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Abstract

Knee osteoarthritis (KOA) is one of the most prevalent joint disease worldwide. Musculoskeletal
modeling (MSM) provides a useful tool to investigate knee joint biomechanics and potential development
and progression of KOA. However, for clinical usage, it is crucial to understand how patient-specific
properties affect MSM outcomes. This study investigated how uncertainty in the tendon slack length
(TSL) of lower limb muscles affect knee joint reaction forces (JRFs) in gait analysis. Two sensitivity
analyses were performed, one approach used reported TSL variation in literature and the other approach
used a percentage TSL variation. Anatomical variation was investigated through a literature review.
The JRF estimations of both approaches together resulted in a maximum variation of 0.27 x BW in
AP direction, 2 x BW in SI direction and 0.13 x BW in ML direction. Maximum JRF estimations
resulting from reported TSL variation were larger in the loading response in all direction. Maximum JRF
estimations in ML direction were resulting from percentage variation. TSL of muscles that were found
to be most influential in JRF estimations were medial gastrocnemius, rectus femoris, vastus lateralis and
psoas. This research confirmed that within patient-specific MSM for clinical purposes, uncertainty in
TSL should be limited. Future research should aim to investigate how this influences AC degeneration
for KOA.
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Nomenclature

AC - Articular cartilage

ACLR - Anterior cruciate ligament rupture
add_brev - Adductor Brevis

add _long - Adductor Longus

add _magl - Adductor Magnus 1 (proximal)
add mag2 - Adductor Magnus 2
add_mag3 - Adductor Magnus 3 (distal)
bifemlh - Biceps Femoris-Long Head
bifemsh - Biceps Femoris-Short Head

BW - Body weight

DoF - Degree of Freedom

ECM - Extracellular matrix

ercspn - Erector Spinae

ext dig - Extensor Digitorum Longus

ext hal - Extensor Hallucis Longus

FEM - Finite Element Modeling

flex dig - Flexor Digitorum Longus

flex hal - Flexor Hallucis Longus

gem - Fixme Gem

glut max1 - Gluteus Maximus 1 (lateral/superior)
glut max?2 - Gluteus Maximus 2

glut max3 - Gluteus Maximus 3 (medial/inferior)
glut_medl - Gluteus Medius 1 (anterior)
glut med2 - Gluteus Medius 2

glut_med3 - Gluteus Medius 3 (posterior)
glut__minl - Gluteus Minimus 1 (anterior)
glut min2 - Gluteus Minimus 2
glut_min3 - Gluteus Minimus 3 (posterior)
grac - Gracilis

IK - Inverse Kinematics

iliacus - Iliacus

intobl - Internal Oblique

JRF - Joint reaction force

KOA - Knee Osteoarthritis

lat _gas - Lateral Gastrocnemius

LHS - Latin Hypercube Sampling

med gas - Medial Gastrocnemius

MS - Musculoskeletal



MSM - Musculoskeletal Modeling
OFL - Optimal fiber length
pect - Pectineus

per_brev - Peroneus Brevis
per _long - Peroneus Longus
per_tert - Peroneus Tertius
peri - Piriformis

quad _fem - Quadratus Femoris
rect _fem - Rectus Femoris

sar - Sartorius

semimem - Semimembranosus
semiten - Semitendinosus

SO - Static optimization

TF - Tibiofemoral

tfl - Tensor Fasciae Latae
tib__ant - Tibialis Anterior

tib_ post - Tibialis Posterior
TSL - Tendon slack length
vas_int - Vastus Intermedius
vas_lat - Vastus Lateralis

vas_med - Vastus Medialis



1 Introduction

1.1 Khnee osteoarthritis

Knee osteoarthritis (KOA) is one of the most prevalent joint diseases affecting more than 365 million people
worldwide in 2019 [1]. Osteoarthritis is a degenerative joint condition, causing pain, swelling and stiffness
leading to reduced mobility of the joint [2] [3]. As a consequence, muscles surrounding the affected joint loose
strength and patients could become less able to perform physical activities, resulting in decreased well-being
and psychological distress [1]. KOA is characterized by degenerative changes in morphology and mechanical
properties of articular cartilage (AC) in the knee joint. The main risk factors for KOA are obesity, aging, sex
or joint trauma. Age-related changes, inflammatory signals or increased body weight could result in abnormal
mechanical stress of AC in the knee joint. This leads to disrupted functionality of chondrocytes which are
responsible for producing and maintaining extracellular matrix (ECM) in AC [3]. Distorted production and
maintenance of ECM results in loss of integrity of the AC tissue, leading to irreversible damage in the
tibiofemoral (TF) bone structure.

Detection of osteoarthritis can be challenging and is most often done through physical examination or
radiography [4] [5]. Treatments include physical therapy to regain muscle strength and mobility, and weight
loss to reduce knee joint loading. Medications could help to manage pain and swelling resulting from in-
flammatory responses caused by cartilage degeneration. Gait pattern modifications could aid to reduce knee
malalignment responsible for abnormal mechanical stress and knee joint distraction can contribute to the
regenerative process of AC [6, 7]. As a last resort, total or partial knee joint replacement could aid to reduce
pain and regain mobility. However, this is a severe and expensive surgery requiring months of recovery.
Moreover, most artificial knees need to be replaced after 10-20 years making this intervention not optimal
for younger patients [8].

In summary, treatments for KOA have their limitations, making prevention or early detection of os-
teoarthritis crucial to minimize AC degeneration in an early stage. However, this is challenging considering
the gradual progression of cartilage degeneration and its vague symptoms. Consequently, understanding
biomechanics of the knee joint and how this potentially leads to development of KOA is of great importance.

1.2 Biomechanics

Knee joint loading is determined by the biomechanical behavior of the human body, which depends on
many factors including body weight, bone morphology, muscle and ligament properties [3]. The forces
within the musculoskeletal system resulting from the interaction between these factors can be analyzed using
musculoskeletal modeling (MSM). MSM is a useful non-invasive tool to investigate joint biomechanics through
computational analysis of human movement data using motion capture [9]. From marker data, the joint angles
during a movement can be obtained, providing the input for estimation of muscle and joint reaction forces
(JRF) [10] [11].

