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Abstract—Transfemoral prosthesis users typically perform the
sit-to-stand motion unilaterally, placing minimal load on the
prosthetic side. This increases the risk of injury and accelerates
the degeneration of the intact limb. To address this, understand-
ing compensation strategies is essential. Predictive neuromuscu-
loskeletal modeling offers a method to investigate this. The aim
of this study was to develop and validate a neuromusculoskeletal
model with reflex-based muscle control to simulate the sit-to-
stand motion in non-amputees and transfemoral amputees with
a passive prosthesis. We developed a three-dimensional sit-to-
stand musculoskeletal model of a non-amputee (20 degrees of
freedom, 24 muscles) and a transfemoral amputee (20 degrees of
freedom, 19 muscles), both incorporating a two-phase stand-up
controller based on an existing two-dimensional reflex controller.
We compared the simulation framework to measured kinematics,
muscle activations, ground reaction forces, and existing literature
on degrees of asymmetry and muscle forces. The developed
framework was used to optimize prosthetic knee and ankle
stiffness and damping for the sit-to-stand motion with a pas-
sive prosthesis. The simulated kinematics of the non-amputee
matched measured kinematics. The prosthesis model indicated
compensation strategies involving increased thoracic and lumbar
extension, lumbar bending towards the non-amputated side,
increased pelvic tilt combined with decreased hip flexion, and
heightened muscle activation and force. Optimization results
suggested a knee stiffness of 0.1432 [Nm/deg] and damping
of 0.0246 [Nm·s/deg], while the ankle required a stiffness of
0.1968 [Nm/deg] and damping of 0.1350 [Nm·s/deg]. These values
are recommended for testing in future experiments.

I. INTRODUCTION

Worldwide, an estimated forty million individuals in the
developing world have an amputated limb, according to the
World Health Organization [1], with 90% of new amputations
affecting the lower extremity [2]. Major lower extremity am-
putation is predominantly linked to peripheral artery disease,
often exacerbated by factors such as diabetes, cardiovascular
diseases, and age-related risks [3, 4]. Diabetes increases the
risk of amputation over twenty times [5], resulting in a lower
limb being amputated somewhere in the world every thirty
seconds [6].

An amputation significantly alters an individual’s life, not
only affecting their physical abilities but also their social
interactions [7]. Prostheses play an important role in improving
the quality of life for amputees [8], aiding in daily activities
and boosting self-esteem [9]. However, prosthetic mobility is
often more demanding [10], and long-term use may lead to
secondary physical afflictions such as osteoarthritis, signifi-
cantly affecting users’ well-being [11].
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Among all routinely undertaken daily activities, the
standing-up motion occurs approximately sixty times a day for
most individuals [12] and is considered the most mechanically
demanding motion [13]. This motion consists of three phases:
leaning forward (P1), the transfer phase during which the
seat-off occurs and the rising from the chair begins (P2),
and the extension phase where balance is achieved (P3)
(Figure 1). For transfemoral amputees (TFAs), this motion
is particularly challenging because it requires not only an
artificial ankle, foot, and part of a shank but also a knee joint.
This challenge is enhanced by the fact that most (passive)
prostheses lack the capability to supply energy to assist the
user [14], requiring compensatory approaches to manage the
motion [15, 16], changes in reinforcement schemes (such as
prioritizing stability and pain avoidance over velocity due to
fear of falling [16]), and alterations in sensory input (Figure 2).
Due to the challenges involved in the transitional movement,
the rising motion is often performed as a one-legged task
with increased stress on the intact limb [17]. To help this
group maintain independence and improve their quality of
life, optimizing the stiffness and damping of a prosthesis
to improve support of the standing-up motion could be a
beneficial solution.

To address this, it is important to understand compensa-
tion strategies used by amputees. Predictive simulations offer
a powerful tool for this purpose, allowing researchers to
predict how amputees adapt their motion. Using feedback
control models that incorporate control policies based on
neural control principles, human movement can be accurately
predicted and simulated. The first robust gait controller using
limited proprioceptive feedback loops [19] laid the founda-
tion for a predictive controller simulating sit-to-walk move-
ment, which incorporates delayed proprioceptive feedback
from muscle length, force, velocity, upper-body orientation
(vestibular feedback), and monosynaptic and antagonistic feed-
back pathways [18]. While these models are designed for
two-dimensional simulations, sufficient for symmetric models,
modeling a transfemoral amputee requires consideration of
asymmetry effects and therefore needs modeling in the third
dimension.

Therefore, the objective of this study was to develop and
validate a three-dimensional neuromusculoskeletal model for
sit-to-stand (STS) motions with reflex-based muscle control,
applicable to both non-amputees and transfemoral amputees.
Kinematics, ground reaction forces (GRF), and muscle acti-
vation patterns recorded by van der Kruk et al. [20] served
as benchmarks for the non-amputee simulations, while the
prosthesis model was primarily compared with the non-
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Fig. 1: Phases of the sit-to-stand motion: P1 defines the leaning forward phase, P2 the standing up phase, and P3 the
balancing phase.

amputee model and literature values. This framework aimed
to predict motion and simulate compensation strategies during
STS, optimizing stiffness and damping parameters of passive
prosthetic knee and ankle joints. This research intends to
improve the independence of prosthesis users by improving the
understanding of compensation strategies and by optimizing
prosthetic design properties. Future experimental validation
using real prostheses could further improve these findings. To
our knowledge, this is the first three-dimensional neuromus-
culoskeletal model incorporating reflex-based muscle control,
facilitating predictive simulations of the STS movement for
both non-amputees and transfemoral prosthesis users. This
marks a significant step toward optimizing parameters for the
STS motion in transfemoral amputees.

II. METHODS

The STS controller used for simulation consisted of a
two-phase reflex stand-up controller for both the baseline
model (BM) and the prosthesis model (PM), based on the
study by van der Kruk and Geijtenbeek [18]. The controllers
integrated proprioceptive and vestibular feedback, along with
constant excitation with distinct parameters for each phase (P1
and combined P2 and P3 of Figure 1). The free parameters
were optimized to minimize muscle activation and overall
effort [21], ensure stable motion, and avoid excessive ligament
stress. Iterative optimizations were conducted, building upon
the best results from parallel runs. The outcomes were com-
pared to experimental data of non-amputees in which young
male participants were asked to stand up and sit down while
kinematics and muscle activation were recorded and biome-
chanical models were used to estimate joint kinetics [20]. This
way, the BM could be validated and used as a comparison for
the PM. All simulations and optimizations were executed in
SCONE, version 2.3.1.2903 [22], using the Hyfydy simulation
engine, version 1.6.0.1116 [23].

A. Musculoskeletal Model

The two-dimensional musculoskeletal model of van der
Kruk and Geijtenbeek [18] was used as the initial setup for

the BM. This model represents a 1.80 [m] tall adult male with
a mass of 75 [kg]. Adjustments to this model were made to
convert it to a 3D model, resulting in a model with a total of
twenty degrees of freedom (DoFs): six between the pelvis and
ground, three rotational DoFs at each of the hips, one at each
of the knees and ankles, a lumbar joint, with torque-driven
control, between the pelvis and the lumbar allowing for three
types of rotations, and one thoracic joint, also torque-driven,
between the lumbar and the torso allowing thoracic extension
(Figure 3).

