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Abstract
Human sensorimotor control is extremely complex. Because of this, it remains an
open question how best to control lower-limb devices, such as exoskeletons and robotic
prostheses, that seek to assist in human movement. A common approach is to attempt
to replicate average biological joint torques, but this does not incorporate individualized
di↵erences in movement or the sensorimotor control loop that allows humans to adjust
motor commands in response to sensory feedback. This dissertation presents three
di↵erent approaches to device control, as well as a novel form of sensory feedback,
with each successive approach providing greater incorporation of user input.
First, we develop a passive assistive device for running that successfully reduces
human energetic cost. Previous approaches to develop assistive devices for running
have focused on the more costly stance phase, which requires more massive devices
providing high torque output. We instead focus on the swing phase of running, which
only comprises a small component of the total cost of running but can be more easily
assisted. We develop a lightweight, passive assistive device, validate its efficacy in
reducing metabolic cost in a user study, and characterize human biomechanical gait
adaptation that allows users to take advantage of the device.
Second, we present an approach for customizing the control parameters of robotic
prostheses for individuals with lower-limb amputation. Prior work has shown success using a technique called human-in-the-loop optimization to choose exoskeleton
parameters that best reduce energetic cost, but this technique had not been examined in robotic prosthetic devices. We develop four di↵erent parameterized control
strategies and optimize parameters of an ankle-foot prostheses in case studies for users
with transtibial amputation. Although some participants were able to reduce their
iv

energetic cost with optimized compared to generic control parameters, the success of
human-in-the-loop optimization was more more limited in prostheses than past work
with exoskeletons.
One key di↵erence between individuals with amputations using robotic prostheses
and able-bodied users of robotic exoskeletons is the quality and type of sensory feedback
from the device being optimized, with individuals with amputation receiving only
limited sensory feedback from interactions at the socket and whole-body proprioception
of intact joint positions. To augment this sensory feedback, we build and characterize
a wrist exoskeleton capable of presenting continuous wrist flexion and extension
torques, as well as sensing user wrist angle. Using the wrist exoskeleton, we perform
a user study characterizing how human wrist torque perception di↵ers while seated
compared to walking, as well as moving the wrist compared to keeping it still. We
also perform simulations demonstrating the e↵ect of applied wrist torque error on
resulting perception data to ensure that the performance of the wrist exoskeleton does
not significantly bias our results.
Finally, we present a system that uses the wrist exoskeleton to closes the sensorimotor control loop of robotic prostheses, in which an individual with amputation
teleoperates their own prosthetic ankle and receives sensory feedback regarding its
behavior. We develop two control schemes that give the user full control or partial
control of a semi-autonomous robotic prosthesis. We perform static and dynamic
benchtop testing of all system components to ensure sufficient accuracy. We also
demonstrate proof-of-concept of the system by conducting a pilot study with one
participant with transtibial amputation and show that after only one day of training,
the participant was able to use the wrist exoskeleton to control desired trajectories
within human wrist perception error after just one day of training. This novel system
design can be used in the future to address scientific questions regarding human motor
control, as well as test translational outcomes for people with amputation.
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Chapter 1
Introduction
1.1

Motivation

The healthy human body can do amazing things. Even a task as simple for healthy
humans as walking on level ground has proven to be a challenge to mimic in machines,
e.g., autonomous robots and prostheses, because of the complex anatomy and control
of the human musculoskeletal system. For example, humans have many redundant
muscles for each degree of freedom, and the force output from each muscle is dependent
on many parameters, such as muscle fiber length, tendon length, muscle fiber velocity,
and neural excitation [1]. Models exist to estimate the physical properties and resultant
forces from the muscle-tendon complex [2, 3], but we still know relatively little about
the motor outputs of the brain that dictate the activity of these muscles given the
high density of sensory information that it receives as input.
Assistive devices seek not just to mimic human movement, but to work in parallel
with the human body to expand ability and recover functionality lost to accidents or
disease. However, even with perfect knowledge of how the human musculoskeletal
system functions, there are additional challenges in interfacing with an assistive device.
This thesis focuses on lower-limb assistive devices and how their human users interact
with them. Motor control and sensory feedback perception of assistive devices is
studied in healthy populations and used to inform the design and control of devices
that interact with impaired populations, specifically individuals with amputation. We
1
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then use experimental case studies to test how individuals with amputation respond
to these devices.

1.2

Background

Each chapter of this thesis provides a detailed prior work section relevant to the
content discussed in that chapter. Here we provide a brief review of the areas of
research that inspired this dissertation.
Lower-limb assistive devices seek to augment or replace healthy human movement
and can be broadly separated into two main categories: (1) exoskeletons or exosuits in
parallel with the body that can either augment healthy human performance or assist
in movement of an impaired population, and (2) prostheses in series with the body
that seek to replace the movement and function of a lost portion of a limb. How to
define success of assistive devices is still an open question. Self-selected walking speed,
comfort, and gait metrics correlated with balance all provide some metric of success.
Another commonly used metric is metabolic cost, or the energy expended to perform
a given task.
Although prosthesis and exoskeleton designs have existed for hundreds of years [4,5],
it was not until the last decade that exoskeletal and prosthetic systems have begun
to successfully o✏oad some portion of the energy required by the human, making
movement more efficient [6, 7]. There are now dozens of devices that can successfully
reduce energetic cost for healthy users by up to 35% [8,9]. One example of the progress
in exoskeleton performance is in those designed to reduce the energetic cost of running.
In Chapter 2, we discuss a passive assistive device for running that outperformed all
active running exoskeletons at the time of its publication in 2019, but a recent paper
was able to more than double its savings [10]. In contrast, since the first powered
prosthesis was shown to reduce metabolic cost compared to a passive prosthesis [7],
no device has been able to outperform it, with some studies showing mixed results
regarding its energetic efficacy [11].
A prevailing paradigm in both exoskeleton and prosthesis control is to attempt to
mimic average biological joint torques, or some fraction thereof. However, this simplifies
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a complex and closed-loop human sensorimotor control system into averaged time-based
trajectories, which do not generalize across di↵erent movement conditions or take into
account the fact that each user’s gait is unique [12,13]. In fact, experimentally validated
simulation results demonstrate that optimal exoskeletal assistance is independent from
averaged biological joint torques [14, 15].
Another complicating factor for prostheses is that the lost limb removes not only
motor function, but sensory function from the human body as well. Developing
systems that are able to provide interpretable feedback requires prior knowledge of
haptic perception, which is well-characterized for certain parts of the body in certain
conditions (i.e. tactile perception at the fingertips while seated [16,17]), but not others.
Psychophsyical methods can be used to quantify and characterize the human response
to haptic stimulation in di↵erent scenarios.
Prior work has implemented a variety of approaches to provide sensory feedback
from lower-limb prostheses. Some display vibrotactile [18] or electrocutaneous [19]
stimulation, but these types of haptic feedback have limited utility because they are
only capable of providing binary cues. Surgical approaches attempt to provide more
realistic sensations [20, 21], but these are invasive and expensive.
We still have much to learn regarding healthy human sensorimotor control, and
even more so about how humans respond due to impairment, so it is difficult to know
how best to control assistive devices. Expanding our knowledge in this area could lead
to advances in how devices are able to augment healthy human movement and assist
in impaired movement.

1.3

Contributions

The contributions of this dissertation are summarized as follows:
• Characterization of a novel passive assistive device for running
– Developed a passive assistive device for running to reduce the cost of leg
swing
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– Validated device efficacy to determine an average metabolic cost reduction
of 6.4%
– Observed an average increase in stride frequency of 8% while using the
device
– Performed biomechanical analyses to observe significant reduction in joint
torque during both swing and stance phase
• Human-in-the-loop optimization of a robotic ankle-foot prosthesis
– Developed four di↵erent parameterized control strategies
– Compared the e↵ects of optimized and generic device parameters on functional outcome metrics for people with amputation
– Identified di↵erences in exoskeleton and prosthesis optimization that may
account for smaller savings in prostheses
• Design and characterization of a wearable wrist exoskeleton to provide sensory feedback
– Designed wrist exoskeleton to provide continuous wrist flexion and extension
torque up to 1 N·m
– Characterized the wrist exoskeleton error during static benchtop testing
both with and against friction
– Performed Monte Carlo simulations to inform experimental design to test
wrist torque perceptual accuracy with the wrist exoskeleton
– Determined percentage decrease in human wrist perceptual accuracy while
users were engaged in upper or lower extremity movement
• Teleoperation of an ankle-foot prosthesis with a wrist exoskeleton
– Developed semi-autonomous and direct control schemes allowing a user to
control their ankle-foot prosthesis with a wrist exoskeleton
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– Performed static and dynamic benchtop testing of all system components
in both control modes
– Demonstrated system accuracy and feasibility in a pilot experiment with
user with amputation

1.4

Dissertation Overview

This dissertation is comprised of six chapters. This introductory chapter (Chapter 1)
has provided a general background and motivation for studying assistive devices, in
addition to a summary of contributions. The following four chapters discuss three
di↵erent sensorimotor control strategies for lower-limb assistive devices, with one being
subdivided into the characterization of sensory feedback and control. The sensorimotor
control strategy discussed in each subsequent chapter provides greater incorporation
of user input. In Chapter 2, we discuss a novel passive assistive device for running
that is able to save metabolic energy via complex human sensorimotor adaptation.
After the device is validated, biomechanical analyses are performed to determine
the mechanism of action. In Chapter 3, we discuss an approach to optimize robotic
prosthesis parameters based on a measured outcome metric, primarily metabolic rate.
Various control strategies and protocols are implemented in multiple case studies,
but in contrast to previous work showing success in exoskeletons our results do not
show meaningful reductions in metabolic rate for prostheses. We hypothesize that
this may have to do with di↵erences in user populations, namely the lack of typical
sensory feedback experienced by those with amputation. In Chapter 4, we develop and
characterize a wrist exoskeleton that is capable of providing continuous kinesthetic
wrist torque feedback, with the goal of using it to augment sensory feedback from a
prosthetic ankle. In addition to device characterization, we perform a user study to
determine how haptic wrist torque perception is a↵ected by both upper and lower
extremity movement. We then use this characterization in Chapter 5 to develop a
system that allows a user with amputation to teleoperate their prosthetic ankle with
the wrist exoskeleton, while receiving augmented sensory feedback. We perform a
pilot experiment to test the feasibility of the system for individuals with amputation.
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Finally, Chapter 6 summarizes the results of each dissertation contribution and
discusses limitations and future work.

Chapter 2
Motor response to a passive
running device
Summary
Human running is inefficient. For every ten calories burned, less than one is needed to
maintain a constant forward velocity. The rest of the energy expended during running
supports the body against gravity and redirects the center of mass during the stance
phase of gait. An order of magnitude less energy is expended to brake and accelerate
the swinging leg. Accordingly, most devices designed to increase running efficiency
have targeted the more costly stance phase of gait. An alternative approach is seen
in nature: spring-like tissues in some animals and humans are believed to assist leg
swing. While it has been assumed that such a spring simply o✏oads the muscles
that swing the legs, thus saving energy, this mechanism has not been experimentally
investigated. Here we show that a spring, or ‘exotendon’, connecting the legs of a
human reduces the energy required for running by 6.4 ± 2.8%, and does so through a

complex mechanism that produces savings beyond those associated with leg swing
after human sensorimotor adaptation to the device. The exotendon applies assistive
forces to the swinging legs, increasing the energetically optimal stride frequency.
Runners then adopt this frequency, taking faster and shorter strides, and reducing
the joint mechanical work to redirect their center of mass. Our study shows how a
7
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simple spring improves running economy through a complex interaction between the
changing dynamics of the body and the adaptive strategies of the runner, highlighting
the importance of considering each when designing systems that couple human and
machine.
This chapter is adapted from Simpson C.S., Welker C.G., Uhlrich S.D., Sketch
S.M., Jackson R.W., Delp S.L., Collins S.H., Selinger J.C. and Hawkes E.W., 2019,
“Connecting the legs with a spring improves human running economy,” Journal of
Experimental Biology, pp.jeb-202895 [22]. My specific contributions to this work
(completed independently or in collaboration with co-authors named above) include:
design of experimental studies to validate the device and assess biomechanical outcomes,
conducting the experimental studies, processing and analyzing the experimental data,
and preparing and editing the manuscript.

2.1

Introduction

Running expends more energy than any other commonly used form of locomotion,
including walking, swimming, and flying [23, 24, 25] (Fig. 2.1A). In running humans,
only a small amount of the metabolic energy expended does net external work on
the environment; this energy is used to overcome aerodynamic drag and represents
less than 8% of the total energy expended (Fig. 2.1B) [26, 27]. The remaining energy
is ‘wasted’ in the sense that it is expended by processes that do no useful external
work on the environment. According to studies that attempt to partition the energy
expended by these processes, most of the wasted energy (65-82%) is used to brake
and accelerate the center of mass, both vertically and fore-aft, a process that occurs
each stance phase [28]. A smaller portion is used to swing the legs [28, 29, 30], with
the current best estimate at 7% [28].
Given the inefficiency of running, many devices have been designed to reduce a runner’s metabolic energy expenditure, with most targeting the largest costs—redirecting
the center of mass and supporting the weight during the stance phase of gait. These
devices can be either active or passive. Active devices inject energy from an external
source to reduce the amount of energy expended by the human, even while the total
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Figure 2.1: Energetics and mechanics in running animals. A. Cost of transport as a function of body mass [25, 31, 32] shows that running (grey circles) is less
efficient than swimming (dark blue squares) and flying (light blue triangles). B.. Only
a small fraction of the energy expended in running does useful work on the environment to move against air resistance [26, 27]; the remainder is expended primarily to
accelerate the center-of-mass, both vertically and fore-aft, during stance. Much less is
used to swing the legs [28, 29, 30]. C. Elastic tissues are hypothesized to reduce the
energy required to swing limbs. D. A pendular model of limb oscillation showing that
a parallel spring (elastic tissue) can store energy during braking and return energy
during acceleration, reducing required muscle moments.
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energy expended by the human-plus-device may increase. For example, exoskeleton
robots use motors in parallel with human muscles [15, 33]. However, these active
exoskeleton robots usually use o↵board motors and power sources, which prevent them
from being autonomous. Other examples of active devices include mechanisms with
accelerated masses [34] and jet packs [35]. No actively powered device, however, has
consistently reduced the energy required for a human to run while carrying the full
weight of the device. Passive devices, in contrast, seek to reduce the energy required
by the human to run by storing and returning energy to create a more efficient
human-plus-device system. An early example is a running surface with sti↵ness tuned
to minimize energy lost during impacts [36, 37]. Another passive assistance strategy
involves using springs in parallel with the legs [38, 39], but this approach has yielded
mixed results. Most recently, a shoe with spring-like foam and an assistive carbon fiber
plate resulted in a 4% improvement in running economy [40, 41], the largest savings
for a self-contained system across all devices that target costs primarily occurring
during stance.
Notably, few devices have been designed that specifically target the metabolic
energy expended for leg swing during running, even though numerous researchers
hypothesize that passive elastic tissues in animals may reduce the energy required
to oscillate limbs. Many quadrupeds have elastic tissues running along the top of
the spine and front of the hip that are thought to assist spinal extension and hip
flexion [42, 43] (Fig. 2.1C). Analogous passive elastic tissues are also in the skin of
some fishes [44] and the wings of birds and insects [45, 46]. While no such mechanisms
have been identified in humans, studies have correlated less flexibility in the legs and
lower back with improved running economy [47,48,49]. This decreased flexibility might
result from increased sti↵ness of passive elastic tissue spanning the relevant joints.
For all of these examples, it is thought that the passive elastic tissues store and return
energy during the oscillation of a limb, reducing the e↵ort required to actively brake
and accelerate the limb with muscles (Fig. 2.1D) [42, 43, 44, 45, 46, 47, 50]. Interestingly,
recent work both in simulation [51] and in experiments with a hip-mounted metal
torsional spring device [52] suggest that the savings resulting from assisting swing
in humans are comparable to those seen when assisting stance. This is despite the
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fact that the energy expenditure associated with stance is an order of magnitude
larger [28]. Moreover, the savings associated with assisting swing may actually exceed
the expected expenditure associated with swing [28], suggesting that the mechanism
of savings when assisting swing is not understood.
Here, we first test if a simple spring, or ‘exotendon,’ connecting the legs of a
human can reduce whole-body metabolic energy expenditure during running. Next, to
elucidate the underlying mechanism of savings, we test the hypothesis that applying
moments to assist moving the legs back and forth during swing may in fact reduce
costs associated with performing work on the center of mass, incurred during the
stance phase of gait (Fig. 2.2). This hypothesis can be explained as follows. During
natural running, we expect certain costs to increase with increasing stride frequency,
such as costs associated with swinging the legs back and forth at rates higher than the
natural frequency [53, 54]. Other costs we expect to decrease, such as costs associated
with performing mechanical work on the center of mass, to redirect the body in
both the vertical and fore aft directions [54, 55, 56]. Therefore, the optimal stride
frequency is dictated by a tradeo↵ between the marginal costs of each. We thus
hypothesize that when a device assists leg swing to reduce energy expenditure at a
higher stride frequency, the optimal stride frequency will increase. Adopting this new
higher stride frequency will reduce costs that decrease at higher stride frequencies,
such as redirecting the body during stance.

2.2
2.2.1

Materials and Methods
Device design

We constructed our exotendons out of natural latex rubber surgical tubing (hollow
cylindrical tubing, 0.95 cm outer diameter, 0.64 cm inner diameter). Each exotendon
consists of a single length of tubing with a 1 cm loop at each end for attachment
purposes. To make each loop, we folded the tubing, stretched the loop by hand, and
wrapped the looped tubing tightly with electrical tape. Once released, the forces
provided by Poisson expansion of the tubing supplement the adhesive, forming a secure
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Figure 2.2: Exotendon hypothesized mechanism of savings. A. Runners
choose an energetically optimal stride frequency (dark-red circle), which results from
a combination of processes that require more energy with increasing stride frequency,
such as leg swing (dark-red thin line), and those that require less energy with increasing
stride frequency, such as the work performed to redirect the center-of-mass during
stance (black thin line). We hypothesize that the exotendon shifts the leg swing
curve rightward (light-red thin line), increasing the optimal stride frequency, and
reduces total energy expenditure (including expenditure associated with work on
the center-of-mass). B. Note that at this new optimal stride frequency, the costs
associated with performing work on the center-of-mass can be reduced by an amount
that is comparable to, or even exceeds, reductions associated with swinging the legs.
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Figure 2.3: Time-lapse photographs of a runner using the exotendon. The
length of the exotendon is tuned so that the device is long enough that it does not
apply forces when the feet cross each other and does not break when the feet are far
apart, yet short enough that it does not become entangled when the feet pass each
other. Images span one complete gait cycle.
connection. We then attached each loop to a 1.6 by 0.5 cm s-shaped stainless-steel
carabiner that was clipped to the shoelaces of each participant. The length of each
exotendon from end to end of each attachment loop was set to 25% of the participant’s
leg length, measured as the distance from the top of the anterior superior iliac spine
to the medial malleolus of the ankle. Through pilot testing, we found that this length
was long enough to avoid breaking and short enough to avoid tripping during running.
As this work was our first proof-of-concept for the device, we did not develop a
systematic method for determining the optimal sti↵ness of the device. Instead, we
heuristically chose a single sti↵ness for the device that was sti↵ enough in piloting to
exert noticeable assistive forces, yet compliant enough that it did not highly constrain
gait. An exotendon device is shown in Fig. 2.3.
Designing devices that reliably and accurately apply forces to the human body is a
challenge. It often requires overcoming a myriad of difficulties including: aligning device
and joint axes [57], limiting added mass and materials to the body, and comfortably
transferring force from rigid devices to often soft and deforming body segments [58].
While we could have designed our device to attach more proximally, at the knee or hip
for example, we found in piloting that the aforementioned challenges could be largely
avoided by affixing our device to the shoes. In addition, attaching more distally on
the leg o↵ered two further advantages. First, due to a longer moment arm about the
hip, the forces necessary to provide assistive moments to the limb were smaller than if
the attachment points were more proximal. Second, more distal placements ensure
the line-of-action of the spring is predominantly along the flexion-extension axis of
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the hip, minimizing adduction moments on the leg. We note Nasiri et al. [52] have
created an e↵ective hip-mounted device, although the current, largely metal, design
must contend with the challenges of added mass and comfortably transferring force
from the device to the user.

2.2.2

Device characterization

To determine the force-length relationship of our device, we applied six known forces
to one end of a 23 cm exotendon five times each using a pull-linear scale while the
other end was fixed. At the same time, the length was recorded with a motion capture
system at 270 Hz (Impulse X2E, PhaseSpace, San Leandro, CA, USA). We insured that
the displacements achieved exceeded 30 cm (that expected during exotendon running
at our experimental speeds). We then fit a linear model to the force-displacement
data using least squares regression and computed the coefficient of determination. We
found that the forces applied by the exotendon vary nearly linearly with displacement.
A linear model fit to the recorded force-displacement data (Fig. 2.4) was able to
account for most of the variance (R2 = 0.96).
To determine how much of the energy stored in a stretched exotendon is returned,
we suspended a 2.3 kg mass from one end of a 30 cm exotendon with its other end
fixed to a table. We stretched the exotendon to 70 cm (for 40 cm of displacement
beyond its free length) and after releasing, measured displacement. We computed the
stored potential energy in the stretched exotendon and the gravitational potential
energy at the apex of the motion. Comparing these two values gave an energy return
of 97%.

