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Individuals with transtibial amputation (TTA) are at increased risk for conditions such as intact-limb osteoar-
thritis and fatigue, likely due to elevated joint loading and metabolic cost compared to unimpaired individuals.
These risks are amplified during load carriage, as individuals with TTA lack residual limb ankle plantarflexors
and rely more heavily on their intact limb to meet increased mechanical demands. This study used musculo-
skeletal modeling and simulation to evaluate how different prosthetic feet and load carriage positions affect
biomechanical demand during steady-state walking. Measures included total metabolic cost, individual muscle
contributions to metabolic cost, and intact limb axial knee joint impulses. Walking data were collected from five
individuals with TTA across five loading conditions (no-load and 30 lbs. carried as a front-, back-, intact-side-, or
residual-side-load) while wearing four prosthetic feet (a passive standard-of-care foot, a stiffer foot, a heel-
wedge-modified foot, and a dual-keel foot). Two participants also completed additional trials using a powered
ankle—foot prosthesis. Front-load carriage resulted in the highest metabolic cost (7.56 + 0.40 W * kg~!) while
back-load carriage had the lowest (6.34 + 0.38 W * kg~ 1). Key contributors to increased metabolic cost included
the gastrocnemius, soleus, gluteus maximus and gluteus medius. Front-load carriage had the lowest intact knee
joint impulse (16.56 + 1.33 N * s * kg™!) while intact-side-load carriage had the highest (20.60 + 1.39 N * s *
kg™1). The optimal prosthetic foot varied greatly depending on load carriage position or biomechanical demand.
These findings highlight the importance of tailoring both load carriage strategies and prosthetic foot pre-
scriptions to the individual to optimize outcomes.

1. Introduction

Individuals with a unilateral transtibial amputation (TTA) often
experience altered gait mechanics including bilateral asymmetries
(Sanderson & Martin, 1997), reduced walking speed (Robinson et al.,
1987) and altered residual limb muscle activity (Winter & Sienko,
1988). Consequently, individuals with TTA are at increased risk of
developing secondary disorders such as osteoarthritis in the intact limb
and also tend to experience higher metabolic costs and fatigue compared
to non-amputees (Burke et al., 1978; Gailey et al., 1994; Waters et al.,
1976).

For non-amputees, carrying a load while walking results in signifi-
cantly larger metabolic costs and increased heart rates relative to
unloaded walking (Knapik et al., 2004; Quesada et al., 2000; Silder

et al., 2013). Further, load carriage results in increased peak ground
reaction forces (GRFs), loading rates and joint loads (Polcyn et al., 2002;
Silder et al., 2013), which have been associated with lower limb injuries
and increased osteoarthritis risk (Baliunas et al., 2002; Grimston et al.,
1991). Children and objects can be carried in different ways, but perhaps
the most common methods include posteriorly in a backpack, anteriorly
in a sling or with arms, or asymmetrically with arms on either side
(Coleman et al., 2015; Knapik et al., 2004). While most load carriage
studies have focused on the effects of a back load or a combined front
and back load, the effects of side or front load carriage alone remain
relatively unknown.

Load carriage during walking presents an even greater challenge for
individuals with TTA due to the functional loss of the ankle plantar-
flexors. Passive energy storage and return (ESAR) feet have been
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designed with the intent of facilitating natural gait by seeking to repli-
cate the biomechanical contributions of the ankle joint to tasks such as
body support, forward propulsion and balance control. Clinicians typi-
cally prescribe the stiffness of ESAR feet based on an individual’s
anticipated activity level and body weight. While non-amputees
modulate their ankle stiffness during loaded walking (Kern et al.,
2019; Shamaei et al., 2013), the ESAR foot stiffness is constant and
cannot adapt to accommodate load variations or as task demands change
throughout the gait cycle. Thus, gradual weight changes often require
refitting with a new prosthetic foot stiffness category, while sudden load
changes lead to suboptimal stiffness. Clinicians have several low-cost
options for individuals with TTA who routinely carry loads, including
the prescription of a stiffer category foot, the addition of a heel wedge to
stiffen the heel or the prescription of a dual keel prosthetic foot. During
load carriage, a prosthetic foot with greater stiffness would be advan-
tageous (Klodd et al., 2010); conversely, too high of a stiffness without a
load is disadvantageous because it results in reduced energy storage and
return (Fey et al., 2011). As a result, those using ESAR feet during
altered load conditions experience greater metabolic cost, increased
intact limb power generation and absorption, and increased prosthetic
foot dorsiflexion during late stance (Doyle et al., 2014, 2015; Schnall
et al,, 2012, 2014).

