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Abstract

Knowledge of the forces acting on musculoskeletal joint tissues during movement benefits tissue
engineering, artificial joint replacement, and our understanding of ligament and cartilage injury.
Computational models can be used to predict these internal forces, but musculoskeletal models
that simultaneously calculate muscle force and the resulting loading on joint structures are rare.
This study used publicly available gait, skeletal geometry, and instrumented prosthetic knee
loading data [1] to evaluate muscle driven forward dynamics simulations of walking. Inputs to the
simulation were measured kinematics and outputs included muscle, ground reaction, ligament, and
joint contact forces. A full body musculoskeletal model with subject specific lower extremity
geometries was developed in the multibody framework. A compliant contact was defined between
the prosthetic femoral component and tibia insert geometries. Ligament structures were modeled
with a nonlinear force-strain relationship. The model included 45 muscles on the right lower leg.
During forward dynamics simulations a feedback control scheme calculated muscle forces using
the error signal between the current muscle lengths and the lengths recorded during inverse
kinematics simulations. Predicted tibiofemoral contact force, ground reaction forces, and muscle
forces were compared to experimental measurements for six different gait trials using three
different gait types (normal, trunk sway, and medial thrust). The mean average deviation (MAD)
and root mean square deviation (RMSD) over one gait cycle are reported. The muscle driven
forward dynamics simulations were computationally efficient and consistently reproduced the
inverse kinematics motion. The forward simulations also predicted total knee contact forces (166
N < MAD <404 N, 212 N < RMSD < 448 N) and vertical ground reaction forces (66 N < MAD <
90 N, 97 N < RMSD < 128 N) well within 28% and 16% of experimental loads respectively.
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However the simplified muscle length feedback control scheme did not realistically represent
physiological motor control patterns during gait. Consequently, the simulations did not accurately
predict medial/lateral tibiofemoral force distribution and muscle activation timing.

Keywords
musculoskeletal model; multibody model; prosthetic knee; gait

Introduction

Detailed knowledge of the mechanical loading on knee structures during movement would
benefit the design of prosthetic knee replacements, orthopaedics, injury prevention, and
understanding of cartilage degeneration. Knee contact pressures have been measured
experimentally in cadaver studies using pressure sensitive film [2-4] and in vivo contact
forces during ambulatory activities have been measured using a limited number of
instrumented prostheses[1, 5, 6]. Computational models can predict internal forces on joint
structures from applied loading and two approaches are used in biomechanics, the finite
element method and multibody dynamics. Finite element models calculate the deformation
of knee tissue and prosthetic materials, allowing prediction of stress and strain, and many
finite element models of the natural and prosthetic knee have been developed [7-12]. Finite
element analysis is computationally intensive and is typically used in the study of isolated
tissue or joints. Muscle forces have been applied to finite element knee models [13-17]. For
example, Zelle et al. simulated a weight-bearing squatting motion by applying ground
reaction forces to the distal tibia and incrementally releasing a constrained quadriceps
tendon to achieve knee flexion [17]. However, a body-level finite element model that
includes hips, knees and feet as well as concurrent prediction of muscle forces during gait
does not exist in the current literature.

Multibody dynamics is the method used for body-level musculoskeletal movement
simulations and these models can estimate individual muscle forces, providing insight to
motor control and joint loading. Optimization methods are used to predict muscle forces that
reproduce the inverse dynamics determined net loads and that meet an optimization
objective such as minimization of muscle force. Optimization may require many iterative
simulations and the knee is usually represented as a simple hinge joint [18]. Piazza and Delp
[19] produced a multibody forward-dynamic simulation of step-up that included 13 EMG
driven muscles crossing the stance leg knee, collateral ligaments, and forces from rigid
contacts defined between tibiofemoral and patello-femoral prosthetic geometries. The stance
leg foot was fixed to the ground while hip and ankle rotations were prescribed. In this
model, medial-lateral force distribution could not be calculated due to the indeterminate
solutions of the rigid contacts.

