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Muscle Function and
Coordination of Amputee
Stair Ascent
Ascending stairs is challenging following transtibial amputation due to the loss of the
ankle muscles, which are critical to human movement. Efforts to improve stair ascent fol-
lowing amputation are hindered by the limited understanding of how the prosthesis and
remaining muscles contribute to stair ascent. This study developed a three-dimensional
(3D) muscle-actuated forward dynamics simulation of amputee stair ascent to identify
the contributions of individual muscles and the passive prosthesis to the biomechanical
subtasks of stair ascent. The prosthesis was found to provide vertical propulsion through-
out stair ascent, similar to nonamputee plantarflexors. However, the timing differed con-
siderably. The prosthesis also contributed to braking, similar to the nonamputee soleus,
but to a greater extent. However, the prosthesis was unable to replicate the functions of
nonamputee gastrocnemius, which contributes to forward propulsion during the second
half of stance and leg swing initiation. To compensate, the hamstrings and vasti of the
residual leg increased their contributions to forward propulsion during the first and sec-
ond halves of stance, respectively. The prosthesis also contributed to medial control, con-
sistent with the nonamputee soleus but not gastrocnemius. Therefore, prosthesis designs
that provide additional vertical propulsion as well as forward propulsion, lateral control,
and leg swing initiation at appropriate points in the gait cycle could improve amputee
stair ascent. However, because nonamputee soleus and gastrocnemius contribute oppo-
sitely to many subtasks, it may be necessary to couple the prosthesis, which functions
most similarly to soleus, with targeted rehabilitation programs focused on muscle groups
that can compensate for gastrocnemius. [DOI: 10.1115/1.4040772]

1 Introduction

Individuals with unilateral transtibial amputations often utilize
compensatory mechanisms to restore mobility. The functional loss
of the ankle plantarflexors, which are critical contributors to body
support, forward propulsion, leg swing, and mediolateral balance
[1–4], must be compensated for by either the prosthesis or the
remaining muscles of the residual and intact legs. In amputee
level walking, this loss and the subsequent compensations often
result in increased energy cost [5,6], altered and asymmetric kine-
matics and kinetics (for review, see Ref. [7]) and diminished bal-
ance control [8,9], which suggests that current prostheses are
unable to fully compensate for the loss of the plantarflexors.

Stair ascent is a more challenging movement task than level
walking because of the additional need to propel the center-of-
mass (COM) vertically [10, e.g., 11]. This increased need to ele-
vate the COM is accomplished largely by extending the leg during
stance after weight acceptance (Fig. 1). In nonamputees, extension
of the leg during stair ascent is accomplished by contributions
from the knee extensors [10–13] and ankle plantarflexors [11–13].
However, the loss of the plantarflexors requires amputees to
develop compensatory mechanisms which often result in
increased lower-limb muscle activity [14,15] and significant
asymmetries between the residual and intact legs [14–17] during
stair ascent. In the residual leg, amputees often utilize a hip strat-
egy to ascend stairs [16,17], while in the intact leg, they often use
ankle [16–18] and knee and hip [15–17] compensations.

Several studies have sought to minimize these compensations
and reduce limb asymmetries by assessing the effects of a variety

of prosthesis designs on amputee stair ascent [16,19–21]. How-
ever, while these studies have noted normalization of some kine-
matic and kinetic parameters, interlimb asymmetries often still
persist [16,21]. One challenge associated with improving prosthe-
sis designs is our limited understanding of how the prosthesis and
remaining muscles interact to perform the subtasks of stair ascent.

One approach to determining the underlying contributions from
individual muscles and the prosthesis is through muscle-actuated
forward dynamics simulations, which have been used to investi-
gate amputee walking [22,23]. These studies found that the pros-
thesis was able to replicate the functions of soleus by providing a
similar amount of body support, but was unable to generate all of
the forward propulsion typically provided by the plantarflexors or
leg swing initiation typically provided by the gastrocnemius
[22,23]. In addition, these studies found significant muscle com-
pensations in the residual and intact legs compared to nonamputee
walking. Forward dynamics simulations, as well as other techni-
ques for quantifying muscle function, have also been used to
investigate nonamputee stair ascent and have found that the plan-
tarflexors are key contributors to the biomechanical subtasks of
stair ascent [24,25]. Thus, compared to nonamputees, amputees
likely require altered contributions from the remaining muscles in
both the residual and intact legs to overcome the loss of the plan-
tarflexors and limitations in the prosthesis design in order to
ascend stairs.

The purpose of this study was to develop a three-dimensional
(3D) muscle-actuated forward dynamics simulation of stair ascent
following unilateral transtibial amputation to identify the contri-
butions of individual muscles and passive prosthesis to the
biomechanical subtasks of stair ascent including vertical propul-
sion, anteroposterior (AP) propulsion, mediolateral control (i.e.,
movement of the COM in the mediolateral direction) and leg
swing. Identifying these contributions will help clarify the com-
pensatory mechanisms used following transtibial amputation and
guide the design and development of improved prostheses and
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targeted rehabilitation programs aimed at enhancing an amputee’s
ability to ascend stairs.