The BM, consisting of 24 muscle-tendon units (MTUs),
was adapted to represent a unilateral transfemoral amputee.
In the PM, the left lower limb was adjusted to represent the
prosthesis. For this, the tibialis anterior (TA), gastrocnemius
(GAS), soleus (SOL), vasti (VAS), and biceps femoris short
head (BFSH) were removed. The rectus femoris (RFEM) and
hamstrings (HAM) were then reattached to the distal end of
the residual femur, as previously done in the model of Raveen-
dranathan and Carloni [24]. Specifically, the reattachment of
the HAM is based on the attachment of the biceps femoris
long head of Raveendranathan and Carloni [24]. The psoas
(PSOAS), iliacus (ILIAC), gluteus maximus (GMAX), gluteus
medius (GMED), and adductor magnus (ADDMAG) remain
unchanged (Figure 3).

For the reattached muscles, a myodesis technique is as-
sumed, meaning that muscles are sutured to the bone. How-
ever, this technique lacks a single standard method [25], with
insufficient evidence to support current surgical choices [26].
Nevertheless, tendons can hold sutures well, while muscles
do not [27]. Therefore, the optimal fiber length in the mus-
culoskeletal model was kept identical to that of the BM,
and the tendon slack length was adjusted. The decrease in
tendon slack length was based on the total shortening of
the muscle by comparing the muscle-tendon length of both
sides (Appendix A). This decrease was then applied to the
tendon slack length, resulting in the values of Table I. The
maximum isometric force was kept the same because of the
great variations within the literature about the muscle strength
in the residual limb [28] (Table I). It should be kept in
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Fig. 2: Neuromuscular system feedback control, adapted from van der Kruk and Geijtenbeek [18]. In blue the parts of the
neuromuscular system that are affected by prosthesis use [15, 16].

TABLE I: Muscle tendon parameters used in the musculoskeletal model.

MTU in model Pathway Tendon slack
length [m]

Optimal fiber
length [m]

Maximum isometric
force [N]

Pennation angle at
optimal fiber length [rad]

Psoas Identical at both sides lumbar-pelvis-femur-femur 0.1970 0.1169 1113 0.215525
Iliacus Identical at both sides pelvis-pelvis-femur-femur 0.0934 0.1066 1073 0.279914
Gluteus medius Identical at both sides pelvis-femur 0.066 0.0733 2045 0.3578
Gluteus maximus Identical at both sides pelvis-pelvis-femur-femur 0.127 0.147 1944 0
Adductor magnus Identical at both sides pelvis-femur 0.06 0.087 2268 0.0872665

Rectus femoris Non-amputated side pelvis-femur-tibia 0.3050 0.1140 1169 0.087266
Amputated side pelvis-femur 0.174 0.1140 1169 0.087266

Hamstrings Non-amputated side pelvis-tibia-tibia 0.3250 0.0976 2594 0.202458
Amputated side pelvis-femur 0.1216 0.0976 2594 0.202458

Vasti Non-ampuated side femur-femur-tibia 0.1230 0.0993 4530 0.063100
Tibialis anterior Non-ampuated side tibia-tibia-calcaneus 0.2230 0.0980 1759 0.087266
Soleus Non-ampuated side tibia-calcaneus 0.25 0.05 3549 0.436332
Biceps femoris short head Non-ampuated side femur-tibia-tibia 0.1000 0.1103 804 0.214675
Gastrocnemius Non-ampuated side femur-calcaneus 0.3900 0.0510 2241 0.172788

mind that this might lead to an overestimation of muscle
forces [29, 30]. For the other muscles, the same properties
were used as in the model of van der Kruk and Geijtenbeek
[18], which are based on Gait2392 [31], for which the peak
forces were summed to obtain values for the simplified model,
and on Rajagopal et al. [32] for the HAM, BFSH, ILIAC, and
PSOAS. The ADDMAG and GMED muscles added to the 3D
model have muscle properties based on a previously designed
3D model included in the Hyfydy examples [23]. An overview
of the MTUs parameters is presented in Table I.

In the PM, the prosthesis was simulated by adjusting the
mass and inertia properties of the left femur, tibia, and calca-
neus to replicate a realistic transfemoral prosthesis. Table II

provides an overview of these values, and a different geometry
file for prosthetic visualization has been inserted. Additionally,
knee and ankle joints have been modeled by adding a joint
motor in the Hyfydy file for the prosthetic knee and ankle,
similar to how the lumbar and thorax joints have been defined.
The stiffness and damping parameters of these prosthetic joints
are optimized during simulation by incorporating an optimizer
function in the SCONE file.

B. SCONE Implementation

A simulation framework was developed using the open-
source software SCONE: Simulated Controller Optimiza-
tioN Environment [22]. The contact forces between the feet
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TABLE II: Summary of the mass and inertia properties of
the non-amputated leg and prosthetic leg. Further details
regarding the calculation of these values are provided in
Appendix B.

Mass [kg] Inertia [kg·m2]
Non amputated femur 9.3014 x = 0.1339 y = 0.0351 z = 0.1412
Residual femur + upper leg prosthesis 6.1507 x = 0.08034 y = 0.02106 z = 0.08472
Non amputated tibia 3.7075 x = 0.0504 y = 0.0051 z = 0.0511
Prosthetic lower leg part 1.5 x = 0.02042 y = 0.00207 z = 0.02068
Non amputated foot 1.25 x = 0.0014 y = 0.0039 z = 0.0041
Prosthetic foot 0.75 x = 0.00084 y = 0.00234 z = 0.00246

and ground were adjusted slightly compared to the model
by van der Kruk and Geijtenbeek [18] due to the conversion
to 3D. The changes include the addition of an extra Hunt
Crossley force sphere at the toes, resulting in one sphere with
a radius of 3 [cm] at the heel and two spheres with a radius of
2 [cm] at the toes. Additionally, the buttocks contact geometry
was changed to a capsule shape with a radius of 12 [cm]
and length of [12] cm, based on Geijtenbeek [23], while the
position was kept the same as in van der Kruk and Geijtenbeek
[18]. For the PM, the prosthetic foot was modeled as a capsule
with a radius of 3 [cm] and length of 22 [cm], approximating a
rigid prosthetic foot. Other aspects remained unchanged, with
the dissipation coefficient set to 1 [s/m], static friction at 0.9,
dynamic friction at 0.6, and ligaments represented by joint
forces with a limit stiffness of 500 [N/m].

C. Controllers

The STS motion was simulated using a reflex controller with
two phases. The reflex controller is based on monosynaptic
and antagonistic proprioceptive feedback from the muscles,
in which the monosynaptic part ensures rapid communication
between muscle spindles and motor neurons in the spinal
cord [33]. It triggers the stretch reflex, helps to maintain
muscle tone and prevents overstretching while the antagonistic
part ensures coordination between muscles in antagonistic

pairs; sensory receptors in one muscle group inhibit the
antagonist and facilitate the agonist muscle, ensuring smooth
movement and efficient muscle activation. Additionally, the
reflex controller, linked to the pelvis tilt, incorporates vestibu-
lar feedback. Furthermore, neural latencies were included,
representing the time delay between the initiation of a sensory
stimulus and the corresponding motor response [34]. Shorter
latencies typically indicate faster reflex responses and are
generated entirely by spinal circuits, while longer latencies
take longer and involve regions above the spinal cord [35].