Analysis of individual muscle and prosthetic ankle contributions to
body support and forward propulsion using musculoskeletal modeling
and simulation has demonstrated the importance of the ankle plantar-
flexors in maintaining a natural gait (Silverman & Neptune, 2012;
Zmitrewicz et al., 2007). In addition, previous studies have highlighted
the critical role of the ankle plantarflexors in maintaining balance
control in both the frontal and sagittal planes (Neptune & McGowan,
2011, 2016) and adapting to altered load conditions (McGowan et al.,
2008, 2009). Thus, a prosthesis that replicates ankle plantarflexor
functionality would be advantageous in reducing biomechanical de-
mand. While the potential benefits of powered-ankle prosthetic feet
have been explored (Eilenberg et al., 2010; Herr & Grabowski, 2012;
Montgomery & Grabowski, 2018; Sup et al., 2008), it is unclear whether
those benefits translate to walking while carrying a load. Clinical trials
examining prosthetic foot stiffness and damping have identified signif-
icant design trade-offs, with these parameters influencing biomechan-
ical measures such as power generation, loading rate, and self-selected
walking speed (Klute, 2023). However, the relationship between load
carriage and commercially available prosthetic feet remains unclear.

The purpose of this study was to compare the effects of a range of
passive and powered prosthetic feet on biomechanical measures of de-
mand including metabolic cost and joint loading. In addition, the effects
of load carriage position on these biomechanical quantities were eval-
uated for each prosthesis. This work is part of a broader investigation
based on a shared dataset (Ardianuari et al., 2025; Lefranc et al., 2024).
We anticipated that the feet which provided increased stiffness would
result in reduced biomechanical demand relative to the standard-of-care
foot during the loaded conditions, while the converse would be true
during the unloaded condition. We also anticipated that the powered
foot would result in the least biomechanical demand for all loading
conditions. Further, we expected that one loading position would result
in the least biomechanical demand, thereby being optimal relative to the
other positions. Understanding the relationship between prosthetic foot

Table 1
Subject Demographics.
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selection, load carriage position and these biomechanical measures of
demand provides valuable insight into prosthetic foot prescription and
design, as well as load carriage recommendations. This is essential to
reducing fatigue, pain and the risk of developing comorbidities, which
will ultimately improve amputee mobility and quality of life.

2. Methods
2.1. Data collection

Data were collected from five individuals (Table 1) with TTA walking
at their self-selected walking speed (SSWS) across five overground force
plates (AMTI), where the participants were instructed to walk in a
straight line across the force plates. Trials were discarded and repeated if
the participants were not walking within 10 % of their SSWS or if a trial
did not have a single, complete foot contact on a force plate. Individuals
were instructed to adjust their speed or starting point until all trials were
close enough to their SSWS and each step was placed entirely on a force
plate. Kinematic marker data were collected using a modified Plug-in-
Gait full-model marker set consisting of sixty-two reflective markers
and a 12-camera Vicon system. Electromyography (EMG) data were
collected from 13 electrodes on key muscle groups (Lefranc et al., 2024).
Twenty trials were collected for each individual, consisting of five
loading conditions (no-load, front-load, back-load, intact-side-load and
residual-side-load) while wearing four prosthetic feet (a passive clini-
cally prescribed foot [PR], the same prescribed passive foot one category
stiffer [SF], their prescribed foot with a heel stiffening wedge [HW] and
a dual-keel foot [DK]; Fig. 1; (Klute, 2023)). Two participants also wore
a powered ankle-foot prosthesis (PW; Empower, Ottobock) for all
loading conditions, thus completing an additional five trials each. A
13.6 kg (30 1b) load was created using sand inside a cylindrical pack,
which was placed inside a carrier (Ergobaby, Fig. 2) to be worn by
participants. The subject was provided a minimum of 15 min to accli-
mate to each prosthesis/load combination. Rest breaks were provided as
needed at the subject’s request.

2.2. Modeling and simulation framework

A generic 23-degree-of-freedom musculoskeletal model with 92 Hill-
type musculotendon actuators (OpenSim model gait2392; Delp et al.,
2007; Seth et al., 2018; Thelen, 2003) was modified to create a three-
dimensional TTA model, as described in Lefranc et al. (2024). To
model the various loading conditions, a 13.6 kg body was attached to the
front, back, intact- and residual-side of the torso segment of the model
with inertial properties adapted from Dembia et al. (2017). The interface
between the mass and torso was modelled using a linear spring and
damper along the vertical translational degrees of freedom. The spring
constant and damping coefficient were adjusted for each subject and
experimental condition so that the vertical pack translation closely
matched that of the experimental kinematics (average values of k =
5060 +/- 468 N/m; b = 319 +/- 43 N * s/m).

A representative gait cycle, defined as residual-side heel strike to
subsequent residual-side heel strike, was identified from each trial.
Simulations of each trial were performed using OpenSim 4.1 (Delp et al.,
2007; Seth et al., 2018). Joint angles were determined using an inverse

Subject Age (years) Sex Height (mm) Mass (kg) Side of amputation Time since amputation (Years)
1 40 Male 1799 101.5 Left 14

2 60 Male 1800 111.9 Right 3

3 39 Male 1712 105.7 Right 12

4 25 Female 1565 53.4 Right 24

5 43 Male 1820 107.0 Left 1

Mean =+ standard deviation 41 +13 — 1739 + 106 96 + 24 —- 11+9
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Fig. 1. Clinically prescribed foot and one category stiffer (A; PR, SF), Prescribed foot with heel-stiffening wedge (B; HW) Dual-keel foot (C; DK), and Powered

ankle—foot (D; PW).