Presented here is a multibody musculoskeletal model of a full human body with a detailed
representation of the right prosthetic knee. Data for this study was provided by the “Grand
Challenge Competition to Predict In-Vivo Knee Loads” for the 2011 ASME Summer
Bioengineering Conference [1] and includes gait measurements (motion, ground reaction
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forces, EMG), geometries of the right leg bones and prosthetic, and tibio-femoral loading.
The purpose of this study is to document work in developing musculoskeletal modeling
techniques for muscle driven forward dynamic simulations that include compliant contact of
knee geometries as well as contacts between shoe geometries and the ground. Therefore, the
modeling scheme is capable of providing concurrent simulation of muscle force and internal
loading on joint structures as well as ground reaction forces during simulation gait trials.
The method is evaluated through comparisons of measured ground reaction forces, muscle
activations, and tibio-femoral contact forces over multiple walk cycles from the
instrumented knee prosthetic. As a guide to other researchers, the strengths and weaknesses
of the current state of the method are reported as well as directions for future improvements.

The data for this study was provided by the “Grand Challenge Competition to Predict In-
Vivo Knee Loads” for the 2011 American Society of Mechanical Engineers Summer
Bioengineering Conference [1]. The data was collected from an 83 year-old male subject
(172 cm height, 67 kg body weight) with a customized instrumented tibal tray implanted in
the right knee that measures the six loading components acting on the subject's total knee
arthroplasty. The provided data includes computed tomography (CT) scans from the
implanted knee joint (femoral component, patella button, tibial tray, tibial insert) and right
lower limb geometries (femur, patella, tibia, fibula), gait motions, electromyography (EMG)
and ground reaction forces, as well as the measured tibio-femoral contact loads (e-Tibia) [1].
The subject specific model was developed using the commercially available software
programs for multibody dynamic analysis ADAMS (MSC Software Corporation, Santa Ana,
CA) and LifeMod (LifeModeler Inc., San Clemente, CA) (Fig.1). The subject's weight,
height, gender, and age as well as the relative positions of the ankle, knee, and hip joints
determined from the right lower limb geometries were used to scale a generic model based
on the GeBOD anthropometric database accessible through LifeMOD. The generic model
consists of 19 standard segments, with generic bone geometries placed in the segments, 18
tri-axis hinge joints and a standard plug-in gait marker set. Each individual hinge joint was
combined with a passive torsional spring-damper and specified angular anatomical limits to
prevent excessive rotations [20]. The standard plug-in-gait marker set in the model was
edited to match the experimental marker locations from a static trial. The generic right lower
limb geometries for the femur, patella, tibia, and fibula were replaced with the subject's CT
derived right bone geometries. Next the femoral and tibial component geometries were
incorporated into the model and were attached rigidly to the upper and lower leg segments
respectively, while the associated tri-axial right knee joint was removed.

A compliant contact force model was defined between the femoral component and tibial
insert geometries to provide computationally efficient characterization of the tibio-femoral
contact force. The defined compliant contact force was the ADAMS default IMPACT
function that models the contact by a nonlinear equation [20]:

F=k %P+ B.(6)6 (1)
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0 6<0
B.(6)= B,nax<mi_5)2 (3— E— 5) 0<6<dmax  (2)
Brax 0>dpax

where F is the contact force, &is the interpenetration of the geometries, k. is a contact
stiffness, exp, is the exponent, & is the first derivative of the interpenetration and B¢() is a
damping term. The damping B¢(4) is a function of the interpenetration depths, transition
depth dmax and the damping coefficient Byax.

Guess et al. [21] properties and Hertzian contact theory, as follows: k. = 30,000 N/mm?-,
expe = 1.5, dmax = 0.1 mm and Byax = 40 Ns/mm. In the context of rigid body system
dynamics, where Hertzian contact theory relates the contact force to resultant penetration
[22], using Hertzian contact theory provides a suitable solution for articulations between the
plastic and metal components.

The IMPACT function also includes a built-in Coulomb friction equation that defines
contact coefficients as a function of slip velocity [20]:

—Step(\v|aUd,/id,vsvus)ﬁign(v) vs < |'U| < v
0 v=0
p(v)= step(V, — Vs, fas Vs, —Hs) —v<v<vg  (3)
p(—vs)=ps, p(vs)=—pis
p(—va)=pa, (vq)=—ta

Where v is the slip velocity at the contact point, | is the static coefficient, 4 is the dynamic
coefficient, vq is the stiction transition velocity and vy is the friction transition velocity. The
static coefficient, dynamic coefficient, stiction transition velocity, and friction transition
velocity were assumed to be 0.15, 0.07, 100, and 1000 mm/sec respectively [23].

