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Optimal Powered Ankle–Foot 
Prosthesis Torque Profiles  
to Improve Walking Performance 
for Individuals With  
a Unilateral Transtibial 
Amputation
Prosthetic ankle–foot devices provide valuable assistance for individuals with a unilateral 
transtibial amputation (TTA) to effectively engage in daily living activities, although users 
often experience diminished walking performance such as increased metabolic cost, knee 
joint loading, and dynamic balance asymmetry due to the lack of torque control from 
commonly prescribed passive devices. Consequently, active powered prosthetic devices 
have been developed; however, it is unclear how to optimally tune them. The purpose of this 
study was to identify the optimal ankle torque profile of a powered ankle–foot prosthesis that 
improves walking performance for individuals with TTA. Specifically, we used a 
musculoskeletal simulation-based optimization framework to optimize a powered prosthesis 
torque profile while emulating group averaged kinematics and ground reaction forces 
(GRFs). We compared the metabolic cost, knee joint loading, sagittal plane dynamic balance 
symmetry, and torque profiles across the following simulated conditions: a passive 
prosthesis tracking individuals with TTA walking data, a powered prosthesis tracking able- 
bodied walking data, and a powered prosthesis that separately minimized metabolic cost, 
knee joint loading, and dynamic balance asymmetry. Distinct torque profiles emerged for 
each measure, but there was no clear trend in the positive prosthetic work performed, which 
suggests increased prosthetic work alone is insufficient to improve walking performance. 
Further analysis showed the prosthetic torque must be properly timed over the gait cycle to 
improve each measure. This study provides a framework for future work developing 
customized controllers for powered prostheses to improve various aspects of walking 
performance for individuals with TTA. [DOI: 10.1115/1.4071411] 
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Introduction

Prosthetic ankle–foot devices are indispensable components that 
individuals with a unilateral transtibial amputation (TTA) rely on to 
effectively engage in activities of daily living. Although such 
devices can help improve mobility, the use of commonly prescribed 
passive ankle–foot prostheses can lead to asymmetric walking 
patterns, compensatory mechanisms, and the development of 
secondary injuries [1]. For example, previous studies have shown 
that individuals who use passive ankle–foot prostheses experience 
increased metabolic cost [2,3] and joint loading that can increase the 
risk of developing osteoarthritis on the intact limb knee [4] as well as 

soft tissue injury at the socket-residual limb interface [5]. TTAs have 
also demonstrated a higher prevalence of falling, which may be 
indicative of poor dynamic balance [6,7]. Previous research 
analyzing dynamic balance during walking using the range of 
whole-body angular momentum found asymmetric values between 
steps in the sagittal plane, which was correlated with reduced 
residual limb propulsion from their passive prosthetic ankle–foot 
devices [7].

To address these walking deficits, powered ankle–foot prostheses 
have been developed to deliver more biologically representative 
ankle power throughout the gait cycle. Studies have shown that 
powered prostheses can reduce the metabolic cost of walking 
relative to passive prostheses to levels comparable to able-bodied 
individuals [8,9]. In addition, powered prostheses have demon
strated a reduction in peak resultant ground reaction forces (GRFs) 
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and external knee adduction moments, which are common surrogate 
measures of knee joint loading [10]. Others have found that powered 
prostheses can provide better dynamic balance in the sagittal plane 
compared to passive prostheses at certain walking speeds but were 
not able to produce symmetrical ranges of whole-body angular 
momentum between steps [11]. These studies used commercial 
powered prostheses of which only the ankle stiffness and power 
delivery were adjusted. However, it is unclear if there is an optimal 
torque profile that can reduce these walking deficits and produce 
more able-bodied walking mechanics.

