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The Effects of Prosthesis
Inversion/Eversion Stiffness
on Balance-Related Variability
During Level Walking:
A Pilot Study
Prosthesis features that enhance balance are desirable to people with transtibial amputa-
tion. Ankle inversion/eversion compliance is intended to improve balance on uneven
ground, but its effects remain unclear on level ground. We posited that increasing ankle
inversion/eversion stiffness during level-ground walking would reduce balance-related
effort by assisting in recovery from small disturbances in frontal-plane motions. We per-
formed a pilot test with an ankle-foot prosthesis emulator programmed to apply inver-
sion/eversion torques in proportion to the deviation from a nominal inversion/eversion
position trajectory. We applied a range of stiffnesses to clearly understand the effect of
the stiffness on balance-related effort, hypothesizing that positive stiffness would reduce
effort while negative stiffness would increase effort. Nominal joint angle trajectories
were calculated online as a moving average over several steps. In experiments with K3
ambulators with unilateral transtibial amputation (N¼ 5), stiffness affected step-width
variability, average step width, margin of stability, intact-foot center of pressure variabil-
ity, and user satisfaction (p� 0.05, Friedman’s test), but not intact-limb evertor average,
intact-limb evertor variability, and metabolic rate (p� 0.38, Friedman’s test). Compared
to zero stiffness, high positive stiffness reduced step-width variability by 13%, step width
by 3%, margin of stability by 3%, and intact-foot center of pressure variability by 14%,
whereas high negative stiffness had opposite effects and decreased satisfaction by 63%.
The results of this pilot study suggest that positive ankle inversion stiffness can reduce
active control requirements during level walking. [DOI: 10.1115/1.4046881]

1 Introduction

Transtibial amputation is the most common type of major
amputation worldwide [1] and an estimated half million individu-
als in the U.S. have this class of amputation [2]. One of the main
consequences of transtibial amputation is the difficulty in main-
taining balance and reduced balance confidence [3,4]. There is
also a notable desire among individuals with lower-limb amputa-
tion for prosthetic devices that provide balance assistance [5].
Ankle-foot prosthesis technology that enhances balance would
help meet these needs.

Maintaining balance in the frontal plane requires step-to-step
corrective effort such as a change in foot placement [6–8] or ankle
inversion/eversion control [9,10] while maintaining similar aver-
age gait mechanics. The effort used to perform these types of
step-to-step corrective actions can be defined as balance-related
effort. Challenges in maintaining balance can increase this effort
[11,12], especially for individuals with transtibial amputation
[13–15], while external assistance can reduce balance-related
effort [16–18]. Previous studies also demonstrated the potential of
ankle-foot prostheses for improving balance [19,20].

Individuals with transtibial amputation have been shown to use
inversion/eversion control and foot placement as methods for
restoring balance both in experimentation [10,13,20], and simula-
tion using a numerical model [21]. Careful manipulation of ankle
inversion and eversion torque in an ankle-foot prosthesis can theo-
retically improve balance in the frontal plane; however, this
improvement may be overshadowed by the effect of foot place-
ment on maintaining balance [21]. This being said, results from

experimentation with individuals with transtibial amputation [22]
often differ greatly compared to the outcomes of theory [23] and
testing with individuals without transtibial amputation [24], par-
tially due to the difference in the sensory motor system. For this
reason, it is necessary to conduct experimentation with partici-
pants with transtibial amputation [25,26] to understand the effect
of ankle inversion/eversion stiffness on the balance-related effort.

Various levels of compliance in the sagittal plane are common
in ankle-foot prostheses [27], which may improve balance
depending on the assistance direction and ground condition. On
uneven ground, a low prosthetic ankle stiffness can improve some
indicators of balance in both the sagittal and frontal plane [28],
with the added benefit of reducing stress on the residual limb [29].
In the sagittal plane, on level ground, a low stiffness may also
help by facilitating natural transitions in center of pressure loca-
tion [13,25,30]. In the frontal plane, however, its effect may be
more complex. On uneven ground, frontal plane compliance may
help to reduce the effects of ground irregularities. However, on
level ground, greater frontal plane stiffness may be favorable
because it can provide a restoring torque that pushes the body
toward a more upright position. Considering these potentially con-
flicting desired stiffnesses, the effects of frontal plane stiffness on
balance on even ground could be more clearly understood if
investigated independently from the sagittal plane.