2.2.3

Participants

A total of 19 healthy young adults, with no known musculoskeletal or cardiopulmonary
impairments, participated in the study (8 females; age: 24.9±2.7 years; height:
174.4±6.9 cm; mass: 67.3 ± 11.0 kg). The study was approved by the Stanford

University ethics board and all participants provided written informed consent prior
to testing.
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Experimental protocols

We conducted four separate experiments to: determine if the exotendon improves
running economy (Experiment 1), test for the possibility of a placebo e↵ect (Experiment
2), investigate the mechanism of energy savings (Experiment 3), and test the safety of
the device during over-ground running (Experiment 4).
Experiment 1 – Running economy
To determine if the exotendon improves running economy, we conducted an experiment
to compare metabolic energy expenditure with and without the exotendon. Twelve
participants (5 females; age: 24.7±2.9 years; height: 177.0±6.7 cm; mass: 69.3±11.4
kg) completed a two-day running protocol. On the first day of testing, we measured
participants’ leg lengths and constructed personalized exotendons (25% of leg length).
Participants were told that the exotendon was designed to improve running efficiency
and were told to ‘relax into running with the device’ and try to ‘think about something
else’ while running. The exotendon was then attached to the participant’s shoes (see
Device design for attachment location rationale). To habituate participants to the
device, they completed a minimum of four 15 m over-ground walking and running trials
until they verbally confirmed they were comfortable walking and running with the
exotendon. Participants were then instrumented with indirect calorimetry equipment
(Quark CPET, Cosmed, Rome, Italy) and completed a 5-minute quiet standing trial,
during which baseline metabolic energy expenditure was measured. Participants then
completed four 10-minute runs, with 5-minute rests between each, on a treadmill
(Woodway, Waukesha, WI) at 2.67 m/s (10 minutes/mile). Though slow for competitive
runners, this pace allows a larger pool of potential participants than a faster pace and
is similar to that used in other studies of assistive devices for running [15, 52]. The
runs alternated between ‘natural running’ (without an exotendon) and ‘exotendon
running’ (with an exotendon), with the first running condition randomly assigned.
The second day of testing was identical to the first for each participant. We define
a trial as the comparison between consecutive natural and exotendon runs resulting
in four trials over the two-day experiment. During runs, we recorded sagittal plane
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video, which we later used to determine runners’ stride frequencies. However, in 5
of 12 participants, due to equipment availability, we recorded stride frequency using
an accelerometer (Trigno IM, Delsys Inc., Natick, MA, USA) mounted on the dorsal
surface of the foot.
Experiment 2 – Placebo e↵ect
To determine if a placebo e↵ect could explain the changes in running economy observed
in Experiment 1, we conducted a separate experiment to compare metabolic energy
expenditure during running with and without a placebo exotendon. Four naı̈ve
participants (2 females; age: 24±2.2 years; height: 168.3±2.5 cm; mass: 60.1±10.8 kg)
completed a two-day running protocol that was identical to Experiment 1. The only
di↵erence was that participants ran with an exotendon that had a sti↵ness two orders
of magnitude lower than the original exotendon (5 N/m versus 120 N/m, respectively),
and therefore provided negligible assistive moments to the limbs. The length of each
placebo exotendon was still set to 25% of participant leg length.
Experiment 3 – Mechanism
To investigate how the exotendon reduces energy expenditure, we conducted an
experiment to test how running mechanics, energetics, and muscle activity change
during exotendon running. Four participants (2 females; age: 25.0±1.6 years; height:
179.5±7.4 cm; mass: 75.3±13.7 kg), randomly selected from the 12 that participated
in Experiment 1, completed an additional third day of testing. During this testing day,
kinematic, kinetic, electromyographical (EMG), and metabolic data were recorded
during running with and without the exotendon at a range of stride frequencies.
All runs were completed at 2.67 m/s on an instrumented treadmill (Bertec Corporation, Columbus, OH, USA) to allow for collection of ground reaction forces
(2000 Hz). Kinematic data were recorded at 100 Hz using a 9-camera optical motion
tracking system (Motion Analysis Corporation, Santa Rosa, CA, USA). Anatomical reflective markers were placed bilaterally on the 2nd and 5th metatarsal heads,
calcanei, malleioli, femoral epicondyles, anterior and posterior superior iliac spines,
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and acromion processes, as well as on the C7 vertebrae. An additional 16 tracking
markers, arranged in clusters, were placed on the shanks and thighs of both legs.
Markers on the medial malleoli and femoral epicondyles were removed following the
static trial. EMG data were recorded (Trigno IM, Delsys Inc., Natick, MA, USA) at
2000 Hz from the following 15 muscles of a single limb: peroneus, soleus, medial and
lateral gastrocnemii, tibialis anterior, medial and lateral hamstrings, gluteus medius
and maximus, vastus lateralis and medialis, rectus femoris, sartorius, adductor group,
and iliopsoas. EMG electrodes were placed in accordance to SENIAM guidelines [59].
Metabolic power was measured using indirect calorimetry (Quark CPET, Cosmed,
Rome, Italy).
To warm up, participants ran without an exotendon for 5 minutes on the treadmill.
Next, participants completed a series of maximum voluntary contractions (MVCs)
for later normalization of EMG signals. These MVCs included five maximum height
jumps and five sprints [60], in addition to one isometric and three isokinetic maximum
contractions of the hamstrings, adductor group, tibialis anterior, peroneus, hip flexors
(with both a flexed knee and extended knee), and hip abductors. We then recorded
motion capture marker positions and ground reaction forces during a static standing
trial for later scaling of a musculoskeletal model. As in Experiment 1, participants
were habituated to the device through a series of over-ground walking and running
trials. Participants were then instrumented with indirect calorimetry equipment and
a 5-minute quiet standing trial was recorded to capture baseline metabolic energy
expenditure.
Participants then completed two 7-minute runs, one ‘natural running’ (without an
exotendon) and one ‘exotendon running’ (with an exotendon), with a 5-minute rest
between and the order randomly assigned. Kinematic, kinetic, EMG, and metabolic
data were recorded. Self-selected stride frequency was computed during the last
minute of each run from the instrumented treadmill force signals with a custom
Matlab script (Mathworks Inc., Natick, MA, USA). We will refer to these self-selected
stride frequencies as natural self-selected stride frequency and exotendon self-selected
stride frequency.
To investigate how the relationship between stride frequency and metabolic power
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changed when running with an exotendon, participants next completed six additional 7minute runs during which step frequency was prescribed using an auditory metronome,
along with visual cues provided by a monitor in front of the treadmill. Participants ran
at three prescribed stride frequencies during both natural and exotendon running. For
the natural running conditions, the following three stride frequencies were prescribed: i.
the participant’s natural self-selected stride frequency; ii. the participant’s exotendon
self-selected stride frequency, which was higher than the natural self-selected stride
frequency; and iii. a stride frequency lower than the natural self-selected stride
frequency. The change from the natural self-selected stride frequency to the lower
stride frequency was set to the percent di↵erence between the natural self-selected
stride frequency and the exotendon self-selected stride frequency. For the exotendon
running conditions, the following three stride frequencies were prescribed: i. the
participant’s exotendon self-selected stride frequency; ii. the participant’s natural
self-selected stride frequency; and iii. a stride frequency higher than the exotendon
self-selected stride frequency. The change from exotendon self-selected stride frequency
to the higher stride frequency was similarly set to the percent di↵erence between the
natural self-selected stride frequency and exotendon self-selected stride frequency.
Experiment 4 – Over-ground test
To test whether the exotendon can safely be used in the real-world, we conducted
an experiment to monitor fall risk during outdoor running. Four participants (2
females; age: 27.8±1.3 years; height: 172.6±6.1 cm; mass: 66.7±8.0 kg), who had
previous experience with the exotendon through pilot testing or participation in
Experiment 1, ran with a modified exotendon for 6 km on suburban streets along with
the experimenter. The modified exotendon, which attached directly to the ankle via a
compression brace, was reported to be more comfortable than the original exotendon,
which attached directly to the shoelaces. Moving the attachment point o↵ the shoes
also reduced wear of the shoelaces caused by sliding of the carabiner. This small
change in attachment point was not expected to have a significant e↵ect on running
economy. The number of tripping and falling incidents were recorded.
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A note on device optimization
In supplementary pilot experiments (not presented here), we did attempt to perform
human-in-the-loop optimization to determine the optimal exotendon length and
sti↵ness. Four participants (two who had previously completed Experiment 1 and
two naı̈ve participants) completed a protocol similar to that described in Zhang et
al. [33]. We were unable to identify length and sti↵ness combinations with better
performance than our standard device in the four pilot participants. One possible
explanation is that our chosen device parameters were indeed near optimal. Another
possible explanation is that participants were more risk averse in running with our
device and thus adopted control strategies that prioritized stability (not falling) over
efficiency. Parsing the di↵erent e↵ects of human-in-the-loop optimization is left for
future work.

2.2.5

Data analysis

Experiment 1 – Running economy
Metabolics. We computed the gross metabolic power (energy expenditure) from
indirect calorimetry [61] by averaging data from the last two minutes of each experimental run. Baseline metabolic power, calculated as the average metabolic power
during the last two minutes of the rested standing trial, was subtracted from our
gross metabolic power measures to get net metabolic power during each run. We
then computed the percent change in net metabolic power, from natural running to
exotendon running for each of the four trials. We then used two-tailed, one-sample
t-tests, with a Holm-Šidák correction, to determine if percent changes in net metabolic
power were significant.
Stride frequency. We manually determined average stride frequency from video
recordings by counting the strides taken and dividing by the time elapsed. When
foot mounted accelerometers were instead used to compute stride frequency, we
bandpass filtered accelerometer data (4th order, zero-phase shift Butterworth, 2-20
Hz), summed the X, Y and Z accelerations, identified peak accelerations, and computed
stride frequency as one over the average time between peaks. Average stride frequency
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measures were not statistically di↵erent between the two measurement methods.
Experiment 2 – Placebo e↵ect
Metabolics. We performed the same metabolic analyses as described in Experiment 1.
Experiment 3 – Mechanism
Metabolics. We performed the same metabolic analyses as described in Experiment
1 to determine the average net metabolic power for each run. To determine the e↵ect
of altering stride frequency, we computed the percent change in average net metabolic
power for each enforced stride frequency, both with and without an exotendon, relative
to natural running (without an exotendon and with no enforced stride frequency). For
each participant, we then used least squares regression to find the best-fit quadratic
curves relating net metabolic power to stride frequency for both exotendon and
natural running. We then calculated the stride frequencies at the minima of the
natural running and exotendon running best-fit curves, which we will refer to as
the natural optimal stride frequency and the exotendon optimal stride frequency,
respectively. To determine if the exotendon shifted the optimal stride frequency, we
performed two-tailed paired t-tests comparing exotendon optimal stride frequency
to natural optimal stride frequency. Using all participant data, we also solved for
best-fit quadratic curves relating net metabolic power to stride frequency for both
exotendon and natural running, and calculated the 95% bootstrap confidence intervals
for these across participant curves. Note that each quadratic curve is fit to only three
data points. While this is an overfit to our data, we have chosen to do so because
previous studies have shown that running metabolic cost varies quadratically with
stride frequency [56, 62, 63]. The curve fits are only used to interpolate the stride
frequency associated with the minimum metabolic cost.
Musculoskeletal modeling. Joint-level kinematics, kinetics, and mechanical
powers were computed using a modified musculoskeletal model [3] in OpenSim 3.3 [2].
Of the original 37 model degrees of freedom, we locked 18 including ankle eversion, toe
flexion, and all those associated with the arms, leaving us with a 19 degree-of-freedom
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model. We generated subject-specific models by scaling the generic model to match
the anthropometry of each subject during a standing static trial. For scaling, ankle
and knee joint centers were calculated as the midpoint of the calcanei markers and
femoral epicondyle markers, respectively, while the hip joint centers were calculated
using a regression model based on the marker positions of the posterior and anterior
superior iliac spines [64]. After low-pass filtering the marker positions at 15 Hz (4th
order, zero-phase shift Butterworth), we computed joint angles using the OpenSim
inverse kinematics tool. This tool uses a weighted least squares algorithm to pose the
model in a way that minimizes the error between model and experimental marker
locations. Joint moments were computed using the OpenSim inverse dynamics tool,
which uses ground reaction forces and moments, joint angles from inverse kinematics,
and classical equations of motion to solve for intersegmental moments. The joint angles
used as input were low-pass filtered at 15 Hz (6th order, zero-phase shift Butterworth),
and ground reaction forces and moments were low-pass filtered at 15 Hz (4th order,
zero-phase shift Butterworth).
We modeled the exotendon in OpenSim as a linear path spring with a deadband
range equal to its slack length. Though no real material behaves as a perfect linear
spring, we determined in benchtop tests that the sti↵ness of our device is roughly
linear (R2 = 0.96) and returns 97% of the energy stored in it. The spring forces were
applied to the calcaneous body of each foot at the location of the band attachment
marker from the static trial. The length and sti↵ness of the modeled exotendon
was scaled for each participant. Inverse dynamics were first computed without the
modeled exotendon to determine the total joint moments required to produce the
resultant motion and ground reaction forces, referred to as exotendon running total
moments. Inverse dynamics were then recomputed with the modeled exotendon for all
exotendon runs to determine the moments produced solely by biological muscle and
tissue, referred to as the biological moments. The moments applied by the exotendon
were computed as the di↵erence between the exotendon running total moments and
biological moments, referred to as exotendon moments. Powers were then computed
at each joint by multiplying moments by angular velocities.
Participants’ average joint angles and moment as a function of gait cycle for the
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hip, knee and ankle were calculated from the last minute of each run. To do this,
we averaged across strides after normalizing each stride time to 100% gait cycle,
computed as the time from heel strike to subsequent heel strike on a single leg. Strides
were excluded from these average trajectories if the value of the measure exceeded 5
standard deviations from the mean at any time point in the stride. This resulted in
the removal of 3% of strides on average for all runs and participants. Joint powers
were then computed from the averaged joint angles and moments for each participant.
Joint powers and moments were then normalized to body mass and across-participant
average trajectories were computed.
We next computed the average absolute natural running and exotendon running
moments and powers (both biological and exotendon) during the stance and swing
phases of gait. We note that because these values are time averaged, the relative
length of the stride does not a↵ect their magnitude. We tested for di↵erences between
natural running and exotendon running (again, both biological and exotendon) using
two-tailed paired t-tests with Holm-Šidák corrections.
We performed these analyses, comparing joint moment and powers during the
swing and stance phases of gait both with and without the exotendon, as a means
of estimating e↵ort during each phase. Metabolic power, measured using indirect
calorimetry, is our most direct measure of energy expenditure, but cannot be used
to distinguish stance and swing expenditures; their e↵ects are intermingled during
the long sampling period of indirect calorimetry. Instead we analyzed the mechanical
requirements of the body (joint moments) during each phase of gait. Previous studies
have shown strong correlations between metabolic power and joint moment [65], but
we note that reduced joint moments do not guarantee reduced metabolic rate [66].
Electromyography. Electromyograms from each muscle were bandpass filtered
at 30-500Hz (4th order, zero-phase shift Butterworth), rectified, and then low-pass
filtered at 6Hz (4th order, zero-phase shift Butterworth) to create linear envelopes.
Envelopes were then normalized to the peak signal from the MVCs [60] to compute
muscle activities. We then averaged muscle activities across strides from the final
minute of each run, then normalized to 100% of the gait cycle. Strides in which
the muscle activities exceeded 5 standard deviations from the mean for any time
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Figure 2.4: Reduced energy expenditure during exotendon running
(n=12). A. On day 1, runners initially showed no change in energy expenditure
(trial 1), yet showed reductions after running with the exotendon for 15-20 minutes
(trial 2). Runners retained these savings across days (trial 3). After a total of 35-40
minutes of experience with the exotendon across both days, the greatest reductions in
energy expenditure were evident (trial 4), with all runners (n=12) showing improved
economy and average savings of 6.4±2.8%. Error bars represent one standard deviation.
Asterisks indicate statistical significance after Holm-Šidák corrections with confidence
level ↵=0.05. B. By the final trial participants took shorter, faster strides with the
exotendon, increasing stride frequency by an average of 8% above that measured
during natural running (p=1.1x10 5 two-tailed paired t-test, n=12).
point were excluded from the average curve. All remaining EMG signals were visually
examined and excluded if they appeared corrupted. Overall, 8% were excluded, with
no bias towards exotendon or natural running. All processing was performed using
custom Matlab scripts. We also computed average muscle activities during the stance
and swing phase of gait, both for natural and exotendon running. We used two-tailed
paired t-tests with Holm-Šidák corrections to compare activity during natural and
exotendon running, during both stance and swing.
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Results
Experiment 1 – Running economy

We found that connecting the legs of a running human with a simple spring improved
running economy by 6.4±2.8% (n=12, p=6.9x10-6, one-sample t-test, Fig. 5A). During
the first trial of the first day, participants showed no metabolic savings when running
with an exotendon compared to natural running. However, by the end of the second
trial, participants were expending 3.8±5.4% less energy during exotendon running
compared to natural running (n = 12, p = 0.034, one-sample t-test). Metabolic savings
continued to increase on the second testing day, with all participants achieving savings
by the end of the second trial of the second testing day. By the end of our protocol,
stride frequency increased by an average of 7.7±3.5% when wearing an exotendon
(n=12, p = 1.1x10-5, paired t-test, Fig. 5B).

2.3.2

Experiment 2 – Placebo e↵ect

The placebo exotendon did not improve running economy (n=4, p=0.88, one-sample
t-test, Fig. 2.5).

2.3.3

Experiment 3 – Mechanism

The exotendon significantly increased the optimal stride frequency (+8.1%, p=3.7x10 3 ,
n=4, paired t-test, Fig. 2.6), and all participants adapted toward the new optimum.
The exotendon reduced biological hip and knee moments during swing (p=2.3x10 3 ,
2.5x10 3 , respectively, paired t-test) and stance (p=4.1x10 3 , 8.1x10 5 , respectively,
paired t-test) (Fig. 2.7, Fig. 2.8 and Fig. 2.9). Interestingly, average knee moments
during stance decreased (p=4.4x10 4 , paired t-test), even when the exotendon was
applying negligible moments, likely because runners adopted a higher stride frequency,
as our hypothesis suggests. In addition, biological joint powers at the knee decreased
during swing and stance (p=7.7x10 3 , 1.7x10 3 , respectively, paired t-test, Fig. 2.8),
as did ankle joint power during stance (p=8.4x10 3 , paired t-test, Fig. 2.8). Corresponding reductions in muscle activities were not significant, possibly due to the low
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Figure 2.5: Placebo test results (n=4). Four participants completed the same
protocol as the main experimental group, but were given an exotendon with sti↵ness
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running economy, relative to natural running, with the placebo exotendon (two-tailed
one-sample t-tests). Error bars represent one standard deviation.
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Figure 2.6: E↵ect of stride frequency (n=4)., In experiments, the exotendon
increased the energetically optimal stride frequency (8.1%, p=3.7x10 3 , paired t-test,
n=4). Faded regions show the 95% confidence interval of curve fits.
signal-to-noise ratio (Figs. 2.10 and 2.11).

2.3.4

Experiment 4 – Over-ground test

To test the safety and potential real-world applicability of our exotendon, four participants each ran 6 km on city streets with a modified exotendon (see Materials and
Methods, Experiment 4); no tripping incidents occurred.