Forward dynamics simulations using detailed musculoskeletal 
models can identify causal relationships between various control 
inputs and the resulting gait performance. For example, previous 
research has used simulations to identify the optimal muscle 
excitation patterns required to predict an accurate estimate of able- 
bodied and pathological gait [12,13]. Specifically for a powered 
ankle–foot prosthesis, a control mechanism was identified that 
reduced the metabolic cost of walking to values below that of able- 
bodied individuals; however, the resulting gaits were highly 
asymmetric and deviated from experimental able-bodied gait 
mechanics [14]. Thus, further research is needed to assess whether 
there exist optimal torque profiles that improve various biomechan
ical measures of TTA gait while producing able-bodied walking 
patterns.

The purpose of this study was to identify the optimal ankle torque 
profile of a powered prosthesis that improves steady-state walking 
performance for individuals with TTA using a musculoskeletal 
simulation-based optimization framework. Specifically, we sought 
to identify the torque profile that improves metabolic cost, joint 
loading, and dynamic balance symmetry while producing able- 
bodied gait mechanics. We expected that a distinct optimal ankle 
torque profile exists to improve each aspect of walking performance. 
The outcomes of the work provide the basis for future powered 
prosthesis control designs aimed at improving rehabilitation 
outcomes for those with TTA.

Methods

Experimental Data. Lower-limb joint kinematics and GRFs of 
nine participants with TTAs and nine healthy able-bodied 
participants were previously collected from separate studies 
walking at their self-selected walking speed (TTA: 1.2660.2 m/s, 
able-bodied: 1.3060.2 m/s). For each dataset, joint kinematics, 
GRFs (normalized by body weight (BW)), and whole-body angular 
momentum (normalized by body mass, height, and walking speed) 
were normalized to a single stride from heel strike to heel strike and 
averaged across all trials. These datasets and walking speed for each 
subject group were then group averaged, and the means and standard 
deviations were used in the objective functions for the various 
optimizations. For more details regarding the data collection and 
processing, please see Refs. [15] and [16].

Musculoskeletal Model. A 2D musculoskeletal model was 
modified from the H0918 SCONE model from a previous study [17] 
to represent a unilateral right transtibial amputee (Fig. 1). All joints 
were constrained with a passive torque using a coordinate limit force 
to ensure a normal range of motion [18]. A compliant foot–ground 
contact model [19] was used with contact spheres added to the toe 
and heel of each foot with a radius of 3 cm, a stiffness coefficient of 
2,000,000 N/m, a dissipation constant of 1.0 s/m, a static friction 
coefficient of 0.9 (unitless), a dynamic friction coefficient of 0.6 
(unitless), a viscous friction coefficient of 0.6 (unitless), and a 
transition velocity of 0.15 m/s.

The model was actuated by 20 Hill-type musculotendon actuators 
(Table 1) using Millard-type muscle properties. The muscle 
excitations were represented with a combination of feedforward 
and feedback control. For the feedforward control, one or more 
rise–fall functions [20] with four optimizable parameters, including 
start time, rise time, fall time, and peak amplitude, were used for 
each muscle group with the timing loosely constrained based on 

electromyography recordings in the literature [21]. For the feedback 
control, a neuromuscular reflex controller was used to optimize the 
muscle length, velocity, force, and spindle force feedback gains 
according to specific phases of the gait cycle [22] determined by the 
sagittal foot position and normalized GRF of each leg.

To model the prosthetic ankle, the soleus, gastrocnemius, and the 
tibialis anterior were removed from the right leg, and a coordinate 
actuator was added to the right ankle joint to provide a torque that 
replicates the elastic properties of a passive prosthetic ankle–foot 

Fig. 1 The musculoskeletal model of an individual with a 
transtibial amputation. The model had a mass of 72.2 kg and 
height of 1.8 meters with 20 Hill-type muscle group actuators and 

a coordinate actuator on the right ankle joint to represent the 
ankle–foot prosthesis.