The joint biomechanics that can be investigated through MSM are determined by underlying morphology
and alignment of the bone, as well as the anatomy and mechanical properties of the muscles and ligaments
surrounding the knee [12] [13]. Anatomical characteristics of bone and muscles can to a certain extent
be determined using medical imaging [14]. Muscle’s volume and cross-sectional area can be determined
using MRI and ultrasound. X-rays and CT-scans can be used to estimate bone shape, alignment and bone
density [15]. In contrary with anatomical characteristics, mechanical parameters are also influential in muscle
functionality. Unfortunately, estimating mechanical parameters in-vivo is very challenging.

1.3 Muscle modeling

Muscle functionality can be described using two concepts: activation and contraction dynamics. Activation
dynamics comprises the translation from neural excitation to muscle activation a(t). Contraction dynamics
describes the translation from muscle activation to generated muscle force via the force-length-velocity re-
lationship [16]. This relation describes the generated muscle force F™7 as a function of the length of the
muscle f(I) and the velocity at which the muscle is contracting f(v) (eq. 1).

FMT = fA(0) f(0)a(t)F}" + f,(O) 3" cos(9) (1)

The relations within in the force-length-relationship are determined by mechanical muscle parameters
described in the Hill-type muscle model (fig. 1). According to this model, a muscletendon unit consists of
series elastic element (SE), a parallel elastic element (PE) and a contractile element (CE) [17]. The force-
length-relationship consists of two components: the active force fa, generated by the contractile element



in the Hill model, and the passive force component fy,p, arising from the parallel element. Within the
contractile element, three biomechanical muscle parameters can be distinguished: the maximum muscle force
during isometric contraction (maximum isometric force); the muscle fiber length during isometric contraction
(optimal fiber length) and the angle between the muscle fibers and the muscle line-of-action (pennation angle
¢). The series element is the tendon which acts as a passive spring [16]. The biomechanical behavior of the
tendon is determined by the tendon slack length (TSL), defined as the length at which the tendon begins to
resist stretch and produce force [18].

Estimating mechanical muscle parameters in vivo remains
extremely challenging. Existing datasets on muscle parame-
ters are based on cadaveric measurements from decades ago
[20]. Over the past few decades, modeling studies have sought
to improve the accuracy of muscle parameter estimation using
various approaches. However, estimation of muscle parame-
ters are highly interdependent on each other and often rely on
simplifications and assumptions [21]. Chen & Franklin (2023)
examined the impact of simplifications in muscle parameters es-
timations on generated muscle force by partially deriving con-
traction dynamics. Their findings indicate that inaccurate es-
timates of T'SL had the most significant effect on muscle force
predictions [21]. Sensitivity analyses focused on gait have also
identified TSL as the most influential muscle parameter in mus-
cle force estimations [22, 23, 24, 25, 26]. Based on these com- Figure 1: Hill-type muscle model [19]
parisons, TSL appears to be the most critical parameter for
accurate muscle force estimation in MSM. However, when considering potential cartilage degeneration, JRF
estimations are of greater relevance than muscle force alone. Only Navacchia et al. (2016) investigated the
impact of muscle parameter uncertainty on knee contact forces while accounting for TSL. Their results sug-
gested that maximum isometric force and muscle attachment points had a greater influence on contact force
estimations than T'SL [27].

In summary, while the impact of TSL uncertainty on muscle force is well established, its effect on JRF esti-
mations remains unproven. Additionally, most MSM studies rely on generic models, where muscle parameters
are scaled linearly based on subject measurements. In sensitivity analyses, T'SL values are typically perturbed
by a fixed percentage from their default values. However, this approach is problematic, as default TSL values
in generic models are merely estimations and cannot represent the mean TSL for all individuals. In reality,
true TSL values remain unknown. This uncertainty is particularly important for clinical applications, where
accounting for anatomical variation in muscle parameters is essential for accurate modeling.

lmt

1.4 Research objective

Thus, while modeling and simulation techniques provide means to investigate human biomechanics, MS mod-
els rely on numerous assumptions about muscle properties. As a result, current MS models are a generalized
representation of humans beings, leading to mostly general insights in biomechanical behavior. For clinical
application, it is crucial to bridge the gap between generic MSM and personalized MSM to gain insights in
patient-specific biomechanics. For investigation of knee JRF for potential development of KOA, the effect of
uncertainty in TSL of lower limb muscles should be investigated. To this end, this research aims to answer
the research question:

"How does uncertainty in tendon slack length affect knee joint reaction force estimations in gait
analysis?

To answer this research question, the anatomical variation reported in literature was compared with the
TSL values used in a generic scaled MS model. Two sensitivity analyses were conducted to compare the
effect of these different sets of TSL values on JRF estimations during one gait cycle. One experiment used
TSL values reported in literature as input variables in a MS model. The other experiment used a percentage
perturbation of the default TSL values in a generic MS model. Variation in JRF estimations resulting from
the two sets of TSL ranges were analyzed. Resulting muscle force and knee JRF during one gait cycle were
analyzed and compared.

It is expected that JRFs variation resulting from TSL variation is large enough to take into consideration
for personalized MSM. Muscles most contributing to gait are expected to influence JRF estimations the
most.



2 Methods

2.1 Musculoskeletal Model

The MS model Gait2392 in Opensim 4.4 was used to analysis motion capture
data. The Gait2392 is a three-dimensional, 23 DoF model of the human mus-
culoskeletal system. It consists of 92 musculotendon actuators representing 76
muscles in the lower extremity and torso, see figure 2. The knee joint in the
Gait2392 is a single DoF joint, accounting for the kinematics of both the TF
and PF joint in the sagittal plane as well as the patellar levering mechanism [20]
[28]. Motion data was provided by Culvenor et al. (2022) within the KOALA
cohort in Australia [29]. Gait data were acquired at the University of Melbourne,
Australia. The subject was a 21 year old female (weight: 60 kg, height: 173 cm)
with history of ACLR surgery in the left knee. The ACL was reconstructed using
a single bundle 4-strand semitendinosus and gracilis graft. The model was scaled
to measurements of the subject [9].