2.4

Discussion

We found that a simple spring connecting the legs of a running human can improve
overall economy. Moreover, the exotendon appears to not simply reduce the cost of
swinging the limbs. Instead, we found that savings are the product of a complex
interaction between the mechanics of the simple device and the adaptive strategies of
the runner. We show that the exotendon increases the energy optimal stride frequency,
which runners then adopt. At this new stride frequency, the mechanical work of
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Figure 2.7: Mechanical requirements (n=4). Biological moments during swing
were reduced, likely due to the assistance of the exotendon, and biological moments
during stance were reduced, possibly due to the increased stride frequency. Note
that horizontal forces applied by the exotendon to the stance foot likely do not a↵ect
the joint moments of that leg, because they are reacted by frictional forces with the
ground. However, the exotendon forces applied to the swing leg may indirectly a↵ect
the joint moments of the stance leg through the hips.
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Figure 2.8: Average joint-level kinetics (n=4). Comparisons of average, absolute joint moments and powers across stance and swing for the four participants
from Experiment 3. We compared moments and powers produced during natural
running (dark red) to those produced during exotendon running. Average kinetics
during exotendon runs were separated into the exotendon contribution (blue) and the
biological contribution (light red). We report the p-values resulting from two-tailed
paired t-tests comparing biological contributions to kinetics in natural and exotendon
running below the axes (light red text) and comparing total kinetics in natural and
exotendon runs above the bars (light blue). Asterisks indicate comparisons that
were significant after Holm-Šidák corrections (alpha = 0.05). When running with
the exotendon, during swing, hip, knee and ankle biological moments are reduced
compared to natural running, as is knee power. During stance, hip and knee biological
moments are reduced, along with knee and ankle powers.
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Figure 2.9: Joint-level kinematics and kinetics (n=4). Traces show average
joint angles, moments, and powers across the gait cycle for natural running (dark red)
and exotendon running. Kinetics from exotendon running are separated into exotendon
contributions (blue), biological tissue (muscles, tendons, etc.) contributions (light
red), and the total joint kinetics (black) for the four participants from Experiment 3.
Thin traces show stride-averaged trajectories for individual participants (n=4) while
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natural running (dark red).
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redirecting the center of mass during stance is reduced—shorter strides result in a
reduction of biological joint moments and powers. This suggests that the metabolic
cost associated with this mechanical work is reduced, and the overall improvement of
economy is not derived solely from reducing the cost of swinging the legs. Our findings
help explain why devices designed to assist the low expenditure costs of leg swing [52],
yield greater improvements in overall running economy than those that directly assist
the larger costs of redirecting the center of mass and supporting the bodyweight [41].
Stated more generally, during natural running, low-expenditure components can
have high expenditures when a gait parameter (such as stride frequency) is changed
outside of the preferred range. These sharp increases in expenditure (the marginal
costs) act as a constraint, preventing adjustment to the gait parameter. During
assisted running, this constraint is relaxed, freeing the runner to reduce expenditures
associated with the high-expenditure components of gait (such as center of mass
redirection) and achieve more efficient gait patterns overall. Critically, the associated
savings can be large—much larger than would be expected from savings directly
associated with a low-expenditure component of gait (Fig. 2.2).
A primary limitation of our study is the difficulty of disentangling, and quantifying,
costs associated with one component of gait from another during human running. In
particular we refer to two costs. One is the cost associated with performing work to
re-direct the center of mass both vertically and fore-aft, which we expect to primarily
occur during the stance phase of gait and expect to decrease with increasing stride
frequency (or decreasing step length). The other is the cost to move the legs back and
forth during the swing phase of gait, which we expect to increase with increasing stride
frequency. While there is a body of modeling and experimental evidence to broadly
support the importance and tradeo↵ of these two competing costs [54, 55, 56, 65], in
reality they cannot be measured in isolation. For example, at higher step frequencies
we also expect greater ‘force rate costs.’ This cost is associated with more rapidly
turning muscles on and o↵, with the more rapid activation cycling hypothesized to
require more costly calcium pumping [53, 65, 67]. This cost would be incurred by
muscles involved in center of mass redirection and body weight support, as well as
muscles responsible for swing. Although joint moments and powers were reduced

CHAPTER 2. MOTOR RESPONSE TO A PASSIVE RUNNING DEVICE

33

during both stance and swing, this does not directly map to reductions in cost because
of complications like force-rate costs, as well as other considerations such as biological
tendon energy storage and return, or isometric force production. Notably, we do not
expect force rate costs to negate our proposed mechanism of savings. Even in its
presence, our results are consistent and compatible with our hypothesized mechanism
of savings (Fig. 2.12).
Adding to the challenge of disentangling costs was the limitation that we did
not find significant changes in muscle activity, despite reductions in metabolic and
mechanical powers during exotendon running. A similar study was also unable to verify
changes in muscle activity while testing an exosuit that improved running economy
by 5% in 8 participants [15]. This apparent discrepancy in our study is likely due
to the distribution of the exotendon’s e↵ect on metabolic power consumption across
a large number of muscles. This diluted e↵ect might be difficult to verify in EMG
signals with relatively high variability. Additionally, recorded muscle activity may not
have changed despite decreased joint moments if changes occurred in non-superficial
muscles unmeasurable with surface EMG [68, 69, 70].
An open question is whether our device would be more or less e↵ective at higher
running speeds. Our current study was conducted at one, relatively slow, speed. At
higher running speeds the amplitude and frequency of leg swing increase [71] leading
to greater leg swing costs [65] that the device may help o↵set. However, at the same
time, the marginal costs associated with the work to redirect the center of mass and
force rate costs would likely change with running speed, making the net e↵ect unclear.
To further complicate the situation, other kinematic changes occur at high speeds.
For example, during natural running at faster speeds greater knee bend is evident at
the rearward extent of leg swing, reducing the leg’s moment of inertia about the hip
and potentially reducing swing costs. The exotendon may in fact hinder this more
exaggerated knee bend at higher speeds, leaving the net e↵ect on leg swing costs
uncertain. Although the e↵ect of our device at faster running speeds is somewhat
unclear, the improvement in economy at the tested speed does imply that recreational
runners may be able to run faster and further with our device. A runner, with a
natural pace of 2.7 m/s and a marathon finishing time of 4:20, could expect a 6%

theoretical energy expenditure
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Figure 2.12: Exotendon hypothesized mechanism of savings The total energetic cost (bold, dark red line) comprises costs that increase with stride frequency (thin,
dark red line), and costs that decrease with stride frequency (thin, black line). The
increasing costs can be broken into subcomponents, here force rate costs (long dashed,
dark red line) and swing costs (short dashed, dark red line), although others could be
added as well. When the exotendon assists leg swing, the swing costs subcomponent
line shifts (short dashed, light red line). This in turn shifts the net increasing costs
line (thin, light red line), resulting in a new total energy curve (bold, light red line),
and a new the optimal stride frequency (vertical, dashed light red line). The operating
points on the curves of both the increasing costs and decreasing costs (Point B) as
well as on the total energy expenditure curve (Point A) shift down and to the right
with the exotendon, as does Point D (the operating point on the curve of the swing
costs subcomponent of the increasing costs). The net savings in energy expenditure
occurs despite Point C (operating point on the curve of the force rate costs) shifting
up and to the right. Thus, even though some costs might increase with adaptation to
the exotendon, decreases in other costs can result in net savings.
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improvement in economy with our device, theoretically leading to a decrease in their
finishing time to around the 4 hour mark [72].

2.5

Conclusion

This chapter shows how a passive device designed to assist in leg swing can significantly
improve human running economy through a complex mechanism of savings as a result
of human sensorimotor adaptation. Our device changes the relationship between
stride frequency and energy expenditure, driving the runner to discover new locomotor
strategies. This change in turn reduces the mechanical work required by the runner
to both swing the legs and redirect the center-of-mass, resulting in overall greater
efficiency than anticipated. In fact, this passive device was able to outperform all
previous active devices designed to assist in the cost of running, even those with o↵board actuation. This highlights benefits of passive compared to active devices. First
of all, passive devices can be made more lightweight with a smaller form factor. This
is beneficial because even relatively small amounts of added weight can significantly
increase the energetic cost of running [73], and devices with a smaller form factor may
interfere less with normal movement patterns. In addition, the behavior of passive
devices is predictable, which may allow users to adapt beneficial gait patterns more
quickly.
One disadvantage of passive versus active devices is the lack of ability to customize
control patterns for individual users. Although we did scale the slack length of the
exotendon to individual users’ leg length, which in turn a↵ected the sti↵ness, lack of
direct control of the device prevented further customization of how the device assisted
in movement. Assistance patterns of active devices, in comparison, are able to be
customized for individual performance or preference. In fact, following publication
of the manuscript on which this chapter is based [22], active ankle exoskeletons with
o↵-board motors assisting in the stance phase of running were shown to outperform
energetic savings from the exotendon, with savings of almost 15% [10]. These high
reductions in metabolic cost were due in part to a control technique called humanin-the-loop optimization, which customizes control parameters for each individual
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user based on real-time performance metrics. The next chapter will discuss how this
technique can be extended to customize robotic prostheses for those with amputation.

Chapter 3
Customizing lower-limb prosthesis
parameters
Summary
Human-in-the-loop optimization allows for individualized device control based on
measured human performance. This technique has been used to produce large reductions in energy expenditure during walking and running with exoskeletons but has
not yet been applied to prosthetic devices. In this series of case studies, we applied
human-in-the-loop optimization to the control of an active ankle-foot prosthesis used
by participants with unilateral transtibial amputation. We optimized the parameters of five control architectures that captured aspects of successful exoskeletons
and commercial prostheses, but none resulted in significantly lower metabolic rate
than generic control. In one control architecture, we increased the exposure time
per condition by a factor of five, but the optimized controller still resulted in higher
metabolic rate. Finally, we optimized for self-reported comfort instead of metabolic
rate, but the resulting controller was not preferred. There are several reasons why
human-in-the-loop optimization may have failed for people with amputation. Control
architecture is an unlikely cause given the variety of controllers tested. The lack of
e↵ect likely relates to changes in motor adaptation, learning, or objectives in people
with amputation. Future work should investigate these potential causes to determine
37
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whether human-in-the-loop optimization for prostheses could be successful.
This chapter is adapted from Welker C.G., Voloshina A.S., Chiu V.L., and Collins
S.H., 2021, “Shortcomings of human-in-the-loop optimization of an ankle-foot prosthesis emulator: a case series,” Royal Society Open Science, 8: pp. 202020 [74]. My
specific contributions to this work (completed independently or in collaboration with
co-authors named above) include: organization and analysis of experimental data, as
well as preparing and editing the manuscript.

3.1

Introduction

Over 600,000 individuals in the United States live with a major lower limb amputation,
with this number expected to double by 2050 due to the increasing prevalence of
diabetes and obesity [75]. Individuals with amputation rely on lower-limb prostheses
to replace their lost biological limb. However, gait metrics for users of lower-limb
prosthesis are typically worse than those for people without impairment. For example,
people using lower-limb prostheses tend to walk more slowly [76], fall more frequently
[77], and expend more energy to walk at the same speed [78] when compared to
una↵ected individuals. In addition, people using a prosthesis tend to demonstrate
more gait asymmetry, causing an increased rate of joint degeneration, pain, and
osteoarthritis in their intact limb [79, 80]. The combination of all of these factors can
lead to limited mobility for individuals with amputation, resulting in secondary health
problems, increased medical costs, and more reliance on caregivers [81].
Developing more e↵ective lower-limb prostheses has the potential to mitigate
some of these problems for people with amputation. Previous work has found that
tuning passive prosthesis parameters can have a small e↵ect on metabolic cost [82, 83],
while other studies have found metabolic cost to be una↵ected [84, 85]. In the hopes
of producing more meaningful changes for people with amputation, a number of
active ankle-foot prostheses have been developed [86, 87, 88, 89, 90, 91]. Two di↵erent
approaches in the development of ankle-foot prostheses have had some success in
reducing the energy cost of walking. The first is to provide ankle power similar to
biological gait. Lack of push-o↵ work in passive prostheses is implicated in higher
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step-to-step transition losses [92, 93], which are correlated with increased metabolic
rate [94]. However, some studies have also shown that more prosthesis push-o↵ work
does not necessarily reduce collision work [95, 96]. A device providing push-o↵ work
and emulating biological characteristics of human neuromuscular control has resulted
in mixed results with respect to metabolic cost, with some studies finding modest
reductions (e.g. 8% in [7]) and other studies finding no significant di↵erence compared
to walking with a passive prosthesis [11]. The second approach focuses on balance
assistance in the form of ankle inversion or eversion torque in response to changes in
the frontal plane center of mass. Implementing such control in an ankle-foot prosthesis
emulator led to a 9% reduction in energy expenditure during walking when compared
to a zero gain controller [97], although walking in the participants’ prescribed prosthesis
was still the most energetically favorable.
The experimental results of active prostheses show some promise, but biomechanical
analyses and simulations suggest that active prostheses have more potential to mitigate
problems faced by individuals with amputation. The ankle is estimated to provide
approximately half of the power needed for healthy human walking [98], much of which
is not replaced by passive prostheses. Simulation models suggest that active prostheses
have the potential to reduce the metabolic cost of walking significantly below that
of unimpaired walking [99]. One possible reason that powered prostheses have not
lived up to their potential is because it is still unknown how best to control them,
and physiological and neurological di↵erences between users could lead to varying
responses to the same device. Previous work has addressed this by hand-tuning control
parameters for each subject, but this process is cumbersome and subjective due the
high number of parameters that need to be adjusted. Perhaps a control strategy
that takes individual gait characteristics into account would allow powered prosthetic
devices to better help mitigate problems for individuals with amputation.
Human-in-the-loop optimization (HILO) has been successfully used to determine
control parameters for exoskeletons that result in high reductions in metabolic cost
[10, 100, 101, 102, 103]. This technique involves choosing the parameters of a control
architecture based on the human response to changes in control parameters. To do
this in a time-efficient manner, HILO uses an optimization strategy that predicts the
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optimal parameter set over time using a sample of measurements from di↵erent control
parameter values. Both covariance matrix adaptation evolution strategies (CMAES) [102] and Bayesian optimization [103] have been successfully used to determine
control parameters that lead to reductions in metabolic cost. In one example, optimized
assistance from an exoskeleton worn on one ankle reduced the energy cost of walking
for all participants significantly more than a hand-tuned static controller, with a
range of improvements of 14% to 42% and an average improvement of 24% [102].
HILO has been used to successfully reduce the energy expenditure of running [10] and
inclined walking [102] with an ankle exoskeleton, in addition to reducing the energy
expenditure of walking with a hip exoskeleton [103]. It has also led to reductions in
muscle activity while walking with an ankle exoskeleton [102]. These studies suggest
that user-specific prosthesis control can provide substantial benefits over conventional,
hand-tuned devices. However, HILO has not yet been tested to determine the control
parameters of powered prostheses.
In this series of case studies, we applied human-in-the-loop optimization to the
control of an active ankle-foot prosthesis used by participants with unilateral transtibial
amputation. Four di↵erent classes of control architecture were tested: (1) a heel
sti↵ness controller that varied the sti↵ness and damping of the heel of the prosthesis
(Fig. 3.2A), inspired by the observation that damped articulation of the ankle can
reduce energy cost compared to rigid prosthetic ankles [104]; (2) a neuromuscular
controller that emulated biological components of the muscle-tendon complex and has
been previously used to reduce the metabolic cost of walking with an active prosthesis
[105] (Fig. 3.3A); (3) a balance controller that provided ankle inversion/eversion
torque based on deviation of the user’s lateral center of mass velocity and has been
previously used to reduce the metabolic cost of walking with a prosthesis emulator [97]
(Fig. 3.4A); and (4) a time-based torque controller with similar control architecture
to that used to reduce the metabolic cost of walking with exoskeletons (Fig. 3.5A).
In addition, both 5-parameter and 4-parameter controllers were implemented for the
time-based torque control architecture, resulting in a total of five di↵erent control
architectures tested.
The objective of the majority of the case studies was to minimize user energy
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Control
Architecture

Device

(#)

Time/
Control Law
(mins)

Heel Sti↵ness

3 DOF

2

2

6

Neuromuscular

1 DOF

3

2

7

Balance

Time-Based
Torque

3 DOF

1 DOF

Params

Control
Gens
Laws/Gen
(#)
(#)

(m/s)

Control
Laws/Bout
(#)

1.25

2

Sub 2

1.0

7

Sub 3

0.89

2

Sub 4

0.67

3

Sub 1

1.25

3

Sub 1

1.25

3

Sub 5

1.25

3

Sub 2

1.0

2

N=

Participant

4

1

Sub 1

4

1

2

2

6

4

2

5

2

8

6

1

4

2

8

4

2

4

10

8

4

1

Speed

Table 3.1: Protocol for each case study that attempted to minimize
metabolic rate. An overview of the protocol for each human-in-the-loop optimization case study that attempted to minimize metabolic rate, including the control
architecture and device used, the number of parameters (params) in the control
architecture, the time spent walking in each control law with a specific parameter set,
and the number of control laws per generation (gen). The participants in each case
study are also listed, along with their self-selected walking speed and the number of
di↵erent control laws that were tested during each bout of continuous walking.
expenditure. The optimization protocol for each case study with this objective is
outlined in Table 3.1. Five unique participants (S1-S5) were enrolled in these studies,
with some individuals completing more than one experiment (Table 3.2). The protocol
was similar for all experiments and was based on an optimization protocol successfully
used with exoskeletons [102]. However, there was one exception where the participant
completed an extended protocol, in which the time spent in each condition was increased by a factor of five, to determine the e↵ects of increased training on adaptation
and optimization. Finally, one additional case study optimized the control parameters with the objective of maximizing participant preference instead of minimizing
metabolic rate. For all case studies, participants completed separate validation trials
after optimization was complete, and performance with the optimized controller was
compared to a generic controller and the participant’s prescribed prosthesis. Generic
control parameters were based on those used in literature with similar controllers,
with subject-specific modifications made in each case study. Based on previous success
of human-in-the-loop optimization for ankle prostheses, we hypothesized that the
optimized control parameters would result in better outcomes (e.g. reduced metabolic

CHAPTER 3. CUSTOMIZING LOWER-LIMB PROSTHESIS PARAMETERS 42

cost or increased preference) compared to any chosen generic parameter set.

3.2
3.2.1

Methods
Participants

Five participants with unilateral transtibial amputation (N = 5, 4 male and 1 female;
age = 37.8 ± 14.1 [26 - 60] years; body mass = 77.8 ± 8.99 [65.8 - 90.7] kg; height =

171.2 ± 4.44 [167 - 178] cm; time since amputation = 13.6 ± 10.4 [3 - 26] years; mean

± standard deviation) took part in the case studies (Table 3.2). An overview of the
case studies completed by each participant can be found in Table 3.1. All individuals
provided informed consent prior to participation. All study protocols were approved
by the Institutional Review Board of either Carnegie Melon University or Stanford
University, depending on the location at which the study took place.
Subject

1
2
3
4
5

Sex

M
M
F
M
M

Age

26
26
35
60
42

Body
Mass
(kg)
90.7
65.8
74.8
78.0
79.8

Height

Side of
Amputation

Cause of
Amputation

Time since
Amputation
(years)

Prescribed
Prosthesis

L
L
L
R
R

Congenital
Traumatic
Traumatic
Dysvascular
Traumatic

26
22
3
4
13

Ossur VariFlex XC
Ossur VariFlex Modular
Ossur ProFlex LP
Ossur ProFlex LP
Fillauer Wave

(cm)
170
168
167
173
178

Table 3.2: Demographics of participants with unilateral transtibial amputation. Demographics of the five subjects with unilateral transtibial amputation that
participated in the case studies. Note that some participants took part in more than
one case study, as described in Table 3.1.

3.2.2

Hardware

In all case studies, participants walked on a treadmill (Bertec, Ohio, USA) while
using either an ankle-foot prosthesis emulator or their prescribed prosthesis. Walking
speed for each case study was determined by participant fitness and duration of
the study (Table 3.1). The ankle-foot prosthesis emulator consisted of o↵-board
actuation and control hardware attached to a prosthesis end-e↵ector (HumoTech,
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Pennsylvania, USA). Flexible Bowden-cable tethers transmitted mechanical power to
the prosthesis. Sampling of the strain gauges and encoders of the device, as well as
control commands, were implemented at 1000 Hz. All studies used one of two di↵erent
ankle-foot prosthesis end-e↵ectors (Fig. 3.1B). The first was a 1-DOF device with a
mass of 0.96 kg capable of 41° of ankle plantarflexion, 21.7° of ankle dorsiflexion, 190
N·m of ankle plantarflexion torque, and 5 N·m of ankle dorsiflexion torque (HumoTech,
Pennsylvania, USA). The second end-e↵ector was a 3-DOF device with an actuated
heel and two toe digits and a mass of 1.2 kg. This device could generate 19° of ankle
plantarflexion and dorsiflexion, 140 N·m of ankle plantarflexion torque, and 100 N·m
of ankle dorsiflexion torque [106]. The device used for each case study can be found
in Table 3.1.

3.2.3

Metabolic Rate Calculations

To determine user metabolic rate, respirometry data was collected using a Quark
CPET metabolic cart (Cosmed, California, USA). Metabolic rate was calculated using
standard empirical equations [61]. In validation, net metabolic rate was calculated by
subtracting standing metabolic power from the metabolic cost of all other conditions
and normalizing by body mass. During optimization, most control laws were tested
for two minutes of walking. As this is not typically sufficient time for metabolic rate
to reach a steady-state, we fit an exponential curve to the metabolic rate and used the
asymptote as the estimate of steady-state metabolic rate, as previously described [102].
One extended protocol tested each control law for ten minutes of walking.

3.2.4

Optimization Trials

During optimization, user metabolic rate was measured while walking on the treadmill
wearing an ankle-foot prosthesis emulator with changing control laws. A Covarience
Matrix Adaptation Evolution Strategy (CMA-ES) was used to identify the control
parameters, as described in Zhang et al. [102]. The goal of the optimizations was
either to minimize metabolic rate or maximize subject preference. In the optimization
protocol, a number of control laws are evaluated in each generation, after which the
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A

Experimental Setup

B

Ankle-Foot Prosthesis End-Effectors

Universal Emulator
Computer

Motors

Bowden Cables
Prosthesis
End-Effector
Data
Cable

1 DOF Device

3 DOF Device

Figure 3.1: Hardware and setup of the case studies. A. In all case studies,
participants walked on a treadmill in a universal emulator system that consisted
of an ankle-foot prosthesis end-e↵ector powered by o↵-board motors and controlled
by a computer. B. Each case study used one of two di↵erent ankle-foot prosthesis
end-e↵ectors: a one-degree-of-freedom device or a three-degree-of-freedom device.
optimizer determines a new distribution from which to select the control laws for
the following generation. The number of generations, number of control laws per
generation, duration of each control law, walking speed, and the number of control
laws tested per continuous walking bout for each case study minimizing metabolic
rate is given in Table 3.1. The protocol for the case study in which user preference
was optimized is described in further detail in the Preference Optimization subsection.
Prior to starting optimization trials and after every break, participants were allowed to
acclimate to walking in the ankle-foot prosthesis emulator controlled using a standard
spring controller. The acclimation time was one minute for the case studies using the
heel sti↵ness controller and the 4-parameter time-based torque controller with the
standard protocol, and two minutes for all other case studies.

3.2.5

Validation Trials

At the end of optimization, validation trials were performed in order to compare
performance of the optimized controller with one or more of the following conditions:
a generic controller, the participant’s prescribed prosthesis, and a conversationally
tuned controller. The purpose of the comparison between the generic controller was
to compare the optimized parameters to somewhat arbitrarily selected parameters.
In order to make these conditions comfortable for the subject, the chosen parameter
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values for the generic controllers were loosely based on previous literature of similar
controllers.

Following a standing baseline measurement of energy expenditure,

validation conditions were tested twice in a double reversal order to mitigate the
e↵ects of adaptation or drift, except the prescribed prosthesis condition was tested only
once. Each validation trial lasted 5 minutes for the case study with the heel sti↵ness
controller, 10 minutes for the case study with the extended protocol of the 4-parameter
time-based torque controller, and 6 minutes for all other case studies optimizing for
metabolic rate. The metabolic rate for each trial was found by averaging the last two
minutes of metabolic data. The average metabolic cost of the two validation trials
per condition, normalized to user mass, determined the final metabolic cost for that
condition.