Table 1 Muscle group and ankle actuators within the musculo
skeletal model and their corresponding abbreviations 

Muscle group actuator Muscle abbreviation

Hamstring (biarticular) HAMS
Bicep femoris short head BFSH
Gluteus maximus GMAX
Iliopsoas ILPS
Rectus femoris RF
Vasti VAS

Gluteus medius (anteriorþ posterior) GMED
Gastrocnemiusa (medialþ lateral) GAS
Soleusa SOL
Tibialis anteriora TA
Ankle motorb Prosthesis

aIndicates muscle actuator is only present in the intact limb only.
bIndicates muscle actuator is only present in the residual limb only.
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device and an ideal motor of a powered prosthetic ankle. The mass 
and inertial properties of the right tibia were modified by combining 
the properties of the transected tibia and pylon socket, and the right 
foot was adjusted by combining the properties of the foot 
components based on LaPrè et al. [23]. The torque profile of the 
coordinate actuator for both the passive and powered prosthetic 
ankles was a transient function composed of a set of 11 rise–fall 
patterns and a proportional derivative control mechanism with 
parameters optimized throughout the gait cycle.

Optimizations 

Overall Framework. All optimizations were run using SCONE 

(v. 2.4.1), which is an open-source software for generating forward 
dynamics simulations using optimization with high-level objectives 
[24]. The software uses Covariance Matrix Adaptation-Evolution 
Strategy to optimize the model’s actuator parameters [25]. For the 
present study, three optimizations ran in parallel with each having a 
different random seed, giving a broader search space to optimize a 
total of 209 parameters for each simulation. The best solution from 
the set of parallel optimizations was selected, and the parameters 
were then seeded for another set of parallel optimizations. This 
process was repeated until there was no further change in the cost 
function. The final converged results were then imported to MATLAB 

(Mathworks, Natick, MA) for analysis. All optimizations were run 
on a desktop computer with a 4 GHz AMD Ryzen Threadripper Pro 
processor, with each optimization typically converging within ten 
hours.

Simulation of Transtibial Amputee Walking Mechanics With a 
Passive Prosthetic Ankle. To provide a benchmark comparison, the 
walking pattern of individuals with TTA wearing a passive 
prosthetic ankle (PASS) was simulated. The initial state of the 
model was assigned to be the joint position and velocities at time 
zero of the TTA experimental data so that the simulations began with 
a realistic configuration and the overall computational time was 
reduced. To model the passive prosthetic ankle, the stiffness and 
damping parameters of coordinate limit force on the right ankle joint 
were manually adjusted so that the prosthesis provided adequate 
force during stance but also constrained the ankle angle to within 
60.2 deg of the experimental ankle angle during the swing phase. 
For the tracking optimization, the cost function (Eq. (1)) was set to 
minimize a weighted sum of (1) the squared differences of the 
simulated and experimental hip, knee, and ankle kinematics and 
vertical and anterior–posterior GRFs normalized by the respective 
experimental standard deviation squared for both limbs [26], (2) the 
metabolic cost based on the model in Ref. [27] that estimates total 
metabolic cost based on heat released and the work performed by the 
muscles [28], (3) the absolute difference of the simulated and 
experimental average walking speed, and (4) a pelvis tilt constraint 

J ¼
Xm

j¼1

Xn

i¼1

wj�
Yij − Ŷij

� �2

SD2
ij

þ
Xm

j¼1

wperiod� Ŷend,j − Ŷ1,j

� �

þwmet�Metþ wv�abs vsim − vexpð Þ þ wp�Peltilt

(1)  

where wj is the weighting factor for each of the kinematics and GRF 
terms, Yij is the averaged experimental measurement of the jth term 
at time-step i, Ŷij is the simulated jth term at time-step i, SDij is the 
averaged standard deviation of the jth term at time-step i, n is the 
number of time-steps, m is the number of kinematics and GRF 
tracking terms, wperiod is the weighting factor of the periodicity 
constraint for each kinematic and GRF term between the first (Ŷ1,j) 
and last (Ŷend,j) time points of the gait cycle, wmet is the weighting 
factor of the metabolic cost (Met) calculated as the average muscle 
energy expenditure normalized by distance traveled (i.e., cost of 
transport) and body mass at time-step i, wv is the weighting factor for 
the absolute difference between the simulated center of mass 
average forward velocity (vsim) and the experimental average 

walking speed (vexp), and wp is the weighting factor for the pelvis tilt 
constraint (Peltilt). To achieve the lowest possible cost function 
value, wj was iteratively adjusted while wmet was set to one to ensure 
a reasonable metabolic cost without excessively influencing the 
resulting kinematics and GRFs, wv was set to 10,000 to ensure the 
model walked at the desired experimental speed, and wp was set to 
five to maintain an upright walking posture without also excessively 
influencing the other cost function measures.