Isolating the effects of ankle inversion/eversion stiffness on bal-
ance is complicated by the potential for simultaneously affecting
average coordination patterns due to changes in average prosthesis
mechanics. Ankle inversion/eversion stiffness can generate sub-
stantial corrective inversion or eversion torque proportional to the
ankle inversion/eversion angle deviation from the nominal. When
those inversion and eversion torques are averaged over many
steps, their opposite signs ideally would cancel each other and the
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averaged torque would be zero when an ankle inversion/eversion
angle offset does not exist. However, an offset typically is gener-
ated due to the consistent displacement of the device in one direc-
tion during stance in a typical prosthesis [10], which causes some
average inversion/eversion torque proportional to the stiffness.
This average inversion torque would be expected to affect overall
behavior such as average step width or mediolateral sway, inde-
pendent from the potential effects on step-by-step corrections to
assist balance [31,32]. To separate the effects on balance from
changes in average prosthesis function, it would be desirable to
maintain a constant average torque pattern while varying stiffness.
This could be accomplished by continually updating the prosthesis
alignment so as to avoid producing additional inversion/eversion
torque on average across stiffness conditions.

A robotic ankle-foot prosthesis emulator can provide purely
restoring torque with various stiffness patterns while maintaining
average ankle inversion/eversion torque across conditions. We
have developed a two-degree-of-freedom prosthesis emulator,
which can track a wide range of ankle inversion/eversion torques
while maintaining consistent ankle plantarflexion behavior [33].
This device allowed us to implement active control strategies
intended to improve balance and determine their effects on
balance-related effort [19,20]. The versatility of this multi-
actuated prosthesis emulator also enables tightly controlled tests
of the effects of inversion/eversion stiffness on balance during
walking.

Balance-related motor control activity can be indicated by step-
width variability, margin of stability, average step width, variabil-
ity of the center of pressure beneath the foot, variability and
average in intact-limb muscle activity, user satisfaction, and meta-
bolic rate. Active balance strategies often result in increases in
active foot placement [11,19], change in margin of stability [10],
and increased average step width [34]. Balance-related measures,
related to intact limb balance control, also indicate that subjects
increased control effort in the intact limb to maintain balance,
leading to increased variability in the center of pressure location
[9,19], and muscle activity [35]. Overall sense of balance and

balance-related effort can also affect user satisfaction [19,36].
These increases in corrective effort often require extra energy
consumption [11,19,20].

In this study, we hypothesized that balance-related effort would
decrease when restoring inversion/eversion torque was provided
in a prosthesis emulator while the effort would increase when a
controller with the opposite direction of applied torque was pro-
vided. By applying restoring and destabilizing torque, the effect
of the inversion stiffness on balance-related effort would be
clearly understood. At each stance phase, the magnitude of the
restoring torque was proportional to the deviation from a nominal
ankle inversion/eversion angle trajectory while maintaining aver-
age ankle inversion/eversion torque. The effect of inversion stiff-
ness on balance-related effort would be shown in step-to-step
corrective effort while the average gait mechanics would remain
constant. We expected that the results of this study would help
guide the design of prostheses that improve balance during walk-
ing and would provide insights into terrain-dependent tradeoffs.

2 Methods

We designed an inversion/eversion stiffness controller and
implemented it on an ankle-foot prosthesis emulator system. We
performed experiments in which unilateral transtibial amputees
experienced different stiffness values across walking conditions.
Metabolic cost, gait mechanics, and satisfaction data were col-
lected and tested to probe for an effect from inversion/eversion
stiffness.

2.1 Experimental Hardware. We used a two-degree-of-free-
dom robotic ankle-foot prosthesis emulator in our experiments
(Fig. 1). This lightweight prosthesis end-effector (0.72 kg) has two
independent toes, similar to commercial split-toe prostheses [27].
This design enables measurement of ankle inversion/eversion
angle and application of ankle inversion/eversion torque inde-
pendent of plantarflexion. In this study, the ankle inversion/
eversion angle was defined as the difference between the two toe

Fig. 1 Overview of experimental hardware: (a) participants wore a tethered prosthesis with independent control of
plantarflexion and inversion/eversion torque [33] while walking on an instrumented treadmill. When the inner (medial)
toe exerts a larger force than the outer (lateral) toe, the participant experiences inversion torque. (b) The two prosthesis
toes were independently actuated through two corresponding tethers, motors, and controllers. We measured foot
placement using a motion capture system, center of pressure locations using an instrumented treadmill, metabolic rate
using an indirect respirometry system, and muscle activity using a wireless electromyography system.
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angles, multiplied by a mechanical constant. These angles were
measured using two single-axis encoders at the rotation points of
the toes. The constant is predefined as the ratio of the toe length to
half the foot width. The ankle inversion/eversion torque was also
defined as the difference between the two toe torques, multiplied
by the same constant. Ankle plantarflexion angle and torque were
defined as the average of the two toe angles and two toe torques,
respectively.