The STS controller is similar to the stand-up controller of
van der Kruk and Geijtenbeek [18]. The controller’s gains
and the constant actuation were optimized, while the length
offset was fixed at 1. Torque-driven lumbar and thoracic joints
were controlled using PD control based on joint velocity and
position. The delays added to the system were unchanged
compared to the implementation by van der Kruk and Gei-
jtenbeek [18], except for the addition of the 3D muscles:
GMED and ADDMAG. Reflex controllers for the GMED and
ADDMAG were added based on muscles with similar neural
path lengths, resulting in the values shown in Table III. The
GMED and ADDMAG were set to be each other’s antagonists
in the antagonistic part of the controller. The vestibular delay
was kept the same as in van der Kruk and Geijtenbeek
[18], computed based on electromyographic responses and
adjusted for inter-muscular differences. Lumbar and thoracic
joint delays were estimated considering central delay and
conduction velocity estimates. Furthermore, controllers for the
two additional DoFs in 3D at the lumbar joint, lumbar bending
and lumbar rotation, were added, similar to the one for lumbar
extension. The transition time between the reflex controllers
was treated as a free parameter and incorporated into the
optimization process. The PM used a similar controller setup
but had its own set of initial conditions.
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TABLE III: Neural latencies as implemented by van der
Kruk and Geijtenbeek [18] for the monosynaptic,
antagonistic, and vestibular controllers, with additions for the
ADDMAG and GMED muscles included in the 3D model.

Muscle Monosynaptic
control ∆t [ms] Antagonists Antagonists

control ∆t [ms]
Vestibular control
∆t [ms]

HAM 15 RFEM, VAS 20 45
BFSH 20 RFEM, VAS 20 45
GMAX 10 ILIAC, PSOAS 10 40
GMED 10 ADDMAG 10 40
ADDMAG 10 GMED 10 40
ILIAC 10 GMAX 10 40
PSOAS 10 GMAX 10 40
RFEM 20 HAM, BFSH 20 45
VAS 20 HAM, BFSH 20 45
GAS 35 TA 35 55
SOL 35 TA 35 55
TA 35 GAS, SOL 35 55
Lumbar 35
Thoracic 30

D. Optimization Framework

The equations of motion and their integration were executed
in SCONE. Simulations commenced with an initial posture of
the model’s DoFs and velocities set to 0. This initial position,
resembling common seating postures before standing up, was
chosen to align with van der Kruk and Geijtenbeek [18].
Simulations terminated either upon reaching the maximum
simulation time of 5 [s] or when the model fell, defined as the
center of mass height dropping below 85% of its initial height.
The optimization aimed to minimize the objective function,
which comprised the following terms:

• Task term: Ensures the standing-up motion by forcing the
pelvis y-direction to reach a minimum height of 0.88 [m].

• Energy term: Estimating energy consumption during
standing up, combining metabolic energy expendi-
ture [21] with the minimization of cubed muscle acti-
vations and torque at the lumbar and thoracic joints.

• Penalize unnatural joint states: Prevents lumbar extension,
thorax extension, pelvis tilt, hip adduction, and ankle
angle from entering unnatural states.

• Prevent overstretching of the knee: Knee extension is
limited to 5 [deg] for both knees in the BM. For the PM,
this term was only applied to the non-amputated side,
because prosthesis users are taught to completely stretch
their prosthetic knee to lock it during balance.

When a suitable solution was found, all terms in the objective
function for the BM became zero except for the energy term,
which then became the sole objective to minimize. Since
the unnatural joint states term required limits that are not
exactly known for prosthesis users and to prevent forcing the
simulation too much in a human-defined direction, the terms
that penalize unnatural joint states and knee overstretching
were removed after a balanced motion was achieved. This
adjustment ensured that also PM could solely focus on energy
minimization.

For the optimizations, the Covariance Matrix Adaptation
Evolutionary Strategy (CMA-ES) within the open-source soft-
ware SCONE was used, with multiple parallel optimizations
starting from the same initial guesses. The best result from
each batch was used for the subsequent optimization round.
Initially, for the BM, the reflex controllers from van der Kruk

and Geijtenbeek [18] served as the starting point in the first
optimization batch. Subsequently, for the PM, the initial values
were based on the optimized results of the BM. Both the
BM and PM used the same SCONE setup, differing only in
the PM’s additional optimization of prosthetic knee and ankle
parameters via a function that calculates the optimal stiffness
and damping values for each simulation and an initial dis-
placement constraint for the prosthetic foot. The displacement
constraint for the prosthetic foot was added because initially,
the PM exhibited a standing-up motion where the prosthetic
leg was lifted, which corresponds to the reality where the
rising motion is often performed as a one-legged task [17].
However, the goal of this study was to simulate standing up
in the manner taught in rehabilitation clinics: using both legs
and to determine suitable prosthetic properties for this purpose.
To address simulations where the model stood up using only
one leg and to avoid convergence to undesired local minima,
a custom ScriptMeasure was implemented for the prosthetic
foot. This measure minimizes differences in horizontal and
vertical foot positions at each time step to keep the prosthetic
foot on the ground (details in Appendix H). Once suitable
initial conditions for the controller were established, these
ScriptMeasures became unnecessary and were subsequently
removed.

E. Validation

For validation, the emphasis was on the BM, with the
assumption that if this is valid, the PM should be relatively
reliable as well, due to the similar optimization framework.

1) Baseline Model Validation: The results of the BM’s
STS simulation were compared to the kinematic and kinetic
experimental data of eight young males [20], as the mus-
culoskeletal model represents a male without accounting for
muscle aging properties. Each participant performed the STS
motion and sitting down task three times while instructed to
not use the arms. Force plate data were captured using two
Kistler force plates in both the chair and the ground, while
16 EMG sensors and 84 reflective markers captured the EMG
signals of certain muscle groups and the motion, respectively.
The BM was compared to the joint angles of the experimental
data and the GRF; when this comparison showed overlap,
the BM was considered useful for comparison with the PM.
Additionally, Caruthers et al. [36] used experimental STS
data from seven young healthy participants as input for their
custom 3D musculoskeletal model in OpenSim, ultimately
determining muscle forces. This validated data was also used
to check the validity of the developed model in terms of muscle
forces.

2) Prosthesis Model Validation: The PM was primarily
compared to the validated BM under the assumption that, given
their similar setups and the BM’s alignment with experimental
data, meaningful conclusions could be drawn. To assess the
relevance of these findings in comparison to real prostheses,
experimental data from Highsmith et al. [17] was used. This
dataset comprised 21 unilateral transfemoral amputees using
three different types of prosthetic knees (the active Power Knee
of Össur [37], the semi-active C-Leg of Ottobock [38] and
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the passive knee with hydromechanical components: Mauch
SNS [39]), with recorded kinematic and kinetic data for the
STS motion.

F. Data Analysis

All data analysis was performed in MATLAB version
R2022B; more information about the used MATLAB frame-
work can be found in Appendix G.

1) STS Duration: For data analysis, the duration of the total
STS movement was normalized and subsequently analyzed.
For normalization a clear definition was important to allow
accurate comparison. The STS motion can be divided into
three phases (P1, P2, P3) [40, 41] as illustrated in Figure 1. In
the simulations, the end of the motion was determined when
the pelvis y-position reaches a height of 0.93 [m] and remains
stable for the subsequent 0.25 [s]. Once this criterion was met,
the moment when stability was achieved, plus an additional
0.25 [s], was set as the end time, following Highsmith et al.
[17]. Due to variations in participant heights during experi-
ments, the end time of the experimental data was set to the
time at which their maximum pelvis y-position minus 0.01 [m]
was reached for 0.25 [s], thus accounting for potential noise.
The simulation’s start time, the start of P1, corresponded to
the beginning of the simulation. However, in experimental
data, this varied since participants do not always start moving
immediately. Therefore, the definition used in this paper was
based on the assumption that the ratio between seat-off and
balance, and between the start and seat-off, remained constant.
Therefore, if a subject took longer from seat-off to balance,
they likely also took longer from initiation. This ratio was
determined by the BM simulation as defined in Equation 1.