2 Methods

A three-dimensional muscle-actuated forward dynamics simu-
lation of amputee stair ascent was developed by modeling the
musculoskeletal system, passive prosthesis, foot-ground contact,
and muscle force generation. Dynamic optimization was then
used to identify the muscle excitation patterns that produce a rep-
resentative simulation of amputee stair ascent. The optimized
muscle excitation patterns minimized the differences between the
simulated and group-averaged experimental joint kinematics and
ground reaction forces (GRFs) for ten subjects with unilateral
transtibial amputations. The contributions of individual muscles
and the prosthesis to the biomechanical subtasks of stair ascent
were then identified using GRF decomposition and segment
power analyses. These steps are described below in greater detail.

2.1 Musculoskeletal Model. A previously developed three-
dimensional bipedal musculoskeletal model [24] was modified to
represent a unilateral transtibial amputee. The model was devel-
oped using SIMM/Dynamics Pipeline (MusculoGraphics, Inc.,
Santa Rosa, CA) with previously defined musculoskeletal geome-
try [26] and consisted of 14 rigid body segments representing the
head-arms-trunk (HAT), pelvis and bilaterally the thigh, shank,
patella, talus, calcaneus, and toes. The segments were articulated
with a total of 23 degrees-of-freedom (DOF), including a 6DOF
(three translations, three rotations) joint between the pelvis and
ground, 3DOF spherical joints between the trunk and pelvis and at
each hip, and 1DOF revolute joints at each knee, ankle, subtalar,
and metatarsal joint. To model the altered mass and inertia of the
prosthesis, the mass of the residual shank was reduced by 50%
compared to the intact shank and the residual shank COM was
shifted proximally to be 25% of the knee-to-ankle distance below
the knee [23]. In addition, to represent a unilateral transtibial
amputee, the muscles spanning the ankle joint were removed from
the residual leg (Table 1). The model was driven by the remaining
69 muscles (38 on the intact leg and 31 on the residual leg) and a
passive energy storage and return (ESAR) prosthesis.

To model the prosthesis, the average experimental amputee
ankle moment data was fit with a second-order torsional spring
and damper using the following regression model [23]:

s ¼ C0 þ C1hþ C2
_h þ C3h

2 þ C4h _h (1)

where s is the torque applied by the prosthesis, Ci represents the
coefficients (i equal to 0–4) determined by fitting the experimental
data with the model, h is the ankle angle, and _h is the ankle angu-
lar velocity. The prosthesis torque determined in Eq. (1) was then
applied as a passive torque to the ankle joint. In addition, passive
torques representing the forces generated by passive tissues and
joint structures were applied at each joint [27]. To model foot-
ground contact, 31 viscoelastic elements with Coulomb friction
were attached to each foot and evenly distributed across the pros-
thetic foot as well as the intact calcaneus and toes [28]. The sys-
tem equations of motion were generated using SD/FAST (PTC,
Needham, MA).

Muscle excitations at time t (e(t), Eq. (2)) for the 69 musculo-
tendon actuators were represented using bimodal excitation
patterns as
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where the onset, offset and amplitude (A) of each mode (i) were
the optimization parameters for each muscle. Muscle activation
and deactivation dynamics were modeled using a nonlinear first-
order differential equation [29] with previously derived activation
and deactivation time constants [30]. Muscle contraction dynam-
ics were governed by hill-type muscle properties [31].

2.2 Dynamic Optimization. The simulation was generated
over 120% of the gait cycle (from intact foot-strike to the second
residual toe-off) using a simulated annealing optimization algo-
rithm [32] that identified the optimal excitation parameters for
each muscle (timing and amplitude) that minimized the objective
function. The objective function was formulated to (1) achieve

Fig. 1 The six regions of the intact leg (dark shaded leg) gait cycle: (1) weight acceptance
(intact foot-strike to residual toe-off), (2) pull-up and (3) forward continuance (residual toe-off
to residual foot-strike divided into two equal regions), (4) push-up (residual foot-strike to
intact toe-off), (5) early swing—foot clearance, and (6) late swing—foot placement (intact toe-
off to intact foot-strike divided into two equal regions)
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optimal tracking by minimizing the differences between simulated
and experimental joint kinematics and GRFs, and (2) eliminate
unnecessary muscle co-activation by minimizing total muscle
stress. To assess the overall quality of the simulation, the root-
mean-square errors between the simulated and experimental kine-
matics and GRFs were analyzed and the timings of the simulated
muscle excitations were compared with EMG timings available in
the literature [14,15].