The tethered emulator was powered by two off-board servomo-
tors, which were connected to the rear of each toe via Bowden
cables (Fig. 1). Control was performed via an off-board real-time
control system (dSPACE, Inc., Wixom, MI). The emulator pro-
vided appropriate features to test our hypothesis, including 250
N�m plantarflexion peak torque, 30 N�m inversion/eversion peak
torque, higher than 10 Hz control bandwidth, and 17 Hz disturb-
ance rejection bandwidth. The peak torque and control bandwidth
meet or exceed the best prior devices for plantarflexion torque
(180 N�m [37]), inversion/eversion torque (30 N�m [38]), for plan-
tarflexion control bandwidth (3.8 Hz [39]), and inversion/eversion
control bandwidth (1.8 Hz [38]). Those values are also well within
human torque output during typical walking (120 N�m for planta-
flexion and 30 N�m for inversion/eversion [40]) and bandwidth
(6 Hz [41]). Equipped with the disturbance rejection capability,
this device can track various human inversion/eversion torque
profiles with less than 5 N�m error on average. With the two-toe
capability and simplified definition of inversion/eversion angle
and torque, which is the most relevant to current split-toe ankle-
foot prostheses, our finding could translate relatively easily to a
conventional prosthesis with only small modifications. This emu-
lator is described in detail by Kim et al. [33].

Body position was detected using an instrumented treadmill,
motion capture system, and sensors on the emulator. A split-belt
treadmill with integrated force plates was used to determine both
the force and moment applied to the treadmill in all three direc-
tions (Bertec, Co., Columbus, OH). Data were sampled at
1000 Hz and low-pass filtered at 100 Hz. Participants were outfit-
ted with 19 motion capture markers (crest of the sacrum, and left

and right sides of asis, greater trochanter, medial and lateral epi-
condyles of the knee, medial and lateral maleoli of the ankle for
the intact limb side and ankle plantarflexion joint for the pros-
thetic foot, near calcaneus, and first and fifth metatarsals of the
intact limb side foot and heel, as well as the toe parts of the pros-
thetic foot). Markers on the medial malleoli did not appear to
influence leg swing or step width. For all experiments, these
markers were tracked by seven motion capture cameras operating
at 100 Hz (Vicon, Oxford, UK).

Muscle activity of the intact lower limb was measured using
electromyography sensors (Delsys, Natick, MA). Electrodes were
placed on the medial and lateral aspects of the soleus, the medial
and lateral gastrocnemius, the tibialis anterior, and the peroneus
longus. Peroneus longus activity was used as a metric for balance-
related energy due to its involvement in ankle inversion/eversion
[42]. The other muscles were recorded for possible future control-
ler development.

The stance phase was detected using the instrumented tread-
mill, motion capture system, and prosthesis emulator. For data
analysis after data collection, foot contact was identified using the
vertical component of force from the treadmill with a threshold of
10% of the body weight to filter erroneous force from the swing
limb touching the treadmill. Since we provided minimal instruc-
tion on stepping each side of treadmill, participants sometimes
stepped on the right side treadmill with a left foot or vice versa.
We dubbed these instances as “crossover steps,” and they
occurred most often when a subject became highly destabilized
from a control condition or when the subject had a very narrow
step width. These crossover steps affect data analysis since step is
typically detected using the ground reaction force from the both
left and right sides of the treadmill. These erroneous step detection
data points were corrected using the heel and toe marker informa-
tion in the vertical and fore-aft direction because the markers typi-
cally moved in a very small range in the vertical direction during
stance phase and step length usually remained constant. In the
prosthetic limb side, we further validated the step phase using sec-
ondary thresholds on emulator torque (during stance phase, the

Fig. 2 Ankle inversion/eversion stiffness control: (a) desired ankle inversion/eversion torque was calculated as the product
of the applied stiffness and the deviation from the nominal inversion/eversion angle. The nominal angle at each instant in the
stance phase was calculated as the low-pass filtered angle at the same instant in stance on prior walking steps. (b) (1) Depic-
tion of the relationship between measured inversion/eversion angle, (2) nominal inversion/eversion angle, (3) angle deviation,
and (4) provided ankle inversion/eversion torque using hypothetical data. The torque is proportional to the ankle angle devia-
tion with the opposite direction for the stabilizing case, and with the same direction for the destabilizing case.
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plantarflexion torque is typically larger than 10 N�m [19]). The
end of the stance phase was detected using vertical ground reac-
tion forces measured by the treadmill, with a threshold of 10 N
considering force sensor noise. If necessary, we tuned these
thresholds to ensure consistent detection of heel strike and toe off.

For prosthesis control, we detected the onset of stance online
using a strain gauge on the heel of the prosthesis end-effector,
with a threshold corresponding to 10% of the body weight. Once
heel contact was signaled, toe contact was detected using an on-
board torque sensor with a threshold of 2 N�m.

2.2 Prosthesis Control. We applied an ankle inversion/ever-
sion torque proportional to the inversion/eversion angle deviation
from a nominal value (Eq. (1); Fig. 2). We varied the proportional
gain (stiffness) with an intention of stabilizing or destabilizing the
user’s gait. Torque was applied during the stance phase

s ¼ �K � h ið Þ � hnom ið Þð Þ (1)

where s is inversion/eversion torque, K is the stiffness, h is the
ankle inversion/eversion angle, hnom is the nominal angle, and i is
the discrete time index from the beginning of stance. Inversion/
eversion angle was determined from the difference in the two toe
angles multiplied by a mechanical constant relating to the length
of the foot. Maximum desired inversion/eversion torque was lim-
ited to 620 N�m.