Ratio P1 = 1− End time P3 − Start time P2
End time P3 - Start time P1

(1)

The ratio of duration P1 was then applied to the experimen-
tal data, where the time of seat-off was accurately determined
using force plate data. The time interval between the end
and start of seat-off corresponded to a ratio as determined
in the BM according to Equation 1, which was then used to
calculate the start time of P1 for each individual participant
and trial. For the visualization of results and analysis, the time
for P1 was normalized to 100%, and the time after seat-off
was also normalized to 100%, resulting in the entire motion
corresponding to 200%.

2) Degree of Asymmetry: A comparison between BM and
PM was obtained by examining the degree of asymmetry
(DoA). To calculate the difference between both the prosthetic
side and non-amputated side, DoA was calculated using Equa-
tion 2 based on Highsmith et al. [17], in which S indicates
the sound side or the dominant side in the case of the control
group, and P indicates the prosthetic side or non-dominant side
for the control group. Since in simulation it is not possible to
speak about a dominant side, the absolute value of the DoA
was used for the BM. This DoA was calculated for the GRF
and peak knee and hip joint moments.

DoA =
S − P

S + P
× 100 (2)

3) Prosthesis Optimization Comparison: During regular
motion, the knee joint demonstrates a spring-like behav-
ior [42]. Due to that behavior, an estimate of the optimal
stiffness was determined by estimating the quasistiffness, the
slope of the linear fit to the knee moment-angle curve [42].
This was done by using Equation 3, in which k indicates
the stiffness [Nm/deg], θ the knee angle [deg], and M the
corresponding moment [Nm]. Using this approach, insight into
how much the optimized prosthetic knee in the simulations
contributed compared to the sound knee and to a transfemoral
powered knee that mimics non-amputated knee behavior [43]
could be obtained.

M = kθ (3)

III. RESULTS

A. Baseline Model

Figure 4 shows the joint angles over the whole STS motion,
indicating that for the first phase of the STS motion, P1,
all joint angles, except for the right knee angle and left hip
adduction, have an overlap of 100% with the experimental data
range. The right knee angle has an overlap of 95.0%. The left
hip adduction angle has an overlap of 0%, indicating a clear
mismatch. For the part of the motion after seat off, lumbar
extension has an overlap of 15.8%, left hip flexion 97.0%,
and hip adduction 93.1% and 70.3% for the left and right
sides, respectively, while all other angles have 100% overlap.
In terms of DoA in GRF (Figure 6), a value of 4.4% was
found, which is within the range of the experimental data
(5.7% ± 4.7%) and the non-amputee group of Highsmith
et al. [17] (7% ± 9%). The DoA of the joint moments is
7.7% and 2.1% for the knee and hip, respectively, which is
within the range for the knee moment of Highsmith et al. [17]
who reported an asymmetry towards the non-dominant side
of -3% ± 11%. The BM’s hip moment asymmetry is lower
compared to the 21% ± 10% reported by Highsmith et al. [17].
The peak muscle forces for the VAS, GMAX, and ADDMAG
were within the range reported by Caruthers et al. [36], while
the soleus muscle force was just above the range with a peak
force of 309.5 [N].For the GAS, Caruthers et al. [36] reported
187.38 [N] ± 109.86 [N], but only included the medial
gastrocnemius. Additionally, the BM’s hamstrings peak force
was higher than the single reported peak muscle force of the
biceps femoris long head by Caruthers et al. [36] (885.5 [N]
versus 490.06 [N] ± 380.64 [N]). Furthermore, the soleus
muscle of the BM resulted in a higher muscle force (928.9 [N]
versus 460.63 [N] ± 213.26 [N]), while the RFEM showed
a lower force (397.3 [N] versus 944.03 [N] ± 382.21 [N]).
Although Caruthers et al. [36] didn’t report the exact values
for the GMED, they mentioned that the unreported muscles
produced forces less than 200 [N], which is significantly less
compared to the GMED’s force according to the BM, but
within the range of the TA and BFSH (additional comparison
about muscle activation can be found in Appendix C1).

B. Compensation Strategies Transfemoral Amputee

1) Joint Angles: The BM showed increased lumbar exten-
sion (77 [deg] in PM versus 52 [deg] in BM) and thoracic
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Fig. 4: Joint Angles during STS for BM versus PM. The shaded grey area represents the complete range of all experimental
data (individual experimental joint angles can be found in Figure A.5). The black dotted line represents the seat-off moment.

extension (maximum extension of 33 [deg] for PM versus
8.7 [deg] flexion in BM) during P1, as illustrated in Figure 5.
Additionally, during balance, both knees are completely ex-
tended. Moreover, lumbar bending and pelvis tilt vary over a
wider range during STS, with the pelvis tilt ending in a similar
position during balance (-4.65 [deg] in PM versus -5.0 [deg]
in BM), while the lumbar remains slightly bent (end position
of 2.9 [deg] in PM compared to 0.27 [deg] in BM) towards
the non-amputated side. When examining the ankle angles,
a more plantarflexed end position can be observed for both
ankles (0.87 [deg] in the prosthetic ankle versus 9.67 [deg]
in BM, while the other ankle shows -0.86 [deg] in PM versus
8.75 [deg] in BM) with a quick up-and-down movement of the
non-amputated ankle during P1. A smaller hip flexion peak
around seat-off indicates another difference between PM and
BM, with the prosthetic side of PM reaching 47 [deg] for
both sides, while BM reaches a peak of 67 [deg] for both
sides. The final hip flexion position, on the other hand, shows
a smaller difference, with PM being slightly more extended on
both sides (a difference of 5.7 [deg] for the prosthetic side and
3.5 [deg] for the non-amputated side). The hip adductions on
both sides show a similar pattern compared to the BM, with a

mean difference over the whole motion of 1.56 [deg] for the
prosthetic side and 1.23 [deg] for the non-amputated side.

2) DoA: In terms of DoA in GRF, PM shows a DoA of
14.75%, which is an increase compared to the BM (4.40%)
while still being within the range of the non-amputee group
of Highsmith et al. [17] (7% ± 9%), but outside the range
of the experimental data of van der Kruk et al. [20] (5.72%
± 4.60%). Nevertheless, the PM shows a clear decrease in
DoA of GRF compared to the best-scoring prosthesis on this
aspect, the Power Knee, which has a DoA of 53% ± 14%,
indicating that the prosthesis is being used during the stand-up
motion (graph indicating the GRF over time can be found in
Figure A.6). In contrast, the DoA of joint moments indicates
that in terms of hip moment asymmetry, the PM performs
asymmetrically towards the prosthetic side. This is in contrast
with all the prostheses tested by Highsmith et al. [17], which
perform asymmetrically towards the sound side. Nevertheless,
the absolute value of hip asymmetry for the PM, at 32%, is
close to the best-performing prosthesis reported by Highsmith
et al. [17] in this aspect, the power knee (34% ± 16%). The
asymmetry in knee moment, on the other hand, is 82.38%
towards the sound side, which is lower than the results of
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Fig. 5: Differences in motion between the BM (grey shaded model in the back) and the PM (in front).
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Fig. 6: DoA of the GRF of both the simulated BM and PM
compared to experimental data of van der Kruk et al. [20]
and the data of Highsmith et al. [17].
∗The data for the Power Knee, C-Leg, and Mauch SNS
prostheses are all based on Highsmith et al. [17].