The detailed right knee model was constrained by contact between the knee component
geometries and ligament forces. The model included three bundles for the lateral collateral
ligaments (LCL), three bundles for the medial collateral ligaments (MCL), and one bundle
for the posterior cruciate ligament (PCL) as the PCL was preserved during implant surgery
[1]. Ligament bundles were represented in the model as a single force element with a
nonlinear force-strain curve [24]:

%kEZ/El 0<e<2g
f=4q k=(e—¢;) e>2¢ (4)
0 e<0
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Where k is a stiffness parameter and ¢ is defined as the engineering strain. The spring
parameter g is a constant value and it was assumed to be 0.03 [24]. The ligament stiffness
parameter k was 2000 N for all the bundles of the LCL, 2750 N for the bundles of the MCL,
and 9000 N for the single bundle of the PCL [24]. The zero-load lengths I and ligament
insertions and origins were estimated based on previous cadaveric studies performed by
Guess et al [25-27]. Each force element also included a parallel damper coefficient with a
small value of 0.5 NS/mm to remove the possibility of high frequency vibrations during
simulation [26]. The patellar tendon was divided into three bundles which were modeled as
tension only linear springs with a stiffness of 580 N/mm. This numerical value was adjusted
by studying the position of the patella in the femoral groove during forward dynamics
simulations.

Shoe—floor interaction was modeled with deformable contacts (Egs. 1 and 2) between shoe
geometries and the floor. The Coulomb friction was included in the contact with a static
friction coefficient of 1.0 and a dynamic friction coefficient of 0.8 [28]. To allow for
different contact parameters to be used depending on shoe location and to allow for future
comparisons with measured foot ground contact pressures, a macro was written in ADAMS
to automatically divide the right shoe geometry into 90 pieces. The left shoe was only
divided into heel, mid-foot, and toe regions. Due to contact geometries at heel strike, the
contact parameters for the heel region were lower than the mid-foot and toe regions (Table.
1). A hinge joint was applied where the mid-foot region joins the toe region to model the
metatarsophalangeal joints. Shoe geometries were attached rigidly to either the sole or ball
of the foot.

LifeMOD was used to place forty-five muscles onto the right lower extremity. LifeMOD is a
virtual human modeling and simulation software add-on to ADAMS and contains a data
base of muscle properties including the muscle insertion origin and model muscle wrapping
via points. The attachments of the quadriceps muscles were modified to insert on the patella
and the hamstring and gastrocnemius insertions were modified based on developed knee
geometries from CT data.

The measured kinematics, collected during two trials each of normal, medial thrust, and
trunk sway gaits, were used to drive the inverse kinematics simulation. The muscle-tendon
shortening/lengthening patterns as well as joint motions of the upper body and left leg were
recorded in the inverse kinematics step. Next the kinematic constraints were removed and
muscles and joints served as actuators to replicate the motions during forward dynamics
(Fig. 1). A proportional-integral-derivative (PID) feedback controller was implemented to
calculate each muscle force magnitude using the error signal between the current muscle
length in the forward dynamics and the recorded muscle length during the inverse
kinematics simulation. The PID controllers replicate the desired motion by minimizing the
error signals, Eqs 5 and 6 [20].

E:[(P'ET)'(PQTTOT)+(I'ET)'(IETTOT)+(D'ET)‘(DQTTOT)] (5)
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Poyror= (lir=lic) /ROMET: PCSA; /PCSA,,. ©)
Where F; is the resulting force for each individual muscle i, I is the recorded muscle length,
lic is the current muscle length, and ROM is the muscle range of motion lerror. and Derror
are defined as the integral and the first derivative of perror with respect to time. In order to
account for muscle size, the controller gains (Eg. 5) were multiplied by a scale factor &,
defined as the ratio of muscle physiological cross sectional area PCSA, to a reference PCSA,
(1500 mm?2). Therefore, muscles with greater PCSA had higher gains than muscles with
smaller PCSAs.