The nominal inversion/eversion angle was learned on-line over
the course of many walking steps to account for any change in
average gait mechanics (e.g., different step width). Assuming low
variability in stance time, we applied a stepwise low-pass filter to
the inversion angle at each instant instance by updating the previ-
ously learned inversion angle for that instant using the angle from
the same instant on the new step

hnom i; nþ1ð Þ¼a � h i; nð Þþ 1� að Þ � hnom i; nð Þ (2)

where hnom is the nominal inversion angle, h is the measured
inversion angle, a is a low-pass filter parameter, i is the discrete
time index from the beginning of stance, n is the current walking
step, and nþ 1 is the next walking step. Stance time was discre-
tized and each index was denoted by the corresponding i and cov-
ering a 0.002 s time window. At each time element during stance,
the nominal angle was updated and stored, then used in the next
step.

Plantarflexion torque was applied as a function of ankle plantar-
flexion angle. We approximated the human ankle angle–torque
curve as linear piecewise curves, composed of dorsiflexion and
plantarflexion sections [24]. The slope of these curves was varied
depending on user preference, determined during fitting. The dif-
ference between dorsiflexion and plantarflexion curves was also
adjusted during fitting to supply the amount of work preferred by
the user. Plantarflexion torque characteristics were held constant
across inversion/eversion stiffness conditions.

2.3 Experimental Protocol. Study participants were five
individuals with unilateral transtibial amputation (N¼ 5, all male,
all traumatic, all K3 ambulators, four left-side amputation,
age¼ 47.8 6 12.8 years, body mass¼ 83.9 6 13.9 kg, height
¼ 1.78 6 0.04 m, years of amputation¼ 7 6 3 years, mean 6 s.d.,
devices (BiOM (iWalk, Bedford, MA), Vari-Flex foot (€Ossur
EHF, Reykjavik, Iceland), Wave (Fillauer, Chattanooga, TN),
Thrive (Freedom Innovation, Irvine, CA)), one individual did not
report the device and years of amputation). This study was con-
ducted in accordance with a protocol approved by the Carnegie
Mellon University Institutional Review Board. All participants
provided written informed consent prior to participation.

Seven conditions were presented per collection: five stiffness
conditions, one prescribed prosthesis condition, and one quiet
standing condition. The stiffness conditions were composed of

stabilizing high stiffness, stabilizing low stiffness, neutral (zero
stiffness), destabilizing low stiffness, and destabilizing high stiff-
ness with the corresponding numerical values of 5, 2.5, 0, �2.5,
and �5 N�m deg�1. We expected that the conditions with positive
stiffness would reduce balance-related effort, while the conditions
with negative stiffness would increase balance-related effort, in
comparison to the zero stiffness condition. The prescribed pros-
thesis condition offered baseline walking data. The quiet standing
condition provided baseline metabolic rate data.

Participants walked for 6 min at 1.25 m�s�1 in each walking
condition, experiencing five conditions on the prosthesis emulator
and one condition on their own device. We reduced the duration
to 4 min and the speed to 0.75 m�s�1 for two participants who had
lower physical endurance, after verifying that their metabolic rate
measurements reached steady-state under these conditions.
Between trials, participants had 4–10 min rest, depending on their
physical endurance, determined by participants’ feedback. The
five stiffness conditions were randomized. We also randomly
placed the prescribed prosthesis condition either at the beginning
or at the end of the collection. Before starting the five stiffness
conditions, participants completed a 3 min quiet standing trial
while wearing the emulator. Participants experienced these condi-
tions for one training day and one data collection day. We present
data from the last 2 min of steady-state walking during the data
collection day.

In total, participants completed at least 4 study days: pylon fit-
ting and acclimation, user-specific parameter optimization, train-
ing, and data collection. On the first day of the study, a Certified
Prosthetist fit a pylon to connect from the participant’s typical
socket to the prosthesis emulator. During the second day, we
tuned parameters of the ankle–angle torque curve, which was
obtained based on the average curve of individuals without ampu-
tation. The tuning was conducted based on user preference using
an established variable triangulation process, in which we ramped
parameter values up or down until participants reported that they
had become uncomfortable, repeated this several times, and then
took the average of the threshold parameter values [43]. We tuned
the plantarflexion stiffness, plantarflexion neutral angle, and push-
off work parameters. Participants who were new to the device
were also given an additional day of acclimation in order to
become more comfortable on the emulator. On training and data
collection days, participants went through the seven conditions
with randomization as described above.

2.4 Measures of Balance-Related Effort. We measured
step-width variability, average step width, center of pressure vari-
ability during intact-limb stance, muscle activity average and vari-
ability in the intact limb, metabolic energy consumption and user
satisfaction as indications of motor control effort related to
balance.

