas can be represented reasona-
bly accurately with a finite element models
and compare favourably with clinical data.
With further development this may provide a
simple method of correcting tonometry read-
ings for thin corneas to help improve clinical
management of patients.

REFERENCES

Doughty, M.J. and Zaman, M.L., (2000) Hu-
man Cormmneal Thickness and Its Impact on
Intraocular Pressure Measures. A Review
and Meta-analysis Approach. Surv Oph-
thalmol. 44.367-408.

Orssengo, G.J., Pye, D.C. (1999) Determina-
tion of the True Intraocular Pressure and
Modulus of Elasticity of the Human Cornea
in vivo. Bul. Math. Biol. 61,551-572.

90
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INTRODUCTION

An extended occupational exposure to hand-
transmitted vibration, arising from the
operation of hand-held power tools, has
been associated with the development of an
array of vascular, sensorineural and
musculoskeletal disorders. The vibrotactile
perception threshold (VPT) measurement
technique is widely used to diagnose the
sensory neuropathy of the hand induced by
an extended exposure to vibrations. The
measured values of VPT have been reported
to depend on the contact force, vibration
frequency and magnitude, and the
temperature of the finger skin [1]. Although
the measured values of VPT responses of
fingertips have been widely spread, no
attempts have been made to develop
adequate analytical models to study the
mechanics of tactile sensation. This study
proposes a finite element model of a human
fingertip to study its responses to impinged
vibration.

METHOD

A two-dimensional finite element (FE)
model of a fingertip is developed to study its
deformation-dependent vibrationresponses.
The model is composed of linearly elastic
bone and nail, and nonlinearly elastic and
visco-elastic soft tissue. The fingertip was
assumed to be symmetric (Fig. 1). The skin
tissue is assumed to be in contact with a
linearly elastic, smooth steel plate,
representing the vibrotactile probe. The
dimensions of the fingertip model are
assumed to be representative of the index
finger of a male subject. The material
parameters of the soft tissues, bone, and nail
are taken from the published experimental
data [2,3]. The fingertip tissue is subjected
to varying levels of static deformations and
contact force by displacing the contact plate
vertically. Att=0, the plate is considered to
be in contact with the fingertip skin surface
with negligible resultant contact force. The
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contact plate is then displaced upwards to
achieve a predetermined value of the tissue
deformation (A) within a ramping period of
Tc (=1s). The FE simulation is performed to
determine the free-vibration characteristics
of the fingertip corresponding to different
tissue deformation levels (A =1.5,2.0, 2.5,
and 3.0 mm).

Bone

Soft tissue

Steel plate

F(0), A9

Figure 1: Finite element model of a
fingertip

RESULTS

The modal analysis of the fingertip model
was performed using the tangential stiffness
of the tissue corresponding to the maximum
deformation at t=7Tc. The free vibration
analysis of the fingertip model, as expected,
resulted in a large number of natural modes.
Considering that most power tools generate
dominant vibration in the frequency range of
25-320 Hz [4,5], the first ten eigen-
frequencies of the fingertip model were
extracted corresponding to each static
deformation. Fig. 2 illustrates the variations
in the modal frequencies as a function of the
static tissue deformation. The natural
frequencies corresponding to the extracted
modes lie in the 40 Hz to 320 Hz frequency
range. The eigenfrequencies corresponding
to the selected modes increase considerably
with increase in the magnitude of the tissue
compression or pre-load. The eigen-
frequency corresponding to a specific mode
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INTRODUCTION

A comparison of joint moments with
measured strength has demonstrated the
relative difficulty of sit-to-stand (STS) tasks
for older adults (Alexander et al., 1997).
Such an analysis remains to be performed
for various other locomotor activities of
daily living (LADLSs). Thus, the purpose of
the present study was to compare maximum
measured dynamometric strength with the
calculated 3D lower extremity joint
moments required to perform overground
walking (OGW), sit-to-stand (STS), stair
ascent (SA), and stair descent (SD) in
healthy young and older adults.

METHODS

Eleven young [age: 24.2 (2.6) yrs, body
mass (BM): 63.4 (7.2) kg, height: 165.0
(2.9) cm: mean (st. dev.)] and 10 active
healthy older females [age: 73.5 (2.6) yrs,
BM: 65.6 (10.8) kg, height: 158.3 (4.6) cm]
were studied. VICON 370 (Oxford Metrics,
U.K.) was used to collect 3D kinematics of
the left lower extremity. Five trials of SA
and SD were collected at 0.65 m/sona 7-
step staircase instrumented with a portable
force platform (type 9286, Kistler
Instrument Corp, NY). Five trials of OGW
(1.35 m/s) and STS (rise time: 1.8s, chair
height: 43 cm) were collected on a 10m
runway equipped with a Kistler force
platform (type 9287A). Net joint moments
were calculated using the MARey package
(Cavanagh et al., 2001). Maximum
voluntary contractions (MVC) in the sagittal
plane were assessed for the hip, knee, and
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ankle and for hip ab/adduction with a
Biodex dynamometer (System 2, Biodex
Med Sys, NY). The muscle contraction
modes tested were isometric, 30°/s and 90°/s
concentric, and 60°/s eccentric. All strength
tests demonstrated good repeatability. For
each subject in each activity, the strength
requirement (%MVC) was expressed as the
ratio of peak calculated joint moments to
peak measured dynamometric torques (at the
most appropriate contraction mode and joint
angular velocity). Analysis of variance with
Bonferroni corrections compared the
differences in strength requirements between
activities, and t-tests compared differences
between age groups for each activity
(Minitab 12, Minitab Inc, PA).