Highsmith et al. [17], but higher than the 7.73% of the BM.
The absolute peak joint moments are visualized in Figure 8.
Besides differences in the knees and hips, the lumbar extension
moment of PM is 1.92 times higher than that of BM, and the
thoracic extension increases by a factor of 2.62 for PM.

3) Muscle Force & Activation: The muscle activation of
the PM (Figure A.3) indicates that higher muscle activation is
required, even for balancing, compared to BM. The GMEDs,
right GMAX, ADDMAGs, right ILIAC, and PSOAS of the
PM remain fully activated at the end of the motion, while
the HAMs and SOL show minimal activation but still produce
force, as shown in Figure 9. The peak muscle forces illustrate
clear differences between BM and PM for all muscles except
GMAX (muscle force over time can be found in Figure A.4).
The TA, GAS, VAS, BFSH, RFEM, PSOAS, ILIAC, GMED,
and ADDMAG all show increased force in the muscles of the
non-amputated side of PM compared to BM, while only the
SOL and HAM of the non-amputated side show a decrease.
The GMAX and GMED show similarity between both sides
of the PM, with an increase of 3.12% and 1.83%, respectively,
for the amputated side muscles. The ADDMAG and RFEM
show a higher increase for the prosthetic side muscles with
23.25% and 30.30%, respectively, resulting in the RFEM of the
amputated side reaching 1227 [N], exceeding the maximum
isometric force of 1169 [N]. The HAM of the prosthetic side
has a peak force of 1392 [N], which is 22.55 times higher

Degree of Asymmetry in Joint Moments during STS
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Fig. 7: Comparison of the DoA of knee and hip moments
with prostheses from Highsmith et al. [17]. The data for the
Power Knee, C-Leg, and Mauch SNS prostheses are all
based on Highsmith et al. [17].

than the non-amputated side HAM (61.7 [N]). The PSOAS
and ILIAC are the only two muscles present on both sides
that produce decreased force on the amputated side compared
to the non-amputated side. The PSOAS on the non-amputated
side has a peak force of 1420.78 [N], while the amputated side
has a value of 1222.19 [N]; both values exceed the maximum
isometric force of 1113 [N]. Additionally, the non-amputated
side ILIAC has a peak force of 1369 [N], exceeding the
maximum isometric force of 1073 [N], while the amputated
side muscle is just below this value at 1012 [N].

4) Duration: The seat-off of BM occurs at 0.47 [s] while
that of PM occurs at 1.28 [s], meaning that P1 takes 0.81 [s]
longer for PM, while the end time differs 0.79 [s] (BM 1.18 [s]
versus PM 1.97 [s]), indicating that the rest of the motion
happens slightly faster for PM compared to BM.

C. Optimization Prosthetic Parameters

The PM optimization resulted in a knee stiffness of
0.1432 [Nm/deg] and a damping of 0.0246 [Nm·s/deg] while
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Fig. 8: Individual peak joint moments for both sides of the BM and PM. In the PM, the left leg is replaced by a prosthesis.
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Peak Muscle Forces during STS

Baseline Model

Caruthers et al. 2016

Prosthesis Model Non-Amputated Side

Prosthesis Model Amputated Side

Maximum Isometric Force

Caruthers less than 200 [N]

Fig. 9: Peak muscle forces for the BM (showing the peak of both sides with error bar indicating the difference) and PM
compared with values reported by Caruthers et al. [36]. Caruthers et al. [36] did not provide data for all the muscles modeled
for BM and PM, resulting in empty bars. Muscles that produced forces less than 200 [N] were not reported by Caruthers
et al. [36]. Since Caruthers et al. [36] measured EMG data for the TA, biceps femoris, and GMED, but their forces were not
discussed, it is assumed that they produced forces less than 200 [N].
∗The vasti represent the sum of vastus intermedius, vastus medialis, and vastus lateralis. The hamstring data from Caruthers
et al. [36] includes only the biceps femoris long head, and the gastrocnemius data shows only the medial gastrocnemius.

the ankle stiffness was 0.1968 [Nm/deg] and a damping
of 0.1350 [Nm·s/deg]. Figure 10 indicates that the found
optimal knee stiffness matches the maxima of the knee-angle
moment curve, but the value is lower than the optimal value
of 1.1[Nm/deg] reported by Wu et al. [43] for a powered
knee prosthesis that mimics the dynamic behavior of a non-
amputated knee. Additionally, Wu et al. [43] reported a
damping of 0.4 [Nm·s/deg] which is a factor 16 higher than
the result of BM.

IV. DISCUSSION

A. Baseline Model

This study demonstrated that a two-phase reflex-based neu-
ral controller can realistically simulate the task of standing up
in three-dimensional space. The BM showed 100% overlap

with the experimental data for seven out of twelve joint angles
and over 96% overlap for three additional joints (right knee
angle, left hip flexion and right hip adduction). However,
lumbar extension and left hip adduction exhibited less accurate
overlaps, at 57.5% and 35.5%, respectively, over the entire
motion. The discrepancy in lumbar extension becomes notice-
able around seat-off and is likely at least partially caused by
the simplified model, where the buttocks are represented by a
single capsule. In real life, contact with the chair lasts longer
as the thighs roll off [18], leading to a more abrupt change in
the lumbar extension angle before seat-off in the simulations.
Additionally, the higher lumbar extension observed in the
BM after seat-off, compared to the experimental data, may
be partly due to the participants in the experiments knowing
they had to sit down again, causing them to extend less.
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Fig. 10: The moment-angle (stiffness) curves of the STS
motion from seat-off to stable standing for both the BM and
PM with linear fits and their slopes, indicating stiffness, in
Nm/deg for comparison.

Moreover, the BM represents a 1.80 [m] tall male weighing
75 [kg], which does not reflect the average characteristics of
the experimental participants [20]. Despite the lower overlap
percentage for lumbar extension, the model follows the general
course of the motion and remains less than 5.5% above the
maximum of the experimental data. The greater mismatch in
left hip adduction is believed to be due to the experimental
data errors rather than the model. Comparing the BM’s left hip
adduction with the experimental data for right hip adduction
shows a 100% overlap throughout the entire motion.

While the model was compared to muscle force data from
Caruthers et al. [36], it was not compared to all muscles due
to limited data availability. The comparison indicated higher
SOL force and lower RFEM force. This discrepancy may
result from the optimization process within the framework,
which can produce various movement strategies from identical
initial scenarios. In addition Caruthers et al. [36] likely used
different maximum isometric forces, resulting in other ratios
between muscle forces. In this study, the strategy with the
lowest cost was chosen; however, due to muscle redundancy,
other plausible strategies are also possible. Therefore, future
validation is recommended through either EMG measurements
of experimental data combined with a validated model to
estimate muscle forces, or by obtaining further information
from the model of Caruthers et al. [36] to use similar values
for maximum isometric force. The comparison with Caruthers
et al. [36] also indicated that the forces of RFEM and GMAX
of Caruthers et al. [36] were higher than the defined maximum
isometric forces used in this study. For future work, the
musculoskeletal model would benefit from improved estimates
of these forces to enable more accurate comparisons.