Step-width variability and average step width were determined
based on motion capture markers placed on the feet. Individual
step widths were defined as the mediolateral distance between left
and right foot locations at midstance, with foot center location cal-
culated based on toe and heel marker locations. Midstance was
defined as the instant that the marker on the sacrum passed the
marker on the stance heel in the fore-aft direction. Marker data
were low-pass filtered at 20 Hz before calculating step widths for
each step. The average step width and step-width variability were
defined as the mean and standard deviation, respectively, of step
widths across all steps in the collection period.

Margin of stability is defined as a difference between extrapo-
lated center of mass (XCoM) and the base of support [9]. Gait is
considered dynamically stable when the base of support is larger
than XCoM. To calculate the XCoM, we used ground reaction
forces and sacrum marker position to approximate the center of
mass position. Compared to using the full marker set, using
ground reaction force has generally shown similar CoM estima-
tion. Using the sacrum marker position presented a similar trend
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when it was controlled [44]. Both the ground reaction force and
sacrum marker methods also have the advantage of not being
affected as much by occlusions. The center of mass velocity was
obtained by differentiating this position in time. The velocity con-
tribution was then obtained by multiplying the velocity to the
equivalent pendulum length, divided by gravity [9]. We added the
medio-lateral components of the position and the velocity contri-
bution to obtain the XCoM. The proxy measure of the base of sup-
port was obtained using the mediolateral component of center of
pressure location from the treadmill data [10], a computationally
efficient means of estimating the proxy of the base of support.
Then, we calculated the minimum margin of stability by taking
the minimum value of the difference between the base of support
and XCoM. This value was averaged across steps. We calculated
intact side of margin of stability because the prosthetic limb side
margin of stability was directly influenced by the provided ankle
inversion/eversion torque from the emulator.

Center of pressure variability within stance was determined
using treadmill data in the method of Kim and Collins [19]. For

each step, the mediolateral location of the center of pressure was
calculated for each instant in stance, and then normalized in time
to percent stance. The average center of pressure location trajec-
tory across all steps was then calculated and subtracted from all
steps. The standard deviation of the center of pressure location at
each instant in stance was then calculated and averaged across all
instants in stance to obtain overall center of pressure variability
for the intact limb side.

Muscle activity variability was measured using a wireless elec-
tromyography system (Trigno Wireless System, Delsys, Inc., Bos-
ton, MA) to examine step by step control effort. Step by step
variations in muscle activity may indicate changes in response to
changes in body state, intended to maintain balance. Electromyo-
graphic data were high-pass filtered at 10 Hz, rectified, and then
low-pass filtered at 6 Hz [45] and normalized in time to percent
stance. The standard deviation of muscle activity across steps at
each instant in time was then calculated, and the values were aver-
aged to obtain muscle activity variability. This was performed for
the peroneus longus, an ankle evertor, for the intact ankle as an

Fig. 3 Ankle inversion torque measurements for a representative subject. The five columns correspond to the stabilizing
high, stabilizing low, neutral, destabilizing low, and destabilizing high stiffness conditions, from left to right. (a) Ankle inver-
sion torque versus ankle inversion angle: measured torque at each instant over the walking trial (gray dots) closely followed
the pattern corresponding to the applied stiffness (dark solid lines), indicated by low root-mean-squared error (in N�m). A
larger range of inversion angles were experienced in the destabilizing conditions. In some cases, this saturated the inversion
torque controller, preventing larger torques from being applied and causing brief deviations from the desired stiffness. (b)
Ankle inversion/eversion torque versus stance phase: the average inversion/eversion torque across each trial (dark
solid lines) remained close to zero as desired, while step-to-step trajectories varied as shown by standard deviation (std),
gray region. Differences in balance-related outcomes were, therefore, the result of step-by-step changes in torque due to
inversion stiffness, rather than changes in average torque due to alignment. The step-by-step changes were clearly shown in
the destabilizing controller compared to the stabilizing controller. (c) Nominal inversion/eversion angle versus stance phase:
the gray region indicates a standard deviation of the nominal inversion/eversion angle during each condition. The nominal
angle was learned through Eq. (2). Across participants, a similar step-by-step difference in stabilizing and destabilizing condi-
tions was observed.
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indication of active control of mediolateral center of pressure. We
also quantified the amplitude of muscle activity by averaging the
muscle activity across steps [45]. Metabolic energy consumption
was sensed and recorded using a wireless metabolic unit (Oxycon
Mobile, CareFusion, Sandiego, CA). We defined steady-state to
be the period for which an exponential fit to breath-by-breath data
was within 5% of the final value, and verified that steady-state
was achieved for the final 2 min of each condition tested. The net
average metabolic rate was calculated by averaging respiratory
data from the 2 min window, applying a standard equation [46],
and subtracting the value for quiet standing. Data from one partic-
ipant were found to have implausibly low values in some condi-
tions, suggesting air leakage around the respiration mask, and
were excluded from analysis.

