
ABSTRACT 

FYLSTRA, BRETTA LYNN. Understanding Human-Prosthesis Coordination to Improve 
Performance for Individuals with Lower-Limb Amputation (Under the direction of Dr. He 
(Helen) Huang). 

 
Traditionally, individuals with lower-limb loss are prescribed mechanically passive prostheses 

that result in increased energy expenditure, reduced balance, and increased incidence of injury to 

the intact joints. To combat these limitations, powered prostheses have been developed to 

replicate the behavior of the biological joints and restore “normative” joint motion. However, the 

benefit of these powered prosthesis has not been consistently shown in the literature – there are 

now two distinct control systems: the human control system and prosthesis control system that 

must work together. Therefore, research has investigated the prosthesis control system by 

customizing (aka tuning) the control parameters of the powered prosthesis to adapt to the user’s 

behavior. This research, however, has largely neglected the influence of the human’s control 

system on its ability to also influence the prosthesis control. Hence, studying the coordination of 

the human and prosthesis is vital to maximize performance. This work aims to quantify human-

prosthesis coordination and explore the relationship between adaptive control of the prosthesis 

and changing behavior of the prosthesis user. 

In Chapter 2, I present a preliminary study of possible reasons why individuals walking with a 

powered ankle-foot prosthesis do not consistently observe benefits in overall performance. 

Results from this study indicate that timing of powered push-off assistance may be too early for 

some users resulting in the power being directed vertically instead of anteriorly to assist with 

propelling the body forward. This work quantified coordination with measurements local to the 

human-prosthesis interface opposed to using global measurements that measure the total lumped 

effect of the device as well as the human’s response. Therefore, it is important for future work to 



further understand exactly how the prosthesis is coordinating with the user by investigating 

measurements closer to the prosthesis and then working to optimize larger global variables.  

In Chapter 3, I examined the relationship between autonomous prosthesis tuning and visual 

feedback to understand the effect of the device on the user and the user on the device. In this 

case, the prosthesis tuning goal was to achieve “normative” knee kinematics and the user goal 

was to increase prosthesis-side stance time. Results from this study found that adding visual 

feedback with autonomous tuning had inconsistent benefits to reducing the time to tune the 

prosthesis, and the tuning did not significantly impact the user’s ability to complete the feedback 

task. After tuning the prosthesis parameters while the user was in a more favorable gait pattern 

(i.e. extended prosthesis-side stance time), the user maintained extended stance time and better 

stance time symmetry in the short term; however, this benefit was not retained over time. This 

study offered a new framework of combining tuning with feedback to better understand the 

coordination and interaction between the two control systems and future work is needed to 

explore additional goals for the human-prosthesis system.  

Finally, in Chapter 4, I further investigated the effect of changing prosthesis control parameters 

on both local and global variables. Results from this preliminary study revealed that differences 

can be observed in both local and global variables during tuning; however, the local variable had 

a clear relationship with the control parameters themselves while changes in the global variable 

cannot be explained by the control parameters alone. The intact joints more proximal to the user 

may also change their behavior affecting the propagation of the changes of the knee control on 

the global measurements. Again, more analysis is needed to fully understand the effects of the 

changing control on the user to best select an objective function to maximize user performance. 



Overall, this dissertation aims to better characterize the relationship between the human and 

prosthesis systems.  

  



 

 

 

 

 

 

 

 

 

 

 

 

© Copyright 2022 by Bretta Fylstra 

All Rights Reserved



Understanding Human-Prosthesis Coordination to Improve Performance for  
Individuals with Lower-Limb Amputation 

 
 
 
 

by 
Bretta L. Fylstra 

 
 
 

A dissertation submitted to the Graduate Faculty of 
North Carolina State University 

in partial fulfillment of the  
requirements for the degree of 

Doctor of Philosophy 
 
 
 

Biomedical Engineering 
 
 
 

Raleigh, North Carolina 
2022 

 
 
 

APPROVED BY: 
 

 

_______________________________                       _______________________________ 
Dr. He Huang                                                                          Dr. Michael Lewek 
Committee Chair 
 
 
_______________________________                       _______________________________ 
Dr. Jason Franz                                                             Dr. Derek Kamper 

 
 
_______________________________ 
Dr. Katherine Saul 



 

ii 
 

DEDICATION 

To my parents, for instilling in me my drive, determination, and love of learning (including 

fractions). And to the memory of my Pop-Pop, who would always ask how school was going – I 

finally did it!  

 

 
 
 
 
 
 
 
 
 
 
 
 



 

iii 
 

BIOGRAPHY 

Bretta Fylstra received her Bachelor’s degree in Biomedical Engineering from the University of 

Delaware in 2016. As an undergraduate student, Bretta conducted research under the direction of 

Dr. Elisa Arch studying the biomechanics of substituting ankle-foot orthosis footplate curvature 

for limited ankle range of motion. At the University of Delaware, she also had the opportunity to 

complete a clinical internship with Independence Prosthetics & Orthotics as well as co-found the 

Prosthetics & Orthotics Club and serve as the public relations chair in the Assistive Medical 

Technologies club. In 2016, Bretta was awarded a National Science Foundation Graduate 

Research Fellowship and began pursuing her PhD in the Joint Department of Biomedical 

Engineering between NC State University and UNC Chapel Hill. She began researching the 

coordination between amputee users and their prosthetic device under the direction of Dr. He 

(Helen) Huang in the Neuromuscular Rehabilitation Engineering Lab (NREL) and served as both 

an undergraduate mentor and peer leader. Bretta plans to continue her passion for rehabilitation 

engineering through leadership, clinical experience, and engineering expertise. 



 

iv 
 

ACKNOWLEDGMENTS 

Firstly, I would like to thank my parents, brother, and family. I cannot thank you enough for all 

your support throughout the years and especially during the last weeks of writing this 

dissertation. You have always encouraged me to believe in myself and achieve anything I put my 

mind to.  

Thank you NREL lab – a PhD is not completed in a bubble. Every experiment needs extra sets of 

hands to run equipment, every plot needs scrutiny, every presentation needs feedback, every 

paper needs edits, and ever question needs discussion. Andy, Aaron, Ming, Stephanie, EJ, Noah, 

Minhan, Aubrey, and everyone else – you were always willing to help me out in a pinch and go 

down the rabbit hole of discussion to make this research possible. And a super big thank you to 

EJ for all your mentorship and guidance and your willingness to always pick up the phone for a 

“quick” chat. Your help has been invaluable, and you will be a great professor. 

In addition to lab mates, the participants and clinicians made this research possible and I 

wouldn’t be where I am today without you. To my research participants – your willingness to 

take hours out of your day to walk on a treadmill covered in sensors is greatly appreciated. And 

thank you for always being open and sharing your thoughts and answering questions. I can only 

hope that the results shared here help to advance the field in the future. To the clinicians – thank 

you for making the trips to NCSU to help with alignment and training and sharing your 

expertise. I have learned so much from you all.  

To my friends – your love and support means the world to me. I seriously would not have made 

it through grad school without you all to celebrate the highs and make it through the lows. From 

the study parties, to dinner parties, to hiking mountains and crossing finish lines – you have 



 

v 
 

always been there. Em, I am so so so so thankful for you were my grad school buddy since day 1 

– words cannot express how grateful I am for you over the last five and a half years. Rachel, I 

still can’t believe how lucky we were to end up in grad school together after undergrad at UD – I 

know I can always rely on you when I need a pick-me-up. Amanda, your cakes, bread, and bang 

bang cookies, in addition to your friendship, carried me through, especially during quarantine. 

Julie, your encouragement and pep talks kept me going – we’re driving our own ship! Shev, I’m 

so grateful to have you as a neighbor and have a walking buddy at the end of the day. Moni, 

Kels, Rachel, Stephanie, Ana, and so many more – you have all helped to get me through! And a 

special shout-out to Noda – I wouldn’t be here today without you. 

And finally, thank you to Helen and my committee. Helen, your mentorship and training has 

shaped me into the researcher I am today. I am grateful for the opportunity to learn how to craft 

an interesting story, answer questions with conviction, and ask impactful questions. I’ll also 

always remember getting to travel to Canada and discussing research questions while hiking up a 

mountain with you. I have grown so much over the past five years thanks to you. And to my 

committee, Mike, Jason, Kate, and Derek – thank you for your insightful discussions about this 

work and making it the best it can be. 