3.2.6

Control Parameterization

Heel Sti↵ness Controller
This case study used the three-degree-of-freedom ankle-foot prosthesis end-e↵ector.
The two toes of the device were connected to passive compression springs, while the
heel was the only actively controlled digit. The sti↵ness of the compression springs
was chosen by the participant based on comfort. Heel torque was dictated by a control
architecture dependent on sti↵ness and work constant parameters, as well as heel angle.
Heel angle is defined in the saggital plane as the angle from the plane perpendicular
to the prosthesis pylon to the heel end-e↵ector, as described in [106] When the heel
angle is less than 0.2 rad, the heel provides a minimum torque of 1.5 N·m. As the heel
angle increases above this threshold, sti↵ness and work constant coefficients dictate
the heel torque during loading and unloading. The resultant torque profile can be
visually displayed as a parallelogram in the heel torque and angle space, with two
sides of the parallelogram corresponding to the loading phase of the heel and the other
two sides corresponding to the unloading phase (Fig. 3.2A). The bottom left point of
the parallelogram is located at 0.2 rad and 1.5 N·m and is the point of transition from
minimal torque behavior at small heel angles to the higher torques at larger angles.
The top right point of the parallelogram lies at a heel angle of 0.7 rad, and along a
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line that begins at the bottom left point of the parallelogram and has a slope equal to
the sti↵ness parameter. This sti↵ness parameter can vary from 50 N·m/rad to 130
N·m/rad.
While sti↵ness dictates the torque provided at 0.7 rads, the work constant determines the trajectory the torque follows in order to reach this value. Specifically, the
work constant a↵ects the top left and bottom right points of the parallelogram, which
are defined using a second axis of the parallelogram that transects both points. This
second axis is determined such that the heel sti↵ness does not exceed 130 N·m/rad at
any point in the trajectory. Therefore, the top left point of the parallelogram occurs
at the point where a line starting at the bottom left of the parallelogram with a slope
of 130 N·m/rad intersects a horizontal line with the same torque value that occurs
at 0.7 rad (dependent on the sti↵ness parameter). The bottom right point of the
parallelogram occurs at the intersection of a line which originates at the top right
point of the parallelogram and has a slope of 130 N·m/rad with a horizontal line at
the minimal torque value of 1.5 N·m.
After finding the second axis of the parallelogram, the work constant serves as a
scaling factor that determines how far along this axis the bottom right and top left
points of the parallelogram are located. The work constant is also used to distinguish
which points corresponds to the loading and unloading phases. A positive value of
the work constant indicates that work is injected during the gait cycle, so the heel
produces more torque in the unloading phase as the heel is pushing o↵ than during
the loading phase. A negative work constant indicates that the heel produces less
torque in the unloading phase, resulting in net negative work over the gait cycle. In
addition, the magnitude of the work constant is used to determine the e↵ective “width”
of the parallelogram. A work constant with a value of 0 results in no width, and the
torque profile becomes a function of heel angle with a given sti↵ness for both the the
loading and unloading phases. A work constant with a higher magnitude results in a
greater di↵erence between the torque magnitude in the loading phase and the torque
magnitude in the unloading phase.
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Neuromuscular Controller
The neuromuscular controller adapted the active plantarflexor component of the
controller described in Eilenberg et al. [105] (Fig. 3.3A). We varied three model
parameters during optimization: (Fmax , ✏ref , and Kf f ). The parameters Fmax and
✏ref are analogous to maximum muscle isometric force and a tendon strain multiplier,
respectively, with Kf f acting as a feed-forward gain. Parameterizing the controller
in such a way allowed for large variability in the resulting behavior of the ankle-foot
prosthesis.
Balance Controller
In this control architecture, prosthesis inversion or eversion torque was held constant
during each stance phase and was calculated by adding a nominal torque parameter
⌧nom to a correctional term determined by multiplying a gain K by center of mass
velocity deviations. To implement this controller, we made two modifications to
the balance controller previously described in Kim et al. [97] (Fig. 3.4A). First, we
measured deviations of center of mass velocity instead of center of mass acceleration.
Center of mass velocity was determined using two string potentiometers attached to
the participant’s waist and grounded to the treadmill handlebars. Since the side-toside distance of the treadmill is known, we could calculate the center of mass of the
participant with additional information from the potentiometers. By di↵erentiating
the center of mass position, we found the center of mass velocity. Second, prior work
relied on an instrumented treadmill to calculate the center of mass deviation at the
moment of intact limb toe-o↵, used to determine the ankle torque to be applied during
the subsequent stance phase of the prosthetic foot. In this case study, we computed
the center of mass deviation when the prosthesis achieved foot flat due to a lack of an
instrumented treadmill.
Time-based Torque Controller
Five parameters defined the torque profile of the time-based torque controller: device
sti↵ness, peak torque magnitude, time to peak torque, rise time to peak torque, and
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fall time after peak torque. Peak time, rise time, fall time, and peak torque parameters
are identical to previous work with exoskeletons [102]. For our work with the ankle-foot
prosthesis, we also added an underlying baseline sti↵ness of the device (P1), creating
a total of five optimization parameters (Fig. 3.5A). Although all parameters could be
modified, three case studies utilized a controller where the peak torque was fixed at
0.5 N·m/kg, and only the other four parameters were optimized.

3.2.7

Preference Optimization Protocol

This case study focused on modifying the parameters of the 4-parameter time-based
torque controller in order to maximize subject comfort, as opposed to minimizing
metabolic cost. The optimization protocol included six generations with five control
laws evaluated per generation. However, instead of experiencing each control law only
once, the participant experienced each control law multiple times for 23 seconds each.
Starting with the presentation of the second control law, the participant was asked to
rate the current control law as better or worse than the previous one. Control laws
were presented in an order such that all five were directly compared to each other
(12345135241), and a total preference score for each control law was determined at
the end of the generation. This was then used to determine the distribution of the
parameter set for the next generation. Three controllers were evaluated in validation:
the optimized controller, a generic controller, and a controller with the parameters
used for the optimization seed. To allow for comparison of all three controllers with
one another, validation consisted of 5 minutes of continuous walking, during which
time the participant was allowed to request any of the three controllers at any time.
At the end of the 5 minute trial, the participant ranked all three in order of preference.

3.3
3.3.1

Results
Heel Sti↵ness Controller

Two parameters dictating the torque trajectory of the prosthesis heel were optimized
in the case study of this novel controller: a heel sti↵ness parameter and a heel work

CHAPTER 3. CUSTOMIZING LOWER-LIMB PROSTHESIS PARAMETERS 49

C

B

A

0

0.2

0.4

0.6

Heel angle (rads)
Loading

40
20
0

0.8

Metabolic Cost
(W/kg)

Torque (Nm)

P2: Work
Constant

Torque (Nm)

60

P1: Stiffness

-3.5%

0

0.2

0.4

0.6

0.8

3
2
1
0

Heel angle (rads)
Unloading

Generic

Optimized

Prescribed

Figure 3.2: Heel sti↵ness controller parameterization and results. A. The
heel sti↵ness control architecture comprised a sti↵ness and work constant parameter,
which dictated the torque profile during loading and unloading of the heel as a function
of heel angle. Sti↵ness was varied between 50 and 130 N·m/rad, and the work constant
varied from -0.5 to 0.5, with a larger positive work constant resulting in more positive
work injected during the gait cycle. B. The resulting torque profiles of the generic
controller and the optimized controller are shown as a function of heel angle. C. The
average metabolic cost of the optimized controller was 3.5% lower than the generic
controller, but both were higher than the participant’s prescribed prosthesis.
constant that dictated the amount of work provided or dissipated by the heel during
the gait cycle over the course of loading and unloading (Fig. 3.2A). The optimized
parameters after four generations of walking were a heel sti↵ness of 100 N·m/rad with
a heel work constant of 0.4. In validation, the optimized controller was compared to a
generic controller (sti↵ness = 120 N·m, work constant = -0.5) chosen to provide 32%
heel energy dissipation, which approximates some energy storage and return (ESR)
devices with higher energy dissipation [107]. The optimized controller resulted in a
3.5% reduction in metabolic cost compared to the generic controller (optimized: 3.57
W/kg, generic: 3.70 W/kg; Fig. 3.2B). Both controllers led to a higher metabolic cost
when compared to walking with the participant’s prescribed prosthesis (3.21 W/kg).

3.3.2

Neuromuscular Controller

Three parameters in the neuromuscular controller based on previous literature [105]
were optimized. Two were parameters within the muscle-tendon complex model: (1)
Fmax , which is analogous to maximum muscle isometric force, and (2) ✏ref , which acts
as a tendon strain multiplier. The third parameter was a feedforward gain Kf f , which
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Figure 3.3: Neuromuscular controller parameterization and results. A. The
neuromuscular controller draws inspiration from biological muscle-tendon parameters
and models the geometry of the prosthetic foot and the biological muscle-tendon
complex. Two optimization parameters (Fmax and ✏ref ) a↵ect the force output from
the muscle-tendon complex model, with the third optimization parameter Kf f serving
as the gain on the force output. Based on biological data, Fmax was varied from 3000
to 10,000 N, and ✏ref from 0.03 to 0.14. Based on prior work, Kf f varied from 0.7 to
1.5. B. The metabolic cost results indicate that the optimized controller was the most
costly, followed by the generic controller, and then the prescribed prosthesis.
a↵ected the magnitude of the muscle activation (Fig. 3.3A). After four generations of
walking, the optimized parameters were: Fmax = 4261 N, Kf f = 1.346, and ✏ref =
0.062. We compared the optimized controller to a generic controller with parameters
previously determined to best mimic biological ankle torque [105] (Fmax = 3377 N,
Kf f = 1.22, and ✏ref = 0.04). In validation, the optimized controller resulted in a
metabolic cost 1.4% higher than the generic controller (optimized: 2.81 W/kg, generic:
2.77 W/kg; Fig. 3.3B). Both controllers resulted in higher metabolic cost than walking
with the participant’s prescribed prosthesis (2.49 W/kg).

3.3.3

Balance Controller

Two participants (S3 and S4) completed the four generation optimization protocol
for the 2-parameter balance controller based on previous literature [97]. In this
control architecture, the prosthesis behaved as a passive spring in plantarflexion
and dorsiflexion, while a baseline nominal inversion/eversion torque ⌧nom and a gain
dictating the magnitude of correction for center of mass velocity deviations, K, were
optimized. (Fig. 3.4A). The optimization for S3 resulted in a K value of 1.24 and a
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⌧nom value of -0.173, while the optimization for S4 resulted in a K value of 3.97 and a
⌧nom value of 3.03. These were compared to a zero gain generic controller where the
K value was set to zero, but the optimized ⌧nom value was retained. In validation
(Fig. 3.4B), the optimized controller led to a 1.2% decrease in metabolic cost for S3
(optimized = 2.45 W/kg, generic = 2.48 W/kg) and a 9.1% increase in metabolic cost
for S4 (optimized = 1.68 W/kg, generic = 1.54 W/kg). The prescribed prosthesis cost
for S3 was less than either controller (2.30 W/kg), while the prescribed prosthesis cost
for S4 was equivalent to the generic controller (1.54 W/kg).
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Figure 3.4: Balance controller parameterization and results. A. The balance
controller corrects frontal plane deviations of user center of mass velocity by applying
an opposing ankle inversion or eversion torque, scaled by a gain (K), in addition to a
baseline nominal torque (⌧nom ). The gain K varied from 0 to 5, and ⌧nom varied from
-5 to 5 N·m. B. The optimized controller resulted in higher metabolic cost compared
to the generic controller for both participants, while walking with the prescribed
prosthesis led to a user metabolic cost equal to or less than the cost of walking with
the generic controller.

3.3.4

Time-based Torque Controller

Introduction
The parameterization of this controller was based on a similar controller successfully
used to optimize the parameters of ankle exoskeleton torque to reduce metabolic
cost [102], with an additional underlying baseline prosthesis sti↵ness parameter. In
choosing the parameters for the generic controller, the sti↵ness parameter was based on
the approximate sti↵ness of the participant’s prescribed prosthesis, while the remaining
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magnitude and timing parameters were based on average optimal parameters for ankle
exoskeletons, with subject-specific modifications made for subject comfort.
5-parameter
The five parameters optimized in this control architecture were: baseline sti↵ness,
and the peak time, rise time, fall time, and peak magnitude of the additive torque
(Fig. 3.5A). Due to the increased number of parameters, the participant completed six
generations of optimization before validation instead of four. Optimized parameters
were as follows: sti↵ness = 990 N·m/rad, peak time = 48%, rise time = 12%, fall time
= 13%, peak torque = -0.01 N·m/kg. Note that due to the small magnitude of the
optimized peak torque, the optimized controller approximated the behavior of a passive
spring, and therefore varying other timing parameters would have minimal e↵ect on
the resulting torque profile. The optimized controller was compared in validation to a
generic controller with the following parameters: sti↵ness = 800 N·m/rad, peak time
= 86%, rise time = 18%, fall time = 14%, and peak torque = 0.05 N·m/kg (Fig. 3.5B).
The optimized controller resulted in a 3.0% decrease in metabolic cost from the generic
controller (optimized = 3.28 W/kg, generic = 3.38 W/kg). However, both controllers
resulted in higher metabolic cost compared to walking with the participant’s prescribed
prosthesis (2.83 W/kg)(Fig. 3.5C).
4-parameter
Because the optimized peak torque of the 5-parameter time-based torque control
optimization had a near-zero magnitude, negating the e↵ect of the other parameters,
additional experiments were conducted using a 4-parameter time-based torque control
architecture with the peak torque set to 0.5 N·m/kg. Two participants (S1 and S5)
completed the optimization protocol for this control architecture. S1 had previous
experience walking with the 5-parameter controller, and his resulting optimal control
parameters after four generations were: sti↵ness = 843 N·m/rad, peak time = 78%,
rise time = 13%, fall time = 21%. Optimal parameters for S5 were: sti↵ness = 754
N·m/rad, peak time = 60%, rise time = 50%, fall time = 17%. Optimized controllers
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were compared to a generic baseline controller, where sti↵ness = 900 N·m/rad, peak
time = 80%, rise time = 10%, fall time = 10% (Fig. 3.5B). In validation, the optimized
controller resulted in a 5.2% increase in metabolic cost for S1 (optimized = 3.23 W/kg,
generic = 3.07 W/kg) and a 0.5% increase in metabolic cost for S5 (optimized = 4.14
W/kg, generic = 4.12 W/kg). For S1, walking with the prescribed prosthesis resulted
in a higher metabolic rate than either the generic or optimized conditions (3.40 W/kg).
S5 had a lower metabolic rate with his prescribed prosthesis (3.67 W/kg) (Fig. 3.5C).
Conversationally Tuned
During validation of the optimized 4-parameter time-based controller, we also tested a
fourth condition based on subject preference. To determine controller parameters for
this condition, the participant walked on the prosthesis as we modified the controller
and provided verbal feedback on the preferred parameters. The preferred parameters
chosen by S1 were: sti↵ness = 675 Nm/rad, peak time = 80%, rise time = 25%, fall
time = 15%. The preferred parameters chosen by S5 were: sti↵ness = 800 Nm/rad,
peak time = 80%, rise time = 60%, fall time = 20% (Fig. 3.5B). In validation, the
conversationally tuned controllers led to a higher user metabolic cost than all other
conditions for both S1 (3.50 W/kg) and S5 (4.36 W/kg) (Fig. 3.5C). We also collected
user opinions of the controllers during validation, without informing the subject which
controller they were using. S1 commented that the generic controller was “comfortable
from the start and stayed comfortable,” but also noted that it “has finicky timing.” He
noted that both the optimized controller and the conversationally tuned controller were
“comfortable from the start,” but the optimized controller “felt like it required more
e↵ort later,” while the conversationally tuned controller “didn’t feel good later.” S5
noted that the generic controller had “too much push-o↵,” the conversationally-tuned
controller had “definitely not enough push-o↵,” and the optimized controller had “a
perfect amount of push-o↵.”
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Figure 3.5: Time-based torque controller parameterization and results. A.
The time-based torque controller consisted of an underlying heel sti↵ness parameter,
three timing parameters (peak time, rise time, and fall time), and one magnitude
parameter (peak torque). Sti↵ness varied from 400 to 2000 N·m/rad, peak time from
10% to 90% of stance, rise time from 10% to 90% of stance, fall time from 10% to
40% of stance, and peak torque from -0.5 to 0.5 N·m/kg. When using the 4-parameter
control architecture, peak torque was set at 0.5 N·m/kg. B. Resulting sti↵ness and
torque profiles for each case study using the time-based torque controller. C. Although
the optimized 5-parameter controller resulted in a mild metabolic cost reduction,
all other optimized controllers resulted in higher metabolic cost than the generic
controller. The conversationally tuned controllers resulted in the highest metabolic
cost. D. In the preference optimization, the optimized controller was least preferred
in validation.
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Extended Protocol
One subject completed an optimization protocol with the 4-parameter time-based
torque controller in which the duration of each control law was ten minutes instead of
the usual two minutes allotted for each condition. The optimization resulted in the
following control parameters: sti↵ness = 710 Nm/rad, peak time = 74%, rise time =
44%, fall time = 11%. The optimal controller was compared to a generic controller
with the following parameters: sti↵ness = 1200 Nm/rad, peak time = 80%, rise time
= 10%, fall time = 10% (Fig. 3.5B). The optimized controller resulted in an 7.2%
increase in metabolic cost compared to the generic controller (optimized = 3.25 W/kg,
generic = 3.03 W/kg). Both resulted in higher cost than the participant’s prescribed
prosthesis (2.61 W/kg; Fig. 3.5C).
To examine if the additional time spent in each control law a↵ected the estimated
steady-state metabolic rate of each condition, we compared the asymptote of the
metabolic fit from the first two minutes of data with the average metabolic cost of
the last two minutes in each ten-minute control law. The RMSE error between these
two values was 0.20, or 6% of the participant’s metabolic cost while walking with
the prescribed prosthesis (standing metabolic cost baseline was not subtracted, as
this was collected during optimization and not validation). Because the optimizer
uses a weighted average of the control laws resulting in the lowest metabolic cost
from each generation to create the distribution of the parameter set for the next
generation, we also compared how these rankings di↵ered when calculated using the
2-minute metabolic fit versus the average of the last two minutes of each condition.
In all generations, the 2-minute metabolic fit matched the predictions of the 2-minute
average for 2 of the top 3 control laws that resulted in the lowest metabolic cost. The
control law that led to the lowest metabolic cost in each generation was the same for
the 2-minute fit and the 2-minute average 50% of the time.
Preference Optimization
S1 completed an optimization where the cost function aimed to optimize user comfort,
as opposed to minimizing metabolic cost. The protocol was similar to other case

CHAPTER 3. CUSTOMIZING LOWER-LIMB PROSTHESIS PARAMETERS 56

studies, with the exception that the time spent in each control law was shorter (23
seconds), and the participant experienced five unique control laws multiple times
within a generation for a total of eleven conditions. This allowed all control laws
to be directly compared with one another by asking the participant to rank the
current control law as better or worse than the previous control law. A composite
“score” for each control law was used at the end of the generation to determine the
parameter set of the next generation. At the end of optimization, the parameters were
as follows: sti↵ness = 1041 Nm/rad, peak time = 69%, rise time = 40%, fall time =
18%. In validation, in addition to comparing to the generic controller that emulated
average optimal magnitude and timing parameters from ankle exoskeletons (sti↵ness
= 900 Nm/rad, peak time = 80%, rise time = 20%, fall time = 15%), the initial
condition used to seed the optimization was also tested (sti↵ness = 800 Nm/rad,
peak time = 65%, rise time = 30%, fall time = 20%) (Fig. 3.5B). During validation,
the participant was allowed to request these three controllers in any order, and was
asked to rank them at the end of the trial. The participant chose the controller used
as the optimization seed as the most preferred, followed by the generic controller (Fig.
3.5C). The optimized controller was the least preferred. We also asked for participant
feedback on the three controllers. He stated that the optimized controller was “too
passive”, and the generic controller “too springy,” while the controller used for the
optimization seed was “just right.”