Participants were also asked to score their satisfaction with
each condition immediately after it ended using a visual analog
scale. Participants were instructed to calibrate their responses
such that 0 represented walking with their prescribed device, �10
represented a condition in which it was impossible to walk, and
ten represented an optimal, effortless walking condition.

2.5 Statistical Analysis. We first examined the normality
using the Jarque–Bera test. Since the probability of normal

distribution ranged from 0.05 to 0.5, we used Friedman’s test, a
nonparametric method of a balanced two-way analysis of var-
iance, to investigate an effect of stiffness on each balance-related
outcome with a significance level of a¼ 0.05. Stiffness conditions
were the continuous variable and participants were treated as a
random effect. Considering limited sample size, a post hoc pair-
wise comparison was not conducted.

Additionally, we compared the prescribed prosthesis condition
to the neutral controller condition to examine whether participants
learned the use of a new ankle-foot prosthesis using a signed-rank
test.

3 Results

Emulator stiffness controllers provided restoring or diverging
inversion/eversion torques, in proportion to deviations from nomi-
nal ankle inversion angle, while keeping a conditionwise average
torque of zero. Foot placement variability, margin of stability
(MoS), average step width, and intact-limb center of pressure vari-
ability were reduced with stabilizing stiffnesses. Users strongly
disliked the destabilizing stiffness conditions. Metabolic energy
consumption and intact-limb evertor average and variability were
unaffected.

Fig. 4 Measures of balance-related control effort: (a) step-width variability, (b) average step width, (c) minimum margin of sta-
bility (MoS), intact limb side, (d) center of pressure variability beneath the intact foot during stance, (e) average peroneus lon-
gus muscle activity, (f) peroneus longus muscle activity variability, (g) net metabolic rate, and (h) user satisfaction score on a
scale of 210 to 10, with 0 corresponding to prescribed. Inversion stiffness strongly affected step-width variability, margin of
stability, average step width, minimum margin of stability, intact-limb center of pressure variability, and satisfaction (p-values
are the result of Friedman’s test). The summary statistics for these data are presented using box plots with 25 and 75 percen-
tiles of the samples, median (solid green lines), and whistkers, extending above and below each box. Red 1 sign is an outlier,
more than 1.5 times the interquartile range away from the top of the box.
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The prosthesis applied ankle inversion/eversion torque in pro-
portion to the deviation of ankle inversion/eversion angle from the
nominal angle trajectory (Fig. 3(a)). The root-mean-squared error
between desired and measured torque was less than 3 N �m for all
conditions. Zero-average torque (Fig. 3(b)) was maintained across
the entire condition as a result of applying torque in proportion to
deviations from the learned neutral angle, which varied slightly in
time and across conditions (Fig. 3(c)).

Variability in step width was strongly affected by inversion/
eversion stiffness (Friedman’s test, v2 (4, 5)¼ 10.4, p¼ 0.03,
Fig. 4(a)). Step-width variability was reduced by 13% and 6% for
the stabilizing high and stabilizing low stiffness conditions,
respectively, compared to the neutral condition. The destabilizing
low and destabilizing high stiffness conditions increased step-
width variability by 8% and 20%, respectively. A pairwise statisti-
cal test was not conducted considering small sample size.

Average step width was affected by inversion/eversion stiffness
(Friedman’s test, v2 (4, 5)¼ 10.72, p¼ 0.03; Fig. 4(b)). Stabilizing
high stiffness reduced the average step width by 3% compared to
the neutral condition. Step width increased by 2%, 4%, and 10%
for the stabilizing low, destabilizing low, and destabilizing high
conditions, respectively.

Inversion/eversion stiffness influenced the margin of stability
(Friedman’s test, v2 (4, 5)¼ 11.36, p¼ 0.02, using sacrum marker,
and Friedman’s test, v2 (4, 5)¼ 10.72, p¼ 0.03, using ground
reaction force; Fig. 4(c)). Margin of stability was reduced by 3%
and 12% (sacrum marker method), and 5% and 1% (ground reac-
tion force method) for the stabilizing high and stabilizing low
stiffness conditions, respectively, compared to the neutral condi-
tion. The destabilizing low and destabilizing high stiffness condi-
tions increased margin of stability by 4% and 10% (sacrum
marker method) and 3% and 15% (ground reaction force method),
respectively.

Variability in the center of pressure during intact-limb stance was
strongly affected by inversion/eversion stiffness (Friedman’s test, v2

(4, 5)¼ 9.92, p¼ 0.04; Fig. 4(d)). The stabilizing high and stabiliz-
ing low stiffness conditions reduced center of pressure variability by
14% and 2%, respectively, compared to the neutral condition. Desta-
bilizing low and destabilizing high stiffness conditions increased
center of pressure variability by 17% and 22%, respectively.