The workflow for investigating the effect of uncertainty in TSL on knee JRF
estimations can be found in figure 3. Motion marker data was used to perform
Inverse kinematics (IK) resulting in joint angles during one gait cycle. The
resulting output file was a motion file (.mot) containing joint angles of the lower
limb at each time step. From the joint angles, the muscle activation levels and
muscle forces were calculated using the Static Optimization (SO) tool. SO uses
results of the IK to solve the equations of motion for the unknown generalized
forces constrained by the force-length-velocity properties while minimizing the
cost function [30]. The IK results were filtered using a standard 6 Hz low pass
Butterworth filter. Other inputs for SO were external load data, containing
ground reaction forces, and a residual and reserve actuators file to compensate
for discrepancies between internal and external forces. Output files of the SO
were muscle forces and activation levels of each muscle in the lower limb at each
time step.

Figure 2:

Gait2392 model

After SO, a joint reaction analysis (JRA) was used to calculate JRFs and moments at the knee joint.
The JRA tool calculates joint forces using the loads on the consecutive bodies as input. The resulting forces
represent the internal loads in the joint structure. Inputs to the JRA tool are the joint name of interest (left
knee: "knee 1"), the body on which the corresponding reaction occurs (tibia expressed as "child"), the frame
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Figure 3: Schematic overview of the established workflow
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in which the corresponding reaction is expressed (tibia expressed as "child"). At last, the force file resulting
from the SO tool is used as input. The output contains three force (Fx, Fy, Fz) and three moment (Mx, My,
Mz) components of tibial reaction load expressed in the tibial reference frame per time step of the gait cycle
[31].

2.2 Experimental set up

To understand how uncertainty in TSL affects knee JRF estimations, a twofold research was set up. On
the one hand, default TSL values from all muscles in the Gait2392 model were collected [28]. A percentage
deviation of + /- 20% was applied on to the values and the resulting range served as the range of input values
for one of the experiments [22, 25, 26].

On the other hand, papers on TSL were collected to map the anatomical variation reported in literature.
To this end, a literature review using a systemic approach was set up to find articles on muscle parameters
[32]. Within this set of articles, studies reporting TSL values were collected as well as references to older
papers reporting anatomical measurements and modeling studies to estimate TSL values. Only estimated
TSL through modeling studies were included, measured tendon lengths from cadavers were excluded [33].
From the reported TSL values, maximum and minimum values were gathered in a table, see table 2 in
Appendix A. The minimum and maximum TSL values resulting from this investigation served as range of
input values for the other experiment. Within the consulted studies, only one TSL estimation was found for
the external oblique (ext obl). To improve comparability between the experiments, it was decided to keep
the TSL for external oblique in both experiments constant.

To create reference forces, the SO and JRA tool were being run with the nomimal model, with default
TSL values. The IK results of the nominal model were used as basis for all simulations. Then, based on the
two sets of T'SL values, two sensitivity analyses were performed. One sensitivity analysis used reported TSL
values as input for the simulations. The other sensitivity analysis used the percentage deviation from the
nominal model as input for the simulations. Both experiment consisted of 1000 simulations. To account for
uncertainty in TSL values, TSL of all muscles were adjusted in each simulation. The assigned TSL value per
muscle per simulation was determined using a Latin Hypercube Sampling (LHS) method [34]. This method
provides generation of near-random samples, by dividing the range of TSL values in equal intervals. Each
set of T'SL values per simulation is created through random allocation of a value within that interval [35].
For each simulation an adjusted MS model was created and the SO and JRA simulation were being run. A
convergence analysis was performed to ensure resulting data reached convergence [36] [37].

A python script was used to create the MS models with adjusted TSL values and subsequently run the SO
and JRA tool. Running this script was done using the Delftblue High Performance Computer (DHPC). To
this end, a python scripting environment for OpenSim on DelftBlue was created. To run the whole workflow,
a shell script was used to activate the Opensim scripting environment and run the python script with all
MS simulations on DelftBlue. Results were stored on the DHPC and transferred to the local drive for data
analysis.

2.3 Data analysis

At first, muscle activation levels in all simulations were evaluated. As maximal neural activation of a muscle
is unlikely to occur in reality, it was decided to set a boundary for maximum activation levels. Simulations
in which any of the muscles showed activation levels of 0.99 for more than 0.1 seconds were eliminated from
further investigation [38] [16]. The assigned TSL values of the failed simulations, the excluded simulations
(based on activation levels) and the included simulations were investigated separately.

Raw force data were smoothened using a Gaussian smoothing method. The level of filtering was chosen
based on visual inspection of the plotted unfiltered force data from the experiments on anatomical variation,
see Appendix B. The first 0.1 seconds were filtered using a sigma of 2.5. The rest of the force data was
smoothened with a sigma of 0.7. A transition phase of 10 increments was applied to smoothen out the large
difference in sigma values. Data analysis on JRF estimations was performed with the smoothened force data.

For analysis of knee JRFs, force estimations were divided in different periods, corresponding to the different
phases of the gait cycle. Within the gait cycle, the stance phase consists of the loading response, midstance,
terminal stance and preswing. The swing phase consists of initial swing, mid swing and terminal sing.
Variation in JRF estimations was first inspected visually. Then, a 15-85% bound was calculated to identify
phases with large variation. Simulations exceeding this bound were deemed to cause large variation. The
assigned TSL in simulations exceeding the upper (85%) or lower (15%) bound were examined. Per muscle,
the assigned TSLs, in terms of interquartile ranges (IQRs), were plotted against their full TSL range. The
IQRs corresponding to simulations resulting in high and low JRFs were compared. Differences were assessed



based on size of IQRs and the location within the full TSL range. Muscles for which the IQRs were clearly off
center or different in size were determined to be influential on the extreme JRFs. This analysis was done for
the simulations using reported TSL variation and percentage TSL variation. For influential muscles, muscle
forces were plotted to investigate relations between assigned TSL, muscle forces and resulting JRFs.