The force generated by individual muscle was limited by its maximum force generating
potential given by the following equation [20]:

Fi max=PCSA; X 0umax  (7)

Where Fij_nax is the muscle maximum force, PCSA; is the default muscle physiological cross
sectional area in LifeMOD and opay is the maximum tissue stress. The gmax Was assumed to
be 1.7 N/mm? for all muscles [29, 30]. To maintain a proper balance during the forward
dynamics simulation a tracking agent was installed in LifeMOD. The tracking agent is a 6-
axis spring located between a “dummy” rigid body and the pelvis. The “dummy” rigid body
is driven by kinematic constraints that follow pelvis motion measured during the inverse
kinematics simulation. If the forward dynamics motion follows the inverse kinematics
motion, the tracking agent will have minimal influence on the model. The tracking agent
imparts no force in the vertical direction, regardless of the motion. The average tracking
agent forces in the anterior-posterior and medial-lateral directions were less than 38N during
all trials. The upper body and lower left extremity joint kinematics were predicted during the
forward dynamic simulation through a series of proportional-derivative controllers located at
each individual joint. The controller produced the required moments to replicate the
recorded joint kinematics from the inverse kinematics step. However, toe kinematics were
derived from experimentally measured data.

Evaluation of the model was accomplished by comparing the predicted tibio-femoral contact
loads to the measured e-Tibia data (Fig. 2) as well as comparing the predicted and measured
ground reaction forces during six gait trials: normal gait (ngait12 and ngait13), trunk sway
gait (tsgaitl and tsgait2), and medial thrust gait (mtgait4, and mtgait5). In addition,
normalized predicted muscle forces were compared to normalized experimental EMG and
predicted ligament forces and patello-femoral contact forces were recorded. The
experimental joint contact forces were low-pass filtered with a cut-off frequency of 6 Hz to
reduce measurement noise [31]. The contact forces predicted by the model were also passed
through a 4th order Butterworth filter with a 6 Hz cut-off frequency. Similarly, the model
predicted ground reaction forces and ligament and patella contact forces were low-pass
filtered at 6 Hz.

The raw EMG measurements from 14 lower extremity muscles on the right leg were
collected during each gait trial. Also, a series of maximum voluntary contraction (MVC)
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efforts were performed by the subject for seven isolated right leg muscle groups and the
EMG signals were collected. The provided experimental EMG signals were processed with
a high-pass filter with a 30 Hz cut-off frequency, demeaned, rectified, and then low-pass
filtered at 6 Hz to eliminate measurement noise [1, 31]. Further, the filtered EMG signals
were normalized by dividing by the maximum EMG voltage for each individual muscle
from either the MV C or gait trials., The predicted muscle forces during the forward
dynamics simulations were normalized to the maximum muscle forces (Fi-max). The
experimental and predicted results over the six different trials were compared using mean
average deviation MDA, root mean square deviation RMSD and normalized root mean
square deviation NRMSD:

k Pyp— .
MAD:W ®)

£ (mi—dy)®
k

RMSD= ©)

RMSD

NRMSD= N

x 100% (10)

Where m; and d; indicate the model and experimental value at each time step i, K is the total
number of steps A and is the range of experimental values defined as the difference between
the maximum and the minimum value in a data set. Graphical comparisons of predicted data
versus the experimental data were provided by normalizing each cycle from 0% to 100% of
the gait cycle for all six trials. Predicted force and torque components were averaged across
trials and the standard deviation calculated. The normalized EMG profiles and normalized
muscle force patterns were also compared between model and experiment by computing the
+1 standard deviation among all gait trials.

Figure 3 provides the model predicted and measured tibia loading for the six gait trials.
Computed lateral and medial axial contact force were also compared to the experimental
measurements (Fig. 4). Figure 5 and 6 show the model predicted and experimental ground
reaction forces, center of pressure (cop), and free vertical moment for the trials respectively.
The average model predictions over the six gait trials are shown with a solid line that
includes £1 standard deviation error bars. Experimental measurements are shown with a
shaded area corresponding to +1 standard deviation. Although model predictions of the total
axial force acting on the tibial tray had good agreement with the experimental
measurements, the model had lower accuracy predicting load distributions on the lateral and
medial sides of the tibia (Fig. 3, 4). The gait trial with the lowest e-Tibia tray axial force (F,)
MAD and RMSD was from normal gait trial ngait12. The calculated e-Tibia errors for the
MAD and RMSD were 166 N and 212 N respectively with the corresponded MAD and
RMSD. The tsgaitltrial had the minimum one cycle MAD and RMSD for the vertical ground
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reaction forces. The calculated vertical ground reaction166 N and 212 N forces for tsgaitl
were 67 N and 97.6 N respectively which correspond to an accuracy within 13% of the
experimental loads.