Inversion/eversion stiffness did not seem to affect intact-limb
evertor average (Friedman’s test, v2 (4, 5)¼ 4.2, p¼ 0.38;
Fig. 4(e)), intact-limb evertor variability (Friedman’s test, v2

(4, 5)¼ 0.64, p¼ 0.96; Fig. 4(f)), nor did it appear to affect meta-
bolic rate (Friedman’s test, v2 (4, 4)¼ 3.04, p¼ 0.55; Fig. 4(g)).
Other muscles also did not show a trend in the muscle activity var-
iability (Friedman’s test, v2 (4, 5)< 3.8, p> 0.42).

Participant satisfaction was strongly affected by inversion/
eversion stiffness (Friedman’s test, v2 (4, 5)¼ 13.74, p¼ 0.008;
Fig. 4(h)). Participants rated the neutral and stabilizing conditions
just above 1 on a scale from �10 to 10, where 0 represented satis-
faction with their prescribed device. They rated the destabilizing
low and destabilizing high conditions at �4 and �7, respectively,
approaching the threshold value of �10 that represented
“impossible to walk.”

The neutral zero-stiffness condition resulted in nearly the same
outcomes as walking with participants’ prescribed devices for
most measures (signed-rank test, N¼ 5, p < 0.4 except the user
preference). The notable exception was intact-limb evertor vari-
ability and average, which was tended to be nearly doubled in all
emulator conditions compared to the prescribed condition on aver-
age (signed-rank test, N¼ 5, p¼ 0.13, and p¼ 0.38). The margin
of stability and metabolic cost also seemed to increase, but they
were not statistically significant (signed-rank test, N¼ 5, p¼ 0.44,
N¼ 4, p¼ 0.13, respectively).

4 Discussion

We investigated the effect of ankle inversion/eversion stiffness
on balance-related effort during walking. The prosthesis applied a

positive or negative inversion/eversion stiffness at each step with-
out affecting average inversion/eversion torque or plantarflexion
torque. In response to stabilizing, positive stiffness, participants
exhibited reductions in indicators of active balance maintenance,
such as foot placement variability, margin of stability, and intact-
limb center of pressure control. They also exhibited reduced step
width, suggesting increased balance confidence [47,48]. Partici-
pants exhibited opposite responses to negative inversion stiffness,
and were also strongly dissatisfied with those conditions. These
results support the hypothesis that stabilizing prosthesis inversion/
eversion stiffness reduces balance-related effort on level ground.

This pilot study indicates that high stabilizing inversion stiff-
ness could reduce balance-related actuation effort at the hip and
intact ankle, evidenced by reductions in step-width variability,
margin of stability, and intact-limb center of pressure variability.
On each step, the stabilizing inversion stiffness resulted in a tor-
que proportional to the deviation from the nominal inversion/
eversion angle. This acted as a restoring torque in the frontal
plane, helping to correct small deviations away from the normal
pattern of side-to-side motion during prosthetic-foot stance. Lev-
eraging this balance assistance, participants reduced active control
of foot placement and the associated hip actuation effort [11,49].
Similar effects on foot placement variability have been found with
external lateral stabilization for persons with amputation [17].
Participants also reduced active control of the center of pressure
during intact-limb stance, which appears to be an important bal-
ance control pathway for individuals with amputation [10,19].
Destabilizing negative inversion stiffness had the opposite effect,
increasing confidence in the finding. While we could not isolate
the muscle activity associated with these changes in coordination,
the outcomes of step-width variability, margin of stability, and
intact-limb center of pressure variability are a strong indication of
reduced balance-related control effort with increased prosthesis
inversion/eversion stiffness.

High-stabilizing inversion stiffness led to reduced average step
width and margin of stability, indications of increased balance
confidence and reduced effort. Individuals with transtibial ampu-
tation tend to walk with wider steps and a greater margin of stabil-
ity than nonindividuals with amputation [10,13,50], despite the
association with higher metabolic energy consumption [17,34].
The choice to walk with reduced step width and margin of stabil-
ity in stabilizing inversion stiffness conditions may indicate
greater balance confidence [10,47,48].

Participants strongly disliked the negative inversion stiffness
conditions, but did not prefer positive inversion stiffness to zero
stiffness. Participants rated the destabilizing, high negative stiff-
ness condition closer to a score of “impossible to walk” than to
the score corresponding to their own prosthesis. This is consistent
with the high importance placed on balance by individuals with
amputation [5] and findings that the stability properties of a pros-
thesis can strongly affect user satisfaction [19]. Surprisingly,
despite indications of improved balance, they did not score the
stabilizing stiffness conditions more favorably than the zero stiff-
ness condition. It may be that the positive effects of the stabilizing
conditions were simply less salient than the negative effects of the
destabilizing ones. Another possibility is that unexplored factors,
such as discomfort at the residuum, counteracted the subjective
benefits provided by reduced balance effort.