3 Results

3.1 Tendon slack length variation

Figure 4 shows a comparison between the TSL variation reported in literature and the scaled TSL used in the
generic MS model including a percentage variation of 20%. The unscaled values from the original Gait2392
model are based on research of Delp et al. (1990) who used anatomical measurements of Wickiewicz et al.
(1983), Friedrich & Brand (1990) and Brand et al. (1986) [28, 39, 40, 41]. The scaled values are derived
from measurements of the subject used for motion data. Reported anatomical variation in TSL was retrieved
from papers reporting TSL values based on anatomical measurements combined with modeling studies. An
overview of the maximum and minimum TSL values can be found in Appendix A. The TSL estimations are
taken directly from earlier research and could not be normalized to other muscle parameters or the subjects
measurements.
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Figure 4: Range of TSL values based on reported variation in literature (blue) and percentage variation of
20% (green) applied on the default TSL values of the nominal model (black).
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3.2 Joint reaction forces
3.2.1 General findings

The SO failed for 33 simulations when using reported TSL variation and 24 simulations when using percentage
TSL variation (Appendix C). Within the simulations that ran successfully the SO was not able to calculate
muscle forces for all muscles. In the simulations using reported TSL variation, the pre-set boudaries for
muscle activation were exceeded in 31 simulations. In the simulations using percentage TSL variation, 418
simulations exceeded muscle activation levels. It was found that within these simulations, the assigned TSL
values for soleus smaller than 21.7 cm and larger than 29.3 cm resulted in activation levels that exceeded
pre-set boundaries, i.e. higher than 0.99 for 0.1 seconds.

Variation in JRF estimations was the largest during the stance phase, see figure 5. Maximum calculated
variation over all simulations was 0.27 x BW in AP direction, 2 x BW in SI direction and 0.13 x BW in ML
direction. When considering peak forces in the loading response, the maximum reached JRFs for simulations
with reported TSL variation were higher compared to simulations with percentage variation: 0.25 x BW in
AP, 0.4 x BW in SI, and 0.04 x BW in ML direction. In the terminal stance and pre-swing, highest JRFs were
also reached through simulations with reported TSL variation: 0.25 x BW in the SI direction in the terminal
stance phase, and 0.08 x BW in AP 0.04 x BW in ML direction in the pre-swing phase. Contrastingly,
percentage TSL variation led to increased JRF estimation of 0.02 x BW in ML direction during the terminal
stance.

Generally the JRF estimations of the nominal model were on the upper bound of the simulations resulting
from percentage TSL variation. Apart from magnitude of JRFs and the sensitivity to uncertainty in TSL,
the timing of JRF estimations differed slightly between the two approaches. In SI direction, some of the
simulations with reported T'SL variation resulted in delayed peak force in the terminal stance phase. Similarly,
in ML direction reported TSL variation resulted in delayed peak forces during loading response.

3.2.2 Anterior-posterior
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Figure 6: Estimated JRFs in anterior-posterior direction, with 15-85% bound (black) and high (red) en low
JRFs (blue).

Plotting the assigned TSL values that led to high and low JRFs in AP direction (fig. 6), TSL of rectus
femoris (rect fem), biceps femoris long head (bifemlh), semimembranosus (semimem) and psoas showed
most differing TSL values, see figure 7. Within the range of reported TSL variation, low TSL of psoas led
to decreased muscle force and to increased JRFs, see figure 8a. When comparing the reported TSL variation
with the percentage TSL variation of psoas, decreased TSL led to decreased MF and increased knee JRFs.
Even though the assigned TSL values for biceps femoris long head and semimembranosus resulting in high
and low JRFs were also different, muscle force of biceps femoris long head and semimemembranosus were
negligible during the pre-swing phase. The IQRs of assigned TSL values of rectus femoris were different for
high and low JRFs. Nevertheless, resulting muscle forces showed no clear differences, see figure 8b.
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Figure 9: Estimated JRFs in superior-inferior direction, with 15-85% bound (black) and high (red) en low

JRFs (blue).

In ST direction, muscles showing most differing T'SLs for high and low JRFs were the same for midstance
and terminal stance (fig. 10). The IQRs of assigned TSL values for gastrocnemius medialis in simulations
resulting in higher JRFs were very small. Contrastingly, for simulations using percentage variation, the IQR
of assigned TSL was very large. The assigned TSL values for simulations resulting in lower JRFs were either
lower than 0.38 cm or higher than 0.43 cm. TSLs between 3.9 and 4.3 cm resulted in higher muscle forces
(fig. 11a) and thus higher JRFs. A similar relation was found for gastrocnemius medialis in simulations using
reported TSL variation. For rectus femoris, lower TSL led to increased muscle force and to increased JRFs.

10



Differences in assigned TSLs for soleus were not large, but muscle forces indicated that the small difference
in TSL did lead to difference in muscle force of 0.8 x BW, see figure 11b.
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Figure 10: Assigned TSL values during midstance in SI direction for high (red) and low (blue) JRF estima-
tions. TSL of simulations present in the red or blue area (fig 9) were investigated. Assigned TSL for these
simulations were calculated for all muscles. Muscles with the largest difference in assigned TSL are displayed.
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Figure 12: Estimated JRFs in mediolateral direction, with 15-85% bound (black) and high (red) en low JRFs
(blue).

Loading response (0-20%)

In ML direction, variation JRF estimations were mainly sensitive to T'SL variation during loading response,
terminal stance and pre-swing (fig. 12). Gluteus maximus (middle part) (glut _max2), gluteus medius anterior
(glut_med1), rectus femoris and vastus lateralis (vas_lat) showed most differing TSL values for high and
low JRFS during the loading response (fig. 13). Plotting muscle forces for the gluteus medius (anterior side)
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(glut_med1) indicated that low TSL values led to decreased muscle forces and increased JRFs, see figure
14a. Within the range of percentage TSL variation, high TSL for gluteus maximus 2 led to decreased muscle
forces and higher knee JRFs. Muscle forces of gluteus medius anterior generated by the two experiments
were found to differ to similar extent as shown in figure 14a. Results on TSL and muscle forces of rectus
femoris during the loading response indicated that higher TSL led to decreased muscle force and increased
JRFs. This applied to assigned TSL values within a range, but also when comparing the two experiments.
Vastus lateralis (vas_lat) showed lower TSL resulted in increased MF and higher JRFs (fig. 14b).
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Figure 13: Assigned TSL values during loading response in ML direction for high (red) and low (blue) JRF
estimations. TSL of simulations present in the red or blue area (fig. 12) were investigated. Assigned TSL
for these simulations were calculated for all muscles. Muscles with the largest difference in assigned TSL are
displayed
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Figure 14: Muscle forces for simulations reaching high (red) and low (blue) JRFs in the loading response