Fig. 2. (A) No-Load, (B) Back-Load, (C) Front-Load, (D) Residual-Side-Load, (E) Intact-Side-Load.

kinematics algorithm, which minimizes marker error between the
experimental and model data. A residual reduction algorithm (RRA) was
then used to adjust model mass properties and kinematics to ensure
dynamic consistency between the GRFs and body segment kinematics.
The resulting adjusted kinematics were used for all simulations. A
computed muscle control algorithm (Thelen et al., 2003; Thelen and
Anderson, 2006) was then used to determine the muscle excitations
necessary to reproduce the kinematics obtained from RRA (Fig. 3). Each
simulation was validated to confirm that the simulation muscle activa-
tions closely aligned with the EMG data, and that the kinematic errors,
reserve actuators and residual forces were all within OpenSim’s best

practices range (Hicks et al., 2015, Appendix).

2.3. Measures of biomechanical demand

To estimate biomechanical demand, we analyzed metabolic cost and
intact knee axial joint loads. To determine the metabolic cost, instan-
taneous metabolic power for each muscle was determined using the
metabolic model by Umberger et al. (Uchida et al., 2016; Umberger,
2010; Umberger et al., 2003). Average metabolic power was calculated
by integrating the instantaneous metabolic power (E) with respect to
time over the gait cycle (Eq. (1)):

Kinematics

p—— Ground
Kinematic Reaction Intact Knee
Marker Data L Force Data Joint Load
( N f o 4 B
IK CMC [=| Analysis
. \ J
Metabolic
Joint Angles Joint Moments Muscle Cost
& Adjusted Controls

Fig. 3. Computational framework used to generate the simulations. Inverse kinematics (IK) was used to calculate joint angles from the experimental marker data. A
residual reduction algorithm (RRA) reduced dynamic inconsistencies between GRFs and body segment kinematics by adjusting model mass properties and the ki-
nematics. Computed muscle control (CMC) identified the muscle controls needed for the simulation to reproduce the experimental kinematics. Analyses were then
performed to quantify the biomechanical demand measures of metabolic cost and intact knee joint loading.
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where t, is the gait cycle time. Further, individual muscle contributions
to metabolic power were determined by identifying the metabolic power
generated by specific functional muscle groups (Table 2). Total average
metabolic power (metabolic cost) was determined by summing the
contributions from all the individual muscles in the model.

Intact knee axial joint loads were determined using OpenSim’s joint
reaction analysis tool, and then the joint contact impulse was calculated
by time integrating the contact forces over the entire stance phase (Eq.
(2):

ts
Jknee = / Fknee(t) dt (2)
0

Both metabolic cost and joint contact impulse were normalized to
body mass (no load condition) or body mass plus load.

3. Results
3.1. Total metabolic cost

As expected, the no-load condition resulted in the lowest metabolic
cost across all prosthetic feet (5.9 + 0.3 W * kg’l), followed by back (6.3
+ 0.4 W* kg’l), residual-side (6.8 = 0.4 W * kg’l), intact-side (6.9 +
0.8 W * kg’l), and front-load (7.6 + 0.4 W * kg’l) conditions. The
optimal loaded condition which resulted in the lowest metabolic cost
was the back-load for the PR, DK and PW feet (6.0, 6.1 and 6.7 W * kg’l,
respectively), the intact-side-load for the HW foot (5.7 W * kg’l) and the
residual-side-load for the SF foot (6.7 W * kg’l, Fig. 4). The PW foot had
higher metabolic cost across all loading conditions compared to other
feet.

3.1.1. Individual muscle contributions to metabolic cost

The largest contributors to metabolic cost in both limbs were HAM,
followed by GMAX, GAS, SOL and GMED (Figs. 5 and 6, Tables A1-2).
The contributions of the intact- and residual-limb muscles to metabolic
cost were often asymmetric, where the intact VAS (VAS;) had a higher
metabolic cost than the residual VAS (VAS,). Conversely, the HAM;
contributed more to total metabolic cost than the HAM;. Relative to the
no-load condition, HAM,, HAMj, RF; and RF; all responded to back-loads
with reduced metabolic cost, while the other loading conditions,
particularly the front-load, resulted in increased metabolic cost. GMAX,
GMED;, VAS;, SOL, and GAS all had increased metabolic cost during
loading; conversely, IL and VAS; were relatively unaffected by load
carriage. The contribution of SOL and GAS to the metabolic cost
increased more for the intact-side-loading condition than the residual-
side-loading condition, while the contribution of RF; increased more
for the residual-side-load condition than the intact-side condition. For
most muscles, the front-load condition resulted in the largest increase in
metabolic cost.

Table 2
Functional groups analyzed. Italicized muscles were not included in the residual
limb of the amputee model.