2.3 Simulation Analyses. To identify the contributions of
individual muscles and prosthesis to the biomechanical subtasks
of stair ascent, GRF decomposition and segment power analyses
[33,34] were performed. The contributions to vertical propulsion,
anteroposterior propulsion and mediolateral control during the
first (weight acceptance through pull-up; Fig. 1) and second (for-
ward continuance through push-up; Fig. 1) halves of stance were
quantified by contributions to the vertical, AP and mediolateral
(ML) GRF, respectively, during each region. The contributions to
leg swing were quantified by the power delivered to the leg during
swing initiation (push-up; Fig. 1), early swing (early swing—foot
clearance; Fig. 1) and late swing (late swing—foot placement;
Fig. 1). In addition, throughout stance the mechanical power gen-
erated, absorbed and transferred by each muscle and the prosthesis
to the trunk (HAT), residual leg and intact leg was determined in
the vertical, AP and ML directions. Positive (negative) contribu-
tions to the AP and ML GRFs indicated contributions to forward
propulsion (braking) and lateral (medial) control, respectively,
while positive (negative) power indicates acceleration (decelera-
tion) of the segment in the direction of motion. For analysis,
muscles with similar biomechanical function and anatomical clas-
sification were combined into 15 muscle groups in the intact leg
and 12 muscle groups in the residual leg (Table 1). The contribu-
tion of each muscle group was determined by summing the contri-
butions of the individual muscles within each group. The
contribution of gravity was also determined since it has been
shown to be important in both level walking [35,36] and non-
amputee stair ascent [24].

2.4 Experimental Data. Ten subjects with traumatic
unilateral transtibial amputations (10 male; 29.465.7 years;
87.4613.6 kg; 1.860.1 m) and prescribed ESAR prostheses (see
Supplemental Table 1, which is available under the “Supplemental
Data” tab for this paper on the ASME Digital Collection) partici-
pated in this institutionally approved study, which was conducted
in the Military Performance Laboratory at the Center for the
Intrepid in Fort Sam Houston, TX. All subjects were capable of
walking independently for a minimum of 15 minutes, had been
independent walkers for a minimum of 5 months and had no
comorbidities in the intact leg. Written informed consent was
obtained from each subject before they completed the experimental
protocol that included ascending a 16-step instrumented staircase
(two forceplates, 1200 Hz: AMTI, Inc., Watertown, MA) step-
over-step at a fixed cadence of 80 steps per minute. An interlaced
staircase design was used (similar to Ref. [37]) so that the first for-
ceplate recorded kinetic data from steps five and seven and the sec-
ond forceplate recorded kinetic data from steps six and eight.
Three-dimensional body segment kinematics were collected using
a 26-camera optoelectronic motion capture system (120 Hz,
Motion Analysis Corp., Santa Rosa, CA) and a marker set consist-
ing of 57 reflective markers [38]. A digitizing wand was used to
identify bony landmarks to align segment coordinate systems with
bony anatomy (C-Motion, Inc., Germantown, MD).

Biomechanical data were processed in Visual3D (C-motion,
Inc., Germantown, MD). A 13-segment model was scaled to each
subject’s body mass and height [39] using the anatomical bony
landmarks to define the joint centers and joint coordinate systems
[40–42]. Marker and GRF data were low-pass filtered using a
fourth-order Butterworth filter with cut-off frequencies of 6 Hz
and 50 Hz, respectively. Joint kinematics were computed using

Euler angles with previously defined pelvis, hip, knee, and ankle
Cardan rotation sequences [40,42,43]. For five complete gait
cycles for each leg, GRFs were normalized by subject body
weight and both GRFs and three-dimensional joint kinematics
were time-normalized to 100% of the gait cycle and exported to
MATLAB (MathWorks, Inc., Natick, MA), where they were aver-
aged across gait cycles and subjects for each leg.

3 Results

The mechanical power generated, absorbed, and transferred by
each muscle to the trunk (HAT), residual leg and intact leg in
each direction can be found in the Supplemental Results, which
are available under the “Supplemental Data” tab for this paper on
the ASME Digital Collection. The power distributions for the
plantarflexors and prosthesis will be presented here.

3.1 Simulation Quality. The simulated kinematics and GRFs
produced by the optimal set of muscle excitations emulated the
experimental data, with quantities within two standard deviations

Table 1 Muscles included in the musculoskeletal model and
their corresponding analysis groups in both the intact and
residual legs. The muscles labeled as “REMOVED” have been
removed from the residual leg.