(0-20%)

Terminal stance (35-55%)

The pattern of JRFs for both experiments is similar during the the terminal stance. Muscles that were assigned
most differing TSL values for high and low JRFs were gastrocnemius lateralis (gas lat) and med gas, see
figure 15. It is important to note that during terminal stance in ML direction, the negative JRFs are directed
to the lateral side of the knee. Low JRF estimations, displayed in blue, are thus not necessarily low forces
but rather directed in lateral direction while high (positive) JRF are directed in a (relatively) more medial
direction. Figure 15, 16b and 16a show that lat _gas and med gas were found to have an opposite relation
with respect to the mediolateral forces in the knee. For simulations in which JRFs were high in lateral
direction, the IQR for med gas was between 0.4 and 0.42 cm and assigned TSL for lat _gas were on the
extreme lower or higher side of the range. For simulation in which JRFs were more directed to the medial
side, the IQR of lat _gas was between 0.38 and 0.42 cm and the assigned TSL values were lower than 0.38
cm or higher than 0.46 cm.
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Figure 16: Muscle forces in ML direction from simulations reaching high (red) and low (blue) JRFs using
percentage T'SL variation in the terminal stance (30-50%)

3.3 Comparison

To summarize, table 1 list the muscles for which the TSLs were most different for high and low JRFs
estimations. Differences with regard to influential muscles were limited. The main distinction can be found
within the different phases within the directions.

Table 1: Muscles with most different assigned TSL for high and low JRF estimations.

Stance Phase

Swing Phase

Reported variation

Percentage variation

Reported var.

Percentage var.

AP

Glut _medl, Vas_lat

Glut_max2, Vas_lat

Rect_ fem, psoas

Rect fem, Semimem,

Bifemlh

SI

Glut_medl, Med _gas,
Rect fem, Psoas

Glut_max2, Med gas,
Lat_gas, Soleus, Psoas

ML

Glut_medl, Rect_fem,
Vas_lat, Lat _gas,
Med gas

Glut max2, Rect fem,
Lat_gas, Med _gas,
Vas_lat

Semimem, Vas_lat,
Rect fem

Semimem, Lat_gas,
Med gas, Rect fem

Bifemlh — Biceps Femoris Long Head,

Glut_maz2 — Gluteus Maximus (middle part), Glut med! — Gluteus Medius
anterior, Lat_gas — Lateral Gastrocnemius, Med gas — Medial Gastrocnemius, Rect fem — Rectus Femoris,
Semimem — Semimembranosus, Vas lat — Vastus Lateralis.
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4 Discussion

4.1 General findings

This thesis investigated how uncertainty in TSL of lower limb muscles affect knee JRF estimations in gait
analysis. Uncertainty in TSL was approached in a two-fold way: reported TSL values in literature were
collected to gain insight in the anatomical variation reported in literature. The other approach used the
default TSL from a generic MS model and applied a percentage perturbation of 20% to create a range of
TSL variation. The sets of TSL values formed the basis for two sensitivity analyses using MSM to investigate
resulting variation in JRF estimations.

Results of the literature review on reported TSL revealed that data on muscle parameters for some muscles
is limited. As a result, the TSL range for some muscles was very small and the differences in assigned TSL
per simulations were hard to visualize. Consequently, their influence on JRF estimations remained unclear.
For the approach of percentage TSL variation, the ranges for TSL were proportional to the default T'SL in the
nominal model. As a result, TSL ranges were larger for higher default TSL. Anatomical variation reported
in literature does not confirm this relation. The comparison in figure 4 shows that TSL ranges defined by
percentage variation were larger when TSL exceeded 30 cm and smaller with TSL lower than 20 cm. It can
be concluded that both approaches have their limitations and the present study is necessary to assess the
effect of these limitations.

Results on muscle activation levels showed that extreme variations in T'SL of the soleus led to excessive
activation. In the nominal model, soleus activation was the highest, and extreme perturbations of the default
TSL value resulted in unphysiological activation levels [16, 38]. Veen et al. (2019) investigated the effect
of muscle recruitment on joint loading in the lower limb and found that increased soleus activation led to
decreased knee contact forces, and vice versa [43]. This highlights the importance of carefully handling soleus
TSL when aiming for patient-specific MSM outcomes.

Results of the nominal model and the simulations using percentage TSL variation indicate that the relation
between TSL and resulting JRFs is rather complex. Even though the TSL values in the nominal model are
the exact median of the percentage TSL variation ranges, the JRFs were on the upper or lower bound of all
simulations with percentage TSL variation. It can be concluded that mean TSL do not necessarily lead to
average JRF estimations.

4.2 Joint reaction forces

The overall variation in JRFs estimations as a result of uncertainty in TSL aligns with the range reported
in the literature. Axial joint forces during gait typically range from 2 to 3.5 x BW in in-vivo estimations
[44, 45, 46]. In-vitro measurements extend this range up to 5 x BW, as reported by Morrison (1970) and
Taylor et al. (2004) [47, 48]. Similarly, AP shear forces during walking fall between 0.3-0.6 x BW in in-vivo
studies [45, 48]. According to Kutzner et al. (2010), ML shear forces vary between —0.18 x BW and 0.16 x
BW [49]. These findings suggest that the variation in JRFs due to uncertainty in TSL is comparable to the
variability reported in the literature. However, force estimations in previous studies are often derived from
modeling approaches using multiple subjects. This highlights the inherent challenge of personalized MSM
for clinical applications, because results in this study indicate that uncertainties in TSL can influence MSM
outcomes to a similar extent as variations between subjects.

