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An Ankle-Foot Prosthesis Emulator
Capable of Modulating Center of Pressure

Vincent L. Chiu, Alexandra S. Voloshina, Steven H. Collins*

Abstract—Objective: Several powered ankle-foot prostheses
have demonstrated moderate reductions in energy expenditure
by restoring pushoff work in late stance or by assisting with
balance. However, it is possible that heel collision work or center
of pressure trajectory modulation could provide even further
improvements in user performance. Here we describe the design
of a prosthesis emulator with two torque-controlled forefoot
digits and a torque-controlled heel digit. Independent actuation
of these three digits can modulate the origin and magnitude of
the total ground reaction force vector. Methods: The emulator
was designed to be compact and lightweight while exceeding the
range of motion and torque requirements of the biological ankle
during walking. We ran a series of tests to determine torque
measurement accuracy, closed-loop torque control bandwidth,
torque tracking error, and center of pressure control accuracy.
Results: Each of the three digits demonstrated less than 2 Nm
of RMS torque measurement error, a 90% rise time of 19 ms,
and a bandwidth of 33 Hz. The untethered end-effector has a
mass of 1.2 kg. During walking trials, the emulator demonstrated
less than 2 Nm of RMS torque tracking error and was able
to maintain full digit ground contact for 56% of stance. In
fixed, standing, and walking conditions, the emulator was able to
control center of pressure along a prescribed pattern with RMS
errors of about 10% of the length of the pattern. Conclusion:
The proposed emulator system met all design criteria and can
effectively modulate center of pressure and ground reaction force
magnitude. Significance: This emulator system will enable rapid
development of controllers designed to enhance user balance and
improve user energy expenditure. Experiments conducted using
this emulator will identify beneficial control behaviors that can be
implemented on autonomous devices, in turn improving mobility
and quality of life of individuals with amputation.

Index Terms—Biomechanics, ankle-foot prosthesis, center of
pressure.

I. INTRODUCTION

There were about 1 million individuals in the United States
living with a lower limb amputation in 2005, with that number
projected to more than double by 2050 [1]. These individuals
suffer from asymmetries and reduced locomotor performance.
Specifically, those with unilateral transtibial amputation walk
with asymmetrical step lengths to compensate for lack of
pushoff [2] and walk 11% slower compared to individuals
without amputation [3]. Over uneven terrain, such as tall grass
or a loose rock surface, individuals with transtibial amputation
take shorter, wider steps and consume 17% more energy
compared to individuals without amputation [4], [5]. These
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penalties may be due to reduced center-of-pressure control
[6] and greater instability during walking with perturbations
and over uneven terrain [7], [8]. Individuals with lower limb
amputation are also at a higher risk of falling, with about
50% of the population falling each year [9]. These falls occur
in both the elderly as well as young, active individuals with
amputation and often result in complications such as infection
[10]. As a result, about 50% of individuals with lower limb
amputation report fear of falling, and suffer from reduced
social activity and a decrease in quality of life [9].

Several active ankle-foot prostheses have been developed
with the goal of improving locomotor performance. Such
devices, whether for commercial or research purposes, have
largely focused on pushoff work in late stance, as it has
been suggested that reduced pushoff from the affected limb
may increase step-to-step energy collision losses and, in turn,
metabolic rate [3], [11]. As such, several devices have been
designed to restore powered pushoff to the user [12], [13],
[14], with one such device showing an 11% reduction in
metabolic rate using active plantarflexion control as dictated
by a neuromuscular model [15]. It is possible that providing
only powered pushoff assistance is not effective in reduc-
ing energy expenditure in individuals with amputation [16],
as finer details such as pushoff timing may also influence
performance measures [17]. As a result, some methods have
explored the effects of balance assistance on performance [18],
[19]. Hand-tuned assistance of step-by-step plantarflexion and
inversion/eversion control in response to center of mass motion
has even demonstrated 9% reductions in energy expenditure in
individuals with amputation [20]. However, our understanding
of the effects of balance assistance on energy expenditure
and overall locomotor performance is still limited. In order to
better understand how to provide effective balance assistance,
we must develop devices and prosthesis behaviors capable
of controlling balance-related measures such as center of
pressure.

New prosthesis behaviors can be quickly developed using
prosthesis emulator systems. Inspired by earlier experimental
tethered devices (such as [21], [22], [23], [24]), these lab-based
systems consist of a generalized prosthetic device tethered to
off-board motors and computers dictating device control in
real-time [25]. Compared to commercial devices, prosthesis
emulators allow new behaviors to be tested without designing
specialized hardware for each new behavior. Instead, new
behaviors can be written and implemented on the emulator
system, allowing for rapid iteration and faster discovery of
helpful behaviors. We have worked extensively with tethered
emulator systems, using them to characterize and optimize
assistive ankle torque profiles for both exoskeletons and pros-
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theses (e.g. [26], [27], [28], [29]). Using a one degree of
freedom prosthetic emulator, we were able to show that device
work rate does not necessarily affect energy expenditure in
individuals with unilateral transtibial amputation [16], [30].
However, providing assistance in the medio-lateral direction
using a two degree of freedom emulator did lead to a reduction
in metabolic cost during walking [20]. Since inversion/eversion
control exerts some control over the foot center of pressure
trajectory, this suggests that a more direct center of pressure
control approach could lead to even larger improvements in
user balance and energy expenditure.