Simulation of Able-Bodied Walking Mechanics With a Powered 
Prosthetic Ankle. The walking pattern of able-bodied individuals 
was simulated with the TTA model and a powered prosthetic ankle 
(POW) using a similar framework. The initial state of the model was 
assigned to be the joint position and velocities at time zero of the 
able-bodied experimental data, and the same cost function equation 
(Eq. (1)) was used to track able-bodied experimental data. The 
weighting factors for the kinematics and GRF tracking terms were 
iteratively adjusted to achieve the lowest possible cost function 
value while maintaining the weighting factors for the other cost 
function measures identical to those used in the TTA tracking cost 
function.

Simulation of Able-Bodied Walking Mechanics With Additional 
Criteria. The control parameters of the best tracking result for the 
powered prosthetic ankle were then seeded into subsequent 
optimizations to improve different measures of walking perform
ance. For each additional criterion, the initial weighted contribution 
was set to be 20% of the total cost function value from the best able- 
bodied walking mechanics result, ensuring that the additional term 
would influence but not dominate the optimized result. The 
weighting factor would then be scaled based on the unweighted 
value of each additional criterion so that the initial weighted 
contribution matched the target proportion. When minimizing 
metabolic cost (MC), Eq. (1) was used with the same weighting 
factors as in the POW condition with exception of the metabolic cost 
weighting factor being assigned the new scaled weighting factor. 
When minimizing joint loading, the joint contact force terms for 
both the intact limb (Eq. (2)) and residual limb (Eq. (3)) were added 

JIJL ¼ wIL � IJL (2)   

JRJL ¼ wRL � RJL (3)  

where wIL and wRL are the weighting factors for the intact and 
residual knee, respectively, and IJL and RJL are the joint contact 
forces in units of newtons per body weight for the intact and residual 
limb, respectively. Separate optimizations were performed to reduce 
the knee joint contact forces of only the intact limb (IJL), only the 
residual limb (RJL), and for both limbs (IRJL). When improving 
sagittal-plane dynamic balance symmetry over the gait cycle 
(DynBal), the sum of the squared differences between the simulated 
and experimental whole-body angular momentum about the center 
of mass normalized by the respective experimental standard 
deviation squared (Eq. (4)) was added to Eq. (1)

JWBAM ¼ wwbam �
Xn

i¼1

Yi − bYi

� �2

SD2
i

(4)  

where wwbam is the weighting factor for the whole-body angular 
momentum.

Analyses. To assess how closely the simulations emulated the 
experimental data, the root-mean-square errors were calculated 
between the simulation and experimental kinematic and GRF data. 
In addition, the metabolic cost, intact and residual limb knee joint 
loads, differences in the range of sagittal-plane whole-body angular 
momentum between the first and second halves of the gait cycle, and 
the root-mean-square error between simulated and experimental 
whole-body angular momentum were compared across all simu
lations. Finally, the magnitude and timing of the prosthetic ankle 
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torque profile, as well as the net prosthetic ankle work calculated by 
integrating the prosthetic ankle power profile, were compared across 
all simulations.