Results on muscle specific TSL showed some interesting relations. Assigned TSL in AP direction indicate
that psoas, rectus femoris, semimemembranosus and biceps femoris long head are most important to take
into consideration when aiming for accurate force estimation in AP direction. Results on psoas showed that
increased JRFs were obtained with lower T'SL and lower muscle forces. Results in the loading response of the
gait cycle also idicated that hip crossing muscles are influential in JRF estimations. Reported TSL variation
showed that TSL of gluteus medius anterior was influential in JRFs whereas percentage variation showed that
gluteus maximus is influential in JRFs. Related muscle forces confirm the findings of Bicer et al. (2022) who
stated that decreased muscle forces in hip crossing muscles lead to increased knee JRFs, due to compensatory
behavior of knee crossing muscles [50]. Muscle forces of semimembranosus and biceps femoris were negligible
in around toe-off. This indicates that even though different TSLs were assigned to high en low JRFs, no clear
relation can be found between the TSL of the hamstring muscles and the JRF estimations. Muscle forces of
rectus femoris show that even though different TSLs were assigned to simulation resulting in high and low
JRFs, muscle forces for those simulations were not clearly different. Carbone et al. (2016) describes this
with the concept of overall sensitivity. They investigated the effect of muscle parameters on muscle forces of
surrounding muscles and found that rectus femoris is one of the muscles that is most depending on TSL of
surrounding muscles [22]. This is also reflected in the results in SI direction, where relatively small differences
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in TSL of soleus did result in obvious differences in muscle forces. Altogether it can be concluded that even
though for some muscles different TSL were found for high and low JRFs, the link between TSL, muscle
force and JRFs is far from straight . As a result, muscle specific causes for the increased JRF estimations in
SI direction were hard to find. Assigned TSL for high and low JRF estimations were not distinct. Results
of JRF estimations in ML direction indicate that accurate estimation of TSL of gastrocnemius muscles is
important. Increased muscle force in gastrocnemius resulted in increased JRFs in lateral direction and vice
versa. The gastrocnemius muscles are attached to the tibial condyles, situated between the tendons of the
biceps and semimembranosus. Consequently, muscle forces generated by gastrocnemius medialis has a slight
lateral component whereas gastrocnemius lateralis has a slight medial force components. Uncertainty in TSL
of gastrocnemius can thus severely influence force distributions along the mediolateral axis. Even though
JRF estimations in ML direction were relatively small compared to the other directions, variation in this
direction should be carefully considered for KOA research. The results showed a relatively large variation
in force distribution along the mediolateral axis as a result of uncertainty in TSL. Accurate estimation
of mediolateral forces are crucial to assess gait patterns and subsequent knee loading. Abnormal loading
due to knee malalignment is one of the main causes of KOA development and should thus be noticed when
performing patient-specific MSM [51, 52]. Force distribution along this axis could be an indicator of increased
shear forces, which is considered a risk for development of KOA [51, 53].

4.3 Comparison

Comparion of the two experiments indicated that despite the different used TSL ranges, variation in JRF
estimations were comparable. Additionally, muscles that were found to be influential in JRF estimations
were similar. Only the hip muscle, soleus and bifemlh were differing between the two experiments. Overall
results with respect to influential muscles are in line with other studies [22, 23, 54].

4.4 Limitations

The conducted research has some limitations. When creating the sets of TSL ranges, T'SLs found in literature
could not be normalized to measurements of the subject. Datasets on muscle parameters present in literature
are the product of a few cadaveric measurements combined with modeling studies [39, 40, 55]. Datasets
resulting from modeling studies have been improved over the past decades and consequently, references on
original anatomical measurements as well as information of the subjects providing experimental data are not
always present. Thus, including reported anatomical variation in literature can be considered as an alternative
approach within sensitivity analyses on muscle parameters. However, the found TSL range should be handled
with care and cannot be considered as the true variation present in human beings. This is also reflected in
the fact that data on some muscles were very limited. As a result, the range for those muscles were very
small and possible affects on JRFs were hard to investigate. The reason for limited data can be traced down
to progress of MS development over the past decades. Early cadaveric studies focused only on muscle groups
[56, 57], whereas later studies focused on all separate muscles. Moreover, with the development of increasingly
detailed and complex MS models, some muscles, like glutei muscles, are currently represented by multiple
muscle muscletendon actuator requiring more muscle parameter measurements in each separate muscle parts
[9, 33]. Thus, comparison between older and more recent anatomical studies was challenging because of their
different levels of detail. The fact that T'SL values of certain muscle are estimated more often, and potentially
more accurately than others, could influence MF and JRF estimation.

A second limitation is the investigation of one single muscle parameters. Even though TSL is found
to be most influential in muscle force generation, muscles functionality is determined by the interaction
of all mechanical parameters [16]. Changing only one parameter, while keeping the others constant, does
not capture the interdependent relation between the muscle parameters. Moreover, the found reported TSL
variations are often based on assumptions with respect to, for instance, OFL [21, 58, 59]. Ounly adjusting TSL
could have led to unrealistic ratios between the two mechanical parameters. The relation between fiber and
tendon length was investigated by Morl et al. (2015). They found that extreme ratios resulted in excessive
force generation and changed contraction velocity [60]. Since contraction velocity is determined by activation
dynamics, it could be argued that both JRFs estimations and muscle activation could have been influenced
by extreme TSL.

Additionally, since all TSLs were adjusted simultaneously, certain combinations of TSL were potentially
not realistic in terms of the subjects measurements. This was confirmed by the results of the SO in which
for some muscles, muscle forces could not be calculated. These muscles were not taken into consideration for
later consulted muscle forces resulting from TSL variation. Combinations of extreme TSL might have led to
excessive muscle activation and extreme JRF estimations. At last, due to the excessive soleus activation levels,
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nearly half of the simulations with TSL variation had to be excluded. Consequently, results on percentage-
based TSL variations were are based on only half the amount of data compared to simulations with reported
TSL values.

Another limitation of this study is the use of a single DoF knee model to estimate joint reaction forces
(JRFs). While this simplified approach allows for a more manageable and computationally efficient analysis,
it does not fully capture the complex, multi-dimensional dynamics of the knee joint. The knee operates
across multiple degrees of freedom, and a single-DOF model may miss key contributions from movements like
rotation or lateral translations. As a result, this limitation could impact the accuracy and clinical relevance
of the JRF estimations. Additionally, the subject whose experimental data was used had a history of ACLR.
It is well established that knee joint loading increases after ACLR due to altered mechanics [61]. Since this
model does not account for the ligaments in the knee, the changes in joint loading following ACLR trauma
cannot be accurately represented.