3.4

Discussion

We present a series of case studies in which human-in-the-loop optimization of an
ankle-foot prosthesis failed to produce functionally relevant changes in metabolic cost
for people with transtibial amputation. In total, five di↵erent control architectures
were implemented, and either one or two participants completed the optimization
protocol for any one control architecture. Mild reductions in the optimized controller
of up to 3.5% compared to a generic controller were seen in some of the case studies.
However, because the error in human metabolic rate measurement using indirect
calorimetry has been estimated to be between 2-3% [108, 109], these reductions are
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not meaningful. In addition, these reductions are significantly smaller when compared
to an average 24% reduction in metabolic cost as a result of optimization of unilateral
ankle exoskeleton control. In fact, the largest metabolic reductions seen in these
case studies compared an optimized controller that behaved as a passive spring to a
generic controller that injected mechanical power into the gait cycle, corroborating
previous evidence that providing higher mechanical power with an assistive device
does not necessarily correlate with reduced user metabolic rate [11,96]. One case study
examined an extended protocol, but the optimized controller still resulted in higher
metabolic cost than during walking with a generic controller. We also examined a
controller chosen by the participant via conversational tuning, but this resulted in
higher metabolic rate than all comparison controllers. Finally, in one case study we
attempted to optimize for preference by allowing the participant to rank controllers,
but the optimized parameters were not preferred in validation.
Since its inception, human-in-the-loop optimization has been successfully used to
optimize behavior of a range of di↵erent exoskeletons for assistance in various gait
conditions with di↵erent control architectures [10, 100, 101, 102, 103]. Given its success
with exoskeletons, it is surprising that HILO failed to produce meaningful changes in
metabolic cost when used to tune the parameters of an ankle-foot prosthesis controller.
There are several reasons why this technique may have failed, which can be broadly
separated into two categories. First, it is possible that optimization decisions that
have led to successes with exoskeletons are not applicable when optimizing prosthesis
control. There are many factors that can a↵ect the optimization, such as the chosen
control architecture, optimization protocol, optimization strategy, and cost function.
It is possible that further modifications of these factors would lead to better results.
Second, it is possible that inherent di↵erences in user mechanics and neural control
between people with amputation and those without impairment limit the e↵ects of
HILO for prosthetic devices. Similarly, the lack of sensory feedback, di↵erences in
learning mechanisms, or di↵erent objective functions of people with amputation could
prevent HILO from being successful.
Although there is a range of decisions that could a↵ect the results of human-inthe-loop optimization, we can hypothesize which are most influential based on the
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completed case studies. For example, it is possible that the control architectures tested
were not capable of reducing the participants’ metabolic cost below that of walking
with their prescribed prostheses. However, we tested five di↵erent control architectures,
four of which were vastly di↵erent from each other. Both the neuromuscular and the
balance controller have previously been successfully used to reduce the metabolic cost
of walking with an active prosthesis [7, 97]. In addition, a similar time-based torque
controller has been used to reduce the metabolic cost of walking with exoskeletons [102].
Given this information, it is unlikely that the controller is the primary reason for the
lack of meaningful changes in metabolic cost.
Another factor that could a↵ect the outcome of optimization is the experimental
protocol. The protocols chosen for these case studies were based on those successfully
used for HILO with exoskeletons with a control architecture similar to the 5-parameter
time-based torque controller. Past studies showed that for a 4-parameter optimization,
four generations with eight di↵erent conditions of two minutes each resulted in
convergence for nine out of eleven participants [102]. In the case studies presented
here, the protocol for the 4-parameter optimization was the same as previous studies,
with additional generations added for additional parameters and fewer control laws
tested for fewer parameters. We also examined an extended protocol, where the
amount of time spent in each control law was increased from two to ten minutes,
in order to determine the a↵ect of additional adaptation time and verify that the
metabolic fit predicted at two minutes was similar to the average metabolic rate at the
end of ten minutes. Although there were di↵erences in metabolic rate between the the
initial 2-minute metabolic fit and the metabolic average of the final two minutes, the
majority of the top three control laws predicted to result in the lowest metabolic rate
at two minutes were the same as those measured at ten minutes. Additionally, if a
lack of adaptation time was the sole reason that HILO did not succeed, we would still
expect to see a consistent reduction in metabolic cost or metabolic cost variability,
which was not observed experimentally. Nevertheless, it is possible that better results
might be achieved with additional training, continued optimization or other protocol
improvements.
The optimization algorithm is another factor that could a↵ect the e↵ectiveness of
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optimization. All case studies presented here relied on a Covariance Matrix Adaptation
Evolution Strategy (CMA-ES) to calculate the next generation of control laws. This
strategy has previously been shown to be robust to measurement noise and successful in
high dimensionality spaces. Because CMA-ES does not use information from previous
generations, it is also resistant to bias that can occur as a result of adaptation over
time. Other optimization strategies such as gradient descent [100, 101] or Bayesian
optimization [103] have also been e↵ectively used for HILO of exoskeletons to optimize
one or two parameters simultaneously. However, gradient descent is sensitive to
measurement noise, while Bayesian optimization is not robust to human adaptation over
time, as it uses all information from previous trials instead of evaluating each generation
independently. It is possible, however, that using a di↵erent optimization strategy
could be more e↵ective, especially for control architectures with fewer parameters.
Finally, it is important to consider the cost function when defining an optimization
problem. In this case, we must take into account two cost functions: the cost function
that we choose for the optimizer and the cost function used by the neuromuscular
controller of the human during movement. The majority of prior HILO work uses
the minimization of metabolic rate as the cost function, both because it is easily
quantifiable and because humans walking with exoskeletons have been shown to shown
to minimize metabolic rate in real-time [110]. However, people with amputation,
compared to una↵ected individuals, may have additional constraints a↵ecting their
gait. For example, individuals with amputation tend to fall more frequently [77] and
list socket discomfort as a major limitation [111]. Perhaps because of the additional
importance of stability and comfort, people with amputation adapt gait patterns with
a similar energy cost independent of prosthesis behavior. We attempted to address
this issue with two case studies: one where we allowed the participant to choose their
own device parameters through conversational tuning, and one where we changed
the cost function of the optimization to maximize subject preference. However, the
conversationally tuned controller resulted in higher metabolic cost than all other
controllers tested in validation, and the controller chosen by the optimization for
preference was not preferred in validation. This suggests that preference is not highly
correlated with energy expenditure for people with amputation. Future work could
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examine alternate cost functions such as walking speed or stability.
Independent from the optimization variables that can a↵ect the results, it is possible
that the contrast between the success of HILO for exoskeletons and the failure of
HILO for active prostheses is related to the di↵erences between participant groups. At
the joint level, people with amputation lack both sensing and direct control of the joint
at which optimization occurs. It is possible that one or both of these characteristics
is necessary in order to learn during optimization. For example, when undergoing
HILO with exoskeletons, participants are able to feel the timing and magnitude of
torque applied by the exoskeleton and can adjust their gait accordingly, either to take
advantage of the additional power provided by a “good” control law or to mitigate
the negative a↵ects of a “bad” control law. In contrast, proprioception in people
with amputation is altered, since sensory information is not available directly from
the limb. Although people with amputation can fairly precisely sense the sti↵ness of
their prosthesis, sensory information must come from interactions at the socket and
whole-body proprioception of resulting knee and hip kinematics [112]. It is possible
that additional sensory feedback or direct control would improve adaptation and gait
modification, and in turn reduce metabolic cost.
Inherent whole-body level di↵erences between people with amputation and those
without impairment could also contribute to the di↵erences in gait adaptation in
response to assistive devices. For example, it is possible that individuals with amputation utilize di↵erent learning mechanisms, as neural circuitry associated with motor
learning could be re-arranged in complex ways in response to limb loss. Although
learning may be possible even with the lack of sensory feedback, it may occur on a
much longer timescale than in people without impairment. Specifically, past studies
that showed successful reductions in metabolic cost in response to an active ankle-foot
prosthesis have relied on a long adaptation protocol [113]. One limitation of device emulators is that they are constrained to the lab, which limits the length of time and the
environment in which participants are allowed to adapt. Both this lack of adaptation
time and the di↵erences in prosthesis design could account for the case study results
demonstrating that metabolic cost was always lowest with the participants’ passive
prosthesis. In addition, after limb loss, individuals re-learn how to walk using their
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passive prosthesis with specific guidance from prosthetists and physical therapists. It
is possible that this training interferes with adaptation to a new device. Or perhaps
the “forced exploration” that comes from trying many diverse conditions, which is
shown to be beneficial in pushing a person towards the metabolic minimum while
walking with exoskeletons [114], is actually harmful to the learning process of people
with amputation because “bad” conditions force the participant to prioritize stability
over metabolic cost minimization, which could result in increased metabolic cost.

3.5

Conclusion

Although the results of our case studies showed that HILO does not result in meaningful
changes in metabolic cost for people walking with an active ankle-foot prosthesis, it is
possible that this technique can be further adapted to be more e↵ective for patient
populations. One limitation of our studies is that each experiment contained a limited
number of participants and should not be used to make broad conclusions. However,
our results can be used to guide future directions for new HILO experiments with
active prostheses. For example, there are a myriad of reasons why HILO may be
more challenging when applied to powered prostheses instead of exoskeletons, but we
will focus on di↵erences in the user populations, since the optimization protocol and
control strategies were kept fairly consistent from experiments used to significantly
reduce metabolic cost for those wearing exoskeletons.
The nature of exoskeletons and prostheses are fundamentally di↵erent, with exoskeletons in parallel with the human body to assist in biological movement and
prostheses in series with the human body to replace biological movement. However,
even though prosthesis behavior must be synergistic with the behavior of the biological
limbs in order to be successful, the user typically has little to no direct control or sensory feedback from an active lower-limb prosthesis. Closing this sensorimotor control
loop in a more meaningful way could have implications not only for human-in-the-loop
optimization of prosthesis control parameters, but for functional gait metrics for those
with amputation, including number of falls, energy expenditure, walking speed, and
osteoarthritis prevalence. In the following two chapters, we discuss a novel method
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for providing sensory feedback and direct control of an ankle-foot prosthesis to those
with transtibial amputation.

Chapter 4
Wrist torque perception during
movement
Summary
Human wrist torque magnitude perception has previously been characterized while the
user is seated with a stationary wrist, but real-world application of haptic feedback
from kinesthetic devices is implemented while the user is in motion. In this study, we
measured wrist torque perception in conditions that mimic activities of daily living.
To do this, we first developed and characterized a wearable wrist exoskeleton that is
backdrivable, able to sense wrist angle, and can provide up to 1 N·m of wrist flexion and
extension torque. We then performed a user study with this wrist exoskeleton to test
the wrist torque perception of ten participants, using a two-alternative forced choice
paradigm torque comparison test while the user was both seated and walking, with
both a stationary and a moving wrist. We also performed Monte Carlo simulations
to verify that the amount of error in the wrist exoskeleton input torque would not
significantly a↵ect our results. Both walking and moving wrist conditions resulted in
higher Weber fractions (worse perception), and the conditions with the smallest wrist
flexion reference torque while walking and moving the wrist had significantly higher
Weber fractions than a number of others. This information provides insight regarding
the design of wearable kinesthetic haptic devices worn at the wrist.
63
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This chapter is adapted from two manuscripts, either published or accepted as
conference proceedings. The sections discussing wrist exoskeleton design and static
benchtop testing are adapted from: Welker C. G., Chiu V. L., Voloshina A. S., Collins
S. H., and Okamura A. M., 2020. “Teleoperation of an Ankle-Foot Prosthesis with a
Wrist Exoskeleton.” IEEE Transactions on Biomedical Engineering, 68(5): pp. 17141725 [115]. The sections discussing human subject testing of wrist torque perception is
extended from the following accepted conference submission: Welker C. G., Collins S.
H., and Okamura A. M. “Human Perception of Wrist Torque Magnitude During Upper
and Lower Extremity Movement.” In IEEE World Haptics Conference. Virtually held
in Montreal, Canada. July 6-9, 2021 [116]. My specific contributions to this work
(completed independently or in collaboration with co-authors named above) include:
designing and validating the wrist exoskeleton in benchtop testing, designing and
conducting the user study characterizing wrist torque perception, analyzing the data
and performing simulations to determine the e↵ect of error, and writing and editing
the manuscripts.

4.1

Introduction

Touch plays an important role in providing us with information used to make informed
decisions about future actions, both subconsciously (e.g., withdrawal reflex after
touching a hot stove) and consciously. Mechanoreceptors on the skin allow humans to
sense cutaneous interactions, such as vibration, force, and changes in temperature. In
addition, position and force sensors within our muscles allow us to sense kinesthetic
interactions that apply forces or torques to our joints. All of this information is then
integrated to inform motor responses.
Haptic interfaces use the sense of touch to provide augmented sensory information
to the human user. Devices providing cutaneous haptic feedback in the form of
vibrotactile cues have become widely adopted in smart phones, smart watches, video
game consoles, and even steering wheels. While this form of haptic feedback is useful
in providing simple cues, it is not able to provide continuously varying sensations to
convey more complex information.
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Kinesthetic haptic devices can provide more information to the user by displaying
forces and torques. These types of haptic devices can be grouped into world-grounded
and user-grounded devices. World-grounded devices typically exist in the form of
manipulandums that are able to convey forces and torques to the user’s hand, and
inherently allow for a small workspace that limits the motion of the user. In contrast,
exoskeletons are user-grounded haptic devices without workspace concerns, and may
provide forces and torques to the user at di↵erent parts of the body while the user
is in motion or still. Upper-limb exoskeletons have been developed for rehabilitation
[117, 118], movement assistance [119, 120], and teleoperation in virtual [121, 122] or
real-world [123, 124] tasks.
In order to e↵ectively design haptic devices, we must have some prior knowledge
regarding human sensory capabilities. Previous work has quantified human tactile
or kinesthetic perception at the fingertips [16, 17], hand [125, 126], and elbow [127].
However, the majority of these experiments involve a protocol where the user is
seated with minimal movement. Recently, wearable upper-limb exoskeletons have
been developed that can apply haptic feedback not only while the user is moving their
upper limb, but while performing activities of daily living such as walking as well.
Applications for these devices range from path-following guidance [128] to control of
robotic prosthetic devices. [115]. To inform the design and control of these devices, it is
necessary to characterize perception during di↵erent movement conditions that mimic
activities of daily living. One example investigating skin stretch found that perception
varied significantly while the user was either sitting, walking, or jogging [129]. In
this chapter, we focus on quantifying wrist torque magnitude perception during both
upper and lower extremity movement.
The contributions of this chapter are as follows. Section 4.2 discusses relevant
metrics used to analyze haptic perception and previous work characterizing wrist
perception. In Section 4.3, we discuss the design and static benchtop testing of a
wearable wrist exoskeleton that accurately applies wrist flexion and extension torque
and measures wrist angle. In Section 4.4, we discuss the protocol and results of a
user study to determine wrist torque perception during di↵erent types of motion. The
protocol used for this study is based on simulation results determining the a↵ect of

CHAPTER 4. WRIST TORQUE PERCEPTION DURING MOVEMENT

66

the characterized wrist exoskeleton error on the resulting Weber fractions. Finally,
Sections 4.5 and 4.6 discuss the implications of our results and future work to be done
in this area.

4.2

Prior Work

A common metric used when conducting psychophysical perceptual testing is the Just
Noticeable Di↵erence (JND), or the minimal change in magnitude between two stimuli
that allows the user to reliably detect a di↵erence in the two sensations. Because JND
is shown to di↵er as a function of the magnitude of stimulus presented, it is typically
normalized by the reference stimulus to calculate a Weber fraction. The Weber fraction
has been shown to be relatively constant for haptic sensations [130, 131, 132], with
some exceptions [133, 134].
A number of previous studies have examined human wrist perception via psychophysical testing. Vicentini et al. determined the Weber fractions of force and
torque discrimination for three degrees-of-freedom of the hand (flexion/extension,
adduction/abduction, and pronation/supination) at various reference torque magnitudes, using a preliminary three-alternative forced choice test followed by a two AFC
adaptive procedure [126]. Their results indicated Weber fractions of approximately 0.1
for larger magnitude reference forces and torques (up to 8.8 N and 0.47 Nm), which
significantly increased as reference forces and torques magnitudes decreased (to 0.5
N and 0.03 Nm) [126]. Specifically for wrist torque flexion and extension perception,
their results indicated Weber fractions between 0.3 and 0.6. This experiment used a
world-grounded manipulandum to provide forces and torques, and users were seated
and instructed to keep their hand movement as small as possible while forces and
torques were being applied.
Feyzabadi et al. investigated discrimination of forces applied to joints of the
arm during movement [132], using a two-alternative forced choice adaptive staircase
procedure. In contrast to Vicentini et al., their results indicated a relatively constant
Weber fraction of approximately 0.1 for wrist flexion/extension force perception, even
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when testing similarly small reference magnitudes of 0.5 N. They also used a worldgrounded manipulandum to provide forces, and users were seated while testing took
place, although the wrist was in motion.
In this study, we aim to determine the Weber fractions of wrist torque flexion and
extension magnitude perception during both upper and lower extremity movement,
compared to stationary conditions. To our knowledge, this is the first characterization
of how lower extremity movement a↵ects perception at the wrist. Although prior
work quantifies force perception at the wrist during upper extremity movement [132],
it does not directly compare the results to the stationary condition using the same
metholodogy, and so limited conclusions can be made about the e↵ect of this wrist
movement. Torque perception at the wrist has only been quantified while the user is
seated and told to maintain a stationary wrist [126].
Because secondary tasks have previously been shown to negatively a↵ect perception
[135], we hypothesize that the additional task and movement associated with walking
will result in worse perception at the wrist. Although completing a desired wrist motion
is also a secondary task, prior work shows that active compared to passive movement
can improve perception in upper extremity tasks [136]. In addition, Feyzabadi et al.
reports better force perception during wrist movement than that reported by Vicentini
et al., who asked subjects to maintain a stationary wrist while testing. Therefore,
we hypothesize that wrist motion will result in better perception compared to the
stationary wrist condition.

4.3
4.3.1

Wrist Exoskeleton
Design

We had three primary design goals for the wrist exoskeleton, incorporating both the
user interface and control fidelity. First, the wrist exoskeleton should be comfortable
and lightweight to allow for natural motion of the arm. To achieve this goal, all
base components were designed for mass efficiency and 3D printed from lightweight
polylactic acid (PLA). The wrist exoskeleton comprises a forearm base and a hand
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base, with rigid links positioned on either side of the user’s arm (Figure 4.1A). Both
are attached to the arm with Velcro straps, and the hand base is also grounded to the
palm with a plate on the ventral side. The entire exoskeleton weighs 363 grams. To
increase comfort and account for varying anthropometry of the forearm, spacers of
di↵erent sizes can be attached to the inner portion of the wrist exoskeleton.
Our second design goal was to continuously transmit torques, while maintaining
backdrivability. Device torques should be noticeable to the user, but significantly lower
than the user’s maximum wrist flexion and extension torque, both for safety and to
prevent fatigue. The average human is capable of 4.6 N·m of isometric wrist extension
torque and 6 N·m of isometric wrist flexion torque [137], so we chose 1 N·m as our
target maximum torque. This allows the average user to overpower the exoskeleton
by a factor of approximately five. To achieve the desired torque output of 1 N·m and
maintain backdrivability, we used a capstan drive transmission. The capstan drive
transmits torque via a flexible, inextensible cable from a grooved capstan, which is
attached to the motor shaft, to a sector pulley (Figure 4.1B). The torque is amplified
by the ratio of the capstan radius to the sector pulley radius. The exoskeleton is
driven by an RE-25 motor (Maxon Motor, Switzerland) with a capstan ratio of 27.
To reduce interference with arm swing, we placed the capstan drive on the dorsal and
lateral sides of the arm, which are furthest from the torso during natural arm swing.
We also built a custom capstan pulley with grooved slots to minimize capstan wire
slip.
The third design goal was to accurately measure wrist angle within the resolution
of human proprioception, and to allow for full range of motion in wrist flexion and
extension. Because the human wrist has three degrees of freedom and the wrist
exoskeleton can only move in one degree of freedom, we inherently restrict wrist
range of motion in radial/ulnar deviation and pronation/supination. The range of
motion in wrist flexion and extension is a function of the sector pulley arc length. We
chose an arc length that allows the user to achieve 75° of wrist flexion and extension,
similar to a typical range of motion [138]. Because of the backdrivable actuator design,
the user can flex and extend their wrist with minimal resistance (Figure 4.1). An
RM08 encoder (RLS, Slovenia) on the joint opposite to the capstan drive measures
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Figure 4.1: Hardware components of the wrist exoskeleton. A. Side view of
the wrist exoskeleton shows that it is comprised of three separate, 3D-printed parts.
B. Top view of the wrist exoskeleton shows the capstan motor drive, encoder, and
grounding to the user’s arm. C. The user is able to flex and extend their wrist normally
with the backdrivable wrist exoskeleton design.
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wrist angle with a resolution of 0.18° over 180° of motion. Studies of human wrist
proprioceptive resolution have reported values between 1.33° and 4.64° for flexion and
extension [139, 140, 141], so the exoskeleton has significantly greater angle sensing
resolution than humans.

4.3.2

Benchtop Testing

We designed two di↵erent methods of static benchtop tests to verify the torque output
of the wrist exoskeleton when it was being driven both with and against friction, in
order to account for the fact that the torques applied by the device can occur while the
wrist is moving in the desired direction of motion or in the opposing direction, a↵ecting
the direction and magnitude of frictional forces. Although the wrist exoskeleton is
able to output torque magnitudes of up to 1 N·m, preliminary testing determined
that a torque output less than 0.55 N·m was desirable, especially for the repetitive
step inputs necessary for perceptual testing. Because this was the range used as input
for the subsequent user study, we focused our benchtop characterization and results
within this range.
Hanging Masses
In the first test, we placed the wrist exoskeleton in a static testing rig and hung di↵erent
known masses from the palm plate while commanding a virtual spring, such that
the further the palm plate traveled from its the neutral position, the more resistance
torque was applied. In this testing rig, the wrist exoskeleton applied torque to resist
downward motion of the palm plate, and so static friction was also assisting to resist
motion as well.
Both the wrist flexion and extension torque were tested by fixing the wrist exoskeleton right side up and upside down. Each of the five known masses tested were hung
from the center, as well as both extremes of the palm plate, and tested in triplicate in
each condition. In each trial, the mass was allowed to reach its steady state position,
and the resulting commanded motor torque was averaged. Error was determined by
comparing the averaged commanded torque to the known torque resulting from the
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mass hanging on the motor shaft with a known radius, compensating for the change
in angle as a result of the displacement of the wrist base.
Torque Sensor
For the second benchtop test, we built a separate wrist exoskeleton identical to
the original, but which housed a 6-axis Nano17 force/torque sensor (ATI Industrial
Automation, North Carolina, USA) instead of the encoder in the opposite joint to
the capstan drive. The main frame of the wrist exoskeleton was grounded, and input
torques commanded as a step response were directly compared to the torque output
measured with the force/torque sensor in the relevant direction. In this test, the
maximum magnitude of the input torque was set to 0.4 N·m in each direction because
of torque limits on the torque sensor. To account for hysteresis, a sine wave input
was commanded, with the commanded torque increased in one direction (flexion or
extension toruqe) to its maximum value, decreased to 0, increased in the opposite
direction to its maximum value, before being decreased to zero, all in increments of 0.1
N·m. This testing was done in triplicate, starting both in flexion and extension, and
the results were averaged. In this testing rig, torque applied by the wrist exoskeleton
would result in motion of the hand base relative to the forearm base if the force/torque
sensor had not been grounded, so static friction was resisting the commanded torque.
Results
The results of both benchtop tests were grouped together for all analyses. Figure
4.2A labels the data collected during each benchtop test and the resulting relationship
between input and output torque. This relationship was linear, with an R2 value of
0.992, and root mean square error (RMSE) of 0.0258 N·m. The median percentage
error for the device was 7.48%. The distribution of the resulting error is plotted in
Figure 4.2B, with a mean of 5 ⇤ 10

4

N·m and a standard deviation of 0.021 N·m. For

subsequent simulations of the wrist exoskeleton error, the deviation of the mean from
zero in this error distribution is treated as negligible.
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Figure 4.2: Static benchtop testing results of wrist exoskeleton. A. Results
of both static benchtop tests show the relationship between wrist exoskeleton input
and output torque to be linear, with an R squared value of 0.9915 and a RMS error
value of 0.0258 N·m. B. A histogram shows the magnitude of torque error across all
testing conditions, with a mean of 5 ⇤ 10 4 and a standard deviation of 0.021 N·m.