 

vi 
 

TABLE OF CONTENTS 

LIST OF TABLES ...................................................................................................................... viii 

LIST OF FIGURES ...................................................................................................................... ix  

Chapter 1: Introduction .............................................................................................................. 1 

 1.1 The Human: Amputee Gait .......................................................................................... 1 

 1.2 The Prosthesis: Powered Ankle-Foot and Powered Knee Prostheses ......................... 2 

 1.3 Human-Prosthesis Coordination: Training, Tuning, and Rehabilitation ..................... 3 

Chapter 2: Human-Prosthesis Coordination:  A Preliminary Study Exploring Coordination 

with A Powered Ankle-Foot Prosthesis...................................................................................... 6 

 2.1 Abstract ........................................................................................................................ 6 

 2.2 Introduction .................................................................................................................. 7 

 2.3 Methods........................................................................................................................ 9 

 2.4 Results ........................................................................................................................ 12 

 2.5 Discussion .................................................................................................................. 13 

 2.6 Conclusions ................................................................................................................ 17 

Chapter 3: Effects of Combining Extended Stance Time Visual Feedback with Autonomous 

Prosthesis Tuning On Human-Prosthesis Performance ......................................................... 23 

 3.1 Abstract ...................................................................................................................... 23 

 3.2 Introduction ................................................................................................................ 25 

 3.3 Methods...................................................................................................................... 27 

 3.4 Results ........................................................................................................................ 34 

 3.5 Discussion .................................................................................................................. 36 

 3.6 Conclusions ................................................................................................................ 39 



 

vii 
 

Chapter 4: Effects of Prosthetic Knee Parameters During Tuning on Local and Global 

Joint Kinematics......................................................................................................................... 48 

 4.1 Abstract ...................................................................................................................... 48 

 4.2 Introduction ................................................................................................................ 48 

 4.3 Methods...................................................................................................................... 50 

 4.4 Results ........................................................................................................................ 53 

 4.5 Discussion .................................................................................................................. 54 

 4.6 Conclusions ................................................................................................................ 55 

Chapter 5: Conclusions, Significance, and Future Work ...................................................... 60 

 5.1 Abstract ...................................................................................................................... 60 

 5.2 Introduction ................................................................................................................ 61 

 5.3 Methods...................................................................................................................... 62 

References ................................................................................................................................... 63 

Appendix ..................................................................................................................................... 76 

 Appendix A: Supplementary Information for Chapter 2 ................................................. 77 

  



 

viii 
 

LIST OF TABLES 

Table 2.1 Summary of participants .......................................................................................... 22 

Table 2.2 Comparison of shank angle at peak propulsion while wearing the BiOM  .............. 22 

Table 3.1 Summary of participants .......................................................................................... 47 

Table S1 Net Work of the ankle, knee, hip, and composite limb work . ................................. 80 

 

 



 

ix 
 

LIST OF FIGURES 

Figure 2.1 Explanation of methods  ........................................................................................... 18 

Figure 2.2 Ankle work loops for the BiOM and Passive prostheses  ........................................ 19 

Figure 2.3 Boxplots of timing of peak propulsion with their prosthesis ................................... 20 

Figure 2.4 Boxplots of prosthesis side shank angle  .................................................................. 21 

Figure 3.1 Explanation of methods  ........................................................................................... 41 

Figure 3.2 Number of tuning iterations with and without feedback  ......................................... 42 

Figure 3.3 Extrapolated center of mass (xCOM) relative to base of support (BOS)  ................ 43 

Figure 3.4 Target error and target error variability  ................................................................... 44 

Figure 3.5 Prosthesis-side stance time and stance time symmetry  ........................................... 45 

Figure 3.6 Prosthesis-side stance time, stance time symmetry, and knee angle – post test  ...... 46 

Figure 4.1 Knee, Hip, and COM-COP angle during two example strides ................................ 57 

Figure 4.2 Range of hip velocity and COM-COP velocity during tuning  ................................ 58 

Figure 4.3 Knee vs. Hip velocity and Knee vs. COM-COP velocity during tuning  ................. 59 

Figure S1 Net prosthesis side ankle work as a function of treadmill speed  ............................. 77 

Figure S2 Boxplots of timing of peak propulsion with intact side  .......................................... 78 

Figure S3 Boxplots of prosthesis side shank angle with intact side  ........................................ 79 

 

 

 

 
 



   

1 
 

CHAPTER 1: INTRODUCTION 

1.1 The Human: Amputee Gait 

There are over 1.6 million persons affected by limb loss in the United States and this number is 

estimated to more than double to 3.6 million by the year 2050, assuming no change in current 

healthcare practices [1]. Of these individuals, 65% are affected by lower limb amputations and 

the most common cause of amputation is dysvascular disease from diabetes mellitus [1]. The 

average lifetime healthcare cost for persons with limb loss is over $500,000 with roughly 

$90,000 spent in the first two years after amputation [2]. Therefore, there is a great need to 

understand and develop prosthesis technology to better treat this growing population and reduce 

healthcare costs.  

A primary goal of walking is the forward advancement of the body, which is largely achieved 

during the propulsion phase of gait which generates a large burst of power to propel the lower 

limb into swing phase and transfer one’s body weight to the contralateral limb [3, 4]. However, 

this function is impaired in lower limb amputees. Traditionally, lower-limb amputees are 

prescribed a mechanically-passive, prosthesis with fixed mechanics, which are unable to 

generate positive work during the propulsion phase of gait [5]. This leads to diminished 

mechanical contributions from the amputee’s amputated limb toward forward movement during 

walking [6], increased compensations from the intact limb [7], increased metabolic cost [8], 

increased risk of falling [9, 10], and slower preferred walking speeds [11] compared to able-

bodied individuals.  

In addition, individuals with lower limb amputation vary significantly in their physical 

capabilities, compared to able-bodied individuals, due to factors such as prosthesis alignment 
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[12], ambulation ability (K-Level) [13], quality or type of surgical procedure [14], and other 

comorbidities such as trauma to the intact limb [15] and neuropathy [16]. These characteristics 

can influence the amputee’s response to their prosthesis [17, 18]. Considering the large 

variations in physical capabilities in the amputee population, averaging data across all 

participants could mask the important individual responses [19]. Therefore, it is important to 

note that analysis of amputee gait on an individual level is necessary in addition to group 

averages to better understand performance of various prosthetic devices.  

1.2 The Prosthesis: Powered Ankle-Foot and Powered Knee Prostheses 

To overcome the limitations of passive prostheses, powered prostheses have been designed to 

replicate biological lower-limb joints. For the ankle, prostheses have been developed to provide 

net positive work (integration of power provided per stride) during the propulsion phase of gait 

[20-24]. Unlike passive prostheses, these powered ankle-foot prostheses are able to replicate 

biological ankle range of motion and generate positive ankle work during the propulsion phase of 

gait [23]. Similarly, for the knee, powered prostheses have been developed [25-34] and enable 

individuals with an amputation to navigate uneven terrain such as ramps and stairs [33-37] and 

improve symmetry in muscle activation [38] and temporal-spatial gait symmetry [39, 40]. 

However, amputees’ gait performance with powered prostheses has been inconsistent in the 

literature. Some studies show powered ankle-foot prostheses, compared to passive devices, 

reduce the metabolic cost of walking in individuals with an amputation [23, 41], while other 

studies have reported no significant difference [17, 42]. Similarly, other studies with powered 

knee prostheses have not consistently been able to improve performance in terms of reduced 
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loads on the intact limb and patient preference for the device [43, 44].  Therefore, the question 

arises: how do we improve performance of the human-prosthesis system? 

1.3 Human-Prosthesis Coordination: Tuning, Training, and Rehabilitation 

In individuals without an amputation, joints in the lower limbs are inherently coordinated 

through by a single controller: the human nervous system [45]. Additionally, there is bi-articular 

musculature to link the limb segments and provide sensory feedback. In contrast, for individuals 

who wear a powered prosthesis, there are now two distinct controllers: the human’s control 

system and the control system of the powered prosthesis. The only link between these two 

systems is at the socket-residual limb interface. To restore the coordination between the 

prosthesis user and their robotic prosthesis, the device itself must be controlled properly and the 

user must learn to adapt to the device [46].  

For the prosthesis control, it is most common to use “normative” kinematics/kinetics as the goal 

to replicate the action of the biological limb in individuals without an amputation [20, 47-49]. To 

do so, the device must be able to accurately sense the gait phase (e.g. stance vs. swing phase) 

[20, 47, 50] and set the control for each phase typically with the use of a finite-state machine. 

However, due to the large variations in the prosthesis users wearing these devices, it is necessary 

to personalize the control through tuning the control parameters. Clinically, this is completed 

manually – a prosthetist will heuristically update the parameters as the patient walks in a straight 

line across the clinic. This process can be long and relies on communication between the 

prosthesis user and the clinician to arrive at a set of parameters that optimize performance. 

Recent advances have begun to automate this process to reduce the burden on clinicians and can 

tune high-dimensional control spaces. Methods such as human-in-the-loop optimization (HILO) 
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[51-53] and reinforcement learning (RL) [54-56] have demonstrated the ability to tune the 

parameters, but the resulting performance has not been consistently maximized [51]. Therefore, 

the tuning of the prosthesis parameters alone may not optimize performance – the user has the 

ability to affect the prosthesis control.  

When investigating research into the human-side of the human-prosthesis system, little evidence 

exists quantifying the human’s effect on the prosthesis control. However, one study has pointed 

out that the tuning algorithm could not precisely tune the timing features of the knee angle 

profile goal due to the user’s ability to control the timing of heel strike and push-off [54]. 

Further, as mentioned above, the bulk of the research involving powered prosthetic devices 

centers around engineers designing the control and not around instructing the prosthesis user 

how best to coordinate or acclimate to the control. There is no standard for how to train users 

how to use their device and know when device acclimation is complete [57].  Without 

instructions, individuals may carry-over their strategies learned with their passive prosthesis [58] 

that have inherent limitations such as limited range of motion and powered push-off. Thus, 

incorporating new training techniques with the use of biofeedback [58-61] may help to train the 

user to align and coordinate with their new powered prosthesis.  