Here we outline the design of a prosthesis emulator intended
to assist in the development of prosthesis behaviors focused
on improving balance. It is equipped with three degrees of
freedom which allow us to modulate the center of pressure
and ground reaction force magnitude.We performed benchtop
testing to determine strain gauge measurement accuracy and
closed-loop torque control bandwidth. We also tested the
accuracy of the center of pressure estimation of the emulator,
as well as torque tracking accuracy during normal walking of
a person with a unilateral transtibial amputation. We expect
this emulator system to enable experiments that will evaluate
prosthesis behavior on human locomotion and inform future
prosthesis design.

II. MECHANICAL DESIGN

We designed a prosthesis emulator system with three sep-
arately controlled digits, which allow us to modulate the
ground reaction force origin location (center of pressure) and
magnitude. Each digit generates a ground reaction force, with
the total ground reaction force vector calculated as the vector
sum of the three vectors. Modulating the center of pressure and
ground reaction force magnitude is subject to some limitations,
addressed in Section V. The whole system comprises a three-
motor actuation unit, a computer, and an end-effector worn by
the user (Fig. 1).

The primary components of the end-effector include two
forefoot digits, a heel digit, two frame halves, and a bridge
(Fig. 2). Each half of the frame contains a revolute joint for
a forefoot digit, with the heel digit located between the two
frame halves. A bridge connects the two frame halves and
provides a mounting location for a standard pyramid adapter.
Each digit acts as a lever: when one end is pulled up by the
Bowden cable, the other end exerts a force on the ground
(Fig. 3). The digits are sized such that the ground contact
locations of the heel and forefoot digits relative to the effective
ankle joint correspond to anthropomorphic locations of the
heel and metatarsals.

A. Geometry

The geometry of the end-effector was designed to generate
desired forces and torques within a desired range of motion
while adhering to the constraints of the off-board motor unit.
The forces and torques were selected to exceed the require-
ments of a user with weight of 110 kg walking at 1.25 m/s
while the size was designed to match that of an average male
foot [31].

Prosthesis
End-Effector

Bowden Cables
Motors

Computer

Pyramid Adapter

Bowden Cable
(Inner Rope)

Bowden Cable
(Outer Conduit)

Heel
Digit

Forefoot
Digit

Data
Cable

(a)
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Fig. 1. The emulator system consists of powerful off-board motors, flexible
Bowden cable and data tethers, an end-effector worn by the user, and a
computer (a). Force is transferred from the Bowden cables to each of the
three digits: a heel and two forefoot digits. The end-effector connects to the
user via a standard pyramid adapter (b).
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Fig. 2. The six primary components of the end effector include two frame
halves (light grey), a connecting bridge (dark grey), two forefoot digits (green
and orange), and a heel digit (blue).
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(a) (c)(b)

Fig. 3. Bowden cables provide unidirectional actuation for two forefoot digits
(a),(b), and a heel digit (c). Counter-actuation is provided by retraction springs
(Fig. 6).

We relied on kinetic and kinematic data of normal walking
[32] to guide the geometry of the end-effector. The geometry
was parameterized into: lengths of the lever arms, angles
between the digit and lever arms, and the location of the heel
joint relative to the forefoot joint. We observed the effect of
varying these parameters on the Bowden cable forces required
to generate the desired motion, as well as whether the lever
arms collided with the ground. The forefoot digits spanned
from the metatarsal joints to the ankle, which was used as the
location of the forefoot joint. The heel digit spanned from the
calcaneus to the variable heel joint. The resulting geometry
yielded a vertical range of translation of 0.050 m, maximum
dorsiflexion of 32◦, maximum plantarflexion of 26◦, and
maximum inversion/eversion of ±57◦. These measurements
can be visualized in Fig. 4 as the angle between the ground
and the plane normal to the prosthesis pylon.

The end-effector is designed to be lightweight while still
being able to generate the desired forces and torques. To
accomplish this goal, the major components of the end-effector
were CNC milled from 7075 aluminum alloy, which offers
high specific strength and is easy to machine. Since the frame
and digits are primarily loaded in bending, we incorporated
pocket cutouts and tapered cross-sectional heights into the
design of these parts. Pocketing and tapering remove material
where bending stress is low and reduce the mass of the end-
effector while maintaining strength. The resulting mass of the
end-effector is 1.2 kg, not including the tether, and is designed
for individual forefoot torques up to 70 Nm and heel torques
up to 100 Nm.