Tables 2-4 summarize the MAD, RMSD, and NRMSD for the e-Tibia forces, torques and
foot-ground reaction forces as well as the predicted joint kinematics for all six gait trials.
The kinematics results are presented in terms of flexion-extension (FE), internal-external
(IE), and adduction-abduction (AA) rotations. The muscle driven forward dynamics models
were able to accurately reproduce the kinematics of the hip and ankle joint (RMSD < 2.70).
The normalized averaged EMG patterns for the medial gastrocnemius, soleus, vastus
medialis, vastus lateralis, biceps femoris and the tibialis anterior were plotted in Figure 7.
The predicted pattern and timing of muscle forces was compared with the measured EMG
signals. The patello-femoral contact force was recorded during simulation (Fig.8). The
maximum patello-femoral contact force occurred in the early mid stance phase (Fig. 8).
Figure 9 shows the calculated average ligament forces for all six gait cycles within the £1
standard deviation. The net force in the respective ligaments was the result of adding up the
force magnitude of all individual bundles. The peak ligament force was 200 N in the late
swing phase and was similar in all six trials. Animations of forward dynamics simulations
for the three gait types as well as additional figures are provided as supplemental files.

Discussion

This study produced a subject specific musculoskeletal model capable of concurrent
simulation of joint contact mechanics, foot-ground interactions, and muscle and ligament
forces. The 2011 Grand Challenge Data sets provide a unique opportunity to evaluate the
method by comparing the predicted results with the measured experimental data. An
instrumented knee prosthesis that continuously measured all six load components on the
tibia tray was used to measure the knee loads during the experiments (e-Tibia loads) [1].
Model predicted e-Tibia force and torque patterns have overall agreement in comparison to
the experimental measurements (Fig. 3) during six gait trials. However some discrepancy
was observed between the measured e-Tibia loads and the model predictions, particularly in
the lateral-medial force (Fy), the abduction-adduction moment (Ty) and the superior-inferior
moment (T,). The minimum mean absolute deviation (MAD) and root mean square deviation
(RMSD) of the e-Tibia axial load (F,) occurred in normal gait ngait12 with values of 166 N
and 212 N respectively. These values correspond to accuracy within 15% of the
experimental loads (Table. 2). The maximum prediction MAD and RMSD load occurred
during medial thrust gait mtgait4 and were 404 and 447 N respectively. These values
correspond to accuracy within 28% of the experimental loads (Table 4).

The highest deviation was in the adduction-abduction moment (Ty) for all models (Tables.
2-4). The high deviation in the adduction-abduction moment can be attributed to incorrect
muscle force predictions, inaccuracies in muscle moment arms, ground reaction forces and
center of pressure location. Even though the ground reaction forces are predicted accurately
there is a high deviation in the vertical ground reaction moment (Fig. 6) especially in the
first half of the stance phase of gait. The center of pressure location is predicted accurately
(Fig. 6) but any small deviations can affect adduction-abduction moment in the knee joint
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because of the long moment arm (length of lower leg segment). The predicted muscle forces
can only be evaluated against a limited number of muscles sampled with EMG during the
experiment and any comparisons are purely in regards to timing of the activation. Correct
prediction of muscle forces is extremely important in resolving the medial-lateral
distribution of knee contact loads. Several studies using computational models have
predicted total contact forces within ranges of the experimentally measured forces but none
were able to resolve the medial-lateral distributions accurately [1]. In our model the muscle
forces are predicted using a PID control scheme which has some limitations since the
controller is only matching the muscle length patterns. In addition, applying a conventional
PID controller scheme may be inadequate to model the highly nonlinear and dynamic
neuromusculoskeletal system [32].