4.5 Further research
4.5.1 Musculoskeletal modeling

Uncertainty in muscle parameter estimation is hard eliminate. Further research should focus on developing
measuring techniques to estimate muscle parameters in-vivo. Similarly, a more extensive and complete
database of measured muscle properties should be created, since Yamaguchi, et al. (1998) was the last
one collecting different datasets. The past decades the same datasets have been iteratively re-used and
improved, but initial measurements are all stemming from a few cadavers [21]. More cadaver measurements
will contribute to a better representative of anatomical variation in research. Together with improved in-vivo
measuring techniques, data on anatomical variation could aid to develop personalized MSM modeling.

Found JRFs indicate that uncertainty in TSL affect JRF estimations mostly during the stance phase. For
further research, observing the stance phase alone can be considered sufficient. Largest absolute variation
in JRFs was found in SI direction and largest relative variation in ML direction. For research in KOA,
accurate estimation of JRFS in those direction should thus be the main focus. Additionally when estimating
JRFs as accurate as possible, TSL of lateral gastrocnemius, medial gastrocnemius, rectus femoris, vastus
lateralis and psoas should considered specifically. Even though in-vivo estimation is challenging, TSL used
in the MS should be estimated as accurate as possible by considering other parameters that are more easy
measurable [18, 62]. Scaling through optimization techniques could also aid to make better estimations in
muscle parameters [63, 64].

4.5.2 Finite element modeling

This research was limited to investigation of knee JRF. To understand how patient-specific muscle properties
contribute to the development of KOA, it is crucial to link the insights of knee JRF to tibiofemoral AC
response. Finite elment modeling (FEM) could aid to gain insights in AC degeneration as a result of variation
in JRF estimations. For instance, JRFs of a simulation with increased forces in medial direction could be
compared with a simulation with increased forces in lateral direction. Resulting tissue response could indicate
how AC is affected by force distribution patterns from different TSLs. In earlier stages of this research, an
experiment was set to up to use resulting JRFs from the MSM experiments as input for an FE knee model.
Specifications of the FE knee model and the experimental set up can be found in Appendix D. As input for
the FE model, two simulations were selected with deviating force estimations up to 1 x BW in SI direction.
Calculated stress responses in the AC resulting from this JRF variation were negligible. Ligament stresses
were found to be 3 orders of magnitude larger than calculated stress in the AC. According to Shelburne
et al. (2005) ligament forces range up to 0.45 x BW [65]. Additionally, stress in the ligaments were both
negative and positive, indicating non-physiological behavior. Altogether, the results of the FE knee model
were deemed unreliable for drawing meaningful conclusions. Further research could improve the FE model
by representing ligaments as non-linear springs while ensuring simulation stability. If the model can reliably
capture AC stress responses based on JRF estimations between 2 x 4 times BW, future studies can explore
the impact of TSL on AC stress response.
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5 Conclusion

This research investigated the effect of uncertainty in TSL on JRF estimations in gait analysis. This was done
by conducting two sensitivity analyses using MSM. One experiment used anatomical variation reported in
literature as input values. The other approach used a percentage variation from the nominal TSL values in a
generic MS model. Maximum calculated variation over all simulations was 0.27 x BW in AP direction, 2 x BW
in SI direction and 0.13 x BW in ML direction. Maximum reached JRFs for simulations with reported TSL
variation were higher compared to simulations with percentage variation: 0.25 x BW, 0.4 x BW, and 0.04 x
BW for AP, SI and ML direction respectively. In the terminal stance, highest JRFs were also reached through
simulations with reported TSL variation: also resulted in greater JRFs in the SI (0.25 x BW) direction in
the terminal stance phase, and in AP (0.08 x BW) and ML (0.04 x BW) direction in the pre-swing phase.
Contrastingly, percentage TSL variation led to increased JRF estimation of 0.02 x BW in ML direction
during the terminal stance. Muscles that were found to be influential in JRF estimations despite of the
used TSL range were both gastrocnemius muscles, rectus femoris, vastus lateralis and psoas. Gastrocnemius
muscles were found to be mostly influential in ML direction and it was concluded that for KOA, these results
should be carefully considered. The study highlights that TSL uncertainty can substantially impact knee JRF
estimations and should be carefully considered when developing patient-specific MSM for clinical applications.
Future research should aim to investigate how variation in JRF estimations affect stress response in the AC.
This will aid the development of personalized MSM for KOA purposes.
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A TSL reported in literature

Table 2: TSL values reported in literature

Muscle ‘ Abbreviation ‘ Min (cm) ‘ Max (cm)
Adductor Brevis add brev 2 [55] 4.2 [66]
Adductor Longus add_long 4 [67] 13.2 [68]
Adductor Magnus 1 (proximal) add _magl 4 [68] 12 [66]
Adductor Magnus 2 add _mag2 4.7 [68] 13 [55]
Adductor Magnus 3 (distal) add _mag3 8.7 [68] 26 [55]
Biceps Femoris-Long Head bifemlh 32.2 [58] 34.1 [55]
Biceps Femoris-Short Head bifemsh 5 [66] 14 [66]
Erector Spinae ercspn 3 [66] 3.11 [9]
Extensor Digitorum Longus ext dig 30 [66] 36.9 [68]
Extensor Hallucis Longus ext hal 26 [66] 33.2 [5§]
fixme gem gem 3.9 [58] 4.1 [9]
Flexor Digitorum Longus flex dig 37.8 [58] 39 [66]
Flexor Hallucis Longus flex hal 35.4 [68] 40 [55]
Gluteus Maximus 1 (lateral/superior) | glut max1 4.9 [68] 10.6 [66]
Gluteus Maximus 2 glut _max2 6.8 [68] 7.3 [58]
Gluteus Maximus 3 (medial/inferior) | glut max3 7 [68] 12 [66]
Gluteus Medius 1 (anterior) glut medl 3.5 [67] 7.8 [26]
Gluteus Medius 2 glut _med2 3.5 [67] 6.6 [58]
Gluteus Medius 3 (posterior) glut _med3 3.5 [67] 5.3 [26]
Gluteus Minimus 1 (anterior) glut_minl 1.6 [58] 5.51 [66]
Gluteus Minimus 2 glut min2 2.5 [67] 2.6 [68]
Gluteus Minimus 3 (posterior) glut_min3 4.8 [66] 5.1 [68]
Gracilis grac 8 [67] 17.2 [68]
Iliacus iliacus 8.5 [67] 14.2 [56]
Internal Oblique intobl 10.3 [9] 16.5 [66]
Lateral Gastrocnemius lat _gas 36 [26] 42.5 [67]
Medial Gastrocnemius med_gas 36 [26] 42.5 [67]
Pectineus pect 0.1 [66] 3.4 9]
Peroneus Brevis per_brev 14.8 [58] 30 [66]
Peroneus Longus per_long 27.3 [67] 34.5 [55]
Peroneus Tertius per_tert 10 [67] 30 [66]
Piriformis peri 10.2 [66] 11.5 [68]
Psoas Major psoas 8.5 [67] 14.2 [56]
Quadratus Femoris quad_fem 2.4 [67] 2.5 [9]
Rectus Femoris rect fem 31 [9] 44.9 [68]
Sartorius sar 4 [66] 12.4 [68]
Semimembranosus semimem 33.4 [56] 37.8 [58]
Semitendinosus semiten 24.5 58] 33.4 [56]
Soleus soleus 22 [26] 28.2 [58]
Tensor Fasciae Latae tf 42.5 [66] 45 [68]
Tibialis Anterior tib_ant 22.3 [26] 31.7 [56]
Tibialis Posterior tib_ post 28.2 [58] 37 [66]
Vastus Intermedius vas_int 10.6 [58] 20.2 [68]
Vastus Lateralis vas_lat 13 [58] 22.1 [6§]
Vastus Medialis vas_med 11.2 [58] 20 [68]
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D Finite element modeling