B. Compensation Strategies Prosthesis Model

The use of a transfemoral prosthesis requires compensa-
tion strategies for performing the STS movement, involving

changes in both kinetics and kinematics. This study demon-
strated that a two-phase, three-dimensional reflex-based con-
troller, incorporating an adapted musculoskeletal model for a
transfemoral prosthesis, can be used to identify these com-
pensation strategies. The kinematic analysis revealed that ini-
tiating the movement requires additional momentum through
increased thoracic and lumbar extension, often associated with
lower back pain [44], as well as a greater pelvic tilt angle. This
corresponds to the findings of Burger et al. [45], who reported
that TFAs flex the trunk significantly more than non-amputees
before seat-off and later lean more forward while bending
increasingly toward the healthy side. This is consistent with
the lumbar bending result showing a shift towards the non-
amputated side. An increased inclination of the pelvis was
also reported. Nevertheless, the finding by Burger et al. [45]
that TFAs flex their hips to a greater extent was not observed
in this study; the hip flexion peak actually reached a lower
value while the end position was similar. Additionally, the PM
showed highly extended knees, which in real life ensures that
the prosthetic knee doesn’t collapse during standing, allowing
the user to put weight on it during balancing [45]. However,
this also indicates a limitation: for non-amputees, the knee
is always slightly flexed, as demonstrated by the BM and
experimental data. In contrast, the non-amputated knee of
the PM did not exhibit this characteristic. This discrepancy
suggests different prioritizations between BM and PM, with
the PM’s knee extending after removing the measure that
prevented this, in an effort to minimize overall effort. This
highlights a disparity between the results. Furthermore, at the
start of the PM simulation, a small up-and-down movement of
the non-amputated foot occurred, which is not expected to be
a compensation strategy. While more focus could have been
placed on preventing this motion, the authors do not believe
that this up-and-down movement influences the results of this
study.

This study also compared the DoA of both GRFs and
joint moments. The results showed that the PM had a clear
decrease in the DoA of the GRF compared to the prostheses
studied by Highsmith et al. [17]. However, it should be noted
that the effective use of the prosthesis for standing up in
real life also depends on user trust due to the absence of
proprioception [46], which the simulation does not account
for. Besides the DoA of the GRF, the DoA of the knee
moment showed improvement compared to current prostheses.
However, it remained more asymmetric than in non-amputees,
indicating that the sound knee and the prosthetic knee are
not equally contributing to the motion. This imbalance could
potentially accelerate joint degeneration. Nonetheless, the re-
sults of this study were achieved solely by optimizing stiffness
and damping parameters, which could improve the design of
future passive prostheses, while Highsmith et al. [17] reported
values for, in addition to a prosthesis with hydromechanical
components, (active) microprocessor knees.

The DoA of the hip moment showed an unexpected and
contradictory effect in terms of the direction of the asym-
metry. The PM exhibited hip moment asymmetry towards
the prosthetic side, unlike the prostheses tested by Highsmith
et al. [17], which showed asymmetry towards the sound side.
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The authors believe this discrepancy can be attributed to the
optimization framework of this study. Initially, the PM was
forced to keep both feet on the ground. By doing so, and by
not accounting for the trust effect of prosthesis users in the
simulation, the PM used the prosthesis to stand up. In contrast,
Highsmith et al. [17] reported that in most cases, transfemoral
amputees did not load their prosthesis extensively, resulting in
a one-legged task.

Besides the DoAs, the peak joint moments showed that all
non-prosthetic joints are experiencing higher peak moments,
with the prosthetic joints producing decreased moments com-
pared to the BM and the non-amputated side. While the DoA
might be lower, the higher peak moments support the statement
that TFAs have an increased risk of developing osteoarthritis
in both the residual hip and intact lower-limb joints [30].

The increased difficulty of the STS task for transfemoral
amputees is also evident in the muscle activations and muscle
forces, where even the balancing task requires high activation.
Additionally, the increased lumbar and thorax extension re-
sulted in a prolonged P1, which corresponds with the findings
of Burger et al. [45], who also found that TFAs have an
increased time to seat-off. Nevertheless, Burger et al. [45]
mainly found an increased time from seat-off to standing,
while this phase happened slightly faster in the PM simulation,
likely due to the optimization framework setup where the
model needed to reach a certain height at a specified time.
This means that if P1 takes longer, the model must increase
its speed to meet the same requirement.

The high muscle activation during balance indicates that the
balancing task itself is highly energy-intensive. The optimal
fiber length was unchanged for the reinserted muscles, but
for the HAM of the amputated side, this resulted in very
low activation (Figure A.3) while still producing a force
of 1392 [N], likely due to passive forces. Since this force
exceeds half of the maximum isometric force, higher muscle
activation was expected. Manual tuning has demonstrated that
the reattached hamstrings can be effectively activated when
both the tendon slack length and the optimal fiber length are
modified (Appendix F). However, further research is required
to fully understand these adjustments and their impact on
muscle activation. Additionally, further comparison with EMG
data and force data of both non-amputees and amputees
can shed more light on the viability of these results. It is
recommended to explore whether it is possible to decrease
the high activations during balance. Investigating the effects
of doubling all maximum isometric forces could provide
interesting insights and prevent muscles from being completely
activated.

Given that older adults frequently use their arms to assist
in standing up [20], future research would benefit from in-
corporating arms into the model. This addition would enable
simulations to include scenarios such as using armrests or
pushing off from the thighs, potentially leading to different
strategies and reduced peak joint moments and muscle forces.

C. Optimization Prosthetic Parameters
The framework has proven useful for identifying suitable

stiffness and damping values for prosthetic knees and ankles.

The optimal stiffness found in this study differs from the
stiffness recommended by Wu et al. [43], with a lower value
for both prosthetic knee stiffness and damping. This is not
surprising, as Wu et al. [43] reports the optimal value for
a powered knee prosthesis that can closely mimic the STS
motion of non-amputees, while the PM tries to mimic the
same motion while only being able to change the spring and
damping properties of the prosthesis. Interestingly, the average
of the two linear fits for the knee-moment curves is close to
the value reported by Wu et al. [43]. To improve the DoAs
and the required joint moments and muscle forces, a higher
value for the optimal stiffness was expected. Nevertheless,
considering the benefit of having a passive prosthesis that
assists with standing up, this study provides a good foundation
for identifying such a value. Future experiments are recom-
mended to test the suitability of the identified values in real-
life prostheses. If future experiments validate these prosthetic
values, the framework from this study could facilitate the rapid
optimization of prosthetic settings. This includes, for example,
identifying corresponding optimal settings for ankle stiffness
and damping, as well as knee damping, given a certain knee
stiffness. Which is especially interesting since mechanical
properties of prostheses are often unknown [47, 48]. Addi-
tionally, the framework could be used to determine values for
various amputation heights, evaluate the impact of different
prosthetic mass and inertia properties, or consider alternative
attachment points. Beyond the STS motion, it is also important
to consider how the prosthetic parameters affect other aspects,
such as sitting down and sit-to-walk.

D. Limitations

Since simulations are simplified representations of reality,
researchers should be mindful of several factors when inter-
preting the results.