Group Muscles/actuators

FOOT Prosthetic Foot

RF Rectus Femoris

VAS Vastus Medialis, Vastus Intermedius, Vastus Lateralis

GMAX Superior, Middle and Inferior Gluteus Maximus

GMED Anterior, Middle and Posterior Gluteus Medius and Minimus
HAM Semimembranosus, Semitendinosus, Biceps Femoris Long Head, Gracilis
BFSH Biceps Femoris Short Head

GAS Medial Gastrocnemius, Lateral Gastrocnemius

SOL Soleus, Tibialis Posterior, Flexor Digitorum Longus

TA Tibialis Anterior, Extensor Digitorum Longus

Journal of Biomechanics 193 (2025) 112992

The powered foot condition typically resulted in the greatest meta-
bolic cost for most muscles across loading conditions, except VAS and IL;
(Figs. 4-6). Further, relative to the PR foot, the SF foot consistently
resulted in higher metabolic costs for most muscles, except for the front-
load condition. The DK foot consistently produced higher metabolic
costs in most muscles for the front-load condition compared to the other
feet. The HW foot resulted in lower metabolic cost in both the intact- and
residual-side muscles for the intact-side-load, while resulting in
increased cost for the residual-side-load compared to the other feet.

3.2. Axial intact knee joint impulses

As expected, the no-load condition resulted in the lowest average
axial intact knee joint contact force impulses for all prostheses (Fig. 7).
Of the loaded conditions, the intact-side-load resulted in the greatest
intact knee impulses, followed by the residual-side-load, then the back-
and front-loads. The front-load resulted in the smallest knee impulses for
the DK, SF and HW feet (17.1, 14.7 and 15.3 N * s * kg’l, respectively),
while the back-load resulted in the smallest knee impulses for the PW
foot (16.7 N * s * kg’l), and the residual-side-load resulted in the
smallest impulse for the PR foot (15.9 N * s * kg’l).

The best prosthesis for minimizing intact knee joint impulses was the
PW foot for the no-load, back-load and intact-side-load conditions, the
SF foot for the front-load condition and the PR foot for the residual-side-
load condition (Fig. 7). Compared to the other feet, the HW foot resulted
in relatively small knee impulses for the front- and back-loads (15.3 and
17.8 N * s * kg~ 1), while resulting in relatively large impulses for the
intact-side- and residual-side-loads (21.9 and 19.9 N * s * kg’l). The SF
foot produced relatively high joint impulses for all conditions besides
the front-load condition, where it resulted in relatively small impulses.
The PW foot resulted in consistent intact knee impulses across all
loading conditions (17.7 + 0.8 N * s * kg’l).

4. Discussion

The results of this study indicate that the optimal prosthetic foot
varies depending on loading position and measure of biomechanical
demand (see Table 3). This suggests the need for patient-specific pre-
scription as there was a large range of responses to each prosthetic foot.
Increases in knee joint impulses resulting from a prosthetic foot or
loading condition did not always correspond to increased metabolic
cost, suggesting that variations in muscle coordination and walking
mechanics caused these two measures of biomechanical demand to
diverge. This also suggests that a prosthetic foot that is optimal for one
metric may not be optimal for the other and foot prescription should be
modified to target specific objectives.

The SF foot produced relatively high biomechanical demand for all
conditions except during front-load carriage, suggesting that it may be
detrimental for most prosthesis users, even under load-carriage condi-
tions. We also found that the PW foot typically resulted in slightly lower
intact knee impulses relative to the PR foot. Contrary to previous work
(Esposito et al., 2016; Montgomery & Grabowski, 2018), the PW foot
typically resulted in increased metabolic cost, particularly from HAM,
RF and GMAX. Based on these outcomes, a standard PR foot may be
advantageous in broadly reducing biomechanical demand, while a PW
foot may be beneficial for those at risk of developing intact knee
osteoarthritis.

While we observed a relationship between biomechanical demand
and load position, the load position that was optimal for minimizing one
measure of demand was not necessarily optimal for minimizing other
measures. For individuals experiencing fatigue, carrying loads on their
back may help minimize metabolic cost, while carrying a front-load may
worsen fatigue. For individuals with intact knee pain or osteoarthritis,
the results suggest that the front- and back-loading positions are optimal
for reducing intact knee impulses, while carrying intact-side-loads may
exacerbate knee pain.
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Fig. 4. Metabolic cost + one standard deviation across a gait cycle for five different loading conditions (unloaded, front, back, intact-side and residual-side loads).
Prostheses evaluated include prescribed (PR), dual-keel (DK), prescribed with heel-wedge (HW), one category stiffer (SF) and Empower (Ottobock, Austin, TX)

powered foot (PW).

4.1. Metabolic cost

We found that all loading conditions required increased metabolic
cost, consistent with previous work (Fallowfield et al., 2012; Schnall
et al., 2012). Further, the front-load condition resulted in the greatest
total metabolic cost, while the back-load condition resulted in the least.
Previous studies have demonstrated the importance of the ankle plan-
tarflexors (SOL and GAS) in producing the second vertical GRF peak and
accelerating the COM during the second half of stance (Liu et al., 2006;
McGowan et al., 2010; Neptune et al., 2001). In addition, GAS and SOL
provide increased body support during load carriage (McGowan et al.,
2010; Silder et al., 2013). Similarly, we found that the contributions to
metabolic cost from GAS and SOL both increased in response to all
loading conditions. Previous work has indicated that GMED and GMAX
are primary contributors to load acceptance and body weight support
during the first half of stance (McGowan et al., 2010), which is consis-
tent with our results. Further, the participants demonstrated increased
contributions from GMED; and GMAX; to metabolic cost relative to
GMED; and GMAX;. These results suggest that individuals with TTA
depend more heavily on their intact limb than their residual limb to
accommodate increased loads.