Analysis groups

Muscles Intact leg Residual leg

Iliacus IL IL
Psoas

Adductor Longus AL AL
Adductor Brevis
Pectineus
Quadratus Femoris

Superior Adductor Magnus AM AM
Middle Adductor Magnus
Inferior Adductor Magnus

Sartorius SAR SAR

Rectus Femoris RF RF

Vastus Medialis VAS VAS
Vastus Lateralis
Vastus Intermedius

Anterior Gluteus Medius GMEDA GMEDA
Middle Gluteus Medius
Anterior Gluteus Minimus
Middle Gluteus Minimus

Posterior Gluteus Medius GMEDP GMEDP
Posterior Gluteus Minimus
Piriformis
Gemellus

Tensor Fasciae Latae TFL TFL

Superior Gluteus Maximus GMAX GMAX
Middle Gluteus Maximus
Inferior Gluteus Maximus

Semitendinosus
Semimembranosus HAM HAM
Gracilis
Biceps Femoris Long Head

Biceps Femoris Short Head BFSH BFSH

Medial Gastrocnemius GAS Removed
Lateral Gastrocnemius

Soleus SOL Removed
Tibialis Posterior
Flexor Digitorum Longus

Tibialis Anterior TA Removed
Extensor Digitorum Longus
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(SDs) for most of the gait cycle. Thus, overall the simulation fell
within a normal distribution of the experimental data and was con-
sidered consistent with the mechanics of ascending stairs follow-
ing transtibial amputation. The average root-mean-square error
between the simulated and experimental pelvis translations, joint
kinematics and GRFs across the gait cycle was 0.037 m (2
SDs¼ 0.101 m), 9.14 deg (2 SDs¼ 11.31 deg) and 0.128% body
weight (2 SDs¼ 0.099%BW), respectively. In addition, the timing
profiles of the optimized muscle excitations were similar to the
EMG data available in the literature (Supplemental Fig. 1, which
is available under the “Supplemental Data” tab for this paper on
the ASME Digital Collection).

3.2 Vertical Propulsion. The primary contributors to vertical
propulsion during the first half of stance were similar in both the
residual and intact legs with primary contributions from VAS and
additional contributions from GMAX, GMEDA and GMEDP
(Fig. 2). In the residual leg, the prosthesis also contributed

critically to vertical propulsion (Fig. 2) by providing power to the
trunk and residual leg (Fig. 3), while HAM opposed vertical pro-
pulsion (Fig. 2). In the second half of stance, the primary contribu-
tors to vertical propulsion in the intact leg were the plantarflexors
(Fig. 2), which generated power to the trunk and intact leg
(Fig. 3), while the prosthesis was a primary contributor in the
residual leg (Fig. 2). In contrast to the intact plantarflexors, the
prosthesis absorbed power from the trunk and residual leg while
transferring some power to the intact leg (Fig. 3). At the end of
residual leg stance, the pelvis was moving downward; therefore,
by absorbing power from the trunk the prosthesis decelerated the
pelvis’ downward motion and contributed to vertical propulsion.
Gravity was also a predominant contributor to the vertical GRF
throughout stance, particularly in the residual leg.

3.3 Anteroposterior Propulsion. During the first half of
stance, the primary contributors to forward propulsion in the intact
and residual legs were GMAX and HAM, respectively (Fig. 4).

Fig. 2 Primary positive and negative contributors to vertical propulsion of the body COM
(i.e., the vertical GRF impulse) during the two halves of residual and intact leg stance: (1)
weight acceptance through pull-up, and (2) forward continuance through push-up. Muscle
names without an asterisk (*) are from the leg specified in the plot title while muscle names
with an asterisk (*) are from the contralateral leg. For muscle group abbreviations, see
Table 1.

Fig. 3 Musculotendon mechanical power output from the intact plantarflexors (gastrocnemius: GAS; soleus: SOL) and the
prosthesis across the intact and residual leg gait cycles, respectively, and distributed to the trunk, intact leg and residual leg
in the vertical direction. Positive (negative) net values indicate power generated (absorbed) by the musculotendon actuator.
Positive (negative) values for the leg or trunk indicate that power is being generated to (absorbed from) the leg or trunk. The
gray lines divide the gait cycle into three regions: (1) weight acceptance through pull-up, (2) forward continuance through
push-up, and (3) swing (foot clearance through foot placement).
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The plantarflexors, primarily SOL, and prosthesis contributed to
braking in the intact and residual legs, respectively (Fig. 4), by
absorbing AP power from the trunk and/or intact leg (Fig. 5).
Gravity contributed to forward propulsion in both legs.

During the second half of stance, the primary contributors to
forward propulsion in the intact and residual legs were HAM and
VAS, respectively (Fig. 4). In addition, SOL, GAS, GMEDP and
VAS contributed to forward propulsion in the intact leg and
HAM, GMEDA, GMAX, and GMEDP contributed to forward
propulsion in the residual leg (Fig. 4). Gravity also contributed to
forward propulsion in both legs, but to a much greater extent in
the residual leg. During this region, the prosthesis was the primary
contributor to braking in the residual leg (Fig. 4) as it absorbed
AP power from the residual leg despite a substantial amount of
this power being transferred to the trunk (Fig. 5). In the intact leg,
RF and IL were the primary contributors to braking during the
second half of stance (Fig. 4).