• While this study presents the first three-dimensional
neuromusculoskeletal model with reflex-based muscle
control enabling simulation of the STS motion, it does not
include all DoFs that humans have. For instance, ankle
eversion range of motion is known to significantly corre-
late with balance stability [49] but is not incorporated in
the model. Additionally, user trust is not accounted for
in the model. The omission of these aspects should be
acknowledged as a simplification in the model.

• Specifically for the PM, it is important to keep in mind
that by not modeling additional DoFs at the stump-socket
interface, soft tissue artifacts are neglected. While this
approach is common [28, 50, 51] and expected to have
minimal influence [51], it more closely resembles an
osseointegrated prosthesis rather than a socket prosthe-
sis [30, 51].

• This study aimed to create a universal model for a highly
personalized scenario: each amputation surgery varies,
and every individual is unique. Since muscle tissues do
not hold sutures well [25], the decision was made to
assume that only the tendon was changed. However, in
cases where the tendon cannot be preserved for myodesis,
the muscle may be used instead [25], resulting in varied
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muscle properties in the musculoskeletal model. Surgeons
also differ in their methods of reattaching muscles and
positioning the hip during muscle fixation [26], which can
influence muscle properties. Due to significant variability
in the literature regarding muscle strength in residual
limbs [28], the maximum isometric force was kept un-
changed, acknowledging the potential for overestimation
of muscle forces [29, 30].

• Another limitation of the framework is the selection of
muscles involved in the myodesis procedure: specifically,
the RFEM and HAM for the PM. According to the studies
reviewed by Fabre et al. [25], all 33 studies that per-
formed myodesis included the ADDMAG muscle, while
a smaller number (24 studies) additionally considered the
quadriceps and/or hamstrings. It should be noted that
not all of these studies incorporated these muscles for
additional myodesis; some merely sutured them to or
over the muscular complex. For the PM, only the RFEM
and HAM were included, with the ADDMAG muscle
left unchanged. This decision was influenced by the high
attachment point of the ADDMAG in the musculoskeletal
model, which remains unaffected by femur shortening.
However, in reality, the ADDMAG is a large triangular
muscle located on the medial side of the thigh, and its
insertion is lost during transfemoral amputation, necessi-
tating consideration [25].

• In both BM and PM, the thoracic movement is modeled
with a single thoracic joint, confining upper body move-
ment to the lumbar region and a single spinal position.
While this constraint may not greatly affect the BM,
given its limited thoracic movement prior to standing
up, it could significantly impact the PM, which exhibits
increased thorax extension. Integrating multiple thoracic
joints would more accurately replicate human motion and
could alter compensation strategies.

• While the goal of this study was to enable predictive
simulations to uncover compensation strategies, measures
were introduced to expedite simulation time. These mea-
sures guided the first few simulations toward realistic
trajectories by limiting certain DoFs, such as hip adduc-
tion and pelvis tilt, to prevent unnatural positions. Ad-
ditionally, they ensured that movements such as lumbar
and thorax extension were appropriately used, rather than
relying excessively on one of them alone. However, these
imposed constraints could potentially restrict movement
in predetermined directions, potentially overlooking some
compensation strategies.

• Lastly, an additional limitation of the optimization frame-
work is the necessity to specify the standing-up time. In
the simulation, this motion occurs as the pelvis has to
reach a predefined height at 1.5 [s]. While this setting
is essential for initiating the movement, it may partially
contribute to the prolonged duration of phase P1 in
the PM, as remaining seated for as long as possible
minimizes muscle exertion. Consequently, caution should
be exercised when interpreting differences in duration.

V. CONCLUSION

A three-dimensional predictive simulation model has been
developed for both non-amputees (baseline model) and unilat-
eral transfemoral amputees. This framework facilitates the op-
timization of ankle and knee stiffness and damping prosthesis
parameters. Such optimization presents an opportunity to cus-
tomize prostheses specifically for the sit-to-stand movement in
the future, potentially minimizing secondary prosthesis-related
health conditions associated with one of the most mechanically
demanding tasks of daily life: standing-up.
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APPENDIX

A. Muscle-Tendon Shortening

The properties of the reattached RFEM and HAM are based
on their decrease in total size due to the new insertion points.
This amount of decrease is then subtracted from the original
tendon slack length, resulting in the values of Table I. For the
RFEM, the mean difference between hip flexion and muscle-
tendon length was 0.1306 [m], while for the HAM, this value
was 0.2034 [m] (Figure A.1).

B. Mass and Inertia Calculations

Creating an accurate Hyfydy model for an individual with a
transfemoral prosthesis involves adjusting the mass and inertia
properties to reflect the presence of the prosthesis. The Hyfydy
model used a combined file for the residual femur and the
upper leg part of the prosthesis. Underneath the estimations
for the combined residual femur and upper leg part of the
prosthesis, the prosthetic lower leg part, and the prosthetic
foot are described. These estimations are based on general
prosthetic component weights and properties.

1) Residual Femur & Upper Leg Prosthesis: Since the
femur is amputated, its mass and inertia properties are approx-
imated by halving the original femur properties. The original
femur has the following mass and inertia properties:

Mass : 9.3014 [kg]

Inertia :


x = 0.1339

y = 0.0351

z = 0.1412

[kg·m2]

The new residual femur is adapted to the following proper-
ties:

Mass : 4.6507 [kg]

Inertia :


x = 0.06695

y = 0.01755

z = 0.0706

[kg·m2]

For the upper leg part of the prosthesis: A typical trans-
femoral prosthetic upper leg part (including the socket) weighs
approximately 1-2 [kg] (for example, the augmented socket
of Paterno et al. [52] weighs 1.8 [kg]). Therefore, for the
upper leg part of the prosthesis an average prosthetic upper
leg weight of 1.5 [kg] is assumed. Inertia properties for the
prosthetic upper leg can be simplified as being proportional to
its mass and distributed along similar axes as the biological
limb.

Combining the residual femur and prosthetic upper leg part,
results in the following properties:

Total mass : 4.6507 [kg] (residual femur)
+ 1.5 [kg] (prosthetic upper leg and socket)

= 6.1507 [kg]
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Fig. A.1: Change in MTU length during hip flexion for reattached and original muscles, based on data for RFEM and Biceps
Femoris Long Head from Raveendranathan and Carloni [24]. The mean difference is used to adjust the tendon slack length
of the reattached muscles.

Inertia :


x ≈ 0.08034

y ≈ 0.02106

z ≈ 0.08472

[kg·m2]

2) Prosthetic Lower Leg: A typical prosthetic lower leg
(tibia) weighs around 1-2 [kg] (such as the RHEO Micropro-
cessor knee [53] that is 1.6 [kg]). An average value of 1.5 [kg]
is therefore assumed. For the inertia properties, the biological
tibia is proportionally scaled down to the mass difference. The
tibia’s inertia is scaled by the ratio of the prosthetic mass to
the biological mass ( 1.5

3.7075 ≈ 0.405).
The original tibia has the following inertia:

Inertia :


x = 0.0504

y = 0.0051

z = 0.0511

[kg·m2]

The new prosthetic lower leg is adapted to the following
properties:

Inertia :


x ≈ 0.02042

y ≈ 0.00207

z ≈ 0.02068

[kg·m2]

3) Prosthetic Foot: A prosthetic foot generally weighs
around 0.5-1 [kg], as exemplified by those from PROTEOR
[54] and Össur [55]. A weight of 0.75 [kg] is assumed.