Overall, the work laid out in this dissertation aims to explore human-prosthesis coordination and 

investigate how the user and device influence one another. In Chapter 2, we explore the timing 

and limb position of individuals walking with a powered ankle-foot prosthesis for the first time 

to better understand, at the local level of the intersection of the human and prosthesis, potential 

reasons why overall gait performance has not been significantly improved. In Chapters 3, we 

explore a novel tuning and training paradigm combining autonomous prosthesis tuning of a 
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powered knee prosthesis with visual feedback to the user to further understand the effect of the 

prosthesis control on the user and the effect of the user on the prosthesis control. Lastly, in 

Chapter 4, we further explore the effect of prosthesis tuning on local and global variables to 

better understand the necessary objective function when tuning powered prostheses. This work 

strives to offer evidence to better inform future prosthesis tuning and human training protocols to 

enable the best coordination possible between the user and their device. When perfect 

coordination/harmony/symbiosis is achieved, we hope this will allow more possibilities for 

prosthesis users to achieve any goal they set their mind to.   
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CHAPTER 2: HUMAN-PROSTHESIS COORDINATION:  A PRELIMINARY STUDY 

EXPLORING COORDINATION WITH A POWERED ANKLE-FOOT PROSTHESIS  

 

Fylstra, Bretta, et al. “Human-Prosthesis Coordination: A Preliminary Study Exploring 
Coordination with a Powered Ankle-Foot Prosthesis.” Clinical Biomechanics, vol. 80, December 
2020, 105171  

2.1 Abstract 

Background: Powered ankle-foot prostheses were developed to replicate the mechanics of the 

biological ankle by providing positive work during the push-off phase of gait. However, the 

benefits of powered prostheses on improving overall human gait efficiency (usually quantified 

by metabolic cost) have not been consistently shown. Here, we have focused on the mechanical 

work produced at the prosthetic ankle and its interaction with the amputee’s movement. 

Methods: Five unilateral transtibial amputees walked on a treadmill using 1) a powered ankle-

foot prosthesis and 2) their daily passive device. We determined the net ankle work and ankle 

work loops on the prosthesis-side to quantify the efficiency of the human-prosthesis physical 

interaction. We further studied peak propulsion timing and the posture of the amputee’s lower 

limb and prosthesis as indicators of the human-prosthesis coordination. Comparisons were made 

between the passive and powered prosthesis conditions for each participant.  

Findings: The powered prosthesis did not consistently increase net ankle work compared to each 

participant’s passive device. For participants that lacked efficiency in interacting with the 

powered prosthesis, we observed 1) early prosthesis-side peak propulsion timing (≥ 4% earlier) 

and 2) a more vertical residual shank at the time of peak propulsion (> 2˚ more vertical) 
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indicating that the human’s limb movement and the prosthesis control during push-off were not 

well coordinated. 

Interpretation: Results from this preliminary study highlight the need for future work to 

systematically quantify the coordination between the human and powered prosthesis and 

understand how such coordination at the joint level influences overall gait efficiency.  

2.2 Introduction 

Advanced powered ankle-foot prostheses have been designed to replicate biological ankle range 

of motion and generate positive ankle work during the propulsion phase of gait [23]. However, 

amputees’ overall gait efficiency, usually quantified by metabolic cost, when using a powered 

ankle-foot prosthesis, compared to that when using their daily passive prosthesis, has been 

inconsistent in the literature [62]. Some studies show powered prostheses reduce the metabolic 

cost of walking in amputees [23, 41], while other studies have reported no significant difference 

[17, 42]. Further still, one study found that the greatest metabolic cost reductions occurred when 

prosthesis ankle work at propulsion was double that of biological ankle work [18]. Additionally, 

some studies have shown powered prostheses’ ability to increase the affected limb’s step-to-step 

transition work walking on level ground [41, 63], but another study reported no significant 

differences between the two devices [42].  

These inconsistencies pose a question to the field as to why the energy provided by the powered 

prosthesis has not consistently been transferred to the prosthesis users to improve gait efficiency. 

Among many speculations offered by various groups [42, 51, 64-66], the loss of coordination 

between the motor control of the human’s biomechanics and machine control of the prosthesis’s 

motor is a particularly intriguing reason for the observed gait inefficiencies. The joints in the 
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lower limbs are inherently coordinated through bi-articular musculature (e.g. medial and lateral 

gastrocnemius) and a single controller: the human central nervous system [45]; however, for 

transtibial amputees who wear a powered ankle-foot prosthesis, the prosthetic ankle joint is 

operated by a computer, while the residual shank and intact joints are controlled by the human. 

Even though the prosthesis is programmed to yield normative ankle mechanics during walking, if 

the amputee users do not coordinate their intact joints and body segments with the prosthesis’s 

action, gait performance may not improve. However, this potential explanation remains mainly 

as a postulation. Little evidence based on actual tests involving individuals with transtibial 

amputations exist to support our contention that the human-prosthesis incoordination at the local 

joint level of the prosthesis can be one of the potential reasons for the lack of improvement in 

global measures (e.g. metabolic cost) of gait performance when walking with a powered 

prosthesis.   

Therefore, as the first step to address the aforementioned question, the purpose of this 

preliminary study was to explore the interaction and coordination of a transtibial amputee’s 

lower limb with a commercial powered ankle-foot prosthesis during level ground walking 

compared to the coordination with their prescribed passive prosthesis. New empirical evidence 

obtained in this study might lead to future systematic investigations to elucidate the sources that 

contribute to the individual differences of global gait efficiency among transtibial amputees 

while walking with a powered ankle-foot prosthesis.  
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2.3 Methods 

Participants 

Five individuals with unilateral transtibial amputation (age: 38 years (IQR 4); mass: 101 kg (IQR 

6); and height: 1.85 m (IQR 0.02)) participated in this study (Table 1). Participants provided 

written, informed consent to participate in this study approved by the University of North 

Carolina at Chapel Hill Institutional Review Board. Participants were recruited from the local 

community who were conveniently available to participant in this study and the following 

inclusion/exclusion criteria were used:  able to walk on a treadmill for at least 20 minutes 

without assistance, did not have any known comorbidities such as cardiovascular or neurological 

problems that may affect their performance in this study, and had sufficient limb clearance (> 11 

inches) to wear the BiOM ankle-foot prosthesis (BiOM T2, Ankle, BionX Medical Technologies 

Inc., Cambridge, MA, USA).  

Experimental Protocol 

We measured gait kinematics and kinetics as participants walked on a treadmill. Gait kinematics 

were captured by 43 light-retroreflective markers placed on the participant’s trunk, pelvis, and 

bilaterally on the thighs, shanks, and feet. Markers were placed on the acromia, iliac crests, 

greater trochanters medial and lateral femoral epicondyles, medial and lateral malleoli, first and 

fifth metatarsals, and calcanea to define the torso, pelvis, thigh, shank, and foot segments, 

respectively, in addition to tracking markers. Markers on the feet were placed on the outside of 

the shoes over the bony landmarks on the intact limb and position-matched on the prosthetic 

limb. The marker positions were captured with an 8-camera motion capture system (VICON, 

Oxford, UK), sampled at 100 Hz. Bilateral ground reaction forces (GRFs) were recorded by an 
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instrumented, split-belt treadmill (Bertec Corp. Columbus, OH, USA), sampled at 1000 Hz. Both 

measurements were synchronized.  

Participants made a single visit to the lab, in which they walked with both the BiOM powered 

ankle-foot prosthesis (BiOM) and their prescribed passive prosthesis (Passive) (Figure 1). Both 

devices were aligned and fit by a certified prosthetist. The participants walked on the treadmill 

with their daily passive prosthesis first in order to acclimate to treadmill walking and determine 

self-selected walking speed. Self-selected walking speed was determined from each participant’s 

preference similar to a previously described method [67]. Walking speed was measured with 

each participant’s passive device and this speed was used for both conditions. Then, a two -

minute walking trial was collected while the participants wore their passive prosthesis.  Next, 

participants were fitted with the BiOM and the control parameters were adjusted while the 

participant walked on level ground following the tuning procedure specified by the 

manufacturer. The participant then acclimated to walking with the device (described below). 

After acclimation, a second two-minute walking trial was collected while the participant walked 

with the BiOM on the treadmill.  

To acclimate to wearing the BiOM, the prosthesis was first heuristically tuned over-ground using 

the software provided by the BiOM manufacturer and following the tuning procedure specified 

in the BiOM manual [68]. After tuning, participants walked at their self-selected treadmill speed 

for 10-minute bouts with at least two minutes of rest between bouts until completion criteria 

were met. Note that during tuning and the acclimation period, we monitored the net ankle work 

displayed on the commercial software to ensure the value fell within the desired normative work 

range. Completion criteria for acclimation was defined as 1) completing at least two bouts, 2) no 
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use of handrails during walking in each bout, and 3) reaching steady-state step length symmetry, 

where the mean step length symmetry of the last minute of the 10 minute session was within the 

95% confidence interval of the mean of the first 30 seconds of the 10 minute session. 

Additionally, participants verbally confirmed they were comfortable walking with the device at 

the end of each bout. All participants met these criteria after twenty minutes of acclimation 

which was similar to previous studies [17, 18]. In addition, clinical tuning and fitting of a 

powered ankle-foot prosthesis usually takes one to two clinical visits with a short-term 

acclimation, comparable with the duration used in this study. It is noted that additional 

acclimation time may be needed, but it is currently unknown how long it takes to acclimate to a 

new prosthesis [57].    

Data Processing 

To capture steady-state walking behavior, twenty consecutive steps were selected for analysis 

during the last minute of the walking trial for both the BiOM and Passive conditions. 

Commercially-available data analysis software (Visual 3D, C-Motion, Inc., Germantown, MD, 

USA) was used to process the data. GRFs were smoothed by a 4th order Butterworth filter with a 

cutoff frequency of 25Hz; the marker positions were low-pass filtered by a 4th order Butterworth 

filter with a cutoff frequency of 6Hz. GRFs of each limb and a threshold of 20N were used to 

determine heel-strike and toe-off gait events.  