B. Sensors and Control

Three rotary encoders and three strain gauges measure the
joint angles and torques of the end-effector (Fig. 5). Each
digit features a strain gauge (Omega, Stamford, CT, USA)
in a full-bridge configuration, utilizing dual grids in parallel
on the top and bottom surfaces. This configuration is highly
sensitive to longitudinal bending strain while rejecting axial
strain and temperature effects.

A rotary encoder is mounted coaxially with each digit joint
to measure joint angles. To avoid damaging the encoders by
external impacts, we designed the encoders to fit on the inside
surfaces of the frame. We selected the RLS RM08 (RLS,
Komenda, Slovenia) for its small footprint and extremely low
profile height.

The sensor wires are routed to a connection panel featuring
DB9 and DB15 terminal blocks. This panel offers strain relief

(a) (b) (c)

Fig. 4. Rotating both forefoot digits in one direction and the heel digit in the
opposite direction moves the emulator vertically (a) Rotating all three digits
in the same direction rotates the end-effector in the sagittal plane (b). Rotating
the forefoot digits in opposite directions rotates the emulator in the frontal
plane (c).

Fig. 5. Each digit is equipped with a rotary encoder and strain gauges on
the top and bottom surfaces. Strain gauges are rendered in blue and encoders
with their corresponding shafts are rendered in orange. Sensor wires route
to a connection panel utilizing DB9 and DB15 terminal blocks, rendered in
green.

and pull protection for the sensors and allows standard D-Sub
cables to be used for data transmission. These cables are easily
replaced in the event of a cable failure.

Our computer, or real-time target machine (Speedgoat,
Liebefeld, Switzerland), samples the analog signals of the
encoders and strain gauges at 1000 Hz. We then filter the
signals down to 100 Hz using a 2nd order Butterworth filter.
To further improve the signal-to-noise ratio of our analog
signals, we use shielded D-Sub cables to reduce the effects
of electromagnetic interference. We also found it helpful to
electrically isolate the motor unit from the end-effector by
placing an insulating washer between the Bowden cable outer
conduit and the end-effector frame (Fig. 6a).

Emulator system behavior is governed via a two-tier control
architecture comprising a high-level controller and a low-
level controller. The high-level controller defines the overall
behavior of the emulator and determines desired digit torques.
It operates on a state machine that detects gait events such
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as heel contact, forefoot contact, heel liftoff, and toe-off. By
varying torque patterns based on changing gait events, the
high-level controller can be programmed to emulate a variety
of behaviors, including impedance controllers [33], neuromus-
cular controllers [34], quasi-active controllers [35], energy
recycling behaviors [36], or balance assistance controllers [18].

The low-level controller accepts desired torques from the
high-level controller and commands motor velocity to track
the desired torque. The Bowden cable acts as a series elas-
tic element, largely dictating the relationship between motor
displacement and end-effector torques. The controller utilizes
a proportional error term Kp, a motor velocity damping term
Kd , and a feedforward iterative learning term Kl :

θ̇motor = Kp(τdes − τmeas)−Kd θ̇motor +Kl θ̇learn

where τdes and τmeas are desired and measured digit torques
and θ̇motor is the angular velocity of the motor attached to
that digit. The proportional error term allows the controller
to track desired torque trajectories while the damping term
reduces overshoot in the torque tracking response. In order to
reduce the tracking error that arises from nonlinearities in the
system, we also implemented a feedforward iterative learning
term. Using this learning term in conjunction with PD control
has been shown to reduce root-mean-square (RMS) torque
tracking errors in tethered exoskeleton emulators up to 84%
compared to PD control alone [37]. To do so, the learning
term first parameterizes the walking stride in time starting
from a gait event such as initial heel contact. The controller
then accumulates the error between desired and measured
torques for a particular time step across all previous strides.
This accumulated error is then converted to feedfoward motor
velocity compensation by multiplying the error by a gain. Over
tens of strides the learning term reduces torque tracking errors
that occur at the same time step per stride.

C. Additional Features

We implemented several features to increase the lifespan
of the end-effector. Each digit is equipped with a hard stop
in either direction of rotation (Fig. 6a). These hard stops are
designed to withstand the impact of the digit if the motor
produces larger torques than expected or if there is too much
slack in the inner rope and the digit bottoms out.

A pulley is located below each Bowden outer conduit
termination (Fig. 6a). This pulley guides the inner rope to
exit the outer conduit perpendicularly before routing towards
the inner rope termination on the digit. A perpendicular exit
prevents the inner rope from rubbing on the frame and extends
the lifespan of the rope.

The end-effector frame has strain relief for each Bowden
cable outer conduit (Fig. 6a). A 3D printed conduit termination
features a flexible urethane insert that encourages a gentle
curve in the outer conduit, reducing the stress concentration
compared to a sharp bend.