We expected to see increased metabolic cost from HAM during the
front-load condition and a reduced contribution to metabolic cost during
the back-load condition, since HAM has been shown to be a key
contributor to generating backward angular momentum in early stance
(Neptune & McGowan, 2011). Indeed, HAM metabolic cost was greatest
for the front-load condition and smallest for the back-load condition.
Similarly, GMAX demonstrated increased metabolic cost during the
front-load condition. This may reflect an attempt to increase muscle
contributions to support, thus generating greater backwards angular
momentum, which is consistent with a prior analysis using the same
dataset (Lefranc et al., 2024). The increased metabolic cost from the hip-
extensors (GMAX and HAM) in combination with increased hip-flexor
activity from RF suggests increased co-contraction at the hip during
the front-load condition. Increased co-contraction is more commonly
observed in individuals with orthopedic injuries or neuromuscular dis-
orders to compensate for lack of joint stability (Higginson et al., 2006;
Lamontagne et al., 2000; McGinnis et al., 2013; Rudolph et al., 2000).
While co-contraction has been reported to increase joint stiffness and
potentially leads to improved stability (Latash & Huang, 2015), it also

results in increased metabolic cost (Moore et al., 2014). This suggests
that individuals carrying front-loads may have increased perception of
instability and may respond by stiffening their hip.

VAS metabolic cost was generally unaffected by load carriage, con-
trary to previous studies that found increased VAS activity in response to
carrying a load (McGowan et al., 2010; Silder et al., 2013). However,
Lefranc et al. (2024) found that VAS contributions to support and pro-
pulsion did not increase notably during load carriage, and therefore
metabolic cost was relatively unchanged. These results suggest that the
participants in the present study responded to load carriage by modu-
lating other muscles rather than VAS.

We found that the PW foot did not reduce the metabolic cost. This
result was consistent with some previous studies (e.g., Kim et al., 2021)
but differed from others (e.g., Esposito et al., 2016; Herr & Grabowski,
2012). These discrepancies may be due to limited acclimatization time,
suboptimal tuning of the prosthesis control algorithm, or differences in
participant characteristics such as age and activity level. For instance,
both Herr & Grabowski (2012) and Esposito et al. (2016) allowed for
relatively long acclimatization periods (2 h and 3 weeks, respectively),
and Esposito’s participants were notably younger, with an average age
of 29.

4.2. Axial intact knee joint loads

Previous work has indicated that individuals with lower-limb am-
putations are at increased risk of developing intact knee osteoarthritis
due to increased dependence and loading of their intact limb (Burke
et al., 1978; Norvell et al., 2005; Struyf et al., 2009). The results of this
study indicated that axial loading impulses in the intact knee were
greater during load carriage than during the no-load condition, and
specifically the intact-side-load condition produced the highest intact
knee joint loads. Consequently, amputees who carry loads during ac-
tivities of daily living, particularly on the intact-side, may be at an
increased risk of developing intact knee pain and ultimately osteoar-
thritis (Burke et al., 1978; Norvell et al., 2005; Struyf et al., 2009).

These results appear to conflict with the findings of Ardianuari et al.
(2025), who reported that the external knee adduction moment (KAM)
on the intact limb was lowest during the intact-side-loading condition.
While KAM serves as a proxy for medial compartment loading, it is
highly sensitive to the direction of the GRFs relative to the knee joint
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Fig. 5. Residual limb metabolic cost + one standard deviation across a gait cycle for GMAX, GMED, IL, HAM, RF and VAS across five different loading conditions
(unloaded, front, back, intact-side and residual-side loads). Prostheses evaluated include prescribed (PR), dual-keel (DK), prescribed with heel-wedge (HW), one

category stiffer (SF) and Empower (Ottobock, Austin, TX) powered foot (PW).

center and is not a direct measurement of total axial knee loading.
Further, knee load estimates derived from musculoskeletal modeling
capture the effects of compressive forces generated from muscles,
providing a more comprehensive representation of joint loading.

Of the loaded conditions, the front-load condition had the lowest
axial intact knee impulses for most prosthetic feet. Since GAS has been
shown to be a primary contributor to knee joint loads (Sasaki &
Neptune, 2010), reduced knee impulses may be due to reduced GAS
contributions to support and propulsion, which is consistent with our
previous findings (Lefranc et al., 2024).

The PW foot often resulted in the lowest intact knee impulses. Pre-
vious work has indicated that during early stance, VAS is the largest
contributor to knee joint loads followed by RF (Sasaki & Neptune,
2010). Since the PW foot also resulted in reduced VAS contributions to
metabolic cost, as well as reduced VAS and RF muscle contributions to
support (Lefranc et al., 2024), VAS and RF are likely responsible for the
reduced axial intact knee joint impulses observed in the PW foot.