Prosthesis ankle work during gait reflects the ability of the prosthesis to assist an amputee’s 

walking. Therefore, we defined the participant’s efficiency with interacting with the prosthesis as 

the net work of the prosthesis ankle and work loops (ankle angle vs. ankle moment). We 

additionally quantified coordination with spatiotemporal parameters of gait, such as timing of 
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propulsion as well as the position of the limb during propulsion. Peak propulsion timing was 

defined as the time of the peak anteriorly-directed GRF during the late stance phase, normalized 

to stance time (i.e. duration from ipsilateral heel strike to toe-off). Shank angle was defined as 

the angle of the shank (i.e. segment connecting the ankle and knee joint centers) relative to the 

vertical axis of the lab. These measures were chosen since they are local to the prosthesis and 

could therefore be more easily measured in a clinic for future tuning and training purposes.  

Comparisons were made within each participant between the two devices (Passive and BiOM) in 

order to understand how the human-prosthesis coordination is different between the two 

prosthetic devices on an individual basis. We also made comparisons across participants to 

explore differences between users wearing the powered prosthesis. Nonparametric t-tests (Mann-

Whitney U tests) and a nonparametric one-way ANOVA with Tukey HSD comparisons 

(Kruskal-Wallis with Steel-Dwass method) were used (alpha = 0.05), which are commonly used 

for small sample sizes and non-independent samples (i.e. consecutive walking strides).  

2.4 Results 

Figure 2 shows the net prosthetic ankle work loops averaged over 10 steps. Comparing the 

BiOM and Passive conditions, all five participants generated negative net ankle work with their 

passive prosthesis. With the BiOM, however, three participants produced counter-clockwise 

ankle work loops (i.e. positive net ankle work) with the powered prosthesis, whereas two 

participants had clockwise work loops (i.e. negative net ankle work). Most participants in this 

study, with the exception of TB04, did not experience a notable increase in ankle work or in 

composite lower limb work on the prosthesis side (see details in the Appendix). To make 

comparisons easy, we ranked participants in order of net ankle work for all results.  
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The timing of peak propulsion varied across participants for both prosthesis conditions (Figure 

3). TB05 and TB01 had a significantly earlier peak propulsion time on the prosthetic limb when 

wearing the BiOM than that when wearing the Passive prosthesis. TB05’s peak propulsion time 

was at 87% of stance phase with the BiOM, but 91% with the Passive (𝛸𝛸(1)
2 =  13.523, 

p=0.0002). TB01’s peak propulsion time was 86% with the BiOM, but 91% with the Passive 

(𝛸𝛸(1)
2 =  15.759, p<0.0001). Conversely, the remaining participants (TB02, TB03, TB04) had 

peak propulsion timing that was not different between the devices. Also of note, TB04 (the 

participant with the greatest amount of net work) had peak propulsion timing that was later in the 

stance phase than that of all other participants. For all participants, the timing of peak propulsion 

of the intact limb did not change between the BiOM and Passive conditions and was similar 

across participants.  

Our examination of limb position revealed that the prosthesis-side shank was oriented more 

vertically at peak propulsion with the powered prosthesis than that with the passive prosthesis for 

four participants (Figure 4). When comparing across participants, TB02, TB03, TB05, and TB01 

were not significantly different from one another; however, the shank angle of TB04 (participant 

with greatest amount of net work), was significantly greater (directed more forward) compared to 

the other participants, which was demonstrated in Table 2. Additionally, there was no difference 

in shank angle at peak propulsion for the intact limb between the BiOM and Passive conditions 

and was similar across participants.  

2.5 Discussion 

The main results of this study showed that even at the local joint level, the powered prosthesis 

did not consistently improve joint mechanics during walking, compared to each individual’s 
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passive prosthesis. In addition, we found that participants who did not increase net ankle work 

with the powered prosthesis tended to have earlier peak propulsion timing with the powered 

prosthesis compared to their daily passive prosthesis and have a more vertical shank position at 

the time of peak propulsion. These concurrent observations suggest that the net ankle work was 

influenced not only by the active torque provided by the prosthesis during push-off, but also by 

other confounding factors, such as the coordination between the human and their prosthesis when 

dynamically interacting with the ground (environment) during walking. When the human’s 

motor control of their lower limb and the control of the prosthesis action were not coordinated, 

the ability of the active prosthesis to empower the human’s walking was diminished. More 

specifically, the action of the BiOM for producing propulsive torque was probably too early for 

some of the users, and the residual shank, controlled by these amputee users, had not progressed 

to the appropriate position yet. This would cause the active propulsive torque produced by the 

electromechanical motor in the prosthesis to direct the limb more vertically (upward), instead of 

anteriorly (forward).  

One contribution of this study was that, although preliminary, we provided empirical evidence of 

human-prosthesis incoordination that might be associated with the decreased performance of a 

powered ankle-foot prosthesis in individuals with transtibial amputations. Many previous studies 

have only speculated the potential contribution of misaligned timing of the action of the powered 

prosthesis on the global gait efficiency without showing evidence [42, 51, 64-66]. One study did 

specifically investigate the optimal timing of powered propulsion in a powered ankle prosthesis 

in order to minimize the metabolic cost of walking [52]. However, the study was conducted with 

a prosthesis emulator on able-bodied individuals, and research has shown that results from 

studies with able-bodied individuals wearing an emulator do not necessarily translate to an 
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amputee population due to significantly different body dynamics and motor control capability 

[51]. Our preliminary evidence highlights the importance for a further systematical investigation 

of the human-prosthesis coordination and its association with the joint work as well as overall 

global walking efficiency.   

Based on our study, we advocate for the evaluation of the efficacy of powered prostheses at 

various levels, from the local joint biomechanics to global energy expenditure. In the existing 

literature, global measures such as metabolic cost have been used extensively to evaluate and 

optimize powered prostheses [69, 70]. Metabolic cost is a great indicator of overall gait 

performance – it captures how efficiently someone is moving based on the assumption that 

optimal coordination could minimize energy cost. However, if there are inefficiencies in the 

human-robot coordination, metabolic cost might be insensitive to the action of the powered 

prosthesis. This may explain the inconsistencies in the current literature regarding powered 

ankle-foot prostheses.  

Another potential implication of our study results is to expand the engineering framework in 

powered prostheses from “human-in-the-loop optimization” to “human-robot coordination/co-

adaptation” for optimal human-prosthesis system performance. Our study showed that 

optimizing or tuning the prosthesis alone was probably not enough to optimize the gait of 

amputees. For example, the clinical procedure for tuning and fitting a powered prosthesis usually 

only takes a couple of hours, assuming that the human automatically coordinates with the 

powered prosthesis’ action and makes use of the active power from the device. However, our 

results suggest that this assumption is invalid; perhaps the amputee user’s gait behavior may also 

need to be modified in order to produce seamless human-prosthesis coordination. Therefore, a 
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novel framework that can enhance human-prosthesis coordination is necessary. This framework 

first requires measurements of coordination. This study suggested that peak propulsion timing 

and residual shank movement can be good indicators for quantifying the human-prosthesis 

coordination in walking. Both measurements can be obtained from the intrinsic sensors mounted 

on the powered ankle-foot prosthesis, making the framework easy to be adopted in clinics. 

Beside prosthesis tuning/optimization, the framework should also consider directed training, 

such as biofeedback [58], that can train/modify the human’s gait behavior in order to make the 

best use of modern powered prostheses. This could be a future direction for the field of 

prosthetics gait training.   

Finally, it is noted that these results are not without limitations. First, the sample size was small, 

and the study results are therefore preliminary. Further research efforts are needed to confirm our 

observations on more persons with transtibial amputations. Next, in this study, we controlled 

walking speed for both the Passive and BiOM conditions using amputees’ self-selected walking 

speed when using their daily passive prosthesis. The same speed was chosen to reduce possible 

confounding effects. However, we do think that it is interesting to investigate the effect of speed 

on human-machine coordination. Future work should evaluate these measures of coordination at 

different walking speeds to investigate how coordination changes across speeds.  In addition, all 

participants met our criteria after two bouts of acclimation to get comfortable with the powered 

prosthesis after approximately an hour of device alignment and tuning. Currently, the literature 

varies widely on acclimation time and training - studies have reported as little as twenty minutes 

to three weeks and there are no set criteria to end acclimation. There is currently no standard for 

assessing training time or how to properly instruct amputees to best use a new device and it is 

currently unknown how long it takes to acclimate to a new prosthesis [57]. Future work is 
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needed to determine how long acclimation and training should be when using a powered 

prosthesis.  