The ends of each digit feature 3D printed ground contact
pads (Fig. 6b). These pads provide a larger mounting location
for rubber, which gives the end-effector additional traction
during walking. The rubber strips are glued onto the pads

Connection
Panel

Bowden Cable
Strain Relief

Retraction
Spring

Strain Gauge
Cover

Ground
Contact

Pad

Pulley
Hard Stop

(b)

Pulley

Hard Stop

Urethane
Insert

Elastic Insert

Retraction Spring
Hook

Rubber
Traction

Strip

Electrically
Insulating
Washer

Strain Gauge Pocket
Cutout

Strain Gauge
Cover Protrusion

(c)

(d)

(a)

Fig. 6. Features implemented in order to improve the lifespan of the end-
effector (a). The Bowden cable strain relief reduces the bending fatigue of the
Bowden cable outer conduit (b). The ground contact pads feature a limited
amount of rotation to reduce the wear of the rubber traction strips (c). The
strain gauge covers protect the strain gauges from impacts. The cover features
protrusions that fit inside pockets on the digit to stay in place (d).

and are replaced when worn. During walking, the heel and
forefoot pads move relative to each other, which causes the
rubber to scrub along the ground, accelerating its wear. To
mitigate this issue, we designed the pads to have a limited
amount of rotation in the sagittal plane on its mounting point
on the digit. Elastic inserts control the amount of rotation and
return the pad to a neutral angle when the digit is off the
ground.

Each strain gauge is protected by a 3D printed cover to
prevent impacts from damaging the sensor. The cover uses
a clamshell design and features protrusions to hold itself in
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Fig. 7. Benchtop testing demonstrated low measurement error, low rise
times, and high torque control bandwidth. All three digits reported nearly
identical results. Measurement accuracy was determined by comparing known
applied torques to measured torques. Measurement error is less than 3% of
peak torques (a). Step response testing was performed by instantaneously
changing the desired torque and measuring how long it took the system to
respond. On average it took 19 ms to reach 90% of the desired torque (b).
Bandwidth testing was performed by commanding a series of 40 sine waves.
The calculated bandwidth is 33 Hz, limited by a 30◦ phase margin (c).

place using the walls of the pockets on the digits (Fig. 6c).
Since the Bowden cable only provides unidirectional ac-

tuation, rubber bands are used as retraction springs to take
up slack in the inner rope (Fig. 6). These rubber bands
span between hooks located on the ground contact pads and
mounting points on the frame.

III. BENCHTOP TESTING

We experimentally validated force and torque capabilities
of the emulator system through a series of benchtop tests.
We verified torque measurement accuracy, closed-loop torque
step response times, and closed-loop torque control bandwidth.
During all tests we fixed the end-effector in a rigid frame that
prevented movement of the digits.

To determine torque measurement accuracy, we first cali-
brated the strain gauges to determine a relationship between
applied torque and output voltage. A validation trial was then
performed by comparing known applied torques to measured
torques. The strain gauges were calibrated one at a time by
applying known forces to the end of each digit and recording
the resulting strain gauge voltages. The voltages were recorded
across six force conditions, including a zero load condition,
in both loading and unloading directions to account for any
hysteresis. A linear relationship was then determined between
voltage and applied torque. The validation trial revealed torque
measurement error with a root-mean-square value of 1.7 Nm,
or less than 3 % of the expected peak torque (Fig. 7a).

To determine closed-loop step response, we used a PD
controller to control digit torques and kept controller gains
constant across all testing. In the step response test, desired
torque was instantaneously changed from 5 Nm to 70 Nm. The
test began at 5 Nm in order to remove slack in the Bowden
cables. We conducted 10 trials per digit and averaged 90% rise
times over all trials to determine the step response for each
digit. The step response time was found to be 19± 0.56 ms
for all three digits (Fig. 7b).

To test closed-loop torque control bandwidth, digit torques
tracked sine waves with frequencies ranging from 1 to 40 Hz
in increments of 1 Hz. The sine waves were centered around
35 Nm with an amplitude of 15 Nm. The controller tracked
each sine wave for 3 s before the frequency was incremented.
We averaged amplitude ratios and phase shift angles for each
frequency over ten trials and then generated a Bode plot to
determine the frequency response of the system. The closed-
loop torque control bandwidth was identical for all three digits
and was found to be 33± 0.31 Hz, limited by a 30◦ phase
margin (Fig. 7c).

Closed-loop torque control bandwidth was found to be
higher than similar tethered [38] and untethered [39] devices.
Fast step response times and high torque control bandwidths
allow for accurate torque control and high fidelity haptic
emulation [40]. Specifically, this allows for a more realistic
rendition of a behavior we would choose to emulate.