5. Conclusion

This study highlights the complex interaction between prosthetic
foot type, load carriage position, and biomechanical demand in in-
dividuals with TTA. While the PR foot may offer broad benefits, the PW
foot may better suit users concerned with intact knee loading. Similarly,
back- and front-load positions may be preferred depending on whether
metabolic efficiency or knee joint protection is prioritized. Patients
prone to fatigue may benefit from back-load carriage, while those at risk
of knee pain should avoid intact-side load carriage. These results
emphasize that there is no universal optimal prosthetic foot, thus pre-
scriptions should be individualized and tailored to each user’s biome-
chanical needs and risk factors. Future prosthetic designs should
incorporate adaptable stiffness that responds to activity, load carriage,
and environmental demands.

6. Limitations

Due to COVID-19-related challenges and the extensive nature of the
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conditions (unloaded, front, back, intact-side and residual-side loads). Prostheses evaluated include prescribed (PR), dual-keel (DK), prescribed with heel-wedge
(HW), one category stiffer (SF) and Empower (Ottobock, Austin, TX) powered foot (PW).
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Fig. 7. Average axial intact knee impulses + one standard deviation across the stance phase of a gait cycle for five different loading conditions (unloaded, front,
back, intact-side and residual-side loads). Prostheses evaluated include prescribed (PR), dual-keel (DK), prescribed with heel-wedge (HW), one category stiffer (SF)

and Empower (Ottobock, Austin, TX) powered foot (PW).

Table 3

Prosthetic foot which performed the best for each load carriage position and
measure of biomechanical demand. Feet evaluated included a clinically pre-
scribed energy-storage and return foot (PR), a one-category stiffer than pre-
scribed foot (SF), a dual-keel foot (DK), a prescribed foot with a heel-stiffening
wedge (HW) and a powered-ankle prosthetic foot (PW).

No- Front- Back- Intact-side-  Residual-side-
load load load load load
Metabolic cost DK SF PR HW PR
Axial intact knee PW SF PW PW PR

loads

protocol, recruiting participants who could safely complete the study
was difficult, resulting in below-target enrollment. Further, due to the
build height of the PW foot, most participants did not have enough pylon
length to use the PW foot, so data were only collected from two par-
ticipants. Further research with more participants is recommended to
generalize the findings. For further discussion of limitations related to
sample size, acclimation, data collection and modeling, please see
Lefranc et al. (2024).
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Fig. A1. Normalized CMC-derived muscle activation patterns (solid line) compared to electromyography (EMG) data (dashed line) averaged across all participants
walking with no load with their prescribed foot. Shaded regions represent + 1 standard deviation.

Table Al
Means and standard deviations for individual muscle contributions to metabolic cost in the residual limb (N * s * kg’l).

Group Foot No load Front Back Intact-side Residual-side

GMAX; PR 0.32 £0.13 0.48 £ 0.10 0.31 £ 0.06 0.41 £ 0.09 0.35 £ 0.05
DK 0.30 £+ 0.09 0.54 £+ 0.06 0.30 £ 0.05 0.33 £ 0.10 0.34 £ 0.05
HW 0.30 + 0.08 0.42 £+ 0.09 0.31 £ 0.08 0.26 = 0.11 0.41 £+ 0.04
SF 0.32 +£0.11 0.53 £ 0.10 0.35 £ 0.08 0.38 £0.13 0.36 + 0.05
PW 0.43 £0.12 0.50 £ 0.13 0.40 £ 0.07 0.43 £0.11 0.43 £ 0.03

GMED, PR 0.26 + 0.04 0.34 £ 0.02 0.33 £ 0.04 0.40 £ 0.09 0.24 £ 0.04
DK 0.30 + 0.04 0.39 £ 0.10 0.30 £ 0.05 0.30 £ 0.10 0.30 £+ 0.06
HW 0.31 + 0.03 0.31 £ 0.03 0.26 £+ 0.05 0.29 £ 0.12 0.35 + 0.06
SF 0.28 £+ 0.05 0.27 £ 0.02 0.38 £ 0.01 0.35 £ 0.12 0.30 £ 0.07
PW 0.31 £+ 0.02 0.31 £+ 0.00 0.34 £ 0.01 0.30 £ 0.02 0.28 + 0.03

IL; PR 0.21 £+ 0.02 0.24 + 0.01 0.21 £ 0.04 0.25 £ 0.04 0.19 £+ 0.04
DK 0.22 £+ 0.02 0.31 £ 0.09 0.24 £ 0.03 0.22 £ 0.04 0.25 £ 0.03
HW 0.22 + 0.02 0.23 + 0.03 0.22 £+ 0.03 0.20 £+ 0.05 0.24 + 0.01
SF 0.23 £ 0.03 0.20 £+ 0.01 0.28 £ 0.01 0.27 £ 0.09 0.24 £ 0.02
PW 0.21 £+ 0.00 0.21 £+ 0.02 0.25 £+ 0.02 0.19 £+ 0.02 0.27 £ 0.01