Results

The resulting kinematics and GRFs from all simulations emulated 
the experimental data within two standard deviations of the mean 
over the gait cycle (Figs. 2 and 3). For the PASS condition, the 
average root-mean-square error between the simulated and 
experimental kinematics and GRFs were 4.2 deg and 0.05 N/BW 
(2 SDs¼ 15.7 deg and 0.09 N/BW), respectively (Fig. 2). Across all 
powered conditions, the average root-mean-square error between the 
simulated and experimental kinematics and GRFs were 3.5 deg and 
0.06 N/BW (2 SDs¼ 13.9 deg and 0.13 N/BW), respectively (Fig. 3).

Metabolic Cost. All powered conditions had a lower metabolic 
cost than the PASS condition (Fig. 4) with the POW condition 
having a 26.5% reduction. Compared to the POW condition, the MC 
condition had the largest reduction of 7.8%, followed by RJL and the 
IJL conditions with reductions of 3.1% and 0.3%, respectively. 
However, the IRJL and DynBal conditions required a higher 
metabolic cost than the POW condition with increases of 0.7% and 
5.9%, respectively.

Knee Joint Loading. All powered conditions decreased the peak 
knee joint contact force on both the intact limb and residual limb 
compared to the PASS condition (Fig. 5). The IJL condition had the 
largest reductions in peak intact limb knee joint force by 4.8 N/BW. 
In addition, the RJL condition had the largest reduction in peak 
residual limb joint force by 1.5 N/BW. The IRJL condition 
demonstrated secondary reductions in both intact limb and residual 
limb knee joint loads by 4.6 N/BW and 1.4 N/BW, respectively. 

Interestingly, the IRJL condition improved joint force symmetry the 
most by having the lowest difference in peak joint force between 
limbs of 0.4 N/BW. The IJL and MC conditions also improved joint 
load symmetry compared to the PASS condition with differences of 
0.5 and 0.6 N/BW between limbs, respectively.

Dynamic Balance Symmetry. All powered conditions except 
for the RJL condition improved sagittal-plane dynamic balance 
symmetry compared to the PASS condition (Table 2). The DynBal 
condition had the most improved symmetry with the smallest 
difference in the ranges between the first and second half of the gait 
cycle of 0.008 (unitless). In addition, the DynBal condition had most 
improved accuracy between the simulated and experimental whole- 
body angular momentum profiles with a root mean squared error of 
0.005 (unitless).

Prosthetic Ankle-Torque and Work. Compared to the PASS 
condition, the powered conditions exhibited an overall increase in 
peak plantarflexor torque during mid- to late stance (Fig. 6(a)). The 
average increase in peak plantarflexor torque from the PASS 
condition was 14.9 N�m with the largest increase from the IRJL 
condition having a difference of 16.7 N�m. The timing of the peak 
plantarflexor torque was similar for all conditions. The plantarflexor 
torque timing varied the most during the first 40% of the gait cycle 
and resulted in differences in net prosthetic ankle work, especially 
among the powered conditions.

All powered conditions had positive net prosthetic work 
compared to the negative net prosthetic work in the PASS condition 
(Fig. 6(b)). Compared to the POW condition, the IJL, DynBal, and 
MC conditions produced lower net work by 1.1, 2.0, and 3.5 J, 
respectively. However, the RJL and IRJL conditions had greater 

Fig. 2 Simulated kinematics and GRF profiles for the passive prosthesis condition (PASS) that tracked the experimental 
walking pattern of individuals with TTA (EXP). Shaded areas represent 62 SD from the experimental mean.
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Fig. 3 Simulated kinematics and GRF profiles for each powered prosthesis condition (POW, MC, IJL, RJL, IRJL, and DynBal) 

that tracked the walking pattern of able-bodied individuals (EXP). Shaded areas represent 62 SD from the experimental mean.

Fig. 4 Total metabolic cost for each simulated condition. 
Fig. 5 Peak knee joint contact force for the residual (solid) and 
intact (striped) limbs for each simulated condition.