IV. WALKING TRIAL

To validate the torque tracking capabilities of the emulator,
one participant (male, 74 kg, 60 years of age) with a unilateral
transtibial amputation walked while using the emulator system.
The participant provided written informed consent prior to
participating in the study and was fitted to the end-effector
by a licensed prosthetist. All experimental procedures were
approved by the Stanford University Institutional Review
Board.

The end-effector was controlled such that each digit in-
dependently emulated a virtual spring: τdes = k(θ − θneutral),
where τdes is the desired torque for the digit, k is the stiffness
constant adjusted to user preference, and θneutral is the resting
angle of the digit. The resting angles for each digit are such
that when no force is applied to the end-effector, the end-
effector frame is parallel to the ground at a user-selected
height.

The participant walked at 1 m/s on a level treadmill for
5 min, recording 216 steps during the trial. The RMS torque
tracking errors for the left forefoot, right forefoot, and heel
digits were 1.8 Nm, 1.3 Nm, and 1.3 Nm, respectively (Fig. 8).
These values were about 2.5% of the peak torques recorded
for all three digits (71 Nm, 56 Nm, and 52 Nm) during the
trial. Due to the compensation provided by the feedforward
iterative learning term (described in Section II B), the RMSE
values gradually reduced over the duration of the trial. The
RMSE values for the first 50 steps of the trial were 2.1, 1.5,
and 1.4 Nm for the three digits but reduced to 1.6, 1.1, and
1.1 Nm for the last 50 steps.

The RMSE values when the digits are being loaded (torque
is increasing) are higher than when the digits are being
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Fig. 8. Average torque tracking results over 216 steps from a 5 min walking
trial with an individual with unilateral transtibial amputation. RMSE tracking
error was 1.8, 1.3, and 1.3 Nm for the two forefoot digits and the heel digit,
respectively. Only left forefoot digit torque tracking graphs are shown, as the
plots for the other two digits are visually very similar. The black line and
shaded blue area indicate the mean and one standard deviation range of the
measured torque. The orange line indicates the desired torque, with the slope
of the line corresponding to the stiffness constant of the digit. Torque tracking
data is split into plots where the digit is being loaded i.e. torque is increasing
(a) and where the digit is being unloaded i.e. torque is decreasing (b).

unloaded (torque is decreasing). This is primarily seen in the
mismatch between the desired and produced torque at the
beginning of the step (Fig. 8a). This error is due to the fact that
when a digit first contacts the ground, the angle of the digit
changes quickly, which results in a rapid change of desired
torque. The low-level controller is unable to respond quickly
enough and temporarily lags behind. The feedforward iterative
learning term should be able to compensate for such errors,
but due to variations in timing on each step, the learning term
is unable to accurately predict the spike in desired torque when
the digit contacts the ground.

V. CENTER OF PRESSURE CONTROL

One of the primary capabilities of the emulator system is
the ability to modulate the ground reaction force origin and
magnitude. Each digit of the emulator can sense longitudinal
bending forces, which allows for independent modulation of
force produced by each digit. The total ground reaction force
is then defined as the vector sum of the forces produced by
each digit, with center of pressure being the origin of the total
ground reaction force. However, the emulator lacks the ability
to sense axial forces, limiting our ability to fully estimate and
control the center of pressure and total ground reaction force
magnitude.

A. Scope of Measurement and Control

This emulator does not have full control over the total
ground reaction force vector. Such a device would require
at least five independent modes of actuation in order to
control the five components of the total force vector: the
center of pressure in two dimensions in the ground plane
and the direction of the force vector in three dimensions.

These requirements would likely result in a heavier prosthesis
design. Instead, we have made some simplifying assumptions
and focused on controlling only three components of the total
force vector: the center of pressure in two dimensions and the
normal ground reaction force magnitude.

In theory, it is possible to control the above-mentioned three
components of the total force vector, given that the emulator
has three independently controlled digits. To do so accurately
would require measurements of both axial and perpendicular
components of the force produced by each digit (Fig. 9).
However, axial forces are not measured by the strain gauges
bonded to each digit. The full bridge configuration of the
strain gauges intentionally rejects axial force readings in order
to provide more accurate measurements on the longitudinal
bending experienced by the strain gauges. The force vectors
applied by each digit can be affected by axial force contri-
butions, including portions of the normal force and friction
shear forces. This loss of information results in a deviation
between the estimated total ground reaction force and the
true total ground reaction force and consequently affects the
accuracy of estimating center of pressure and ground reaction
force magnitude. Thus the emulator is able to control all three
desired components of the total force vector, but suffers from
inaccuracies due to insufficient sensing.

There are several methods to mitigate the inaccurate sensing
of axial forces. For one, we could install an additional strain
gauge bridge on each digit to measure the axial forces.
However, the cross-sectional area of the digits coupled with the
relatively low expected axial forces results in low maximum
strain values. Small strain variations are more difficult to detect
and result in poorer signal-to-noise ratios of the strain gauge.
Mounting another set of strain gauges on each digit to detect
axial forces would increase the complexity of the device while
providing limited benefit. For these reasons we decided to
forgo measuring axial forces, thus limiting accurate control
of center of pressure and ground reaction force magnitude.