RESULTS

Older adults required a significantly higher
fraction of measured MVC in the lower
extremity musculature than young subjects
to perform the majority of the LADLs
studied (Table 1, Figure 1). The most
significant age differences were found in the
hip abductors (ABD) during all LADLs.
The most demanding LADL was not the
same for each muscle group. SA was most
demanding for knee EXT and ankle PF
whereas the hip EXT group was challenged
the most during OGW. There were no
significant differences in the demands
placed upon the hip ABD during these
LADLs, with the exception that SD was
more demanding than OGW for the young.



DISCUSSION

Although STS is commonly used to assess
the functional level in older adults, at the
chair height used here it was one of the least
challenging of the LADLs studied for the
lower extremity musculature. Stair ascent
required a substantial portion of the
maximum available strength for both young
and older adults, and should be considered
in future analyses of sirength and functional
ability in older individuals. Similarly, the
striking age differences in hip abductor
requirements for all LADLs suggest that this
muscle group should be considered in a
functional assessment of older adults. The
difficulties in comparing maximum
measured strength and calculated joint
moments are demonstrated by the finding
that several LADLs were predicted to
require more than 100% of the MVC at the
ankle joint. Some requirements also seem
unreasonably large at other joints. This is
clearly an artifact of the different approaches
to estimation of the two quantities and
deserves further study.

Table 1. Required strength [mean (st. dev) in

Q/AAYTIAT Co L
%

MVC] for young and older adulis

Ankle Knee Hip
LADL PF EXT EXT ABD
Young
SD  783°T 5507 2267 a7%7
Q67 (265  (12.0)  (15.8)
T
SA  17917% 785PTE 5007 6582
(560)  (161)  (22.1)  (17.8)
STS 202°7 338%*% 456°7 -
(10.0) (6.9 (10.1)
OGW 1142°% 130P7% 35T+ 57727
294) 86 (169  (181)
Older
SD 1328°T es8T 3257 1003°
(39 (L8 (167  (173)
SA 23247 8g1°TH g7s5TE  ggy?
@9.0) (167 (215  (139)
STS 438°T+ 5213% 57907 -
a77) (85  (140)
OGW 1764°% 206°T% 10517+ o252
71.8)  (106)  (313)  (23.0)

Age difference within an activity * p<0.01, ® p<0.05;
Activity difference within an age group T+ p<0.01
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120 1 O Young O Elderly
100 : {
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Figure 1. Required strength (%eMVC)
during LADLs in young and older adults for
a) Hip EXT, (b) Ankle PF, and (c) Knee
EXT. Solid line is 100% MVC.
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MECHANICAL DEMAND DURING SIT-TO-STAND TASKS
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INTRODUCTION

The inability to rise from a chair limits an
individual’s functional mobility and restricts
the activities available for those undergoing
rehabilitation. Previous experimental and
modeling studies suggest successful
performance of sit-to-stand (STS) tasks
involves total body momentum control,
lower extremity strength, and multijoint
coordination (Gross et al., 1998; Riley et al,
1997; Pai and Rogers, 1991). To facilitate
performance of a sit-to-stand (STS) task,
clinicians commonly move the position of
the patient’s total body center of mass
(TBCM) closer to the base of support, as a
means of simplifying the task at the total
body level. The relocation of the TBCM
relative to the feet, however, requires
reorientation of the lower extremity
segments relative to the reaction force.
Modifications in the initial segment position
however, may induce modifications in the
mechanical demand imposed on the lower
extremity during the STS task and as a
result, increase the difficulty of the task at
the joint level.

This study tests the hypothesis that
modifications in initial segment positions
will redistribute the mechanical demand
imposed on the lower extremity during the
performance STS tasks. Large variations in
peak net joint moments (NJM) during STS
tasks between subjects and studies suggest
the distribution of load across the lower
extremity may vary between subjects (Gross
et al., 1998; Pai and Rogers, 1991).
Therefore, between task differences in
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ankle, knee, and hip NJMs will be compared
within subject.

METHODS

Eight normal subjects (4 women and 4 men)
performed STS tasks with four different
initial positions (Figure 1) using their self-
selected strategies. These four initial
positions are representative of those patient
populations may use to accommodate
limitations in' lower extremity joint range of
motion. Ground reaction force (1200 Hz)
and sagittal plane kinematics (60 Hz) were
collected simultaneously during the STS
tasks. Each coordinate of the body
landmarks (deLeva, 1996) were digitized,
filtered using a fourth order Butterworth
Filter (Saito & Yokoi, 1982) with cut-off
frequencies determined using a method
based on Jackson (1979). Kinematic and
reaction force data were synchronized at seat
departure. Net joint forces (NJF) and
moments (NJM) for the ankle, knee, and hip
were determined using Newtonian
mechanics. Total body momentum and
lower extremity NJMs at seat departure were
compared between task within subject
(p<0.05).

RESULTS AND DISCUSSION

Task specific differences in initial shank and
thigh segment positions resulted in
significant differences in mechanical
demand imposed on the lower extremity
(Figure 1). During weight acceptance,
between task differences in ankle NJMs
were attributed to more posterior center of
pressure locations during Tasks 1 & 3 as


















































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