Table 2 Peak-to-peak ranges of whole-body angular momentum during the first and second halves of the gait cycle for 
all conditions 

Whole-body angular momentum results

PASS POW MC IJL RJL IRJL DynBal

First half range 0.068 0.041 0.041 0.039 0.041 0.040 0.040
Second half range 0.042 0.022 0.029 0.028 0.027 0.020 0.032
Difference 0.026 0.019 0.012 0.011 0.014 0.020 0.008
RMSE 0.014 0.007 0.006 0.007 0.007 0.008 0.005

Differences in ranges are presented to quantify symmetry, while root-mean-square error (RMSE) quantifies how well the simulation 
reproduced able-bodied whole-body angular momentum.

Journal of Biomechanical Engineering                                                                                                                                                                 JUNE 2026, Vol. 148 / 061004-5 



positive net work than the POW condition by 0.1 and 2.9 J, 
respectively.

Discussion

The purpose of this study was to optimize the ankle torque profile 
of a powered prosthesis to improve metabolic cost, knee joint 
loading, and sagittal-plane dynamic balance during walking using a 
musculoskeletal simulation-based optimization framework. We 
expected to see distinct torque profiles that improved each measure 
of walking performance, which was supported with interesting 
tradeoffs for each measure.

Metabolic Cost. Metabolic cost was reduced from the PASS to 
powered conditions with the greatest reductions by the MC 
condition. The relative differences in metabolic cost between a 
passive versus a powered prosthesis under these conditions 
(�26.5%) were greater than reported differences in previous 
experimental studies between a passive and powered ankle 
prosthesis (7–20%) [29,30] as well as able-bodied controls 
(15–16%) [2,3]. In addition, previous studies have also shown that 
metabolic cost decreases with an increase in positive ankle- 
prosthetic work [29–31], which we also observed between the 
PASS and POW conditions. However, we found that this trend did 
not continue as the MC condition reduced the metabolic cost the 
most from the PASS condition with a net prosthetic work that was 
less than the POW condition. A previous modeling study also found 
a nonlinear relationship between prosthetic work and metabolic cost 
[14], which suggests that factors other than increased positive 
prosthetic work can lead to reductions in metabolic cost.

To explain how the MC condition had the least metabolic cost, we 
performed a post-hoc analysis of the individual muscle group 
contributions to the total metabolic cost over the stance and swing 
phases of the gait cycle (Fig. 7). The MC condition showed the 
greatest metabolic cost reductions in the residual limb gluteus 
maximus, residual limb rectus femoris, and intact limb iliopsoas 
during stance; the residual limb hamstrings and vasti during swing; 
and the bicep femoris short head and gluteus medius during both 
phases (Fig. 7). The PASS condition had a higher metabolic cost for 
these muscle groups, which is consistent with previous studies that 
have observed similar trends as a compensatory mechanism that 
individuals with TTA commonly use during walking [32,33]. These 
findings suggest that the optimal ankle torque profile, as seen in the 
MC condition, must be appropriately tuned to reduce proximal 
muscle use during the gait cycle for effective metabolic cost 
reductions.

Knee Joint Loading. The PASS condition produced the highest 
intact limb load of over 7 N/BW, which is higher than the joint 
contact load of 4.5 N/BW from previous simulation work [34] and 
the 2.3–2.6 N/BW from in vivo knee implant studies [35–37]. 
However, when using a powered foot and incorporating measures of 
demand in the optimization cost function (i.e., POW, MC, and IRJL 
conditions), the joint loads of both limbs (2.7–4.9 N/BW) are closer 
to the previous in vivo (2.3–2.6 N/BW) and computational 
(2.5–4.5 N/BW) [38,39] estimates of able-bodied knee joint contact 
loads. These results suggest that the central nervous system may use 
measures of demand to help coordinate muscle activity during 
walking.

All powered conditions had a torque profile that produced net 
positive work that effectively decreased knee joint loads of both 
limbs relative to the PASS condition, which is consistent with 
previous studies finding an association between positive mechanical 
work and decreased intact limb knee joint loads [4,10]. This result 
suggests that the net positive work output from a powered prosthesis 
may reduce the risk of secondary injuries that develop from high 
repetitive loads. However, further increases in prosthetic work 
across powered conditions did not result in further reductions in 
intact limb or residual limb knee joint loading, which suggests that 
greater net prosthetic work from a powered prosthesis does not 
necessarily improve knee joint loading.