B. Geometric Model Derivation and Testing
Desired digit torques are modulated using a high-level

controller based on a geometric model and whose outputs are
passed to a low-level controller for closed-loop control. The
model of the high-level controller translates the desired center
of pressure and ground reaction force magnitude into the
desired torques for each of the three digits. The model requires
three inputs: the desired medio-lateral center of pressure, copx,
the desired fore-aft center of pressure, copy, and the desired
normal ground reaction force magnitude, FN . In turn, the
model leads to three outputs: the required torques of the left
and right forefoot digits and the heel digit, τl , τr, and τh,
respectively. We define an x-y origin for the center of pressure
in the prosthesis frame, such that x = 0 is the medio-lateral
center of the end-effector and y = 0 is the location of the
forefoot digit joints (Fig. 10a). Since center of pressure can
only be measured in the ground plane, we project this point
onto the ground plane in a direction normal to the ground
plane (Fig. 10b).

The model dictating the desired torques of the three digits
can be defined in terms of the normal components of forces
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Fig. 9. The strain gauges are only able to detect perpendicular components of
force generated by the digit, shown in blue. Axial force components, shown
in yellow, are undetectable yet still contribute to the total ground reaction
force vector, shown in orange. This loss of information results in a deviation
between the estimated total ground reaction force and the true total ground
reaction force.

produced by each digit, Fl ,Fr,Fh, using a weighted average
calculation. Only the normal components of the forces are
used in the model since it is the only component of force that
affects center of pressure.

copx =
Fl(−

w
2
)+Fr(

w
2
)+Fh(0)

Fl +Fr +Fh
(1)

copy =
(Fl +Fr)y f +Fhyh

Fl +Fr +Fh
(2)

FN = Fl +Fr +Fh (3)

where w is the width between the forefoot digits, y f is the
average y-coordinate of the two forefoot digits yl and yr, and yh
is the y-coordinate of the heel digit (Fig. 10). The y-coordinate
of the heel joint is y= dcosθb, where d is the distance between
the forefoot joints and the heel joint. The y-coordinate of the
digits are given as:

yl = r f cos(θl −θb) (4)

yr = r f cos(θr −θb) (5)

yh = dcosθb − rhcos(θb +θh) (6)

where r f and rh are lengths of the forefoot digits and heel
digit, respectively. Inverting Eq. 1-3 gives desired digit forces
in terms of constants and inputs:

Fh =
FN(copy − y f )

yh − y f
(7)
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Fig. 10. The bottom view of the end-effector is shown along with the three
contact points (a). If the end-effector frame is parallel to the ground (θb = 0),
then the origin is located such that x = 0 is the medio-lateral center of the
end-effector and y= 0 is the location of the forefoot digit joints. The side view
of the end-effector is shown, with forefoot digit geometry labeled to illustrate
the derivation of Eq. 4 and Eq. 5 (b). The side view of the end-effector
is repeated, with heel digit geometry labeled to illustrate the derivation of
Eq. 6 (c). Constants include w,d,rt ,rh while the remaining variables can be
measured or calculated.

Fr =
FNcopx

w
+

FN −Fh

2
(8)

Fl = FN −Fr −Fh (9)

We can now calculate the torques required to generate the
desired normal force for each digit. As previously mentioned,
axial forces affect the total force magnitude but are unde-
tectable without another set of strain gauges. We tested three
simplifying assumptions about the axial force components of
each digit, including: assuming axial forces are zero, assuming
axial forces such that the force vector for each digit is normal
to the ground, and assuming axial forces such that the force
vector for each digit points along the user’s leg. We found
the third assumption resulted in the least center of pressure
error across various conditions and used this assumption to
calculate the required torques for each digit:

τl =
Flr f cos(θl)

cos(θb)
(10)
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τr =
Frr f cos(θr)

cos(θb)
(11)

τh =
Fhrhcos(θh)

cos(θb)
(12)

For the presented emulator design, model constants w,d,r f and
rh are equal to 0.074, 0.035, 0.15, 0.089 m, respectively. These
constants are taken from the geometry of the end-effector as
described in Section II A.