2.6 Conclusion 

This study aimed to conduct a preliminary study on understanding how individuals with 

transtibial amputations coordinate with a powered ankle-foot prosthesis during treadmill 

walking. Results from this study showed that even at the local joint level of the prosthesis ankle, 

the ability to produce positive net ankle work was not consistently shown across the amputee 

participants. For participants that did not improve the net ankle work with the powered 

prosthesis, we concurrently observed earlier peak propulsion time and a more vertical shank at 

the time of peak propulsion relative to their passive prosthesis indicating an incoordination 

between the human and their prosthesis. These preliminary study results highlight the need to 

systematically investigate the human-prosthesis coordination at the local joint and its association 

with the global measures of gait performance in the future. In addition, studying human-

prosthesis coordination/co-adaptation could also improve how powered prostheses are 

tuned/optimized as well as how amputees are trained.  
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Figure 2.1: Explanation of methods. Participants were first acclimated to treadmill walking with 
their passive prosthesis and a two-minute trial was collected. Next, participants were fit with the 
BiOM powered ankle-foot prosthesis and tuning was performed over ground. After tuning, 
participants were acclimated to the device on the treadmill in 10 min bouts until completion 
criteria were achieved. After this, a second two-minute trial was collected for comparison against 
the passive prosthesis.  
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Figure 2.2: Ankle work loops for the BiOM and Passive prostheses. Ankle moment (normalized 
to body weight) is plotted versus ankle angle for each participant. Ankle moment and ankle angle 
were averaged over 10 steps. Positive work is indicated by counterclockwise arrows and is 
shaded in gray. Negative work is indicated by clockwise arrows and is not shaded. Net ankle 
work is displayed in the upper left corner of each plot. The colored point characters correspond 
to gait events: heel strike (blue), foot flat (red), maximum dorsiflexion (yellow), and toe off 
(purple). Each participant’s self-selected walking speed is provided with the participant labels for 
reference.  
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Figure 2.3: Boxplots of timing of peak propulsion with their prosthesis as a percentage of stance 
time for each participant over 10 steps. Colors indicate the device condition: passive prosthesis 
(gray) and powered prosthesis (blue). Outliers are defined as 1.5 times the interquartile range 
from Q1 and Q3. Asterisks (*) indicate significant differences between the two devices (p<0.05). 
TB01 and TB05 had earlier push-off when wearing the BiOM compared to their passive 
prosthesis. 
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Figure 2.4: Boxplots of prosthesis side shank angle for each participant over 10 steps. Colors 
indicate the device condition: passive prosthesis (gray) and powered prosthesis (blue). Outliers 
are defined as 1.5 times the interquartile range from Q1 and Q3. Asterisks (*) indicate significant 
differences between the two devices (p<0.05). Shank angle was defined as the angle of the shank 
relative to the vertical axis as detailed in the image in the bottom right corner.   
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Table 2.1: Summary of participants. All participants wore a passive prosthesis as their everyday 
device.  

Participant ID Sex Height (m) Mass (kg) 

Self-Selected 

Walking Speed 

(m/s) 

Tuned Self-

Selected 

Power 

Age 

(years) 

Time Since 

Amputation 

(years) 

Socket 

Suspension 

Reason for 

Amputation 

TB01 Male 1.85 122 1.10 40 29 5 Vacuum Trauma 

TB02 Male 1.87 101 1.10 36 64 16 Pin/Lock Trauma 

TB03 Male 1.85 97 1.00 38 29 11 Suction Trauma 

TB04 Male 1.88 103 1.20 46 54 5 Vacuum Cancer 

TB05 Female 1.83 81 1.15 32 21 6 Suction Trauma 

Median (IQR)  1.85 (1.84-1.875) 101 (89-112.5) 1.10 (1.05-1.175) 38 (34-43) 29 (25-59) 6 (5-13.5)   

 
 
 
 
 
Table 2.2: Comparison of shank angle at peak propulsion while wearing the BiOM between 
TB04 and other participants. Comparisons between all other participants were not different and 
are not shown. Asterisks (*) indicate significant differences. 

Participant ID Mean (Standard Error) 

P-value 

compared 

to TB04 

TB04 35.91 (0.18) - 

TB02 29.88 (0.37) 0.0008* 

TB03 29.10 (0.42) 0.0008* 

TB05 30.04 (0.63) 0.0012* 

TB01 29.93 (0.42) 0.0008* 
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CHAPTER 3: EFFECTS OF COMBINING EXTENDED STANCE TIME VISUAL 

FEEDBACK WITH AUTONOMOUS PROSTHESIS TUNING ON HUMAN-

PROSTHESIS PERFORMANCE 

 

In preparation for Journal of NeuroEngineering and Rehabilitation 

3.1 Abstract 

Background: When walking with a powered prosthesis, compared to traditional passive 

prostheses, the user must learn to coordinate their own control system with the control system of 

the robotic device. Previous research has investigated methods of tuning the control parameters 

of the device to improve human-prosthesis performance while other research has tested the 

capabilities of the user to improve performance with visual feedback. However, in the case of the 

tuning study, the tuning algorithm experienced difficulty in tuning the timing and in the case of 

the feedback study, the user could control their stance time, but the device control was fixed and 

a trade-off with balance was observed. Therefore, the goal of this study was to combine 

autonomous prosthesis tuning with visual feedback to the prosthesis user to explore human-

prosthesis interaction – can feedback to the user assist the tuning algorithm and can tuning with 

feedback result in parameters that support better performance for the user? 

Methods: Seven individuals without amputation (AB) and four individuals with an above-knee 

amputation (TFA) participated in this study. Participants completed three rounds of prosthesis 

tuning with three feedback (FB) conditions: no FB, self-selected stance time FB (SS FB), and 

increased stance time FB (Inc FB). The prosthesis tuning utilized a reinforcement learning 

algorithm in bouts of two minutes until convergence criteria were met. After tuning converged, 

participants walked with the steady-state parameters for an additional two-minute trial and in the 



   

24 
 

case of SS FB and Inc FB, the visual feedback was removed for the second minute to test for 

short-term retention. At the end of the experiment, three one-minute trials were completed with 

the three parameter sets tuned from the feedback conditions to test for any “long-term” retention. 

Time for tuning to converge, variability in reaching the feedback target, as well as stance time 

and stance time symmetry were measured and compared across population (AB and TFA) and 

feedback level (no FB, SS FB, and Inc FB). 

Results: When analyzing the time to tune the device with and without feedback, a significant 

effect was observed both between the feedback levels and population – individuals without an 

amputation significantly decreased their tuning time with feedback while individuals with an 

amputation did not. Additionally, when comparing feedback target accuracy during tuning and 

during steady-state, no significant difference was noted showing encouraging results that tuning 

does not disrupt the user’s ability to complete the feedback task. Finally, users were able to 

increase their stance time and achieve better stance time symmetry with Inc FB and maintain this 

behavior in the minute after feedback was removed; but, this behavior did not translate to the 

post-test condition. However, upon individual analysis, roughly half the participants (6/11) had 

significant differences in stance time and/or stance time symmetry indicating that within each 

participant, the parameters may influence their behavior, but not necessarily in the same way 

across all participants. 

Conclusions: This study offers a new framework of combining user-fed feedback with prosthesis 

tuning to understand human and prosthesis interaction and coordination. The results from this 

study showed modest benefits; however, additional research investigating additional tuning and 

feedback goals may enable better performance. 
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3.2 Introduction 

Traditionally, most individuals with a lower-limb amputation are prescribed a passive prosthesis 

that acts as a simple spring to store and return energy during the push-off phase or lock and 

unlock to support stance and swing phases, respectively. Due to their simple nature, the user is 

easily able to predict and adapt to the device. However, the lack of push-off power for the 

passive prosthesis results in gait compensations and increased energy cost [6, 41, 71]. Therefore, 

in recent years, powered prosthetic limbs have been developed to replicate biological lower-limb 

joints to return active energy to the user via motors [20-24, 72]. When walking with a powered 

prosthesis, there are two control systems working together – the human control system and the 

prosthesis control system. The user can influence the prosthesis behavior and the prosthesis can 

influence the user’s behavior. For example, the user can modulate how long they stand on the 

prosthesis in the stance phase and the device can modulate the amount of knee flexion in the 

swing phase. Researchers have begun to explore the influence of the device on the user and of 

the user on the device; however, this intersection of human-prosthesis coordination is not well 

understood.  

Multiple research groups have created and investigated their own autonomous prosthesis tuning 

algorithms that will adjust the control parameters of the prosthesis as the user is walking to 

achieve a pre-determined goal. One example from Wen et. al. [55] set the goal of the prosthesis 

tuning to achieve normative knee kinematics. Tuning the prosthesis to replicate biological joint 

kinematics is a common tuning goal [26, 29] and the knee profile is also associated with stance 

time symmetry between the intact and prosthetic limbs [73]. The results from this study 

successfully tuned the prosthesis to achieve a normative knee angle profile; however, it was 

noted that the tuning algorithm was able to converge to the peak values of the knee profile more 
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easily than the timing of the peak values. Because the user has input into the timing of the gait 

cycle (i.e. when to heel strike and push-off), it may be advantageous to include the user into the 

tuning protocol to assist the tuning algorithm.  

On the human side of human-prosthesis coordination, many studies have utilized forms of 

biofeedback to return information back to the prosthesis user in order to modify their behavior 

[74, 75]. However, research investigating feedback with individuals with an amputation wearing 

a powered prosthesis is less prolific. One study of note used visual feedback to control the user’s 

stance time of their prosthetic limb while walking with a commercial powered knee prosthesis 

with fixed parameters [58]. This study successfully demonstrated that the user is able to modify 

their stance time with visual feedback and when asked to increase the time spent on the 

prosthetic limb, every participant was able to increase their stance time and improve their stance 

time symmetry. However, a follow-up analysis found a decrease in medial-lateral balance [59] 

demonstrating the possible limitation of using fixed control parameters and not re-tuning the 

device to support the increased stance time. If the prosthetic knee were tuned while the user is in 

a more favorable gait pattern (i.e. better stance time symmetry), the performance between the 

human and the prosthesis may be improved. 

Therefore, this study aims to combine visual feedback to the prosthesis user and autonomous 

prosthesis tuning to understand how the human and prosthesis control systems influence one 

another. To our knowledge, this is the first study to combine feedback and tuning and therefore 

there are a few questions that arise: 1.) will controlling the user’s timing (via visual feedback) 

help the tuning algorithm to converge faster? 2.) will the tuning process (adjusting the control 

parameters) influence the user’s ability to reach and maintain the feedback goal? 3.) will the 

parameters tuned while the user is in a more favorable gait pattern (i.e. extended stance time 
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resulting in better symmetry) allow the user to maintain this behavior even after feedback is 

removed? Therefore, we hypothesize that 1.) the addition of visual feedback to auto-tuning will 

allow faster tuning because the user can control the timing component of the prosthesis tuning 2.) 

feedback performance will not be significantly affected by the tuning procedure because the 

changes made in the device iteration-to-iteration are small to avoid dangerous and unstable 

parameters and 3.) the prosthesis parameters tuned with increased stance time feedback will 

improve the user’s stance time and stance time symmetry after feedback is removed because the 

parameters will be tuned to support this improved behavior.  