3.4 Mediolateral Control. Throughout stance, GMEDA and
GMEDP were the primary contributors to medial control in
both the residual and intact legs with additional contributions
from RF and TFL in the residual leg during the second half of
stance. HAM and VAS were the primary contributors to lateral
control in the residual leg while the plantarflexors (SOL and
GAS; first half of stance) and hip adductors (AM and AL; sec-
ond half of stance) were the primary contributors in the intact
leg (Fig. 6). Although contributions from the prosthesis were
small, the prosthesis contributed to medial control. Gravity con-
tributed to medial control in the intact leg and to lateral (first
half of stance) and medial (second half of stance) control in the
residual leg. Throughout stance, the plantarflexors contributed
to lateral control by transferring ML power from the intact leg
to the trunk, while the prosthesis contributed to medial control
by providing power directly to the trunk, and to a lesser extent,
the legs (Fig. 7).

Fig. 4 Primary positive and negative contributors to AP propulsion of the body COM (i.e.,
the AP GRF impulse) during the two halves of intact and residual leg stance: (1) weight
acceptance through pull-up, and (2) forward continuance through push-up. Positive (nega-
tive) GRF impulses indicate contributions to forward propulsion (braking) of the COM. Mus-
cle names without an asterisk (*) are from the leg specified in the plot title while muscle
names with an asterisk (*) are from the contralateral leg. For muscle group abbreviations, see
Table 1.

Fig. 5 Musculotendon mechanical power output from the intact plantarflexors (gastrocnemius: GAS; soleus: SOL) and the
prosthesis across the intact and residual leg gait cycles, respectively, and distributed to the trunk, intact leg and residual leg
in the AP direction. Positive (negative) net values indicate power generated (absorbed) by the musculotendon actuator. Posi-
tive (negative) values for the leg or trunk indicate that power is being generated to (absorbed from) the leg or trunk. The gray
lines divide the gait cycle into three regions: (1) weight acceptance through pull-up, (2) forward continuance through push-
up, and (3) swing (foot clearance through foot placement).
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3.5 Leg Swing. During swing initiation of the residual leg,
intact HAM, AM, and AL in addition to residual HAM were the
primary generators of residual leg power while the prosthesis and
residual VAS were the primary absorbers of power from the resid-
ual leg, opposing swing initiation (Fig. 8). The prosthesis
absorbed power from the residual leg and transferred some of that
power to the trunk, similar to the role of intact SOL during this
region (Fig. 9). During residual leg swing (early and late), residual
IL was the primary generator of power to the residual leg, while
gravity and residual VAS (late swing) were the primary absorbers
of power from the residual leg.

During swing initiation of the intact leg, intact AL and IL were
the primary generators of power to the intact leg with additional
power generation from intact GAS and AM and residual GMEDA
(Fig. 8). Similarly, during early swing of the intact leg, intact IL
was the primary generator of power with additional power genera-
tion from intact RF and AL and residual GMEDA. During these
regions, gravity was the primary absorber of power from the

residual leg, which decelerated its motion. During late swing,
residual HAM and intact GMEDP and TA were the primary gen-
erators of power to the intact leg while residual RF and intact AL
absorbed power from the intact leg in preparation for contact with
the ground.

4 Discussion

The purpose of this study was to determine how individual
muscles and a passive ESAR prosthesis work in synergy during
stair ascent following unilateral transtibial amputation to accom-
plish the biomechanical subtasks of vertical propulsion, antero-
posterior propulsion, mediolateral control, and leg swing. The
prosthesis was found to be a critical contributor to these subtasks
in the residual leg while the plantarflexors were critical contribu-
tors in the intact leg. However, distinct between-limb differences
were observed because the prosthesis was unable to replicate all
of the contributions of the nonamputee plantarflexors [24]. These

Fig. 6 Primary positive and negative contributors to ML control of the body COM (i.e., the
ML GRF impulse) during the two halves of intact and residual leg stance: (1) weight accep-
tance through pull-up, and (2) forward continuance through push-up. Positive (negative)
GRF impulses indicate contributions to lateral (medial) control of the COM. Muscle names
without an asterisk (*) are from the leg specified in the plot title while muscle names with an
asterisk (*) are from the contralateral leg. For muscle group abbreviations, see Table 1.

Fig. 7 Musculotendon mechanical power output from the intact plantarflexors (gastrocnemius: GAS; soleus: SOL) and the
prosthesis across the intact and residual leg gait cycles, respectively, and distributed to the trunk, intact leg and residual leg
in the ML direction. Positive (negative) net values indicate power generated (absorbed) by the musculotendon actuator. Posi-
tive (negative) values for the leg or trunk indicate that power is being generated to (absorbed from) the leg or trunk. The gray
lines divide the gait cycle into three regions: (1) weight acceptance through pull-up, (2) forward continuance through push-
up, and (3) swing (foot clearance through foot placement).
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results are consistent with the experimentally observed compensa-
tions that arise due to limited prosthesis functionality [14,44].