To quantify the error incurred by our geometric model, we
programmed the emulator to trace out a prescribed center
of pressure pattern. An instrumented treadmill recorded the
true center of pressure trajectory which we then compared
against the desired pattern. We performed the pattern tracing
experiment under three different conditions: one with the end-
effector fixed in place over the treadmill, one with a participant
with unilateral transtibial amputation standing while wearing
the end-effector, and one with the same participant walking
with the end-effector. The instrumented treadmill reports cen-
ter of pressure relative to the treadmill origin while the desired
center of pressure is defined relative to the end-effector origin.
We recorded positions of four reflective markers placed on
the end-effector using an 8-camera motion capture system
(frame rate: 100Hz; Vicon Motion Systems, Oxford, UK).
This allowed us to compare the desired and actual center of
pressure patterns within the same reference frame as defined
by the end-effector. The center of pressure patterns used for
all three conditions were defined by first-, second-, and third-
order polynomials which closely resembled the natural center
of pressure path seen during walking in healthy adults [41].
In the fixed and standing conditions, the polynomial patterns
were traced in both directions in 1 s (Fig. 12). In the walking
condition, the polynomial patterns were only traced in the
forward direction and were timed according to the average
stance duration of the participant. In the fixed and standing
conditions, we additionally traced a block-letter ‘S’ in order
to further quantify the accuracy of center of pressure control.
In both of these conditions, the block-letter ‘S’ was traced in
10 s.

C. Results

The maximum length and width of the support triangle is
0.20 m and 0.074 m and the peak total vertical force magnitude
generated by the emulator is 2.3 kN (Fig. 11). These results
are achieved when the end-effector is as low to the ground
as possible, with each digit applying peak torque. In config-
urations where the end-effector is higher off the ground, θ f
and θh increase, resulting in a smaller support triangle and
a smaller vertical component of the ground reaction force
of each digit. For a given support triangle, vertical force
magnitude decreases as the center of pressure approaches the
corners of the triangle (Fig. 11). When the center of pressure is
in the middle of the support triangle, the total ground reaction
force receives contributions from all three digits. However,
when the center of pressure is at one vertex of the support

2327 N

632 N

0.20 m

0.074 m

Fig. 11. The area between the ground contact pads designates the support
triangle of the end-effector. The contour plot depicts the peak controllable
force magnitude, with lighter colors indicating higher forces.

triangle, the total ground reaction force can only receive a
contribution from a single digit, which limits the peak ground
reaction force magnitude.

There was a strong correlation between desired and mea-
sured center of pressure trajectories (Fig. 12), indicating that
the geometric model provided an accurate mapping from de-
sired center of pressure to required digit torques. We calculated
RMS error values as the Euclidean distance between the
average measured center of pressure location and the desired
center of pressure location at each instance in time. With the
end-effector fixed in place over the treadmill, the RMS error
was 14 mm across all six polynomial patterns. The RMS error
increased to an average of 15 and 18 mm for standing and
walking conditions, respectively. The RMS error was 8 mm
for the block-letter ‘S’ in both fixed and standing conditions.
These errors could be due to several factors, discussed in more
detail in the Discussion section.

The center of pressure control described only applies when
all three digits are in contact with the ground. To test the
capability of the emulator to maintain full ground contact,
we modified a spring controller to maximize ground con-
tact during stance. Upon detecting heel strike, the controller
commands a desired torque to the forefoot digits in order
to obtain full ground contact. As stance progresses, the heel
digit attempts to maintain a minimum of 20 Nm. During late
stance the heel digit is too short to reach the ground and the
emulator enters a period where only the two forefoot digits are
in contact with the ground. During a walking trial with 133
steps, the emulator was able to achieve full ground contact
for 56%±2.7% of stance. The heel digit had ground contact
for the first 70%±3.1% of stance and the forefoot digits had
ground contact for the last 86%±1.4% of stance.

During the initial portion of stance when only the heel digit
is in contact with the ground, the center of pressure is limited
to the contact patch of the heel digit. During the final portion
of stance when only the two forefoot digits are in contact with
the ground, the center of pressure lies on the line between the
contact points of the two digits. The center of pressure can be
roughly controlled along the line, but controllability is reduced
as the angle of the digit relative to the ground increases.

VI. DISCUSSION

We designed, built, and tested a prosthesis emulator in-
tended to assist in the development of controllers to enhance
user balance and improve energy expenditure. Benchtop test-
ing demonstrated high peak torques and bandwidths necessary
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Fig. 12. Desired and measured center of pressure patterns. The top, middle, and bottom rows indicate patterns traced with the end-effector during walking,
standing, and fixed conditions, respectively. The arrows indicate direction(s) of center of pressure movement with RMS error values and time taken to draw
each pattern listed above each plot. RMS error values were calculated as the Euclidean distance between the average measured center of pressure location
and the desired center of pressure location at each instance in time. The shaded grey triangles indicate the support triangle of the end-effector relative to the
desired pattern. Instances where the measured center of pressure lies outside of the shaded triangle are due to misalignment errors, addressed in the Discussion
section.

for high fidelity behavior emulation. In addition, the emulator
is capable of modulating the location and magnitude of the
total ground reaction force during stance. Testing during
treadmill walking revealed accurate torque tracking and center
of pressure control during standing and walking.