Mass : 0.75 [kg]

For the inertia properties, the biological calcaneus is scaled
down proportionally to the mass difference ( 0.751.25 = 0.6).

The original calcaneus has the following inertia:

Inertia :


x = 0.0014

y = 0.0039

z = 0.0041

[kg·m2]

The new prosthetic foot is adapted to the following proper-
ties:

Inertia :


x ≈ 0.00084

y ≈ 0.00234

z ≈ 0.00246

[kg·m2]

All values are summarized in Table II. Using these val-
ues, the total modeled prosthetic leg weighs 3.75 [kg]
(1.5 + 1.5 + 0.75 [kg]), which is consistent with Bone & Joint
Clinic [56], who state that a typical transfemoral prosthesis
weighs 8 [lbs], approximately 3.63 [kg].
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C. Muscle Activation & Force

1) Muscle Activation Baseline Model versus Caruthers et al.: While numerical comparison between the experimental and
simulated muscle activations of Caruthers et al. [36] and the BM is challenging due to a lack of exact numbers, shape
comparisons can be made using the graphs in Figure A.2. This indicates that while the GMAX reaches a higher activation in
the BM, the shape remains similar. In contrast, the GMED and SOL in the BM show a more pronounced peak than in the
data of Caruthers et al. [36], whereas the RFEM exhibits a lower activation pattern. The VAS shows a similar trend, as do the
TA, GAS (compared with the medial gastrocnemius), and HAM (compared with the biceps femoris long head).
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Fig. A.2: Comparison of muscle activation between the mean of both legs of BM and experimental and simulation activation
of Caruthers et al. [36], with the shaded area indicating one standard deviation.
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2) Muscle Activation Baseline Model versus Prosthesis Model: Figure A.3 compares the muscle activations of the BM with
the PM, indicating that PM requires higher muscle activation, even for balancing, compared to BM.
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Fig. A.3: Muscle activation during the normalized STS motion for BM and PM. Note that in the PM, the left leg represents
the prosthetic leg.
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3) Muscle Force Baseline Model versus Prosthesis Model and Experimental Data: Figure A.4 compares the muscle forces
of the BM and PM, as well as the muscle forces calculated using the model by van der Kruk et al. [20], which is based on
experimental data. The figure illustrates that the PM consistently requires similar or higher muscle forces compared to the BM,
except for the right HAM and right SOL.

Fig. A.4: Muscles forces for BM and PM with each experimental trial of van der Kruk et al. [20] displayed in grey.
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D. Experimental Joint Angles

Figure A.5 presents the individual joint angles from all experimental trials for all participants, highlighting the differences
between the experiments.
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Fig. A.5: Experimental joint angles for all trials of all participants, normalized over time before seat off (at 100%) and after
seat off.

E. Ground Reaction Force over Time

Figure A.6 illustrates how the GRF of both legs changes over time for the BM and PM. It indicates that, although both legs
contribute to the standing-up motion of the PM, there is a discrepancy in the amount of force they exert on the ground as time
progresses.
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Fig. A.6: Vertical GRF over normalized time for both the BM and PM.
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F. Hamstring Muscle Properties

The decision to change only the tendon slack length of the reinserted HAM and RFEM resulted in the HAM muscle not
being activated (Figure A.3), despite producing a force that is more than half of its maximum isometric force (Figure 9).
Therefore, it appears that merely changing the tendon slack length may not be effective, as it seems to produce only passive
forces. An attempt was made to investigate the outcomes by also altering the optimal fiber length. The results of Figure A.7
are achieved with an optimal fiber length of 0.075 [m] (originally 0.0976 [m]), while the tendon slack length is 0.18 [m]
(originally 0.3250 [m], and 0.1216 [m] in the musculoskeletal models used in this paper). This illustrates that achieving more
realistic activations for the HAM is possible. However, further research is required to develop an accurate method for adjusting
its properties.
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Fig. A.7: Activation and force of the reinserted HAM in case the tendon slack length is set to 0.18 [m] and the optimal fiber
length is changed to 0.075 [m]
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G. MATLAB analysis

Figure A.8 illustrates the setup of the MATLAB framework, showing various functions for extracting information or
calculating values. Each of the files contains comments providing additional explanations.

main

specify path to files

load experimental data files

create structures from the
simulated data SimStruct

calculate phases

calculate joint angles of
interest and add to structure

calculate joint moments of
interest and add to structure

calculate muscle activation of
interest and add to structure

calculate muscle force of
interest and add to structure

calculate joint loads of
interest and add to structure

calculate GRf of interest and
add to structure

phasesSIM

start index equals first index

find index when pelvis ty is
stable

find seat off moment when
there is no pelvis contact

force in y-direction

extraction

calculate phases

find columns that contains
that name

find the column that exactly
matches the name

extract data corresponding to
that specific column

determining phases for the
simulations

experimental data extraction
into structure normalization

remove incorrect trials from
experimental structure

kinematic plot of all
experimental trials 

kinematic plot of combined
experimental, baseline model

and prosthesis model

calculate degrees of
asymmetry and plot

DoA

determine original lengths

create new indices for
interpolation

interolation

calculate data of the right
side

calculate data of the left side

calculate DoA

sum muscle forces and
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BM3D_results.sto

PM3D_results.sto
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Experimental data file from
van der Kruk et al. (2022)

Simulation result file

Exported result files from the
open-source model by
Raveendranathan and
Carloni (2020).

Matlab function

Main file to run

Fig. A.8: Overview of the MATLAB framework used for all the data analysis.
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H. ScriptMeasure

To ensure the PM uses both legs during standing up and avoids converging to undesired local minima, a ScriptMeasure was
implemented. A ScriptMeasure is defined by a Lua script [22]. Within the SCONE file, the ScriptMeasure was incorporated by
specifying the target body, the prosthetic foot, indicating that the measure should be minimized, and defining the path to the
Lua file. The Lua file, as shown in Code 1, identifies the specified body from the SCONE file, retrieves its vertical position,
computes its displacement over subsequent stages, and returns this value. This displacement is then minimized. The code
snippet provided calculates vertical foot displacement, and a similar approach is applied to control horizontal displacement to
prevent forward stepping.

1 function init( model, par, side )
2 -- get the ’target_body’ parameter from ScriptMeasure
3 target_body = scone.target_body
4

5 -- find the actual body with the same name
6 body = model:find_body( target_body )
7

8 -- initialize displacement integral
9 foot_displacement = 0

10

11 -- store initial foot position
12 initial_foot_pos = body:com_pos().y
13 end
14

15 function update( model )
16 -- get current vertical position of the foot
17 local current_foot_pos = body:com_pos().y
18

19 -- compute the displacement from the initial position
20 local displacement = math.abs(current_foot_pos - initial_foot_pos)
21

22 -- update the displacement integral
23 foot_displacement = foot_displacement + model:delta_time() * displacement
24 end
25

26 function result(model)
27 -- this is called at the end of the simulation
28 -- fitness corresponds to the minimized foot displacement
29 local fitness = foot_displacement / model:max_duration()
30

31 return fitness
32 end
33

34 function store_data( frame )
35 -- store some values for analysis
36 frame:set_value("foot_displacement_L_y", foot_displacement)
37 frame:set_value("foot_position_L_y", body:com_pos().y)
38 end

Listing 1: Lua code for minimizing vertical foot displacement.
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