3.3 Methods 

Participants 

Seven able-bodied (AB) individuals (age: 28 ± 8; mass: 72.2 ± 8.0; and height: 1.76 ± 0.04) and 

four individuals with a unilateral transfemoral amputation (TFA) (age: 38 ± 17; mass: 82.5 ± 7.5; 

and height: 1.76 ± 0.07) participated in this study (Table 1). Participants were recruited from the 

local community who were conveniently available to participate and the following 

inclusion/exclusion criteria were used: able to walk on a treadmill at 0.6 m/s for at least two 

minutes unassisted, no known comorbidities such as cardiovascular or neurological conditions 

that may affect their performance in this study, and were at least 170 cm tall to be able to wear 

the powered prosthesis with reasonably tall contralateral shoe lift. Participants provided written, 

informed consent to participate in this study approved by the University of North Carolina at 

Chapel Hill Institutional Review Board.  

Prosthesis Training & Acclimation 

Participants without an amputation were first trained to walk with the powered knee prosthesis. 

Participants trained with the device for at least five visits. The purpose of training was to ensure 
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that all participants were able to adapt to the powered knee prosthesis, be confident to walk with 

the device on the treadmill, and produce a consistent gait cycle. All participants without an 

amputation wore an L-shaped, bent-knee adapter to connect to the powered prosthesis to 

generate a human-prosthesis system. During the first training day, the device was aligned 

following the L.A.S.A.R. protocol [76]. If needed, a shoe lift on the contralateral limb was added 

to make sure the hips were level. After alignment, participants were instructed to shift their 

bodyweight side-to-side while observing their real-time ground reaction forces (GRFs) with the 

goal to weight-bear symmetrically. Participants were then instructed to march in place while 

holding the handrails to learn how to trigger the prosthesis to walk. After approximately 30 

successful triggers, participants walked over-ground with parallel bars for support if needed. On 

training days 2-5, participants walked on the treadmill for at least 18, 45 second trials starting at 

0.3 m/s and gradually increasing speed to 0.6 m/s. Participants had their speed increased by 0.05 

m/s every three trials. After participants reached 0.6 m/s they could choose to increase their 

speed if they had less than two handrail touches in the previous three trials. The maximum speed 

participants could choose was 0.8 m/s. Participants were instructed to try to walk as fast as 

possible without touching the handrails. For the treadmill walking conditions, participants 

walked with generic knee control parameters that were hand-tuned to allow comfortable and safe 

walking. After the five days of training, all participants wearing the prosthesis adapter fit the 

criteria for a high functioning K3 level amputee that posses the ability to ambulate with variable 

walking speed independently. They were able to adapt to the powered prosthesis and generate a 

stable and consistent gait pattern.  

New participants with an amputation underwent similar training with a few modifications. A 

certified prosthetist assisted with the initial alignment of the powered prosthesis with their 
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current socket and add a shoe lift if needed on the contralateral limb. Participants then underwent 

1-2 days of training with a physical therapist starting with static weight-bearing symmetry, 

marching in place, over ground walking, and then treadmill walking. The desired knee 

impedance control parameters were calibrated for each individual by an experienced 

experimenter to allow comfortable walking. Participants were able to achieve steady-state 

walking at 0.6 m/s after one or two sessions. Two of the four participants had previous walking 

experience with the prosthesis and were given approximately 20 minutes at the beginning of the 

first day to re-acclimate to the device and fine-tune the parameters if needed.  

Experimental Protocol 

After training, participants returned to the lab for two visits to complete the study protocol. 

Participants completed three conditions as detailed in Figure 1 – auto-tuning without visual 

feedback (No FB), auto-tuning with self-selected stance time visual feedback (SS FB), and auto-

tuning with increased stance time visual feedback (Inc FB). On the first day, participants first 

completed the baseline condition (no FB) to establish how long tuning typically takes to 

converge for each participant and find a set of baseline tuned parameters. Participants finished 

the first testing day with exploration of the visual feedback. After exploration, participants 

walked with their self-selected stance time (measured from their baseline walking trial) as the 

feedback goal to confirm the goal felt similar to their natural walking pattern. Afterwards, the 

feedback goal was slowly increased to find their increased stance time FB goal (see Visual 

Feedback section for details).  During the second day, the remaining two conditions (SS FB and 

Inc FB) were randomized with roughly half of the participants receiving each condition first. For 

the auto-tuning FB trials, participants walked in bouts of approximately two minutes with the 

feedback until the tuning converged (see Prosthesis Tuning section for details of convergence 
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criteria). Then a separate two minute trial was collected where the final tuning control 

parameters were held constant and the participant walked with the feedback for the first minute 

and then feedback was removed for the second minute. Participants were instructed to “walk 

most comfortably” when feedback was removed to observe if there was any short-term retention 

of the feedback on their chosen stance time. The instructions were explicitly vague so as not to 

influence their chosen behavior when feedback was removed. 

After the two conditions on day two, participants were given a longer break to rest and an 

additional three, one minute trials were completed in which participants were randomly given the 

three different control parameters, determined by the auto-tuning no FB, auto-tuning self-

selected FB, and auto-tuning increased FB. These post-test trials were collected to measure the 

effect of the control parameters themselves on the user’s performance. 

Gait kinematics and kinetics were measuring during these three conditions and three post-test 

trials. Kinematics were captured with 43 light-reflective markers place on the boney landmarks 

of the acromia, iliac crests, greater trochanters, anterior and posterior superior iliac spine, medial 

and lateral femoral epicondyles, medial and lateral malleoli, first and fifth metatarsals, and 

calcanea to measure define the torso, pelvis, thighs, shanks, and feet segments, respectively with 

the addition of tracking markers on each segment. Markers were placed over clothes and shoes 

and placed either on the rotation centers of the prosthesis or position-matched to the intact limb. 

Markers were recorded with a 12-camera motion capture system (VICON, Oxford, UK) sampled 

at 100 Hz and bilateral ground reaction forces (GRFs) were synchronously recorded via a Bertec 

split belt treadmill (Bertec Corp, Columbus, OH, USA) sampled at 1000 Hz. 
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Prosthesis Tuning 

For the auto-tuning trials, the prosthesis control parameters were adjusted every four strides 

(counted as one iteration) to achieve a normative knee angle profile [77] (Figure 1). We 

characterized the profile with four discrete feature points, and each point is a local extrema in the 

corresponding gait phase along the profile. A total of 12 impedance control parameters (stiffness, 

equilibrium position, and damping for each of the four gait phases – stance flexion, stance 

extension, swing flexion, and swing extension) were adjusted to match the normative knee angle 

profile. The adjustment was realized by an existing reinforcement learning algorithm as detailed 

in Li et. al [56], and it was considered a success when the tuning convergence criteria were met, 

where the peak and duration errors between the measured and normative knee angle profiles (as 

defined in Fig. 1) were within 2° and 3% (i.e. target range), respectively, for 8 out of 10 

consecutive iterations.    

During auto-tuning trials, participants walked in bouts of approximately two minutes consisting 

of 10 iterations (40 strides) to prevent fatigue. For the no FB and SS FB conditions, our goal was 

the normative knee profile as shown in Figure 1. In the case of the Inc  FB condition, after each 

bout of 10 iterations, the duration error was calculated and if 8/10 of the iterations were not in 

the target range the stance phase of the normative knee angle profile was increased by 2% to 

accommodate changes in the knee profile curve due to the increased stance time FB goal. This 

allows the prosthesis tuning to adapt to the user’s changing behavior.  

Visual Feedback 

Similar to Brandt et. al [58], we utilized a unilateral, temporal metric (i.e. prosthesis-side stance 

time) to display as visual feedback due to the user’s high spatial symmetry variability [78] and 

difficulty with gait symmetry [79]. The visual feedback was created via custom code using the 
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Vicon DataStream SDK (VICON, Oxford, UK) and MATLAB (The MathWorks, Inc, Natick, 

Massachusetts, USA) and displayed on a computer monitor, approximately one meter in front of 

the participant on the treadmill. Prosthesis-side stance time was calculated from the real-time 

GRF signals using a 20N threshold. The feedback displayed to the user was averaged over four 

strides to smooth the signal and reduce any large stride-to-stride corrections.  

To determine the feedback goal for the two feedback conditions, the participant’s self-selected 

stance time was first calculated with their hand-tuned parameters on the first day of the 

experiment. Participants could then fine-tune the goal until it felt comfortable. The visual 

feedback level was then increased by increments of 0.05 seconds until participants noted at least 

an increase of at least 1 in their self-reported rate of perceived exertion, the prosthesis-side stance 

time did not overlap with their self-selected stance time, and they could reliably maintain the 

target stance time. Most participant’s increased stance time goal was 0.10 to 0.15 seconds longer 

than their self-selected stance time. Both targets were centered on the screen and the display 

range remained at +/- 0.3 seconds from the target line to maintain participant’s perceived 

accuracy. Both goals were re-introduced at the beginning of day 2 and adjusted if needed until 

they felt comfortable with the two feedback levels.  