The predicted ground reaction forces followed the experimentally measured force very well
in all directions (Fig.4). During the early stance (10 to 20%) the predicted vertical load (Fz)
and the medial-lateral force (Fy) had their highest deviation. The predicted anterior-posterior
force (Fx) was underestimated for most of the cycle except at late stance (50 to 60%). These
highlighted points relate to the time where the contralateral limb was close to push off and
toe-off. In the current study the contralateral limb was modeled by mirroring the right side
and assuming a simplified joint for the knee joint. In addition, the toe regions of the shoes
were rigid and did not allow for shoe compliance and bending during toe-off.

A feedback control approach was applied to calculate each muscle force magnitude and their
activation times by reducing the calculated error signal between the current muscle length in
the forward dynamics and the recorded muscle length during the inverse kinematics
simulation. During the initial loading response (heel strike), all the primary muscles are
activated to oppose the hip flexion and provide stability at the knee joint. Directly after
contralateral toe-off the vastus medialis and vastus lateralis (quadriceps muscle group) acted
to extend the knee, activating these muscles during mid-stance. In contrast, the
gastrocnemius and soleus acted during the late-stance to flex the knee while creating an
ankle plantar-flexion. Although the feedback control method was efficient and fast and
could replicate the motions very well, this method could not adequately predict the co-
contraction of antagonistic muscles such as the biceps femoris and the tibialis anterior
during gait (Fig. 5). The estimated force by the PID feedback control scheme depends on
muscle shortening-lengthening curves over time, while real muscles can produce force
without a change in the length, in which case the PID controllers may not estimate the force
accurately. Therefore applying more sophisticated muscle model strategies to predict muscle
forces and adapting muscle attachment sites based on subject specific MRI is recommended.
The muscle prediction algorithm can be improved by incorporating the experimental EMG
traces when available and by using Hill models for some of the muscles that are active
without significant changes in length. This technique can be applied along with the PID
control scheme to compensate for the conventional feedback control weaknesses as well as
enhance the predictions on muscle force dynamics. Moreover, an optimization cost function
such as minimizing muscle stress can be imposed on the force predictions to generate more
realistic muscle force patterns [33].
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The error in hip and ankle joint motions determined during forward dynamics was compared
to the inverse kinematics. Results indicated that the muscle driven forward dynamic
solutions accurately replicate motion of the inverse kinematic simulations. Guess et al. [21]
applied the IMPACT function in ADAMS, which models the contact as a nonlinear power
function of penetration depth and velocity. Hertzian contact theory was then utilized to
estimate contact parameters based on material properties and approximating the articular
surface curvatures with fitted ellipsoids. The effect of several scaled ellipsoid dimension to
predicted ankle kinematics were examined. Their result indicated that modifying the
ellipsoid's size could change ankle vertical rotation but had no significant effect on other
directions [21]. In the present study, the same contact parameters were considered.
However, sensitivity analysis can be performed in the future to evaluate joint kinematics as
well as kinetics for different implanted knee geometries.

The model was also able to calculate and predict the patello-femoral contact and ligament
forces simultaneously during the gait cycle (Fig. 6, 7). The model simulation predicted that
the patello-femoral joint was loaded during the stance phase of gait and it was unloaded
during the swing phase. The patello-femoral peak force ranged from 809 N to 1200 N (~ 1.2
to 1.8 BW) (Table. 5). The computed patello-femoral force, predicted in our models, was in
the same range as that reported by Ward and Powers [34]. In their study with a simpler
model, the patello-femoral contact forces ranged between 400 — 800N. Similarly in a study
by Shelburne et al. the patello-femoral peak force during gait was approximately 250N and
the time pattern of loading was very similar to our predictions [35]. In a study by Lin et al
[36] the peak patello-femoral contact force was approximately 250N which is significantly
smaller. The magnitude of the ligament forces calculated in the current study is depicted in
Figure 7. The material properties of the ligaments were taken from previous studies [25-27].
The largest forces occurred in the MCL and LCL and they both were approximately 200 N
at the end of swing phase. The maximum force of 150 N occurred in the PCL, approximately
at mid-stance, to provide resistance to the tibia rotation. These results were comparable with
other published studies [35, 37]. For example in a computational study by Shelburne et al.
[35] the peak collateral ligament forces were 167N. Between ground reaction forces, muscle
forces and ligament forces the smallest contribution to tibio-femoral contact force during
gait is by the ligaments [38], therefore our ligament force predictions are unlikely to be
contributing to any errors in the contact force predictions. Morrison et al. [37] noted that the
forces in knee ligaments can vary significantly between individuals due to subject specific
gait characteristics and knee joint geometries. This would suggest that using subject specific
magnetic resonance images (MRI) along with the knee laxity test to estimate ligament
properties will improve the model predictions.