4.4
4.4.1

User Study
Simulation-informed Study Design

We sought to design a study that would allow us to use the wrist exoskeleton to
accurately determine the JND and Weber Fraction of wrist torque magnitude in
di↵erent movement conditions, using a two-alternative forced choice paradigm. Prior
work with participants seated with a stationary wrist found that wrist torque perception
varied with reference wrist torque magnitude. This occurred for reference torques
ranging from 0.03 N·m to 0.33 N·m, with the result of higher Weber fractions at
smaller reference torque magnitudes [126]. To examine this relationship in our data, we
chose three reference torque magnitudes of 0.1, 0.2, and 0.3 N·m to test in both wrist
flexion and extension. Pilot testing determined that comparison torques equivalent
to 30, 60, 90, 120, 150, and 180% of the reference captured the entire range of the
psychometric curve.
To determine the e↵ect of torque application error on our results and to estimate
an appropriate number of subjects and repetitions per comparison pair, we performed
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Monte Carlo simulations of the two-alternative forced choice experiment both with and
without consideration of wrist exoskeleton error. For these simulations, psychometric
curves collected during pilot testing with ten repetitions each for small, medium, and
large reference torques with six comparisons each were used as ground truth. Using
these ground truth psychometric curves, the experiment was simulated 1000 times.
Human error was taken into account by randomly choosing a torque comparison
response with a probability distribution based on the ground truth psychometric curve
value for each applied change in torque between each reference and comparison pair.
An additional simulation was performed 1000 times where wrist exoskeleton error was
also taken into account by injecting noise into each reference and comparison pair.
The noise was taken from a Gaussian distribution with a standard deviation equivalent
to that characterized in the wrist exoskeleton static benchtop testing (Figure 4.2B).
Because our experimental protocol would be averaging data from a number of
subjects, this was simulated by randomly sampling from the 1000 simulated trials,
both with and without the wrist exoskeleton error, and averaging the results. To
determine a range of expected di↵erences between the results with and without the
wrist exoskeleton error, this sampling of subjects was repeated 100 times. Weber
fractions from all simulated reference torques were grouped together to compare the
distribution between the two simulated conditions.
In investigating the expected outcome from each individual subject, we found
that repeating all possible comparisons 10 times each resulted in high variance in
estimated Weber fraction due to anticipated human perceptual error, with small e↵ects
of exoskeleton torque application error. For the 1000 simulations performed, the wrist
exoskeleton error increased the average Weber fraction by 14%, from 0.208 to 0.237.
We also compared each outcome of each simulation condition with the averaged Weber
fraction from the psychometric curves. The simulations with the human error resulted
in a di↵erence of -4.4% from the averaged ground truth Weber fraction (0.227), and
the simulations with both human and wrist exoskeleton error resulted in a di↵erence
of +8.4%. The standard deviation of the Weber Fraction for each reference in the
simulations was 0.098 without the wrist exoskeleton error and 0.114 with the wrist
exoskeleton error. Figure 4.3A demonstrates the range of simulated Weber fractions
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for one reference torque (0.1 N·m of wrist extension torque), both with and without
the wrist exoskeleton error.
At a study level, with ten participants experiencing all possible comparisons ten
times each, the standard deviation of estimated Weber fraction with wrist exoskeleton
error was less than 6% of the ground truth value. The Weber fractions averaged across
all references and subjects resulted in a standard deviation of 0.011 without wrist
exoskeleton error and 0.013 with wrist exoskeleton error. These standard deviations
are much lower than those for the individual subjects. We also examined the change
in Weber fraction in the group results and found an average increase in Weber fraction
of 13% when wrist exoskeleton error was added, from 0.207 to 0.235. Because the
ground truth Weber fraction was 0.227, this resulted in a di↵erence of -8.9% for the
simulations with human error only and a di↵erence of +3.4% for the simulations
with both human and wrist exoskeleton error. Figure 4.3B demonstrates the range
of resulting simulated Weber fractions when they were averaged across subjects and
references.
Based on these simulations, we conclude that the torque input error in the wrist
exoskeleton error would likely a↵ect our results by artificially increasing the Weber
fractions by a small percentage. However, with ten subjects repeating each reference
and comparison pair ten times, we can still achieve a reliable estimate of wrist torque
perception.

4.4.2

Participants

Ten healthy participants (5 female and 5 male, age 26.9 ± 2.73 years) were recruited
to participate in an experiment using the wrist exoskeleton to determine wrist flexion

and extension torque magnitude perception in di↵erent movement conditions. Prior to
beginning the study, the wrist exoskeleton was fit to each participant by determining
an appropriate width of foam spacers placed between the participant’s forearm and
the wrist exoskeleton, and the Velcro straps were tightened so that the fit was snug but
not uncomfortable. The study was approved by the Stanford University Institutional
Review Board, and all participants provided written informed consent prior to testing.
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Figure 4.3: Simulations determining study design and e↵ect of wrist exoskeleton error. Participants completed two-alternative forced choice just noticeable
di↵erence testing in four conditions, both sitting and walking with a stationary and
oscillating wrist.

4.4.3

Experimental Protocol

Participants performed the two-alternative forced choice paradigm experiment with
the study design determined in Section 4.4.1, where they were presented with a series
of two di↵erent torque stimuli applied with the wrist exoskeleton and asked to choose
which was greater. All comparison testing performed for each reference torque was
done in a block of 60 trials (10 for each reference and comparison pair), and the
presentation order of all reference torques was randomized. The order of each reference
and comparison pair was also randomized. In each presentation, the stimuli were
presented for 1.5 seconds each with a 0.5 second pause in between, and an auditory
cue accompanied the start of each stimulus.
Each participant completed the JND testing described above in the four di↵erent
conditions shown in Figure 4.4: (1) seated and asked to maintain a stationary neutral
wrist angle, (2) seated and asked to oscillate their wrist at a frequency of 1 Hz, (3)
walking at 1.25 m/s and asked to maintain a stationary neutral wrist angle, and (4)
walking at 1.25 m/s and asked to oscillate their wrist at a frequency of 1 Hz. For
the conditions where the participant was asked to oscillate their wrist, they heard a
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metronome at the desired frequency and saw a visual representation of this frequency
on a screen in front of them. The experimenter was able to see the wrist angle output
from the wrist exoskeleton encoder as a function of time throughout the experiment
to ensure that the subjects were able to complete the task during each condition.
An example of the wrist angle and input torque as a function of time for both a
stationary and oscillating wrist condition is shown in Figure 4.5B. In the walking
trials, the participant walked on a treadmill (Bertec, Ohio, US) with a speed of 1.25
m/s that was started and stopped by the experimenter. At the start of each condition,
participants practiced the task required for that condition for one minute before torque
comparisons were presented, and were given at least two practice torque comparison
tests (more if desired) until they felt comfortable beginning the trial.
Because of the mental stamina required for the total of 1,440 comparisons per participant, testing was performed over two separate days, with two movement conditions
performed per day. In addition, two-minute breaks were implemented between blocks,
and participants took a ten-minute break between the two conditions during each day.
The order of each block was semi-randomized so that participants did not complete
two walking conditions in the same day in order to prevent fatigue.

4.4.4

Data Analysis

For each reference torque in each condition, psychometric curves were fit to a cumulative
Gaussian sigmoid function with equal asymptotes using the psignifit toolbox [142].
JND was defined as the torque magnitude di↵erence at which the participant could
identify the correct stimulus with 75% accuracy. Since this occurred at two points
of the psychometric curve (for torque magnitude di↵erences both lower and higher
than the reference), these two points were averaged to calculate the final JND for each
reference. Figure 4.5A shows an example of all JND curves collected for an individual
subject for one movement condition. We also report two additional values determined
from the psychometric curve: (1) the point of subjective equality (PSE), or the torque
magnitude di↵erence at which the participant had an equal likelihood of reporting
that the stimulus was higher or lower, and (2) the lapse rate, or di↵erence in the
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Figure 4.4: Conditions for wrist torque magnitude perception study. Participants completed two-alternative forced choice just noticeable di↵erence testing in
four conditions, both sitting and walking with a stationary and oscillating wrist.
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upper and lower asymptote from 100% accuracy. For each best fit psychometric curve,
we also determined the deviance. This is a goodness-of-fit measure recommended
for binomial data [143] and compares the log likelihood of the sigmoid function
model fit (log(P (data|✓))) to the log likelihood of a model that fits the data perfectly
(P (data|MM ax )), as follows:
D=

2|log(P (data|MM ax ))

log(P (data|✓))]

(4.1)

After using the psychometric curves to determine JND values, these were normalized
by the reference torque to calculate Weber fractions. A three-way analysis of variance
(ANOVA) followed by multiple comparison testing was performed to determine if
the reference magnitude, walking, or wrist motion significantly a↵ected the Weber
Fractions.

4.4.5

Experimental Results

The Weber fractions were significantly a↵ected by walking (F(5,101) =15.04, p= 0.001),
and wrist motion (F(5,101) = 27.98, p<0.001), which both reported higher Weber
fractions compared to the stationary conditions. The interaction terms were not
significant. The reference torque also had a significant a↵ect on the Weber fractions
(F(5,101) =3.96, p=0.002), and multiple comparison testing showed that only conditions
testing reference torques with magnitude of 0.1 N·m while walking with an oscillating
wrist resulted in Weber fractions significantly higher than a number of other conditions.
Figure 4.6A shows the mean and standard deviation of the Weber fraction in each
condition, as well as individual subject datapoints.
Because the Weber fractions were relatively constant across reference torque
values, with the exception of the smallest reference torque tested while walking with
an oscillating wrist, all reference torque results were combined to determine group
averages for each movement condition. Using this group data, it was determined that
wrist motion increased the average Weber fraction by 28.9%, walking increased the
average Weber fraction by 20.7%, and walking with wrist motion increased the average
Weber fraction by 53.1% compared to the seated stationary condition (Figure 4.6B).
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Figure 4.5: Data collected during the JND experimental protocol. A. Example output data from one subject performing one condition (walking with a stationary
wrist), where each datapoint used to fit the psychometric curve is the average of 10
comparison trials. The two JND values where the user reached 75% accuracy are
represented by the dashed lines. These were averaged to obtain the final JND. B.
Example wrist output data plotted during one torque comparison shows the participant
was able to maintain a relatively stationary wrist angle during the stationary wrist
trial and a wrist angle oscillating at the appropriate frequency during the moving
wrist trial.
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Figure 4.6: Weber fractions as a result of di↵erent testing conditions A.
Mean and standard deviation of the Weber fraction from each testing condition
are plotted, where each gray datapoint represents one individual subject. Wrist
movement and walking significantly increased the Weber fractions compared to the
stationary conditions, and lower reference torque magnitudes of 0.1 during the walking
with oscillating wrist conditions resulted in significantly higher Weber fractions. B.
Data with all reference torque conditions grouped together show that all movement
conditions increased Weber fractions compared to the stationary condition.
The median deviance of all 240 psychometric curve fits was 1.88, with a standard
deviation of 1.96. The median PSE for all fits was 0.0026 with a standard deviation of
0.015. The PSE gives us additional confidence in our fits, as we would expect it to be
zero if there was no bias towards wrist flexion or wrist extension, and it is less than
3% of even the smallest reference torque value. The median lapse rate was 3.73 ⇤ 10

7

with a standard deviation of 0.0164, indicating that for the vast majority of the trials,
subjects were able to identify the comparison torques furthest from the reference with
nearly 100% accuracy.
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Discussion

The objective of this chapter was to quantify wrist torque magnitude perception during
upper and lower extremity motion and compare this to perception while stationary. In
order to do this, we built a wearable wrist exoskeleton capable of accurately sensing
wrist angle and providing up to 1 N·m of continuous wrist flexion and extension torque.
Using two di↵erent benchtop tests, we determined that the wrist exoskeleton was able
to transmit torques with an RMS error of 0.0258 N·m and a median error of 7.48%.
We used this error characterization to design a study protocol that would allow us
to accurately determine Weber fractions to characterize wrist torque perception. We
performed a two-alternative forced choice experiment where we tested small, medium,
and large reference torques in flexion and extension while the user was both sitting
and walking with a stationary and oscillating wrist to determine Weber fractions. We
found that both walking and wrist motion both reduced people’s ability to perceive
di↵erences in wrist torque.
The results supported our hypothesis that wrist torque magnitude perception
would decrease while walking versus when seated. This is an important consideration
in the design of future wearable haptic devices seeking to provide torque feedback while
the user is participating in activities of daily living. Although we only investigated
wrist perception in this study, it is likely that walking could also a↵ect perception at
other joints or areas of the body. Future work should investigate whether the e↵ect
of walking on perception is fairly consistent across haptic modalities and stimulation
location.
Our hypothesis that wrist motion would increase perceptual abilities compared to
a stationary wrist was not supported by the data. Prior work suggests that active
movement can increase proprioceptive abilities [136]. However, the task of oscillating
the wrist at a certain frequency required mental e↵ort that likely distracted the
subjects, as the majority of the subjects qualitatively reported that they thought the
task of oscillating their wrist at a given frequency was challenging. Since we only
provided one minute of practice for a given task before starting the perceptual testing,
it is possible that increased training time could decrease the mental e↵ort required for
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this task, which may result in better proprioceptive capabilities.
Finally, previous work reported that smaller reference torques would result in
worse perception was partially supported by our results. Reference torque was found
to have a significant a↵ect on perception, although the only two conditions that were
significantly di↵erent occurred at the smallest reference torque magnitudes during
walking with an oscillating wrist. In general, although we did see a slight overall
trend towards worse perception at smaller reference torques, the di↵erences that we
saw were slight compared to prior work that found an almost four-fold increase in
Weber fraction when decreasing the reference torque from large to small with similar
magnitudes used in our study [126]. Interestingly, another prior study measuring wrist
force perception during wrist motion also found much more consistent Weber fractions
across reference magnitudes [132].
Our simulations on the e↵ect of torque error on resulting JND and Weber fractions
could o↵er some explanation for this discrepancy. Results from these simulations with
ten repetitions for each reference and comparison pair show that even the relatively
small magnitudes of torque error in our device (RMSE <0.03 N·m) increased the
resulting Weber fractions by approximately 13%. Since this protocol is typical for
psychophysical studies characterizing haptic perception, these simulations demonstrate
the importance of quantifying the input error in haptic devices and suggest that
outcomes of psychophysical studies may be artificially larger than their true values.
One limitation to this study was the lack of uniformity of the wrist motion.
Participants were instructed to keep the wrist in a consistent, neutral position for
the stationary wrist conditions, but some were better at this than others, with some
participants having difficulty resisting the larger torque magnitudes to keep their wrist
in a neutral position. For the moving wrist conditions, we instructed the subjects
to oscillate their wrist at a given frequency in order to increase uniformity, and the
experimenter was able to monitor the wrist angle data in real-time to determine that
the subjects were completing this task fairly accurately. However, we did not specify
an amplitude for these oscillations, and subjects chose a variety of di↵erent amplitudes.
Future work could investigate the e↵ect of di↵erent types of wrist motion on resulting
perception.
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Finally, it is possible that the design of the wrist exoskeleton caused some bias in
perception of wrist flexion and extension torque. The highest Weber fractions (worse
perception) occurred at the smallest reference torque magnitudes while walking and
oscillating the wrist. Of these two conditions, wrist flexion resulted in the largest
Weber fraction. However, it should be noted that the wrist exoskeleton was not
uniform on the palmar versus dorsal side. The hand was secured on the palmar
side with a palm plate consisting of rigid 3D-printed PLA, and a compliant Velcro
strap on the dorsal side. For this reason, it may have been easier for participants
to perceive wrist extension torque, because the resultant forces pushing against the
hand were applied by a rigid versus compliant body. However, the palmar side of
the hand also consists of glabrous skin, which is known to have better perceptual
capabilities than hairy skin [144], due to an increased density of myelinated a↵erent
touch receptors [145]. Because force would be applied on the dorsal side of the hand
with hairy skin during wrist flexion, this could contribute to di↵erences in perception
as well.

4.6

Conclusion

This chapter describes the design of a novel wearable wrist exoskeleton that can apply
continuous wrist flexion and extension torque. Because we are interested in using this
wrist exoskeleton to provide haptic feedback during teleoperation and while walking,
we perform psychophysical tests to quantify wrist torque magnitude perception during
di↵erent relevant movement conditions of the upper and lower extremity. Although
we did find that walking and wrist motion decreased wrist perception, our results
indicate that users were generally able to perceive torque magnitude di↵erences of
12-19%, across di↵erent reference torque magnitudes and conditions, which is better
overall perception than previously reported. Simulations investigating the e↵ect of
wrist exoskeleton error indicate that larger device input error may result in artificially
high Weber fractions.
In the following chapter, we use the wrist exoskeleton design from this chapter to
develop a bilateral teleoperation system that allows a user with transtibial amputation
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to both control and receive sensory feedback from their ankle-foot prosthesis. To assess
the efficacy of the system, it is important to characterize both the human and device
control error. We use the static benchtop tests for the wrist exoskeleton described
in this chapter and also develop dynamic benchtop tests for all system components.
In addition, we refer to the human perception characterization from this chapter to
assess the efficacy of the sensory feedback, as well as to characterize the ability of the
user to control the system.

Chapter 5
Sensorimotor Prosthesis Control
with Wrist
Summary
We aimed to develop a system for people with amputation that non-invasively restores
missing control and sensory information for an ankle-foot prosthesis. In our approach,
a wrist exoskeleton allows people with amputation to control and receive feedback
from their prosthetic ankle via teleoperation. We implemented two control schemes:
position control with haptic feedback of ankle torque at the wrist; and torque control
that allows the user to modify a baseline torque profile by moving their wrist against a
virtual spring. We measured tracking error and frequency response for the ankle-foot
prosthesis and the wrist exoskeleton. To demonstrate feasibility and evaluate system
performance, we conducted an experiment in which one participant with a transtibial
amputation tracked desired wrist trajectories during walking, while we measured
wrist and ankle response. Benchtop testing demonstrated that for relevant walking
frequencies, system error was below human perceptual error. During the walking
experiment, the participant was able to voluntarily follow di↵erent wrist trajectories
with an average RMS error of 1.55 after training. The ankle was also able to track
desired trajectories below human perceptual error for both position control (RMSE =
0.8 ) and torque control (RMSE = 8.4%). We present a system that allows a user with
85
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amputation to control an ankle-foot prosthesis and receive feedback about its state
using a wrist exoskeleton, with accuracy comparable to biological neuromotor control.
This bilateral teleoperation system enables novel prosthesis control and feedback
strategies that could improve prosthesis control and aid motor learning.
This chapter is adapted from Welker C.G., Chiu V.L., Voloshina A.S., Collins
S.H., and Okamura A.M., 2020, “Teleoperation of an Ankle-Foot Prosthesis with
a Wrist Exoskeleton,” IEEE Transactions on Biomedical Engineering, 68(5): pp.
1714-1725 [115]. My specific contributions to this work (completed independently or in
collaboration with co-authors named above) include: developing the control strategies,
designing and conducting benchtop testing, designing and conducting pilot testing,
analyzing collected data, and preparing and editing the manuscript.