D.1 Experimental set up

To investigate the effect of uncertainty in TSL on stress response in tibiofemoral AC, a FEM experiment
was set up. The different simulations resulting from the MSM experiments formed the basis for the FEM
experiment. Simulations with a different force pattern over the course of the gait cycle were selected. Each
set of JRFs was meant to be used to run an FE simulation, while keeping the rest of input parameters the
same. To this end, the JRFs of all simulations were investigated and three simulations with most deviating
JRFs pattern over the gait cycle were selected as input models. The resulting stresses (Max, Min, Shear)
were meant to give an indication of the effect of uncertainty in TSL on stress response in AC [69].

D.2 Model specifications

An existing FE knee model was used and adjusted to the demands of this research. The model consisted
of the proximal end of the tibia and the distal end of the femur, including articular cartilage (AC) of both
segments, and both menisci, see figure 19. The patella was not included. The ligaments were modeled as
linear elastic springs, including anterior cruciate ligament (ACL) (reconstructed), posterior cruciate ligament
(PCL), lateral collateral ligament (LCL) and medial collateral ligament (MCL) [70, 71, 72]. Stiffness of the
cruciate ligaments were set to 20000 and 12000 for ACLR and PCL, respectively. Stiffness of the collateral
ligaments was set to 10000 N/mm for both MCL and LCL [73, 74]. Young’s Modulus was set to 17 MPa for
AC and 59 MPa for the menisci. Poisson’s ratio of both AC and menisci were set at 0.45.

Femur and tibia were modeled as discrete rigid parts and were assigned to the assembly as dependent
instance types. A node-to-surface contact definition was assigned to the different assembly part. Reference
points were based on center of mass onto which loading conditions were applied, containing one reference
point both segments. Reference points for femur and tibia were modeled as point mass/inertia with an
isotropic mass of 1. Reference points of the ligaments were based on origin and insertion, identified by means
of segmentation.

Figure 19: FE knee model, with tibia (blue) and tibial AC (dark blue), femur (green) and femoral AC (dark
green). Menisci (light yellow) and ligaments yellow)

D.3 Gait simulation

The gait movement was modeled as a rotation of the femur with respect to the tibia. For that reason,
the tibia and corresponding ligaments insertions were constricted in any translation or rotation by applica-
tion of an encastre boundary condition. Menisci were also constrained using encastre boundary to prevent
non-physiological movements. Medial-lateral translations and internal-external rotations were locked using
displacement /rotation boundary conditions. Anterior-posterior translation, superior-distal translation and
varus-valgus rotation were left open. Flexion angles during the simulated gait cycle were obtained from the
IK tool in OpenSim. Since peak tibiofemoral forces are reached during the stance phase, it was decided to

26



limit the FEA to the stance phase of the gait cycle. The duration of the stance phase was retrieved from
ground reaction force data from OpenSim, indicating a stance phase of 0.61 seconds.

The FEA was divided into three phases: pre-displacement, pre-loading and the gait cycle. The pre-
displacement step was used to bring the tibia and femur to the starting flexion angle of the stance phase.
The pre-loading step was used to ramp up the tibiofemoral force to the values assigned in the first time
increment of the gait cycle step. The flexion angle was kept constant during this step. During the gait
cycle step, each time increment a tibiofemoral force in x, y and z direction was applied to the elements
corresponding to a certain flexion angle. The time for the pre-displacement and pre-loading step were left
at default: 1 second (increment sizes, initial: 0.1, minimum: le-6, and maximum: 0.1). Initial increment
sizes were reduced to 0.001 to improve convergence. (increment sizes, initial: 0.01, minimum: 61E-7, and
maximum: 0.1).

For each FEA, the existing FE model was adjusted using Notepad+-+ and saved separately. JRFs were
used as input for the FE model, containing force values for 80 time increments in x, y and z axis. A shell
script was used to run the model on DHPC. A visual node on DHPC was used for visual inspection of the
models.

D.4 Results

Variation in JRFs obtained through MSM simulations did not result in noticeable difference in stress re-
sponse. Both the distribution of areas subjected to stress and the magnitude of the stress were equal over
all simulations. It was reasoned that the ligament properties are too constraining for adjusted JRFs to show
any effect on stress response. To test this hypothesis, the ligament stiffness was reduced with 90% and 900%.
The simulation with reduced ligament stiffness of 900% led to instability in the system resulting in an uncom-
pleted analysis due to convergence issues. The simulation with ligament stiffness reduced with 90% did run
completely. Difference in vertical reaction forces of 0.8 x BW resulted in a difference in a peak compressive
stress of 0.1 MPa. It was concluded that current FE knee model is not yet suitable for investigation of stress
response as a result of variation in JRFs forces.
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