In summary this study evaluates the force predictions of a musculoskeletal movement
simulation over six different gait simulations. Computational models that combine muscle
force predictions with subject specific joint anatomy can be a valuable tool for
understanding the relationships of joint loading and motor control. In the current study only
the net knee forces and torques were predicted and compared with the experimental knee
loads (e-Tibia). In the future the tibia insert will be divided into smaller elements with
separate deformable contacts for each individual element. This method was found to be
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powerful in determining contact pressure distribution within the multibody frame work [27].
We also implemented a muscle force prediction method that uses the muscle length patterns
recorded during inverse kinematics in a PID scheme to efficiently generate muscle forces for
the muscle driven forward simulation. Although, the feedback control scheme did not
accurately predict the motor control patterns, this method can be the starting point for
development of an efficient way to generate realistic muscle forces. Overall the model
predicted ground reaction and total tibio-femoral contact forces accurately in multiple trials
for three different gait patterns.

Supplementary Material

Refer to Web version on PubMed Central for supplementary material.
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Stance Phase Swing Phase

Figure 1.
Full body multibody model of the patient with the prosthetic knee during a forward

dynamics gait simulation. The red arrows represent the magnitude of joint contact forces and
ground reaction forces.
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Figure 2.
Implemented tibia tray with the e-Tibia coordinate system. X, Y, and Z axes correspond to

the lateral-medial (LM), anterior-posterior (AP), and superior-inferior (SI) directions
respectively.
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Model predicted and measured e-Tibia forces and torques during the gait trials. The mean

and +1 standard deviation for the six trials is shown.

Med Eng Phys. Author manuscript; available in PMC 2015 October 08.



1duosnue Joyiny 1duosnuely Joyiny 1duosnuey Joyiny

1duosnue Joyiny

Kia et al. Page 17

<3000
3
IE,IX% I E 2000 IEXP
-Mode =
@ 1000 | - Model
o g 7y
Q :
0 50 100 %
cycle % 0 cycslg % 100

Figure4.
Model predicted and measured e-Tibia forces upon on lateral and medial tibia tray. The

mean and +1 standard deviation for the six trials is shown
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Figureb5.

a) Model predicted and measured ground reaction force components in the anterior posterior
(FX), medial lateral (FY) and vertical (FZ) directions during the gait trials. The mean and £1
standard deviation for the six trials is shown. b) A screen shot of model simulation showing
walking on the force plates. The X, Y, and Z axes correspond to the anterior-posterior (AP),
medial-lateral (ML), and inferior-superior (IS) directions respectively.
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Figure6.
Model predicted and measured center of pressure and free vertical moment in the anterior

posterior (cop X), medial lateral (cop Y) and vertical (T'z) directions during the stance phase
of gait trials. The mean and £1 standard deviation for the six trials is shown
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Measured normalized EMG (red) versus model predicted muscle forces (blue) for the
primary muscles involved during the gait trials. Medial gastrocnemius (MG), soleus (Sol),
vastus medialis (VM), vastus lateralis (\VL), biceps femoris (BF) and the tibialis anterior

(TA) muscles are shown.
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Figure8.
The average predicted patello-femoral joint (PFJ) contact force during the six gait trials. The

shaded area presents a £1 standard deviation.
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Figure9.

Average predicted lateral collateral ligament (LCL), medial collateral ligament (MCL) and
posterior cruciate ligament (pPCL) forces during the six gait trials. The shaded area

represents a £1 standard deviation.
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Table 1

Shoe-floor contact parameters defined in heel, mid-foot, and toe regions under the sole and ball of the foot.
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Stiffness (N/mm) | Damping (N.sec/mm) | Exponent
Heel 20.0 0.20 1.00
Mid-Foot 200 2.00 1.00
Toe 200 2.00 1.00
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