5.1

Introduction

Lower limb loss disrupts not only normal motor function, but also many sensory
pathways. The human ankle, for example, is a complex joint comprised of muscle
actuators and their attachments, in addition to sensory components, including muscle
spindles and Golgi Tendon organs that relay information about the orientation and
force production at the joint. Inputs to and from the central nervous system are also
important, as the brain receives a copy of motor commands sent to the muscles to
more accurately predict where the joint is in space [146]. An internal model then
maps motor commands to expected sensory consequences [147].
Despite the complex interplay between sensorimotor commands in the biological
ankle, most commercial ankle-foot prostheses focus primarily on restoring motor
function to the user and lack sensory feedback from the joint. Recently, it has been
shown that sensory feedback from a prosthestic limb can allow the user to experience
more ownership of their limb [18], as well as reduce task times, metabolic cost, and
phantom limb pain [19, 20]. The sensory feedback provided in these studies is typically
either in the form of simplistic binary cues, such as vibrotactile [18] or electrocutaneous
stimulation [19], or invasive surgical procedures [20,21]. Because there is evidence that
continuous feedback can result in reduced task times compared to binary feedback [148],
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and surgical options are expensive and invasive, there is room for development of new
nonsurgical, continuous feedback methods for these devices. This type of feedback
may be beneficial for the user long-term, and also allows us to design studies to learn
more about sensory pathways of people with amputation. This type of feedback has
been investigated for prosthetic hands by transmitting torque to a user’s elbow [149]
or force to a user’s toes [150], but limited work has been done with lower extremity
prostheses.
In addition to the lack of sensory feedback provided by the majority of lower limb
prostheses, most commercial devices are passive and therefore lack the ability to provide
the net work or power that the biological ankle provides during walking. Several
powered ankle-foot prostheses exist, and one has been shown to reduce the metabolic
cost of walking under some circumstances [7, 151], but how best to control them
remains an open question. Usually these devices attempt to mimic typical behavior of
an intact ankle during walking. There is reason to believe that customization could
improve on this control, because studies using human-in-the-loop optimization in
healthy individuals have shown that small individualized changes in kinematics or
kinetics of an exoskeleton can result in large changes in metabolic cost [152]. However,
pilot studies using a similar approach to optimize prosthesis parameters have resulted
in negligible changes in metabolic cost [74]. Perhaps sensory feedback, with the
addition of volitional control, is necessary for adaptation to these controllers.
Few studies have examined the benefits of providing the user with direct control
over the movement of their lower limb prosthesis. Several surgical procedures, including
targeted muscle reinnervation [153] and agonist-antagonist myoneural interfaces [154],
show promise to improve control of prostheses in pilot studies, but these are invasive and
expensive. The use of electromyography (EMG) from residual limb muscles as an input
to the command signal for lower limb prostheses has also been tested [155, 156, 157].
However, lower limb EMG requires placing sensors directly on muscles being loaded
during walking, many of which are inside the prosthetic socket. This exacerbates signal
disturbances such as changes in electrode position or loss of electrode-skin contact.
The signal thereby degrades over time; existing systems must either be recalibrated
or detect the signal degradation over time so they can revert to intent recognition
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through mechanical means [158, 159].
Teleoperation has been demonstrated as a highly e↵ective way for people to directly
control robotic devices when autonomy is not sufficient for the application [160].
Teleoperation allows for various combinations of force and position control pathways
and feedback, and requirements for system stability are now well known [161, 162].
Studies have shown that teleoperation is e↵ective in applications for upper-limb
prostheses [163], in robot-assisted surgical systems [164, 165], and for rehabilitation,
with information crossing between limbs [166]. Di↵erent modes of control are used
in these applications, but all typically use rigid end-e↵ectors with non-backdrivable
actuation for both the manipulandum and the remote robot. Teleoperation of lowerlimb exoskeletons has been investigated, but only in a virtual environment [167]. We
propose to use a wrist exoskeleton to both teleoperate and receive sensory feedback
about the state of a prosthetic ankle while walking (Figure 5.1). Such a system would
allow us to answer scientific questions about sensory feedback and control for people
with transtibial amputation and has the potential to improve user performance in
terms of walking speed, balance, energy expenditure, and phantom limb pain.
The contributions of this chapter are: (1) the development of control strategies
for a novel teleoperation system that accounts for prosthesis actuator compliance and
uncertainty in applied forces due to variations in the user’s gait, (2) benchtop tests
characterizing the dynamic behavior of the wrist exoskeleton and ankle prosthesis, and
(3) a feasibility study with a participant with amputation, quantifying the behavior of
the system and the ability of the participant to voluntarily modulate ankle movements
using the wrist exoskeleton during gait. Each contribution is addressed in further
detail in the following sections.

5.2

System Design and Control

Our system consists of an ankle-foot prosthesis emulator powered by o↵-board motors,
a wrist exoskeleton, and a computer to control both devices (Figure 5.2A). The anklefoot prosthesis emulator was previously designed and tested [106] (Figure 5.2B) and
interfaced with the one-degree-of-freedom wrist exoskeleton discussed in the previous
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Figure 5.1: Wrist exoskeleton teleoperation hypothesis. The wrist exoskeleton
allows the user to control the ankle prosthesis, as well as receive augmented sensory
feedback about state of the ankle prosthesis, mimicking the control-feedback loop
present in the unimpaired ankle. This augmented information being sent to the brain
through the central nervous system (CNS) could allow the user to develop an internal
model about the state of the ankle prosthesis and be able to better predict its behavior.
©2020 IEEE [115]
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chapter (Figure 4.1,5.2C). Although there are many approaches that we could have
taken to enable direct control, we chose the wrist for multiple reasons. First, the wrist
joint in the arm is analogous to the ankle joint in the leg, and these joints have been
shown to be linked in both interlimb reflexes [168] and brain activity [169]. Because
of this neural coupling, we expected the wrist to facilitate more intuitive control than
other upper-extremity joints. Controlling the prosthesis using the elbow or shoulder
would likely disrupt arm swing, which is important for efficient gait [170]. Controlling
the prosthesis using the hand or fingers could make the device less practical, and such
mechanisms have proven difficult for participants to use to control exoskeletons [171].
With this in mind, we chose to design an exoskeleton controlled by wrist movement.
There are several di↵erent strategies that could be used to control the ankle
prosthesis with the wrist exoskeleton. Because we were unsure how well users would be
able to successfully manipulate the ankle prosthesis if given full control, we developed
two di↵erent control schemes. The first used direct position control with torque
feedback, giving the user as much direct control and sensory information about the
ankle prosthesis as possible, but possibly making control more challenging. The
second used torque control with a virtual spring, allowing the prosthesis to behave
semi-autonomously, enabling the user to alter its behavior with the wrist exoskeleton.
We developed and tested the low-level controllers necessary to make these two control
schemes possible. Figure 5.3 provides an overview of the controllers tested, and Table
5.1 provides a description for the symbols used in the following section.All control was
done with a real-time target machine (Speedgoat, Switzerland) sampling at 1000 Hz.

5.2.1

Position Control with Torque Feedback

In this control scheme, the user controls the position of the ankle using the wrist
to provide the reference input, while simultaneously receiving torque feedback from
the ankle. Therefore, the user receives proprioceptive feedback about the angular
position of the ankle via their wrist proprioception, in addition to feedback at the
wrist regarding the ankle torque.
The ankle prosthesis has three degrees of freedom (the heel and two toes), while

CHAPTER 5. SENSORIMOTOR PROSTHESIS CONTROL WITH WRIST

A

Wrist
Exoskeleton

Universal Emulator
Computer

91

Motors

Bowden Cables
Prosthesis
End-Effector
Data
Cable

B

C

Figure 5.2: Hardware used for experimental setup. A. Schematic of the system
containing the ankle-prosthesis emulator with o↵-board motors, the wrist exoskeleton,
the user, and the computer that runs the controller. B. The three-degree-of-freedom
ankle-foot prosthesis end e↵ector used for the experiment. C. The one-degree-offreedom wrist exoskeleton used for the experiment. Adapted from: [115]
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Figure 5.3: Control block diagrams of both control schemes. The diagrams
are simplified to only show the control of one of the three ankle prosthesis digits. A.
In position control, the user directly controls the position of the prosthesis (Prosth)
with the wrist exoskeleton (Exo). This is accomplished by transforming the measured
wrist position to a desired prosthesis angle and then to a desired position of the motor
drum that controls the Bowden cables, using model-based and model-free corrections.
When haptic feedback is provided, a scaled version of the ankle prosthesis torque is fed
back to the wrist exoskeleton for both controller types. B. In torque control, the user
exerts force against a virtual spring in the wrist exoskeleton, which is transformed to
an ankle torque added to the torque from a separate virtual spring at the prosthesis.
©2020 IEEE [115]
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des
⌧digit
error
⌧digit

93

Desired prosthesis digit torque
Error between desired and measured prosthesis digit torque

Table 5.1: Variables and parameters for teleoperation control schemes.
Variables and parameters used to describe both control schemes are defined.
the user only commands one degree of freedom, so the user’s wrist angle is mapped to
a single commanded ankle angle. The wrist position command is first converted to
a commanded ankle angle by multiplying by a scaling factor, ↵, because the typical
range of motion of the wrist is much larger than the range of motion of the ankle.
Wrist extension corresponds to ankle dorsiflexion, and wrist flexion corresponds to
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ankle plantarflexion, as shown in Figure 5.4A. This commanded ankle angle is then
translated to angular positions for each of the digits, using two additional constraints
on the position: (1) a set o↵set between the two toe digits, and (2) a set overall height
for the prosthesis, approximately equal to the height of the intact ankle joint of the
user with amputation. Both the toe o↵set and the fixed height are determined with
the help of a prosthetist during an initial evaluation session.
The desired angle for each digit of the prosthesis is then computed and translated
cmd
into a desired position of the prosthesis motor drum, ✓pm
, which dictates the length of

the Bowden cable controlling the prosthesis digit. Using the relationship between the
radius of the prosthesis digit and the radius of the motor drum, along with the initial
voltage commanded at a starting position, we determine the input voltage required
to reach a desired position. The e↵ect of elasticity of the Bowden cables and forces
applied at the digits as the user walks on the prosthesis is compensated for using two
correction terms: model-based and model-free. The model-based term treats each
Bowden cable as a simple spring, resulting in a linear relationship between forces
applied at the digits and position errors. Therefore, the correction term of kc ⌧digit is
added to the desired motor position. Because the simple linear model does not capture
all errors, a second term provides model-free correction based on iterative learning.
This additional learning term calculates an average of the errors (e) accumulated at
each timepoint in the gait cycle, which are used to apply a correction at each of those
timepoints plus a pre-determined time delay throughout the gait cycle, multiplied by
a learning gain, kL . This iterative learning approach has been previously described
and implemented in cyclic walking tasks [106, 152]. The following control equation is
used for the position control of the ankle prosthesis at each digit:
cmd
des
error
✓pm
= ✓pm
+ kc ⌧digit + kL e(t + tdelay )✓digit

(5.1)

The wrist exoskeleton motor (em) can also receive scaled torque feedback from the
ankle. The reaction torque resulting from forces on the toes in ankle plantarflexion is
translated to a wrist extension torque, while the reaction torque resulting from greater
forces on the heel is translated to a wrist flexion torque, as shown in Figure 5.4B. To
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Figure 5.4: Mechanisms of position control and torque feedback. The
mechanisms of position control and torque feedback are demonstrated above, with
forces and torques displayed in solid lines and resulting changes in position in dashed
lines. A. In position control, wrist extension results in ankle dorsiflexion by reeling
in the Bowden cable connected to the heel of the prosthesis, resulting in downward
motion of the heel. Wrist flexion results in ankle plantarflexion by reeling in the cables
connected to the front toes of the prosthesis, resulting in downward motion of the
toes. B. Ankle plantarflexion reaction torque produces greater forces on the toes of
the prosthesis. To produce the torque feedback, the ankle plantarflexion reaction
torque results in the wrist exoskeleton motor being driven clockwise to produce a
wrist extension torque, generating an upward motion at the palm plate. In contrast,
the ankle dorsiflexion reaction torque results in the wrist exoskeleton motor being
driven counterclockwise, generating a downward motion at the palm plate. ©2020
IEEE [115]
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transmit this torque, we use a simple proportional gain with a scaling factor of kt ,
to account for large torques at the ankle that would be unsafe and uncomfortable to
transmit to the wrist, and a scaling factor of
cmd
⌧em
=

rem
rc

to account for the capstan gear ratio:

rem
kt ⌧prosth
rc

(5.2)

Because similar high-quality haptic devices have been shown to be e↵ective in openloop control [172], we use open-loop control for this feedback system after completing
benchtop testing to ensure torque display accuracy similar to human torque perception
accuracy.
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Figure 5.5: Results from dynamic benchtop testing of all system components. Results from benchtop testing of both the ankle prosthesis and the wrist
exoskeleton in each control mode: ankle prosthesis torque, ankle prosthesis position,
and wrist exoskeleton torque. A. The majority of the frequency content in walking
is below 6 Hz, and a sample trace at this frequency shows that the output signals
track the desired curve with reasonable accuracy. B. Bode plots demonstrate that the
bandwidth of each system is greater than 6 Hz. ©2020 IEEE [115]
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Torque Control with Virtual Spring

In this control scheme, the ankle prosthesis tracks a simple spring controller, while the
user has the ability to modulate ankle prosthesis torque using the wrist. The following
control law dictates the behavior of the ankle prosthesis:
des
⌧prosth
= ks ✓prosth + ka ✓wrist

(5.3)

The ks gain determines the sti↵ness of the spring that governs the baseline motion of
the ankle prosthesis, while the ka gain determines the magnitude of the additional
torque added or subtracted by the motion of the user.
The low-level control of each digit of the prosthesis consists of a proportional
feedback term in velocity control. This is governed by the following equation:
cmd
error
✓˙pm
= kp ⌧digit

(5.4)

The haptic feedback provided in this control mode is a virtual spring implemented
at the wrist, which provides increasing torque to the wrist as the wrist is driven further
from the zero position. This allows the user to feel a scaled version of the torque that
they are adding or subtracting from the device, and demonstrates where the neutral
position of the wrist exoskeleton lies. This virtual spring is governed by the following
equation:
c
⌧des
=

5.3

kw ✓wrist

(5.5)

Benchtop Testing

We performed benchtop testing of the behavior of both the wrist exoskeleton and
ankle prosthesis when controlled as described in Section III. In the previous chapter,
we characterized the torque input error of the wrist exoskeleton during static testing
conditions, and in this chapter we further characterize the dynamic response. We also
perform novel static and dynamic testing of the ankle prosthesis in position control.
The static and dynamic torque response of the ankle prosthesis emulator had been
previously characterized [106], but we present it here as well for comparison.
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Our target goals for control accuracy were as follows: (1) static accuracy within
the threshold for human perception, and (2) dynamic accuracy within the threshold
of human perception for input frequencies under 6 Hz. We chose 6 Hz because the
majority of the frequency content is below this threshold during walking [173]. Because
of this design goal, we present a sample trace of the input and output values at this
frequency (Figure 5.5A), in addition to dynamic accuracy plots across all tested
frequencies (Figure 5.5B).
To set target thresholds, we used human perception data from literature. Ankle
proprioceptive errors have been reported to be 2.3° [174]. We characterized static wrist
torque perception as a function of input torque magnitude in the previous chapter,
which we found to be between 15 and 27% while the user was walking and moving
their wrist, depending on the input reference torque. To our knowledge, no one has
directly examined the JND for ankle plantarflexion and dorsiflexion torque. However,
it has been shown that humans can reliably detect sti↵ness changes of greater than
12% at the ankle [175], so we use 12% of the maximum applied torque as our target
for ankle torque perception.
Input frequencies up to 10 Hz were tested in increments of 0.25 Hz, except for
the previously characterized ankle prosthesis torque, which was tested in increments
of 1 Hz. Each frequency was commanded for 3 seconds, and the output was fit to
a sine wave. The resulting amplitude and phase shift were used to generate a Bode
plot. We define bandwidth as the lowest frequency during which the amplitude ratio
drops below

3 dB or the phase margin exceeds 150°. In order to provide the most

conservative estimate of performance, iterative learning was not used during benchtop
testing.

5.3.1

Torque Response of Ankle Prosthesis Emulator

For torque response testing of the ankle prosthesis emulator, the end-e↵ector was fixed
in a rigid frame to prevent movement, as described in [106]. Although the testing for
each digit was performed separately, the responses of all digits were identical, and
therefore only one result is shown for each test. Measurement error was evaluated by
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comparing known applied torque to torque measured by the prosthesis emulator using
strain gauges. Root-mean-square (RMS) measurement error was 1.7 N·m. Because
the maximum torque applied during benchtop testing was 15 N·m, this resulted in an
error of 3.4%, less than our target of 12%. Up to 10 Hz, the magnitude and frequency
response of the system had high fidelity, with the magnitude response degrading by
less than 1 decibel and the phase lagging by less then 50° (Figure 5B). The response
to a 6 Hz input is shown in Figure 5A.

5.3.2

Position response of ankle prosthesis emulator

For all position response characterization tests, the prosthesis was fixed in midair so
that all digits could move freely. As described in Section III, a position input combined
with a set height was used to command all three digits simultaneously to result in an
overall ankle angle proportional to the input. The proportional and derivative gains
were held constant during all tests. Based on these calculations, we determined the
position control bandwidth to be greater than 10 Hz, which exceeds our target of 6 Hz
(Figure 5B). The response to a 6 Hz input is shown in Figure 5A. To find the position
sensing accuracy of the ankle prosthesis, we used the accuracy of the RM08 encoders
on each digit, which have a resolution of 0.18°, less than human proprioceptive error
of 2.3°.

5.3.3

Torque Response of Wrist Exoskeleton

Static benchtop tests from the previous chapter revealed a median 7.48% error, which
is less than human wrist torque perceptual error that we experimentally determined to
be between 12-19% while walking and moving the wrist. The novel open-loop torque
frequency response test was conducted using an external 6-axis Nano17 force/torque
sensor (ATI Industrial Automation, North Carolina, USA). To conduct this test, a
separate wrist exoskeleton was built identical to the original, but which housed a
force/torque sensor instead of the encoder in the opposite joint to the capstan drive.
The main frame of the wrist exoskeleton was grounded in order to minimize movement
during testing. In the range of our testing frequencies, we did not reach the bandwidth
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Figure 5.6: Training and testing protocols for each type of control. Training
trials allowed the participant to practice each type of control while seated or standing
before walking. All trials lasted 5 minutes, and two di↵erent trajectories were provided
for each training or testing condition. ©2020 IEEE [115]
of the system (Figure 5.5B). The Bode plot revealed an increasing magnitude response
while the phase decreases. Based on the behavior of similar haptic devices with
capstan drive mechanisms [176], we expect that the increasing magnitude is a result
of approaching the resonant frequency of the device, after which the magnitude would
decrease. The response to a 6 Hz input is shown in Figure 5.5A.

5.4

Walking Trial

We recruited one participant with a left-foot transtibial amputation (male, 44 years
old, 2 years post-amputation) to walk with the devices on a treadmill (Bertec, Ohio,
USA). The participant used the wrist exoskeleton on his right wrist to control the
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ankle-foot prosthesis on the contralateral leg in both position control and torque
control. In this pilot experiment, we were interested in (1) the accuracy with which
our system was able to control desired ankle angle or torque during walking, and (2)
the accuracy with which the participant was able to command desired wrist angle. It
has been previously demonstrated that humans can use real-time visual feedback to
modulate their gait patterns [177, 178] and upper extremity movement [179]. However,
studies instructing subjects to modulate their gait typically provide cues in the form of
binary feedback, and studies in the upper extremity typically occur while participants
are seated. Therefore, we measured how well the participant could follow specific
continuous wrist trajectories in real-time while walking. Prior to testing, the ankle-foot
prosthesis was fit to the participant by a licensed prosthetist. All tests were done
following a protocol approved by the Institutional Review Board at Stanford University,
and the participant gave written informed consent.

5.4.1

Experimental Protocol

Training and testing for the experiment was completed over the course of two days.
On the first day of the experiment, the participant acclimated to the system, then
we tested torque control. The position controller was tested on the second day. For
each type of control, the participant completed multiple training trials to practice
teleoperating the ankle while seated or standing before walking. In addition, for the
position control condition, he first completed training and testing trials without haptic
feedback before haptic feedback was added, both to allow the user to acclimate to
the control first and to compare the system behavior with and without the feedback.
During each training or testing block, the participant completed two trials of five
minutes each, following two separate wrist trajectories, explained in further detail
in Section VB. An overview of the training and testing completed for each type of
control is shown in Figure 5.6. During all walking trials, the participant was allowed
to self-select his walking speed, which was between 0.8 m/s and 1.0 m/s across both
days.
Iterative learning was turned on only in the last 90 seconds of the position control
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walking trials. We allowed the participant to first walk without iterative learning in
order to establish consistent cyclic errors, and found that 3.5 minutes allowed the
participant to achieve a consistent desired wrist, and thus ankle, trajectory. This
allowed for e↵ective error compensation using iterative learning. All trials were
successfully completed for the full 5-minute duration except for the position control
trial with active push-o↵ and no haptic feedback. This trial produced spikes in the
torque profile and was ended 30 seconds early due to subject discomfort.

5.4.2

Real-Time Feedback

In order to demonstrate that the participant was able to command di↵erent ankle
trajectories with his wrist, we provided two di↵erent trajectories for him to follow in
each training and testing condition. In all conditions, the user was able to see the
desired wrist trajectory and the real-time wrist angle displayed on a 37-inch screen
placed in front of him. We chose to display the desired wrist trajectory instead of the
desired prosthesis trajectory in order to separate the human error between desired and
realized wrist motion from the error in the mechanical system (between desired ankle
prosthesis angle or torque and realized angle or torque). For each trial, we measured
the root mean square error between the desired and measured wrist trajectory.
The desired wrist trajectories given for the training conditions were di↵erent from
the test conditions, both in pattern and mechanics of how they were displayed. In all
training trials where the subject was seated or standing, the desired trajectories were
sine waves of various amplitudes and frequencies. The horizontal axis of the displayed
graph was based on time, and so the real-time feedback to the subject about the
current state of the wrist was reset after a set time period. The desired trajectories
for the walking trials were based on previously published kinematic data from people
without amputation [180]. For the position control conditions, we chose one trajectory
emulating passive walking and another emulating active push-o↵. The horizontal axis
used for position control was percent gait cycle, and the graph reset once a new heel
strike was detected. For torque control, the user only had control of the ankle during
the stance phase, so percent stance was used as the horizontal axis in the real-time
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Figure 5.7: RMS error for wrist position and ankle prosthesis state. Average
and standard deviation of RMS error for wrist position (A) and ankle prosthesis state
(B) are shown. These are compared with human wrist proprioceptive or kinesthetic
errors from literature. A. When torque control was tested on Day 1, wrist RMS errors
were higher than wrist proprioceptive errors. However, by Day 2, when position control
was tested, RMS error both without haptic feedback and with haptic feedback was
significantly less than wrist proprioceptive error. B. Ankle prosthesis position error
and ankle prosthesis percent torque error was significantly less than human perceptive
errors during all torque control and position control trials. ©2020 IEEE [115]
feedback plot. Similarly to position control, two trajectories were chosen with di↵ering
amounts of ankle plantarflexion torque during push-o↵: one in which the user removed
plantarflexion torque during push-o↵, and one in which the user injected additional
platarflexion torque during push-o↵.