One advantage of the prosthesis emulator, compared to
previous powered prostheses, is its ability to modulate cen-
ter of pressure location and normal ground reaction force
magnitude. Force modulation at each digit can be achieved
with a simple lever based mechanism based on our previous
designs [30], [28]. These mechanisms result in lightweight
end-effectors which allow for rapid iteration and testing of
various control approaches without the need to redesign and
rebuild new hardware. Furthermore, tethering the end-effector
allows the worn mass to be similar to lightweight semi-active
devices (e.g. [42]), other tethered devices (e.g. [43]), and
even lighter than untethered active devices (e.g. [39], [44]).
Existing designs that provide actuation in the sagittal and
frontal planes are based on a carbon keel hinged on a universal
joint [43], [45]. Another design uses a four-bar linkage to shift
the center of pressure in the sagittal plane [46]. Devices based
on carbon keels preserve the rollover shape and user familiarity
of commercial feet, but often incur complex mechanisms and
loading scenarios, potentially resulting in larger structures with
higher mass. In contrast, the design of the proposed prosthesis
emulator results in a worn mass similar to the weight of an
average male foot, while exceeding the range of motion and
power requirements of normal walking. Additionally, having

three discrete contact points also allows for the potential of
center of pressure control over uneven terrain.

Desired and measured center of pressure trajectories showed
RMS error values of, at most, 19 mm, or 10% of full trajectory
length. There are several sources of error outside of the
geometric model that contribute to this error in trajectories.
These include misalignment when defining the origin of the
motion capture system, offsets in center of pressure due to
the width of the ground contact pad on each digit, and errors
when tracking desired torque for each digit. For one, there are
inherent discrepancies between the center of pressure recorded
by the instrumented treadmill and the motion capture systems.
To quantify these errors, we outfitted a 1 m pole with reflective
markers and applied point loads to the treadmill, similar to
[47]. We discovered center of pressure errors ranging from
0.70 to 8.1 mm across the 12 locations we sampled on the
treadmill. Center of pressure tracking error may also be due
to the width of the ground contact pads on each digit, which
measure 2.5 cm in width. Thus, small changes in the roll angle
of the end-effector could result in a shifting center of pressure
location for each digit individually, which affects the center
of pressure location for the end-effector as a whole. Center of
pressure tracking error can also arise from inaccurate tracking
of the digit torques dictated by the geometric model, which
is largely due to phase lag from the low-level controller or
external perturbations. When observing the patterns traced in
the fixed condition, the center of pressure RMS error values
were much lower for the ‘S’ pattern (0.25 Nm, 10 s trace
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time) compared to the polynomial patterns (average 1.0 Nm,
1.0 s trace time). This is largely due to the fact that desired
torque is changing quickly in the polynomial patterns, resulting
in a phase lag from the low-level controller (Fig. 7c). If
phase lag is ignored, RMS error is likely to be even smaller,
since the measured center of pressure and desired trajectories
are geometrically highly comparable. External perturbations,
such as variability introduced during human walking, further
contribute to torque tracking error. For example, walking trials
with our participant resulted in torque tracking RMS error
of 3.6 Nm, even though the average trace time was slower
at 0.76 s for a unidirectional pattern compared to 1.0 s for a
bidirectional pattern.

Limited instrumentation on the device is one limitation of
the described prosthesis emulator. In particular, the geometric
model needs to make simplifying assumptions about the axial
force components on each digit, since these are undetectable
with the strain gauge configuration used. As a result, we
cannot perfectly control center of pressure location and ground
reaction force magnitude. Together with other sources of error
previously discussed,limited instrumentation leads to RMS
center of pressure tracking errors that range from 8 mm to
19 mm across a variety of conditions and center of pressure
patterns. Assumptions made by the geometric model may
result in larger errors during conditions where axial force
components are higher, or in configurations where the end-
effector is placed at large roll or pitch angles.

Future prosthesis emulator iterations may want to consider
several design changes to improve device performance. For
one, error currently present in center of pressure control accu-
racy could be mitigated by installing axial strain gauges. To do
this, the digits would need to be redesigned to reduce the axial
strength of each digit without compromising on longitudinal
bending strength. Such constraints would likely dictate a more
complex design of the digits and could prove less robust. Digit
range of motion could also be improved, particularly during
plantarflexion. A larger digit range of motion could improve
center of pressure control, as digits would be in contact with
the ground for a larger percentage of stance. In the current
device design, certain behaviors may cause the forefoot digits
to extend to the point of coming in contact with the hard stops.
This could be addressed by redesigning the end-effector frame
to allow for higher plantarflexion angles, but would result in
increased device weight and size.

VII. CONCLUSION

This ankle-foot prosthesis emulator enables rapid develop-
ment and testing of controllers intended to advance our under-
standing of the biomechanics of individuals with amputation.
We are currently planning on using this emulator to investigate
the effects of balance on energy expenditure and to identify
beneficial control behaviors. These insights can potentially
aid in the development of future prosthetic devices, increase
mobility and improve the quality of life of individuals with
amputation.
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