HAM, PR 0.61 £ 0.12 0.71 £ 0.08 0.48 £ 0.09 0.62 £ 0.13 0.54 £ 0.03
DK 0.55 + 0.14 0.87 £ 0.05 0.51 £ 0.15 0.68 £ 0.13 0.62 +£0.11
HW 0.53 £ 0.15 0.70 £ 0.07 0.38 £ 0.05 0.61 £0.17 0.67 £ 0.11
SF 0.68 + 0.18 0.70 £0.11 0.58 £0.14 0.67 £0.13 0.62 £ 0.13
PW 0.66 + 0.12 0.96 + 0.07 0.52 £ 0.03 0.70 £ 0.17 0.64 £ 0.01

RF; PR 0.14 £+ 0.05 0.26 £ 0.09 0.09 £ 0.03 0.17 £ 0.05 0.23 £0.10
DK 0.17 £ 0.07 0.29 + 0.06 0.10 £ 0.01 0.14 £ 0.03 0.20 £+ 0.04
HW 0.18 + 0.06 0.21 £ 0.07 0.09 £ 0.02 0.14 £ 0.03 0.28 £+ 0.07
SF 0.14 + 0.06 0.23 £ 0.10 0.14 £ 0.02 0.21 £ 0.10 0.22 £ 0.04
PW 0.19 £+ 0.09 0.25 £+ 0.09 0.12 £ 0.02 0.18 £ 0.04 0.34 £ 0.04