The primary contributors to vertical propulsion in both legs
were largely consistent with the primary contributors in nonampu-
tee stair ascent [24] and amputee level walking [23], with VAS,
GMAX, and the prosthesis contributing in the first half of stance
and the plantarflexors or prosthesis (to a lesser extent) contribut-
ing in the second half. Overall, these results are consistent with
previous work that identified a correlation between peak knee and
ankle joint power and vertical acceleration during the first and
second halves of stance of nonamputee stair ascent, respectively
[13]. However, in the present study, the prosthesis provided the
majority of its vertical propulsion during the first half of stance, in
contrast to the intact and nonamputee plantarflexors [24], which
provided vertical propulsion primarily during the second half of
stance. In the residual leg, this was compensated for by greater
negative contributions from HAM during the first half of stance

and by increased contributions from gravity during the second
half of stance compared to nonamputee stair ascent [24]. This
increased contribution from gravity is consistent with a previous
study that found amputees altered their body position to facilitate
advancement of the body’s center of gravity over the prosthetic
ankle during stair ascent [14]. Overall, with some minimal
changes in muscle contributions, the prosthesis was able to pro-
vide some vertical propulsion in the absence of the plantarflexors,
similar to the role of the prosthesis in amputee level walking
[22,23]. However, these contributions were provided primarily
during the first half of stance and increased contributions from
gravity were necessary during the second half of stance.

The primary contributors to anteroposterior propulsion in the
intact leg during the first half of stance were similar to the primary
contributors in nonamputee stair ascent [24], with GMAX provid-
ing the primary contribution to forward propulsion and the intact
plantarflexors contributing to braking. Similarly, in the residual

Fig. 8 Primary contributors to the net mean mechanical power generated (positive) to and absorbed (negative) from the
intact and residual legs during: (1) swing initiation (push-up), (2) early swing (foot clearance), and (3) late swing (foot place-
ment). Muscle names without an asterisk (*) are from the leg specified in the plot title while muscle names with an asterisk (*)
are from the contralateral leg. For muscle group abbreviations, see Table 1.

Fig. 9 Musculotendon mechanical power output from the intact plantarflexors (gastrocnemius: GAS; soleus: SOL) and the
prosthesis across the intact and residual leg gait cycles, respectively, and distributed to the trunk, intact leg and residual leg.
Positive (negative) net values indicate power generated (absorbed) by the musculotendon actuator. Positive (negative) val-
ues for the leg or trunk indicate that power is being generated to (absorbed from) the leg or trunk. The gray lines divide the
gait cycle into three regions: (1) weight acceptance through pull-up, (2) forward continuance through push-up, and (3) swing
(foot clearance through foot placement).
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leg the prosthesis contributed to braking in this region. However,
the prosthesis’ contribution to braking was larger than the contri-
bution from the intact or nonamputee [24] plantarflexors and the
prosthesis absorbed increased AP power from the trunk, similar to
its role in amputee level walking [22]. To compensate for the
prosthesis’ increased braking, residual HAM increased its contri-
bution to forward propulsion while the intact leg decreased brak-
ing contributions from the plantarflexors compared to nonamputee
stair ascent [24]. This is consistent with the previous finding that
decreased prosthesis mobility during weight acceptance limited an
amputee’s ability to advance over the foot which necessitated
muscle compensations [14,18].

During the second half of stance in the intact leg, HAM and the
plantarflexors were important contributors to forward propulsion.
While this is consistent with the role of HAM in nonamputee stair
ascent, the important contribution of the plantarflexors to forward
propulsion is largely contrary to their role in nonamputee stair
ascent [24], but consistent with previous studies which found that
ankle power generation during the second half of stance was
greater in the intact leg compared to the nonamputee leg
[17,18,21], and hypothesized that this additional energy generated
by the plantarflexors could help propel the trunk onto the residual
leg [17]. This finding is also consistent with the role of the plan-
tarflexors in amputee level walking [23]. In the residual leg, the
prosthesis contributed to braking, in contrast to its role in amputee
level walking [22,23] and to the role of the intact plantarflexors.
However, the prosthesis was able to largely replicate the function
of nonamputee SOL by providing AP power to the trunk, although
it did so by absorbing AP power from the residual leg and was
therefore unable to replicate the function of nonamputee GAS
[24]. This is consistent with the ability of the prosthesis to repli-
cate the functions of SOL but not GAS during amputee level
walking [22,23]. While the role of the prosthesis was similar to
nonamputee SOL, the prosthesis generated increased braking dur-
ing the second half of stance, and to compensate, residual RF
decreased its contribution to braking while residual VAS became
the primary contributor to forward propulsion. This is in contrast
to its contribution to braking in nonamputee stair ascent [24].