Data Processing 

Commercial data analysis software (Visual 3D, C-Motion, Inc., Germantown, MD, USA) was 

used to process the data. Marker data was low-pass filtered with a 4th order Butterworth filter 

with a cutoff frequency of 6Hz and GRF signals were smoothed by a 4th order Butterworth filter 

with a cutoff frequency of 25Hz. Gait events (heel contact and toe off) were determined with a 

threshold of 20N. To determine gait symmetry, we used a standard symmetry index where 𝑥𝑥𝑖𝑖 and 

𝑥𝑥𝑝𝑝 are the stance time of the intact and prosthesis sides, respectively. 
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𝑆𝑆𝐼𝐼 =  
𝑥𝑥𝑖𝑖 − 𝑥𝑥𝑝𝑝

(𝑥𝑥𝑖𝑖 + 𝑥𝑥𝑝𝑝)/2
∗ 100% 

Target-hitting error was defined as the absolute value of the distance between the goal stance 

time and the user’s prosthesis-side stance time and the target-hitting variability was the standard 

deviation of their error. Extrapolated center of mass (xCOM) was calculated using the equation 

from Hof et al [80]. that was developed for transfemoral amputees and margin of stability (MOS) 

was estimated using the heel marker of each foot as the base of support (BOS).  

𝑥𝑥𝑥𝑥𝑥𝑥𝑥𝑥(𝑡𝑡) = 𝑧𝑧(𝑡𝑡) +  
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𝑀𝑀𝑀𝑀𝑀𝑀 = 𝑥𝑥𝑥𝑥𝑥𝑥𝑥𝑥 − 𝐵𝐵𝐵𝐵𝐵𝐵 

Statistical tests 

To answer the first hypothesis, if tuning with visual feedback facilitates faster tuning, we 

performed a two-way cross tabulation Chi-square test for independence to examine if there is a 

relationship between populations (TFA and AB) and feedback level (no FB and SS ST FB). If 

the Chi-square test reaches significance, the adjusted residual will be used for the post-hoc 

comparison (the z critical values of ± 1.96 were set as the significance level). To answer the 

second hypothesis, if tuning affects feedback performance, pooled t-tests were used comparing 

error and error variability during tuning and during steady-state for both the SS FB and Inc FB 

conditions. Finally, to answer our third hypothesis, if participants can retain their increased 

stance time and better stance time symmetry after feedback was removed, two-way mixed model 

ANOVAs were used including participants as random effects and feedback, population, and their 

crossed effects as fixed effects. We compared across population (TFA vs. AB) and across the Inc 
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FB conditions (with FB, immediately after FB, and long after FB (post test)) as well as across the 

post test conditions (no FB – post, SS FB – post, and Inc FB – post). For the fixed effects that 

reached the significant level, Tukey’s honestly significant difference test was used for the post 

hoc comparisons. A follow-up analysis within participant was conducted using the Friedman 

non-parametric test. A non-parametric test was chosen because the samples within participant 

were non-independent samples (i.e. consecutive walking steps). The Shapiro-Wilk test was used 

to test the normality before running the ANOVAs. The significance level was set at α = 0.05, and 

all analyses were performed using JMP (JMP, SAS Institute, Cary, NC, USA). 

3.4 Results 

Time to tune the prosthesis 

We defined the tuning performance with the number of tuning iterations during tuning without 

FB and with self-selected stance time FB (Figure 2). There was a significant effect both for 

population and feedback (𝛸𝛸(1)
2 =  14.134, p < 0.0001). The comparison between the feedback 

level in the population without an amputation showed that the no FB condition required 

significantly more tuning iterations than the SS FB condition (adj. residual: no FB 22.9 and SS 

FB -22.9). In addition, in the population with an amputation, a significantly longer tuning time 

was required with feedback compared to without feedback (adj. residual: no FB -22.9 and SS FB 

22.9). Comparing the two conditions, seven participants did not experience a noticeable 

difference in tuning time (< 5 iterations difference (~20 steps)). Three participants had a 

noticeable decrease in the number of tuning iterations (tuning was faster with the addition of 

feedback) and one amputee participant (TF02) had a noticeable increase in the number of 

iterations (tuning was slower with the addition of feedback).  
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When investigating an explanation for why tuning was longer with FB for TF02, balance was 

investigated. Figure 3 shows the medial-lateral position of the extrapolated center of mass 

(xCOM) relative to the base of support (BOS) as defined by the prosthesis and intact limb heel 

markers over the prosthesis stride. On average, there was no noticeable change in the xCOM 

movement in relation to the base of support. However, TF02 experienced a 23% decrease in the 

average margin of stability (average difference between the xCOM and prosthesis-side BOS per 

stride) when the parameters were tuned with FB.  

Visual Feedback Target Accuracy 

We defined feedback performance as the absolute value of the error between the user’s stance 

time and the goal as well as the variability around the goal (standard deviation of the absolute 

error) as seen in Figure 4. For the two trials with feedback (self-selected and increased stance 

time FB), there was no significant difference in the error (p = 0.1149 for SS FB and p = 0.4471 

for Inc FB) or variability during tuning and during steady-state (p = 0.9660 for SS FB and p = 

0.1527 for Inc FB). 

Stance Time and Stance Time Symmetry After Feedback was Removed 

Figure 5 shows stance time and stance time symmetry for both populations (AB and TFA) across 

the baseline condition, Inc FB parameters with feedback (Inc FB with FB), Inc FB parameters 

immediately after feedback was removed (Inc FB no FB), and Inc FB parameters long after 

feedback was removed (Inc FB post). All participants increased their stance time (1.05 sec  

1.15 sec for AB participants and 0.96  1.06 sec for TFA participants) and decreased their 

stance time asymmetry (30%  23% for AB participants and 24%  19% for TFA 

participants). Comparing the three trials with Inc FB parameters, a significant difference was 

observed in the prosthesis-side stance time (p = 0.0021). In a post hoc analysis, both the Inc FB 
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with FB and Inc FB no FB conditions were significantly different from the stance time in the 

post test with Inc FB parameters (p = 0.0032 for Inc FB with FB and p = 0.0089 for Inc FB no 

FB). Further, when comparing our two populations (participants with and without an 

amputation), we observed that TFA participants had slightly shorter stance time and slightly 

better symmetry than the AB participants (~0.1 second shorter and ~5% more symmetric), but 

both groups followed similar trends and were not significantly different. 

Stance Time and Stance Time Symmetry in the Post Test 

Across all participants, there were no significant differences in stance time or stance time 

symmetry between the three post-test conditions (no FB, SS FB, and Inc FB); however, there 

was a significant effect due to the individual participant (p = 0.0373 for stance time and p = 

0.0370 for stance time symmetry). To further investigate this significant effect of the individual 

participants, we ran a follow-up analysis comparing the three post test conditions within 

participant. Participants AB04, AB05, AB06, TF01, TF02, and TF04 all had a significant 

difference in stance time across the post test conditions (ps < 0.0443) and TF03 and TF04 had a 

significant difference in stance time symmetry (ps < 0.0019). If we compare the knee angle 

profiles for these three post test conditions (Figure 6), we can see that for the previously named 

participants, there are subtle differences in the stance flexion peak between the three tuned 

parameter sets which may explain the individual differences in stance time and stance time 

symmetry.  

3.5 Discussion 

Overall, this study partially followed our hypotheses. The tuning time was faster for participants 

without an amputation, but resulted in longer tuning time for one amputee participant. This 

participant; however, had a noticeable change in margin of stability when walking with the 
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addition of feedback. In addition, parameter tuning did not impact the user’s ability to reach the 

feedback target and maintain the stance time target during prosthesis tuning. Furthermore, users 

were able to maintain their increased stance time and better stance time symmetry after feedback 

was removed; however, this better performance was short-lived. These results show the promise 

of adding user control to the prosthesis tuning protocol to possibly speed up tuning and help the 

user to maintain a more favorable gait pattern overall.  

Although the tuning performance was not significantly faster for all participants, some 

participants (3/11) did experience a large reduction in the time to tune the prosthesis. For these 

participants, the decrease in the number of tuning iterations would equal approximately two 

minutes less of continuous walking. In the clinic, this reduction in time could be valuable to 

prevent patient fatigue and time spent resting as well as allow more time for other training with 

the prosthesis. From pilot testing within our lab, we found that the time to tune the device varied 

by 5-6 iterations over 3 trials, so even though the tuning algorithm has some random 

components, this alone does not explain the large differences we observed.  

For the one participant that needed additional time for the tuning to converge, the participant’s 

balance may explain this result. Almost all participants had similar margin of stability with and 

without feedback, but TF02 had a large decrease in their margin of stability. Previous work has 

indicated that individuals with an amputation adopt a larger step width and have a larger MOS 

[80, 81], so a decrease in MOS may indicate increased instability since the user is closer to the 

bounds of their BOS [82]. Regardless, this participant’s balance was noticeably different from all 

other participants which may explain their longer tuning time. 
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Feedback performance was unchanged during tuning compared to during steady-state. This is an 

encouraging sign – the constant change in tuning parameters do not seem to disturb the user’s 

performance to achieve the FB goal. Participants were able to maintain the FB goal with 

precision and accuracy regardless of prosthesis parameters. The user is able to dominate any 

changes in the device to control their overall performance. 

Similar to Brandt et al. [58], we observed that users are able to increase their prosthesis-side 

stance time and improve their stance time symmetry index with the addition of visual feedback. 