Unexpectedly, metabolic rate and intact-limb evertor average
and variability did not appear to be affected by inversion stiffness.
Stabilizing prosthesis control can reduce metabolic cost, and
destabilizing control can increase it [19]. Variations in center of
pressure location beneath the intact limb are very likely to result
from variations in muscle activity. However, despite strong indi-
cations of increased balance-related control effort in this study,
including increased intact-limb center of pressure variability,
measured metabolic rate and evertor average and variability were
similar across emulator conditions. It is possible that this form of
balance enhancement causes little or no change in metabolic
energy consumption. In a simulation model of walking, we
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recently found no difference in average mechanical energy
requirements across a wide range of stabilizing and destabilizing
conditions [21]. It is also possible that the peroneus longus was
not responsible for the observed changes in center of pressure.
Measuring from additional muscles in the intact limb might help
identify changes in coordination patterns. Intrinsic muscle proper-
ties might also have benefited participants, altering force without
changing activation. Finally, it is possible that this study simply
lacked the statistical power required to identify small changes in
energy cost and muscle activity between conditions. Amputation
is associated with high interparticipant variability in muscle
activity [51,52], which can also affect metabolic rate [53,54].
More training might reduce such differences by reducing cocon-
traction [55], but the identification of fine changes in metabolic
rate and muscle activity would likely require a much larger sam-
ple size.

Changes in average ankle torque can also cause differences in
balance. Average torque was therefore maintained at zero across
conditions, while torque on each step was varied in proportion to
the deviation from the nominal trajectory. Differences in balance
indicators were therefore caused by the restoring or diverging
behavior of the emulated inversion stiffness rather than average
torques as a result of nominal device alignment.

The highest inversion/eversion stiffness value corresponded to
the largest improvement in balance-related effort, suggesting that
a larger range of stiffness should be tested in the future. We
selected stiffness values based on findings from simulations [56],
which only approximately model the gait of individuals with
amputation, and preliminary tests, which might not have included
sufficient training. It is possible that applying a stiffness normal-
ized to body characteristics may reduce intersubject variability.
Also further increasing prosthesis inversion/eversion stiffness,
while maintaining consistent dorsiflexion–plantarflexion charac-
teristics, potentially would further reduce balance-related control
effort on level ground.

In this study, we did not address the role of upper body motions
in maintaining balance. Arm swing and trunk motion can provide
an additional balance resource during walking [57], including
among individuals with transtibial amputation [58,59]. Partici-
pants may have used these upper body strategies more or less
across conditions, which could have muted the effects of inversion
stiffness on the selected measures of effort and satisfaction.

Metabolic cost was generally higher with the emulator condi-
tions than with participants’ prescribed devices. One of the factors
that may have contributed to this is the mechanical differences
between the device and the subjects’ prescribed prostheses, includ-
ing shape, mass, and stiffness of the passive heel. Improvements to
these features might reduce walking effort. In addition, the differ-
ence of training period also may have contributed to the change in
metabolic cost [60]. Participants in this study had used their pre-
scribed prosthesis for several years, but this emulator was worn for
less than a day. Further training may reduce the overall metabolic
cost during walking for all controller conditions.

A method to measure spatial ankle inversion/eversion angle
may help in the design of more sophisticated controllers and result
in a further reduction in balance-related effort. Our definition of
ankle inversion/eversion angle as a difference of the two toe
angles is a simplification, as shank angle is needed to calculate the
spatial ankle angle. The two-toe approach is, however, more simi-
lar to commercial prostheses, making our results more relevant to
translation to present commercial devices.

In addition, the importance of the stiffness on uneven ground
can be explored further. Lower inversion/eversion stiffness may
provide better conformation to the surface. On uneven ground,
lower inversion/eversion stiffness would prevent surface irregular-
ities from causing large inversion/eversion moments that could
disturb gait. This could help improve the contact patch, allowing
larger yaw moments before slipping, which could help avoid slips
and assist in turning movements. These conditions can be further
systematically investigated.

While our results have demonstrated a reduction in several
important balance-related outcomes, they derive from a relatively
small sample size. Our experimental protocol also cannot rule out
factors such as differences between individual participants
[61–63]. Given the positive findings in this initial study, a follow-
on study with larger sample size is merited. Such a study could
also incorporate automatic customization techniques to optimize
prosthesis stiffness for each user.

5 Conclusions

The results of this pilot study suggest that people with unilateral
transtibial amputation are able to use high stabilizing inversion/
eversion stiffness in an ankle-foot prosthesis with minimal train-
ing periods, and that this generally results in a meaningful
improvement in foot placement variability and center of pressure
variability compared to walking with their prescribed device. For
individuals who spend the majority of their time walking on level
ground in a structured environment, higher inversion stiffness
may be favorable, provided that dorsiflexion compliance is chosen
well. A follow-on study with more participants using untethered,
product-like prosthetic limbs of varying inversion/eversion stiff-
ness would improve our confidence in this finding. Experiments
on uneven ground, in which inversion/eversion stiffness is varied
while maintaining constant dorsiflexion–plantarflexion character-
istics, would provide insights into terrain-dependent tradeoffs.
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