To gain further insight into the relationship between prosthetic 
work and knee joint loading, we performed a post-hoc analysis 
(Fig. 8) comparing individual musculotendon work across con
ditions during early stance of each limb where the peak knee joint 
load occurred (Fig. 9). The IJL condition had decreased magnitude 
of intact limb vasti muscle work, but also had increased positive 
intact limb gluteus maximus work, which a previous study also 
observed when analyzing a quadricep avoidance gait [40]. The RJL 
condition had the most reduced residual limb hamstring work, 
suggesting that the powered ankle push-off work was optimally 
tuned to reduce knee flexor muscle activity, which would then 
reduce knee joint loads. Finally, the IRJL condition demonstrated 
the combined musculotendon work trends of the IJL and RJL 
conditions but not to the same degree, which resulted in the lesser 
reductions in knee joint loads for both limbs. These findings suggest 
that reducing knee joint loads effectively using an optimal powered 
prosthesis torque profile requires the precise timing of appropriate 
prosthetic work to offload muscles that cross the knee.

Interestingly, knee joint load symmetry improved between the 
PASS and POW conditions and further between the MC, IJL, and 
IRJL conditions and the PASS condition. A previous study 
demonstrated that improved knee moment symmetry reduces intact 
limb knee loading [41], but they did not analyze the effects of knee 

Fig. 6 (a) Simulated prosthetic torque profiles and (b) net prosthetic work from the optimal torque 
profiles of the passive and powered conditions.
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moment symmetry on other measures of walking performance, such 
as metabolic cost or whole-body angular momentum. Thus, 
future work seeking to optimize the prosthesis torque profile 
should focus on knee joint symmetry for improved walking 
mechanics.

Dynamic Balance Symmetry. The torque profile in the DynBal 
condition best produced whole-body angular momentum that was 
the most symmetrical between the first and second halves of the gait 
cycle and the most similar to that of the able-bodied experimental 
data. Since the powered conditions specifically enforced near 
symmetrical kinematics and GRFs by tracking the walking patterns 
of able-bodied individuals, the powered prosthesis of these 
conditions produced a torque profile similar to the combination of 
the GAS and SOL muscles, which provide needed backwards 
rotation in the latter half of the gait cycle to produce symmetrical 
whole-body angular momentum [42]. Furthermore, the additional 
measure in the cost function from the DynBal condition altered the 
timing and peak magnitude of the torque profile (Fig. 6), 
coordinating the lower-limb muscle activity and the torque profile 
to better reproduce able-bodied whole-body angular momentum.

Muscle Trends Between Passive and Powered Condi
tions. The post-hoc analyses not only helped explain the study 
results but also revealed muscle trends that the powered conditions 
shared when compared to the passive condition. The powered 
conditions showed decreased residual limb hamstring and compa
rable or greater residual limb gluteus maximus metabolic cost 
during residual limb stance phase metabolic cost (Fig. 7) and 
musculotendon work during early stance of the residual limb (Fig. 
8). These muscles have been previously found to provide body 
propulsion and support, respectively [43], which suggests that the 
additional power from the powered prostheses shifts the hip extensor 
demand from the residual limb hamstring to the residual limb 
gluteus maximus to provide more body support than propulsion 
during stance. In addition, the powered conditions had decreased 
metabolic cost in the residual limb bicep femoris short head, 
iliopsoas, and vasti during residual limb swing phase compared to 
the passive condition (Fig. 7), which suggests that the powered 
prostheses helped initiate leg swing normally provided by the 
gastrocnemius [44] and reduce the compensatory muscles necessary 
to perform this function when using a passive prosthesis. 
Furthermore, the powered conditions showed decreased negative 
intact limb rectus femoris work and positive intact limb hamstrings 
work relative to the passive condition during the early intact limb 
stance (Fig. 8). Since individuals with TTA use their intact limb 
hamstrings to compensate for the lack of plantarflexor propulsion 
[32,33], the intact limb rectus femoris eccentric work increases to 
control knee flexion, and both were reduced when using the powered 
prosthesis. Overall, the additional power from a powered prosthesis 
redistributed muscle work to reduce the overall muscle demand 
associated with needed compensatory mechanisms when using a 
passive prosthesis.