Lateral control throughout stance was provided primarily by
HAM and VAS in the residual leg and by the plantarflexors (first
half of stance) and hip adductors (AM and AL; second half of
stance) in the intact leg. The contributions from the hip adductors
and HAM to lateral control are consistent with their contributions
in amputee level walking [23] and nonamputee stair ascent [24],
while VAS’s contribution to lateral control is consistent with its
contribution in nonamputee stair ascent. Contrary to both non-
amputee stair ascent [24] and amputee level walking [23], in
amputee stair ascent SOL contributed to lateral control throughout
stance and GAS contributed to lateral control during the first half
of stance. The prosthesis contributed to medial control (albeit
minimally) throughout stance, which is consistent with the role of
nonamputee SOL [24] but contrary to the prosthesis’ role in
amputee level walking [23] and to the role of nonamputee GAS,
which contributes to lateral control during the second half of
stance.

Throughout stance, medial control was primarily provided by
GMEDA and GMEDP, similar to nonamputee stair ascent [24]
and amputee level walking [23]. However, their contributions in
the intact leg increased to compensate for the increased lateral
control provided by the intact plantarflexors. The increased over-
all contributions to medial and lateral control in amputee stair
ascent compared to nonamputee stair ascent are consistent with
the increased step width observed in amputees both previously
[44] and in the present study, in which increased hip abduction
was observed in both legs compared to the nonamputee leg [24].
In addition, the altered muscle contributions to mediolateral con-
trol in amputee stair ascent compared to amputee level walking
may be indicative of the increased instability of the task [45].

The primary contributors to leg swing in both the intact and
residual legs were largely different from nonamputee stair ascent

[24] and amputee level walking [23]. However, GAS was an
important contributor to swing initiation of the intact leg, similar
to its role in nonamputee stair ascent [24] and amputee level walk-
ing [23], while SOL decelerated the intact leg in late swing in
preparation for contact with the ground, similar to its role in non-
amputee stair ascent [24]. During swing initiation, the prosthesis
produced a similar power distribution to both the intact and non-
amputee SOL [24], transferring power from the ipsilateral leg to
the trunk, but was unable to emulate the power distribution pro-
duced by the intact or nonamputee GAS, which generated power
to both the ipsilateral leg and trunk. This suggests that the prosthe-
sis compromised leg swing and instead transferred power to the
trunk, similar to the role of the prosthesis in amputee level walk-
ing [22,23]. Although the action of the prosthesis to oppose swing
initiation is consistent with the role of SOL in nonamputee stair
ascent [24], it contributed to a much greater extent. In response to
the prosthesis’ increased opposition to swing initiation, the resid-
ual leg received increased positive contributions from the intact
leg, specifically HAM, AL, and AM. In addition, residual IL and
intact GMEDA increased their positive contributions to residual
leg swing, consistent with previous work that found increased
residual leg hip flexion during swing [21].

Previous experimental studies reporting net joint moments sug-
gest that amputees use a hip-extensor strategy on the residual leg
and a knee-extensor strategy on the intact leg during stair ascent
[14–17,19,21]. The current study demonstrated that due to the
passive nature of the prosthesis, it contributes to vertical propul-
sion primarily during the first half of stance and is largely unable
to emulate the vertical propulsion of nonamputee SOL and GAS
during the second half of stance. This inability of the prosthesis to
elevate the COM during the push-up phase is thought to result in
increased reliance on the intact leg knee extensors. This increase
was not, however, observed in our modeling results. There is also
no evidence of reliance on residual leg hip extensors for vertical
propulsion during the first half of stance. The experimentally
observed increase in the hip joint moment may, however, be asso-
ciated with anteroposterior propulsion rather than vertical propul-
sion. The large braking effect of the prosthesis during early stance
and associated residual knee extensor moment during the first half
of stance, which are thought to require a hip-extensor strategy, are
evident in Figs. 4 and 5. There is also a large corresponding
increase in the contribution of residual HAM during the first half
of residual leg stance. Therefore the observed changes in residual
leg moments associated with a hip strategy appear to be associated
with anteroposterior propulsion rather than vertical propulsion.
These results highlight the importance of using modeling and sim-
ulation techniques to investigate individual muscle function and
identify contributions from muscles that may seem less important
at the joint level, but due to dynamic coupling [46,47], actually
play a critical role in task execution.

Thus, musculoskeletal modeling and simulation techniques can
provide valuable insight into quantities that cannot be measured
experimentally. However, one limitation of these simulations is
that the results cannot be directly validated by experimental data.
In this study, a biomechanically consistent simulation was pro-
duced by requiring the simulation to closely replicate experimen-
tal data while also minimizing muscle co-contraction. In addition,
simulated muscle excitation timings were compared to the experi-
mental timings available in the literature for unilateral transtibial
amputees [14,15], and although differences were evident
(Supplemental Fig. 1, which is available under the “Supplemental
Data” tab for this paper on the ASME Digital Collection), these
differences were similar to the variability observed between the
experimental studies. However, the availability of experimental
timings in the literature was limited. Thus, an additional limitation
is that experimental EMG data were not collected for the subjects
in this study, so these data were not available for comparison with
the simulated muscle excitation timings.