VAS, PR 0.17 + 0.04 0.17 £ 0.03 0.18 £ 0.03 0.17 £ 0.02 0.19 £+ 0.03
DK 0.15 + 0.03 0.23 + 0.03 0.22 £+ 0.03 0.14 £+ 0.02 0.19 £+ 0.02
HW 0.15 £+ 0.02 0.19 £+ 0.03 0.23 £ 0.02 0.16 £+ 0.02 0.15 £ 0.01
SF 0.15 £ 0.01 0.22 £ 0.01 0.18 £ 0.03 0.17 £ 0.05 0.18 £ 0.01
PW 0.13 £ 0.03 0.14 £ 0.00 0.18 £ 0.02 0.12 £+ 0.00 0.15 £+ 0.00
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Table A2
Means and standard deviations for individual muscle contributions to metabolic cost in the intact limb (N * s * kg’l).
Group Foot No Load Front Back Intact-Side Residual-Side
GAS PR 0.31 £ 0.05 0.47 £ 0.07 0.36 £ 0.04 0.41 £ 0.06 0.34 £ 0.04
DK 0.29 £+ 0.06 0.47 £ 0.08 0.40 £ 0.07 0.42 £ 0.05 0.36 £ 0.05
HW 0.32 £ 0.07 0.37 £ 0.07 0.40 £+ 0.05 0.38 £+ 0.05 0.39 £ 0.05
SF 0.29 £+ 0.06 0.27 £ 0.06 0.42 £ 0.05 0.43 £ 0.07 0.36 £ 0.06
PW 0.35 £ 0.05 0.50 £ 0.07 0.43 £ 0.05 0.53 £ 0.10 0.40 £ 0.03
SOL PR 0.26 £+ 0.03 0.40 £ 0.05 0.33 £ 0.04 0.43 £ 0.03 0.32 £ 0.03
DK 0.26 + 0.02 0.35 £ 0.05 0.38 £ 0.04 0.38 £ 0.04 0.32 £ 0.03
HW 0.27 + 0.03 0.35 + 0.03 0.34 + 0.04 0.35 + 0.04 0.33 £ 0.04
SF 0.25 £+ 0.02 0.27 £ 0.01 0.35 £ 0.05 0.40 £ 0.04 0.33 £ 0.03
PW 0.26 + 0.04 0.43 £ 0.06 0.37 £ 0.06 0.45 £ 0.05 0.34 £ 0.05
TA PR 0.16 £+ 0.02 0.16 £ 0.03 0.16 £ 0.01 0.15 £ 0.01 0.15 £ 0.01
DK 0.15 £ 0.01 0.20 £ 0.05 0.16 £ 0.01 0.15 £ 0.01 0.16 £ 0.02
HW 0.16 £+ 0.02 0.16 £+ 0.02 0.16 + 0.01 0.14 £ 0.01 0.16 £+ 0.03
SF 0.16 £+ 0.02 0.13 £ 0.01 0.19 £ 0.01 0.15 £ 0.01 0.15 £ 0.02
PW 0.17 £ 0.02 0.17 £ 0.03 0.15 £+ 0.02 0.17 £ 0.02 0.14 £ 0.01
GMAX; PR 0.22 £0.11 0.47 £0.12 0.28 £ 0.07 0.35 £ 0.06 0.30 £0.11
DK 0.22 £+ 0.08 0.48 + 0.09 0.28 + 0.03 0.36 £+ 0.04 0.38 £ 0.08
HW 0.23 £ 0.08 0.37 £0.12 0.33 £ 0.06 0.26 £+ 0.03 0.39 £ 0.09
SF 0.21 £ 0.10 0.43 £0.15 0.33 £ 0.04 0.45 £ 0.12 0.38 £ 0.07
PW 0.29 £ 0.12 0.45 £ 0.14 0.33 £ 0.03 0.43 £ 0.05 0.48 £ 0.05
GMED; PR 0.25 £ 0.04 0.50 £+ 0.03 0.33 £ 0.07 0.48 £ 0.07 0.32 £ 0.07
DK 0.26 £+ 0.05 0.45 £+ 0.08 0.36 £+ 0.04 0.42 £+ 0.06 0.47 £ 0.03
HW 0.26 + 0.04 0.38 + 0.05 0.35 £+ 0.06 0.38 £ 0.11 0.46 + 0.04
SF 0.24 £ 0.04 0.31 £ 0.07 0.42 £ 0.05 0.48 £0.11 0.44 £ 0.02
PwW 0.25 £+ 0.02 0.41 £+ 0.02 0.34 £ 0.02 0.43 £ 0.05 0.44 £ 0.05
IL; PR 0.21 £ 0.01 0.21 £+ 0.02 0.26 + 0.03 0.20 £ 0.03 0.17 £ 0.02
DK 0.20 + 0.01 0.30 £+ 0.08 0.24 £+ 0.02 0.19 £+ 0.03 0.22 £ 0.03
HW 0.21 +£0.01 0.19 £+ 0.01 0.26 + 0.04 0.15 £ 0.00 0.22 £+ 0.04
SF 0.23 £ 0.02 0.20 £ 0.02 0.27 £ 0.03 0.25 £ 0.06 0.22 £ 0.03
PW 0.19 £+ 0.00 0.18 £+ 0.00 0.27 £ 0.04 0.24 £ 0.04 0.19 £ 0.03
HAM; PR 0.52 £ 0.13 0.72 £ 0.08 0.34 £ 0.09 0.53 £ 0.10 0.35 £ 0.09
DK 0.47 £ 0.13 0.90 + 0.11 0.35 £+ 0.09 0.62 + 0.09 0.46 £+ 0.09
HW 0.48 +£0.14 0.63 £ 0.14 0.31 £ 0.06 0.46 £ 0.11 0.55 £+ 0.08
SF 0.54 £ 0.17 0.53 £ 0.19 0.37 £ 0.07 0.67 £ 0.13 0.42 £0.12
PW 0.46 + 0.11 0.82 £+ 0.00 0.33 £ 0.02 0.72 £ 0.06 0.52 £+ 0.05
RF; PR 0.11 £ 0.05 0.23 £ 0.07 0.13 £ 0.03 0.20 £ 0.05 0.15 £ 0.03
DK 0.16 + 0.07 0.25 £+ 0.07 0.11 £+ 0.02 0.16 £+ 0.03 0.18 £ 0.04
HW 0.16 + 0.06 0.18 + 0.08 0.14 + 0.04 0.17 £ 0.03 0.19 £ 0.02
SF 0.13 £ 0.06 0.26 £ 0.11 0.21 £ 0.05 0.26 £ 0.10 0.19 £ 0.03
PwW 0.24 £ 0.10 0.24 £ 0.13 0.15 £+ 0.04 0.22 £+ 0.04 0.19 £ 0.03
VAS; PR 0.23 £ 0.07 0.28 £+ 0.02 0.28 £+ 0.07 0.36 £ 0.07 0.20 £ 0.06
DK 0.23 £ 0.07 0.42 £ 0.13 0.34 £ 0.06 0.27 £ 0.06 0.25 £+ 0.06
HW 0.24 £+ 0.07 0.30 £+ 0.06 0.29 £+ 0.04 0.24 £ 0.06 0.33 £ 0.07
SF 0.21 £ 0.06 0.26 £+ 0.04 0.34 £ 0.03 0.25 £ 0.05 0.26 £ 0.05
PW 0.21 £+ 0.03 0.26 + 0.00 0.25 £+ 0.02 0.30 £+ 0.04 0.17 £ 0.03
Table A3

Marker root mean squared (RMS) and standard deviation (STD) kinematic
errors (cm, deg) across all participants for model scaling and inverse kine-
matics (IK) steps.

Scaling and IK

RMS STD
Scaling Marker Errors (cm) 0.82 0.09
IK Marker Errors (cm) 1.62 0.24

10
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Marker root mean squared (RMS) and standard deviation (STD) kinematic
errors (cm, deg), residual forces (N), and residual moments (N*m) across
all participants for residual reduction algorithm (RRA) step.

RRA Trans (cm)

RRA Rot (deg)

Residual Forces (N)
Residual Moments (N*m)

Table A5

RRA

RMS STD
0.41 0.22
0.11 0.06
5.08 2.98

10.12 4.38

Marker root mean squared (RMS) and standard deviation (STD) kinematic
errors (cm, deg), residual forces (N), residual moments (N * m) and reserve
actuator moments (N*m) across all participants and conditions for CMC

step.

CMC Trans (cm)

CMC Rot (deg)

Residual Forces (N)
Residual Moments (N * m)
Reserves Actuators (N * m)
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