Tradeoffs in Walking Performance. While each of the 
conditions focused on improving one aspect of walking performance 
for individuals with TTA, we found that other measures of walking 
performance were also affected. For example, we found the torque 
profile of the DynBal condition adversely affected metabolic cost, 
knee joint loading, and knee joint load symmetry between limbs 
compared to other powered conditions. Pareto-front relationships 
between measures have also been observed in other optimal control 
simulation studies [41,45]. Alternatively, some of our other results 
suggest that an improvement in one aspect of walking performance 
also causes improvements in other measures, such as the improve
ment of knee joint loading also improved the metabolic cost in both 
the IJL and RJL conditions compared to the POW condition. These 
findings suggest the torque profile of powered prostheses can be 

optimally tuned to improve multiple measures of walking 
performance depending on the goals of the user.

Limitations and Future Work. This study was performed with 
several assumptions that should be considered when interpreting the 
results. First, we used a 2D musculoskeletal model with a limited 
number of muscle groups and a prosthesis with no socket movement, 
which was similar to previous studies to run computationally 
feasible optimizations [41,46]. While simpler models would affect 
the accuracy of sensitive measures, such as metabolic cost, the 
relative differences between conditions were consistent with 
previous studies. Further, the model used an ideal external actuator 
at the ankle to generate the torque profiles. However, the peak torque 
(�104–127 N�m) and the maximum net work (IRJL: �19 J) from 
this study were within range of current commercial and research 
prosthesis peak torque capabilities (120–140 N�m) [47–50] and are 
consistent with the outputs in other experimental walking studies 
(peak torque: �120–130 N�m; net work: �0.13–0.17 J/kg) 
[10,29,51]. We also tracked group averaged kinematics and GRFs, 
which limits the generalizability of the results. Future research 
should apply this computational framework to optimize prosthetic 
ankle torque for subject-specific walking mechanics to see how the 
torque profiles vary across individuals. Another potential limitation 
is that muscle contributions to knee joint loading could not be 
calculated as a post-hoc analysis as SCONE does not support this 
feature. This led us to use musculotendon work as a surrogate to 
explain our results, and these results were consistent with previous 
studies. Finally, we used a stochastic optimizer to solve a multi- 
objective optimization problem with a high-dimensional search 
space, which may not guarantee a global minimum. However, we 
initiated multiple simulations at different random seeds and updated 
the initial parameters after each simulation with the best 
tracking results to help improve convergence toward a near-global 
solution.

Conclusion

This study aimed to identify the torque profiles of a powered 
prosthesis that improve metabolic cost, knee joint loading, and 
sagittal-plane dynamic balance during steady-state walking in 
individuals with transtibial amputations. We found there were 
unique optimal prosthetic torque profiles that improved the various 
measures of walking performance, where prosthetic torque timing 
throughout the gait cycle was found to be critical to these 
improvements. Furthermore, tradeoffs between measures were 
observed, highlighting the need for optimizations to analyze 
multiple biomechanical measures within a single cost function. 
Overall, this work provides a framework for future work developing 
more elaborate and customized controllers for powered prostheses 
to improve other biomechanical measures in individuals with TTA 
gait.
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Appendix 

Fig. 7 Individual muscle group contributions to the total metabolic cost during the residual limb stance and swing phases of 
the gait cycle for each condition.

Fig. 8 Individual musculotendon group and prosthetic work during the early stance phase of each limb for each condition. 

Prosthesis (push-off) work in the intact limb represents the push-off work done during double support.
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