5.4.3

Analysis

For both human wrist error and system ankle-prosthesis error, we were interested in
the root mean square (RMS) error for each gait cycle in the last 30 seconds of each
trial. In order to obtain an equal number of gait cycles for comparison between trials,
we identified the trial that contained the fewest number of gait cycles in the last 30
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seconds, and only included the average RMS error for this number of gait cycles for
the other trials as well. For each trial, we performed a one-sided t-test comparing
the RMS errors from the end of the trial to the average human proprioceptive or
kinesthetic error taken from literature, as described in Section IV for human wrist
proprioceptive error and human ankle torque perception. In addition, although ankle
proprioception is not directly comparable because the participant is not sensing ankle
angle, we use the average human ankle proprioceptive error as a comparison to provide
a benchmark for our ankle error in position control.

5.4.4

Results

Human Wrist Control
The average and standard deviation of RMS error in wrist position for the end of each
testing trial is shown in Figure 5.7A. During the torque control condition, which was
tested on the first day, wrist RMS error was greater than human wrist proprioceptive
error for both trials. However, average RMS errors during all position control trials
tested on the second day, both without haptic feedback and with haptic feedback,
were significantly less than human wrist proprioceptive error (Position Control with
No Haptics and Less Plantarflexion: p = 1.18 ⇥ 10 8 , Position Control with No
Haptics More Plantarflexion: p = 6.04 ⇥ 10 9 ; Position Control with Haptics and
Less Plantarflexion: p = 1.25 ⇥ 10
Plantarflexion: p = 4.10 ⇥ 10

14

14

, Position Control with Haptics and More

). We hypothesize that the discrepancy between the

two types of control is due to the subject having additional training with the system
by the second day, instead of some inherent di↵erence between the two types of control
or trajectories provided. In addition to the grouped data, individual and averaged
wrist angle traces for all gait cycles at the end of each trial are shown for position
control (Figure 5.8) and torque control (Figure 5.9).
Prosthesis Position Control
As shown in Figure 5.7B, RMS error between commanded and realized ankle angle
in all position control trials was significantly less than human ankle proprioceptive
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Figure 5.8: Position control condition results. Angle and torque of the wrist
exoskeleton and ankle prosthesis for each position control condition is shown.. These
representative data are from the final 30 seconds of trials in which the target trajectory
was most similar to biological gait. For each condition, desired wrist trajectory,
wrist position, and ankle position are shown in the top plot, and ankle torque and
commanded wrist torque are shown in the bottom plot. Because we used the previously
characterized wrist exoskeleton properties to estimate wrist torque, the commanded
wrist torque in the haptic feedback conditions exactly matches the scaled version of
the ankle torque, and for this reason the traces of the wrist torque are not visible.
©2020 IEEE [115]
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error (Position Control with No Haptics and Less Plantarflexion: p = 2.72 ⇥ 10
Position Control with No Haptics and More Plantarflexion: p = 3.06 ⇥ 10
Control with Haptics and Less Plantarflexion: p = 9.58 ⇥ 10

with Haptics and More Plantarflexion: p = 6.53 ⇥ 10

19

23

16

12

,

; Position

, Position Control

). Figure 5.8 shows that

although the commanded ankle angles followed similar trajectories for each trial in the
haptic feedback and no haptic feedback conditions, the resulting ankle torques were
qualitatively quite di↵erent. In addition, small oscillations are seen in the ankle torque
profiles, particularly with the active push-o↵ trajectory. Future work will investigate
the cause of these oscillations to mitigate them.
Prosthesis Torque Control
For the torque control trials, Figure 5.9 shows the desired and measured wrist trajectories, in addition to the resulting ankle torque and position. These data are shown for
both trials, with more or less plantarflexion torque. As expected, when the participant
commands more plantarflexion torque during push-o↵, the maximum average ankle
plantarflexion angle changes from

3.2° to 5.9° and the average maximum torque

increases, from 88.3 N·m to 102.5 N·m. This demonstrates that the participant was
able to alter the torque trajectory of the ankle. Error in ankle torque tracking results
in an ankle torque that is less than commanded at push-o↵ for the trial commanding
greater plantarflexion torque. The average RMS error between commanded and measured ankle torque as a percentage of the maximum ankle torque is 8.15% for the trial
with less plantarflexion and 8.59% for the trial with more plantarflexion. As shown in
Figure 5.7B, both of these values are significantly less than the human ankle error
threshold for sti↵ness perception of 12% [175] (Less Plantarflexion: p = 2.18 ⇥ 10
More Plantarflexion: p = 3.09 ⇥ 10

5.5

72

64

,

).

Discussion

We developed a system that allows a user with a transtibial amputation to teleoperate
their ankle-foot prosthesis and receive haptic feedback about the state of the prosthesis.
A wrist exoskeleton senses wrist angle and implements wrist torque up to 1 Nm. Two
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Figure 5.9: Torque control condition results. Data from the torque control
condition is shown, with the trial corresponding to less plantarflexion on the left and
the trial corresponding to more plantarflexion on the right. The top row shows the
desired and realized wrist trajectories, the middle row shows the commanded and
measured torque from the prosthesis, and the bottom row shows the ankle position.
The two trajectories produced di↵erent torque trajectories, although there was some
error between desired and measured torque. ©2020 IEEE [115]
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di↵erent teleoperation schemes allow the wrist exoskeleton to interface with the ankle
prosthesis. The first directly controls the ankle prosthesis angle and receives scaled
wrist torques from the prosthesis. The second modifies a spring-like torque trajectory
with the wrist and receives haptic feedback proportional to the torque that the user
inputs or removes from the system. A person with a transtibial amputation was able
to e↵ectively use the wrist exoskeleton to teleoperate the ankle prosthesis in real time
using these control schemes.
Of the two control schemes tested, the position control provides the user with more
information because they are able to feel a scaled version of the ground reaction torque
from the prosthesis at their wrist, in addition to using their intact wrist proprioception
to estimate ankle angle. However, because the ankle prosthesis follows a scaled version
of the wrist angle, the wrist movement needed to generate an ankle trajectory similar
to the biological ankle is complex. which may result in greater cognitive load for the
user. In contrast, the torque control scheme does not provide the user with as much
information. The ankle prosthesis has a baseline behavior of a passive spring, and the
user can inject or remove torque from this behavior via wrist movement. Because of
the virtual spring at the wrist, the user can feel a scaled version of the torque that they
are injecting or removing, but does not have a concrete representation of the overall
torque or ankle position at any instant in time. While the user does not have as much
information, the wrist trajectories required to generate a natural ankle trajectory can
be much simpler. In future work, functional gait metrics should be measured with the
control approaches we have developed, as well as haptic feedback alone, to examine
their individual e↵ects. In addition, the di↵erences between cognitive load or comfort
of di↵erent control schemes could be tested.
In our teleoperation control schemes, we control the behavior of two separate
devices: the wrist exoskeleton and the ankle prosthesis. Yet because both devices
are attached to the human user, the system actually has two plants that are each
a combination of the device and the limb to which they are attached: (1) the wrist
exoskeleton and the wrist, including all of its sensorimotor inputs and outputs, and (2)
the ankle-foot prosthesis and sensorimotor inputs and outputs from the residual limb
and rest of the body that a↵ect gait and therefore ground reaction forces. Accurate
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control of the prosthesis depends not only on the mechatronic system capabilities, but
also on the capability of the user to accurately control their wrist in real time while
they are walking. We found that, by the second day of training, our participant was
able to match multiple desired trajectories with errors less than that of human wrist
proprioceptive errors. Because this was a proof-of-concept study with one participant,
further work is required to generalize these results and characterize human adaptation
to the system.
We were able to achieve sufficient position control accuracy with this system, with
ankle position RMS errors less than human ankle proprioceptive errors. However, with
this control strategy we noticed small oscillations in resulting ankle torque, especially
with haptic feedback present. Other teleoperation systems have noted a trade-o↵
between higher tracking accuracy and this type of oscillatory behavior [164]. Future
work will examine this possible trade-o↵ between position control accuracy and torque
oscillations. Additionally, it is unclear if perfect position tracking should be the desired
goal of the system. If the ankle tracks position perfectly, it loses spring-like behavior,
which could be uncomfortable for the user, especially if they are still learning how to
accurately control the wrist exoskeleton. In the torque control condition, we did not
see this oscillatory behavior.
This technology has the potential to improve functional gait metrics by providing
users with non-invasive sensory feedback and direct control of their prostheses, but
the approach has practical limitations. One issue is that the user must attend to
their wrist and cannot use their hand normally while walking with the device. If the
benefits of direct control and sensory feedback were great enough, they might outweigh
this cost and make a device using this approach viable. In addition, perhaps sensory
feedback alone is sufficient to improve gait, which would result in lower practical
overhead; sensory information could be delivered by a smaller device that allows the
user to move their wrist normally while walking.
Long term, we aim to use this system to test what users want from their prosthesis.
Parameters for active prosthesis control have typically been hand-tuned to a generic
control mode intended to work for an average user. However, customization using
methods such as human-in-the-loop optimization (HILO) can substantially improve
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the efficacy of assistive devices [152]. We expect the same to be true for prostheses,
but have not yet been successful, perhaps because the user has little sensory feedback
to inform how they should best take advantage of each control law presented by the
optimization system. We plan to test this system with HILO to determine whether
the outcomes for functional gait metrics such as metabolic cost can be improved.
In addition, because humans have been shown to continuously optimize metabolic
cost [110], it is possible that the user could generate beneficial ankle trajectories with
their wrist that are vastly di↵erent than those applied here, which were based on
movements of the biological ankle.
There are many other scientific questions this novel teleoperation system could be
used to address. For example, are people best able to operate the wrist exoskeleton
with their dominant or non-dominant hand? Or, is it easier to learn using the wrist
ipsilateral or contralateral to the amputation? Future work will address these questions.
Systems like this could also be expanded in the future to incorporate an additional
degree of freedom for medio-lateral stability, or untethered versions could be built to
test for potential benefits during overground walking.

5.6

Conclusion

By allowing the user to directly control their own ankle-foot prosthesis and receive
sensory feedback with a wrist exoskeleton, this system most closely approximates
the human sensorimotor control loop compared to other types of control described
in previous chapters. Typical exoskeletal and prosthetic systems provide little to no
augmented sensory feedback and rely on mimicking normative gait patterns for control.
Even techniques like human-in-the-loop optimization used to customize device control
parameters have typically relied on a single performance metric like metabolic cost,
which does not necessarily represent what users want from their device. In contrast,
systems like those developed in this chapter can give users more autonomy in the
behavior of their device. This direct control could be useful both scientifically, in order
to study di↵erences in motor control between di↵erent user populations, as well as
functionally, to allow us to determine what individual users want from their device.

Chapter 6
Conclusion
This dissertation examines di↵erent forms of control for lower-limb assistive devices,
including a passive device that increases running efficiency and an active ankle-foot
prosthesis that replaces the lost limb below the knee. In this chapter we present a
synopsis of the major contributions, limitations, and areas of relevant future work.

6.1

Review of Contributions

The major contributions are summarized as follows:
• Design and biomechanical analysis of a passive assistive device for
running: In Chapter 2, we develop an assistive device for running with simple
passive control that relies on human neuromuscular adaptation to achieve 6.4%
metabolic savings in running. We validate the device’s efficacy on twelve healthy
participants and perform additional in-depth biomechanical testing on four
participants to gain insight into the mechanism of savings. Our analyses show
that although we initially designed the device to assist in leg swing, users adopted
an increased stride frequency that allowed them to save metabolic energy and
required less joint torque and power from the human user during stance as well.
This demonstrates the interconnectedness of all components of the gait cycle
during human movement, which may complicate assistive device design.
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• Human-in-the-loop optimization of ankle-foot prosthesis parameters:
In Chapter 3, we present a series of case studies where we optimize ankle-foot
prosthesis parameters using a technique called human-in-the-loop optimization,
with the goal of achieving lower metabolic rate for users with amputation.
Although human-in-the-loop optimization had previously been successfully used
to optimize exoskeleton parameters resulting in greater reductions of metabolic
rate [10, 100, 101, 102, 103], this was the first time this technique had been
attempted with prostheses. We optimized the parameters of four di↵erent
control parameterizations with protocols similar to those successfully used with
exoskeletons, but we did not find meaningful metabolic changes as a result of
the optimization. We discuss potential reasons for the discrepancy between the
success of human-in-the-loop optimization for exoskeletons and lack of success
for prostheses. One key di↵erence is in the user population, as those with
amputation receive limited sensory feedback from the device being optimized.
This study highlights that people with movement impairments may have di↵erent
objectives in movement.
• Characterizing wrist torque perception during movement: In Chapter
4, we sought to develop and characterize a device that provides sensory torque
feedback from an ankle prosthesis. We designed and built a novel wrist exoskeleton that is backdrivable, allows for full range of motion in wrist flexion
and extension, and can provide continuous wrist flexion and extension torque
feedback using a capstan drive mechanism. We perform static benchtop testing
to determine an RMS error in torque application of 0.0258 N·m. We then use
this device to characterize human wrist torque magnitude perception during
movement, by performing a two alternative forced choice experiment to determine the Weber Fraction of torque magnitude sensing at small, medium, and
large reference torques. We design a user study based on simulations of the e↵ect
of the wrist exoskeleton error to ensure that it does not significantly a↵ect the
resulting Weber Fractions. We determine the Weber Fractions for 10 participants
while they are both seated and walking, with a stationary and oscillating wrist,
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and determine that both upper and lower extremity movement result in worse
wrist torque magnitude perception. This information is useful for the system
that we design in the subsequent chapter, and is also widely applicable to those
developing wearable kinesthetic haptic devices at the wrist.
• Closed-loop sensorimotor control of an ankle-prosthesis with a wrist
exoskeleton: In Chapter 5, we use the wrist exoskeleton described in the
previous chapter to develop a system that allows a user with amputation to
teleoperate their powered ankle-foot prosthesis with their wrist, while receiving
sensory feedback from the ankle. We develop two control schemes: one position
control scheme that gives the user complete control of the device while they can
feel a scaled version of the ankle torque at their wrist, and one torque control
scheme where the prosthesis nominally behaves as a passive device, but the user
can inject or remove torque at any point in the gait cycle by pushing their wrist
against a virtual spring implemented in the wrist exoskeleton. We perform static
and dynamic benchtop testing for all system components, and then perform
a pilot study with one participant with transtibial amputation demonstrating
that he can e↵ectively control a given ankle trajectory with his wrist after just
one day of training. Based on the results of this pilot study, we were able to
successfully build a system that mimics closed-loop sensorimotor control for
individuals with amputation.
These contributions cover a range of varying control strategies for assistive devices,
with each subsequent chapter examining a control strategy that incorporates greater
user input in device control. Characterizing each of these devices with novel control
strategies informs us not just about future device design, but also about human
sensorimotor response.

6.2

Limitations

The majority of the human-subjects testing described in this dissertation was performed
on a relatively small sample size, especially for studies examining prosthesis control,
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which were case studies testing the response of one or two people with amputation to
a device or control strategy. Because of the limited number of participants, general
conclusions should not be made regarding the outcomes of these case studies. In
addition, because studies recruiting participants with amputation typically involved
multi-day protocols with multiple hours of walking per day, the exclusion criteria
naturally selected for more fit individuals, which are not necessarily representative of
the general population of those with amputation. However, we can still use these case
studies to learn about the potential capabilities and limits of the human sensorimotor
response to di↵erent control strategies.
Even for the experiments described with larger sample sizes, the groups tested
in our user studies may not be representative of the entire population that may
use or benefit from an assistive device. For example, in Chapter 2 we validate our
passive assistive device for running on 12 recreational runners of age 24.7 ± 2.9 years.

Although it was e↵ective in this user population, we cannot make any claims regarding

the device’s e↵ectiveness on elite runners or recreational runners in an older age group.
Similarly, in Chapter 4 we characterize wrist torque perception for healthy participants
and assume that this comparison is relevant for those with lower-limb amputation,
but previous work has found that perception is negatively a↵ect by both age [181] and
even unilateral lower limb amputation [182], so it is possible that the Weber fractions
that we determined for our young, healthy participants are an underestimate from
what we would expect from an older population with amputation.

6.3

Future Work

Although the field of assistive devices has come a long way in the last decade, there is
still great potential for improvement. One challenge to the widespread adoption of
exoskeletons is that they historically have been large and bulky in an attempt to match
the magnitude of forces and torques that the human body is capable of producing.
Chapter 2 of this thesis discussed how strategically-placed passive assistance applying
relatively low forces can be e↵ective in assisting motion. More devices that are passive
or compliant in nature should be explored, as they may be beneficial for user comfort
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as well.
For active devices, instead of simply attempting to replicate average movement
patterns, user input should be better incorporated into the control loop. This can be
done by investigating individualized performance based on control inputs, as done
in human-in-the-loop optimization. However, for widespread adoption and utility of
assistive devices, more emphasis needs to be placed on optimizing metrics such as user
preference or balance. One way to do this is to give the user more explicit control of
device behavior, as was done in the teleoperation system developed in Chapter 5.
Instead of aiming primarily to replace the motor function lost with a limb, future
work in lower-limb prosthesis development should place a greater emphasis on either
restoring or substituting in a meaningful way the lost sensory feedback as well. Longterm, surgical solutions that are able to restore lost sensory feedback by interfacing
directly with the nervous system will likely optimize function [20, 21, 183]. However,
sensory substitution is still an important area of research in the short term until
we develop reliable surgical interventions, and for the long term for those for whom
surgery is not a viable option, either for health or financial reasons. In order to
deliver e↵ective sensory substitution, we need to further our understanding of human
perception at di↵erent areas of the body in di↵erent movement conditions through
psychophysical experiments like the one discussed in Chapter 4.
One of the biggest barriers to widespread adoption of lower-limb assistive devices
is that the majority have only been characterized for steady-state treadmill walking.
In contrast, the majority of walking bouts last 30 seconds or less [184], and humans
encounter various types of terrain during everyday movement. In order to determine
how best to assist people in real-world scenarios, more experiments need to be
conducted outside of the lab in conditions that better mimic everyday movement.
These types of experiments are becoming more feasible with more accurate prediction
of biomechanical parameters from 2D video [185, 186].
Research and development in these future directions will make assistive devices
more applicable to situations that we encounter in everyday life and increase user
adoption. With these advances, assistive devices may have more of an impact — not
only to augment healthy human movement, but also to provide assistance to those with
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movement impairments, so that their physical capabilities can match those achieved
by the amazingly complex sensorimotor control encountered in the healthy human
body.

Bibliography
[1] T. K. Uchida and S. L. Delp, Biomechanics of Movement: The Science of Sports,
Robotics, and Rehabilitation. Cambridge, Massachusetts: The MIT Press, 2020.
[2] S. L. Delp, F. C. Anderson, A. S. Arnold, P. Loan, A. Habib, C. T. John,
E. Guendelman, and D. G. Thelen, “Opensim: open-source software to create and
analyze dynamic simulations of movement,” IEEE Transactions on Biomedical
Engineering, vol. 54, no. 11, pp. 1940–1950, 2007.
[3] A. Rajagopal, C. L. Dembia, M. S. DeMers, D. D. Delp, J. L. Hicks, and
S. L. Delp, “Full-Body Musculoskeletal Model for Muscle-Driven Simulation of
Human Gait,” IEEE Transactions on Biomedical Engineering, vol. 63, no. 10,
pp. 2068–2079, 2016.
[4] N. Yagn, “Apparatus for facilitating walking, running, and jumping,” U.S.
Patent 420 197, 1890.
[5] P. A. Verduyn, Dissertatio epistolaris de nova artuum decurtandorum ratione.
Amsterdam: Apud Joannem Wolters, 1696.
[6] P. Malcolm, W. Derave, S. Galle, and D. De Clercq, “A Simple Exoskeleton
That Assists Plantarflexion Can Reduce the Metabolic Cost of Human Walking,”
PLoS ONE, vol. 8, p. e56137, 2013.
[7] H. M. Herr and A. M. Grabowski, “Bionic ankle-foot prosthesis normalizes
walking gait for persons with leg amputation.” Proceedings of Biological Sciences,
vol. 279, no. 1728, pp. 457–64, 2012.
117

BIBLIOGRAPHY

118

[8] G. S. Sawicki, O. N. Beck, I. Kang, and A. J. Young, “The exoskeleton expansion:
Improving walking and running economy,” Journal of NeuroEngineering and
Rehabilitation, vol. 17, no. 1, pp. 1–9, 2020.
[9] G. M. Bryan, P. W. Franks, S. Song, A. S. Voloshina, R. Reyes, M. P. O’Donovan,
K. N. Gregorzyk, and S. H. Collins, “Optimized hip-knee-ankle exoskeleton
assistance at a range of walking speeds,” bioRxiv, 2021.
[10] K. A. Witte, P. Fiers, A. L. Sheets-Singer, and S. H. Collins, “Improving
the energy economy of human running with powered and unpowered ankle
exoskeleton assistance,” Science Robotics, vol. 5, no. 40, p. eaay9108, 2020.
[11] E. S. Gardinier, B. M. Kelly, J. Wensman, and D. H. Gates, “A controlled clinical
trial of a clinically-tuned powered ankle prosthesis in people with transtibial
amputation,” Clinical Rehabilitation, vol. 32, no. 3, pp. 319–329, 2018.
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C. Disselhorst-Klug, and G. Hägg, “European recommendations for surface
electromyography,” Roessingh Research and Development, vol. 8, no. 2, pp.
13–54, 1999.
[60] S. M. Suydam, K. Manal, and T. S. Buchanan, “The Advantages of Normalizing Electromyography to Ballistic Rather than Isometric or Isokinetic Tasks,”
Journal of Applied Biomechanics, vol. 33, no. 3, pp. 189–196, 2017.
[61] J. M. Brockway, “Derivation of formulae used to calculate energy expenditure
in man,” Human Nutrition: Clinical Nutrition, vol. 41, no. 6, pp. 463–71, 1987.

BIBLIOGRAPHY

124
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