A second limitation of musculoskeletal modeling is that some
assumptions for musculoskeletal parameters are necessary.
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However, the optimization algorithm can compensate for impre-
cise model parameters by adjusting the magnitude of the muscle
excitations to produce the muscle forces necessary to track the
experimental biomechanics. Therefore, it is likely that the muscle
forces and resulting contributions to the subtasks of stair ascent
were minimally affected by these modeling assumptions.

Another limitation is that the interface between the prosthesis
and residual leg was not modeled in this study. However, the
sockets were well-fitting and minimal pistoning was observed
clinically. In addition, the orientation and loading of the limb dur-
ing weight acceptance on stairs also likely minimizes the effect of
pistoning. Therefore, losses at the interface were not expected to
have impacted the overall conclusions regarding the nature of
each muscle’s contribution or the prosthesis’s contribution to the
biomechanical subtasks of stair ascent. However, for future work
requiring precise magnitudes of these contributions, modeling this
interface would be important.

One additional limitation is that group-averaged experimental
data was simulated. Amputees have been shown to demonstrate dif-
ferent individual compensations which may not be apparent in the
averaged data [14,48]. In an attempt to minimize inter-individual
variability as much as possible prior to performing a group-
average of the data, subjects ascended stairs at a fixed cadence.
Based on a previous simulation study of healthy level walking,
which found that relative muscle contributions were invariant
with speed [33], we believe that controlling speed did not signifi-
cantly affect the relative contributions identified in this study.
However, as a result this simulation does not capture the variabil-
ity of stair ascent gait identified across transtibial amputees. Simi-
larly, the prosthesis was modeled using the average experimental
amputee ankle moment data, for which the standard deviation was
large due in part to varying ESAR prostheses worn by the subjects
(Supplemental Table 1, which is available under the
“Supplemental Data” tab for this paper on the ASME Digital Col-
lection.) However, the direction of the moment remained consist-
ent for up to nearly two standard deviations. Therefore, the nature
of the prosthesis’s contribution would be expected to remain the
same, but the magnitude of the prosthesis’s contribution may vary
for an individual’s specific prosthesis. For studies seeking to tune
prostheses to individual needs or examining the effect of prosthe-
sis type on resulting function, a more precise model of the pros-
thesis would be required. Future work should focus on generating
subject-specific simulations of stair ascent at self-selected speed
to enable the development of targeted rehabilitation programs tai-
lored to an individual and their specific prosthesis. However, this
study is an important first step toward understanding individual
muscle and prosthesis contributions to the biomechanical subtasks
of unilateral transtibial amputee stair ascent.

5 Summary

The passive ESAR prosthesis was found to provide vertical pro-
pulsion throughout stair ascent, similar to the role of the non-
amputee plantarflexors. However the timing differed considerably
and the contribution from gravity increased to compensate. The
prosthesis also contributed to braking throughout stair ascent, sim-
ilar to nonamputee SOL, but to a greater extent. However, the
prosthesis was unable to replicate all of the functions of nonampu-
tee GAS, which contributes to forward propulsion during the sec-
ond half of stance and leg swing initiation. To compensate,
residual HAM and VAS increased their contributions to forward
propulsion during the first and second halves of stance, respec-
tively, but overall the residual leg still contributed to braking. The
prosthesis also contributed to medial control, consistent with the
role of nonamputee SOL but not GAS.

6 Conclusions and Clinical Relevance

The results of this study provide insight into the compensations
necessary for transtibial amputees to ascend stairs and have

important implications for designing improved prostheses and
restoring mobility in amputees. The results of this study indicate
that amputee stair ascent could be improved and muscle compen-
sations could be minimized through improved prosthesis designs
that provide additional vertical propulsion, forward propulsion (or
reduced braking), lateral control, and leg swing initiation at appro-
priate points in the gait cycle. For example, we demonstrate the
prosthesis functions similarly to nonamputee SOL during early
stance, slowing forward progression and likely contributing to the
reliance on a hip-extensor strategy. These findings support the use
of prostheses that allow or facilitate additional dorsiflexion motion
during stair ascent [16] for individuals who are required to regu-
larly ascend stairs during activities of daily living.

This study also provides important considerations for develop-
ing targeted rehabilitation programs to account for deficits in cur-
rent prosthetic devices. For example, transtibial amputees can (1)
increase their forward trunk lean during early residual leg stance,
which will allow gravity to have a greater effect on forward pro-
pulsion, (2) increase force output by the intact plantarflexors dur-
ing the second half of intact leg stance (first half of residual leg
stance), which can contribute to vertical and forward propulsion,
and (3) increase force output by residual HAM during the second
half of residual leg stance to provide increased forward propul-
sion, lateral control, and leg swing initiation to compensate for the
loss of GAS. These targeted rehabilitation strategies are critical
because a prosthesis will likely be unable to replicate the func-
tions of both nonamputee soleus and gastrocnemius, which con-
tribute oppositely to several biomechanical subtasks of stair
ascent.
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