In addition, we also found that users were able to maintain this symmetry even when the 

feedback was removed and they were not explicitly instructed to maintain their increased stance 

time. However, when these same parameters were re-introduced in the post test trials, on 

average, the users reverted to approximately their baseline stance time and stance time 

symmetry. However, roughly half our participants did observe individual differences in stance 

time and/or stance time symmetry and a difference in the stance phase gait kinematics was 

observed. Therefore, further investigation into the knee kinematics themselves and their 

influence on gait performance is needed. If a specific set of knee kinematics assists the user to 

maintain longer stance time, then the knee tuning goal itself may need to be updated.  

This study, to our knowledge, is the first to combine feedback to the user in combination with 

auto-tuning of the prosthesis device to simultaneously “tune” both the user and device. Even 

though the results do not show a strong benefit in terms of tuning time and maintained stance 

time after feedback was removed, this study offers a framework for exploring further 

combinations of tuning and feedback to improve overall user performance. As seen in previous 

human-in-the-loop optimization (HILO) studies, performance after tuning is not always 

significantly improved [51, 83]. By adding feedback to the user, we can control the user’s 
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performance and possibly achieve tuned parameters that support this better performance. Further, 

results from this study demonstrate feedback with tuning does not negatively affect the user’s 

behavior. By exploring further feedback and tuning combinations (aside from prosthesis-side 

stance time and a standard knee angle profile), we may be able to define a goal for the user and 

for the device to enable lasting performance gains. One recent study proposed a reinforcement 

learning algorithm to tune prosthesis parameters to gait symmetry [84] – this tuning goal coupled 

with our visual feedback may see increased benefits. We can also explore how the feedback and 

tuning are used, such as alternating between giving the user feedback and tuning the device 

instead of simultaneously combining both to explore if there is a relationship of how these two 

“tunings” affect one another.   

Finally, this study is not without limitations. Although we were able to recruit 11 participants, 

seven of our participants were individuals without an amputation wearing a prosthesis adapter. 

We observed relatively similar observations between the two groups; however, previous work 

has highlighted the necessity of involving participants with an amputation because previous work 

has shown significant differences between populations [51]. Future work should recruit 

additional participants with an amputation. In addition, here we only focused on feedback of 

prosthesis- side stance time and tuning to a normalized knee angle profile. Future research is 

needed to explore further combinations of feedback and tuning goals – possibly changing the 

knee profile tuning goal to the user’s preference will enable better retention of stance time 

symmetry. 

3.6 Conclusion 

Overall, the results of this study offer a promising framework for future tuning paradigms. When 

adjusting the control of wearable robotics, it may be beneficial to control the user’s behavior via 
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feedback to potentially speed up the tuning algorithm performance and impact the user’s end 

behavior. Although the results of this study found modest reductions in tuning time and only 

short-term effects of the feedback on overall performance, future studies including different 

tuning and feedback goals may result in more impactful performance outcomes.
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Figure 3.1: (Top) Explanation of methods. On day 1, participants underwent auto-tuning without visual feedback (no FB). After 
tuning converged, participants walked with the final tuned parameters. At the end of day 1, participants were exposed to the visual to 
explore. On day 2, participants randomly completed either the self-selected feedback (SS FB) or increased feedback (Inc FB). After 
tuning converged, participants walked for 2 minutes with the final tuned parameters, but feedback was removed for the second minute. 
The post test trials were without feedback and were randomly assigned the parameters tuned under the no FB, SS FB, and Inc FB 
conditions. (Bottom left) Explanation of prosthesis tuning. The red line shows the target knee profile and the blue line shows an 
example knee profile during tuning. Peak and duration errors were calculated for each phase as shown. (Bottom right) Demonstration 
of the visual feedback and motion capture during data collection.  
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Figure 3.2: Number of tuning iterations with and without feedback. Many participants had 
similar tuning times with and without feedback; however, some participants had noticeable 
decreases in tuning time when tuning with preferred stance time visual feedback. One amputee 
participant (TF02) had a noticeably longer tuning time with feedback.  
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Figure 3.3: (Top) Extrapolated center of mass (xCOM) relative to the prosthesis and intact heel 
marker positions averaged across all 11 participants. (Bottom) xCOM relative to the prosthesis 
and intact heel marker positions for TF02. On average, there is no discernable difference in 
balance between auto-tuned parameters without feedback and auto-tuned parameters with self-
selected stance time feedback. However, for participant TF02 that had a noticeable increase in 
tuning time with feedback, the xCOM had greater medial-lateral movement and was closer to the 
bounds of the base of support.  
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Figure 3.4: (Top) Absolute value of the target error during tuning with self-selected stance time 
visual feedback and increased stance time visual feedback and during steady-state. (Bottom) 
standard deviation of the target error. While tuning the prosthesis parameters, the users’ 
performance to hit the target and variability in hitting the target was not different from their 
steady-state performance. Pictures to the right depict the error and error variability.  
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Figure 3.5: Prosthesis-side stance time and stance time symmetry for all participants during no 
visual feedback (No FB), increased stance time visual feedback during feedback (Inc FB with 
FB), increased stance time visual feedback after feedback was removed (Inc FB no FB), and 
increased stance time visual feedback in the post test (Inc FB Post). All participants were able to 
increase their prosthesis-side stance time with the feedback and maintain it after feedback was 
removed. However, this longer stance time was not retained in the post test. * indicates 
significantly different from Inc FB Post  
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Figure 3.6: (Left) Prosthesis-side stance time and stance time symmetry averaged across all 
participants for the three post test conditions. The post test compared the three different control 
parameter sets that were determined after tuning without feedback (No FB Post), with self-
selected stance time feedback (SS FB Post), and with increased stance time feedback (Inc FB 
Post). There was no significant difference across conditions. (Right Top) Knee angle averaged 
across all participants for the three post test conditions. (Right Bottom) One representative 
amputee participant stance time, stance time symmetry, and knee angle profile in the three post 
test conditions. Although the group mean was not significantly different across conditions, 
roughly half the participants experienced a significant difference in the stance time or stance time 
symmetry and had visibly different knee angle profiles.  
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Table 3.1: Summary of participants. Seven individuals without amputation and four individuals 
with amputation participated in this study. Seven participants had no prior experience with our 
powered prostheses and underwent training with the device for 1-5 days. 
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CHAPTER 4: EFFECTS OF PROSTHETIC KNEE PARAMETERS DURING TUNING 

ON LOCAL AND GLOBAL JOINT KINEMATICS 

 

In preparation for IEEE Transactions on Neural Systems and Rehabilitation Engineering 

4.1 Abstract  

When tuning a powered prosthesis, defining an objective function to maximize performance is 

vital. In many recent examples, a global metric (e.g. metabolic cost, lateral balance, etc) is used; 

however, the resulting performance is not necessarily improved after tuning. Therefore, it is 

necessary to further investigate the relationship between the changing control parameters during 

tuning with variables on the local joint level as well as the whole-body global level. To explore 

this relationship, four individuals with an above-knee amputation were recruited and trained to 

walk with a powered knee prosthesis. Participants walked with the device while a tuning 

algorithm updated the impedance control parameters every four steps. Knee angle velocity, hip 

angle velocity, and center of mass – center of pressure (COM-COP) velocity during the stance 

phase were compared across tuning. Results show that both the local (hip velocity) and global 

(COM-COP) variables were sensitive to changes in tuning iteration; however, upon further 

analysis, the global variable did not have a strong relationship with the changing knee control 

parameters themselves. This may indicate that either local or global variables are suitable as the 

objective function; however, the direct relationship between the control parameters and global 

variable is not well defined.  

4.2 Introduction 

For individuals that wear a powered lower-limb prosthesis, one major area of research involves 

tuning the control parameters to enable the user to maximize the performance of the human-
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prosthesis system. The tuning process searches a large range of impedance control parameters to 

optimize the end performance using an objective function. Thus, determining an appropriate 

objective function is needed to minimize error and maximize performance. 

In the literature, it is common for a global variable, such as metabolic cost, to be used to 

minimize the user’s effort when walking with a prosthesis [51-53, 85]. These global variables are 

defined as all-encompassing variables spanning multiple joints and limb segments. For example, 

one study reported no significant improvements in walking economy performance when using 

metabolic cost to tune the prosthesis via human-in-the-loop-optimization (HILO) [51]. As 

another example, a different study reported no benefits in walking economy performance when 

using medial-lateral center of mass (COM) movement to tune the prosthesis via HILO [83]. This 

lack of success may be due to the preservation of these global variables due to the infinitely 

redundant solutions on the level of the individual local joint space – the changes in the prosthesis 

control parameters may not be able to propagate to these global level variables. Thus, it is not 

well studied how the change in the control parameters affects different levels of outcome 

variables used in the objective function to tune these powered prostheses. 

Therefore, our goal was to explore the effect of changing knee prosthesis parameters on local 

and global measures of joint kinematics during prosthesis tuning. Specifically, we aim to explore 

the range of values observed for each tuning iteration of the prosthesis on local and global 

variables in addition to the direct relationship between control parameters and local/global 

variables. We hypothesize that local variables will be more sensitive to changes in knee control 

and show significant differences across tuning iterations compared to global variables. 
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4.3 Methods 

Participants 

Four individuals with a unilateral transfemoral amputation (TFA) (age: 38 ± 17; mass: 82.5 ± 

7.5; and height: 1.76 ± 0.07) participated in this IRB approved study from the IRB at UNC-

Chapel Hill (Table 1). We recruited participants locally in the community who were able to 

participate based on the following inclusion/exclusion criteria: able to comfortably walk at least 

0.6 m/s on a treadmill and have no known comorbidities that may affect their ability to perform 

the tasks in this study.  

Prosthesis Training & Acclimation 

Two of the four participants had previous experience walking with the powered knee prosthesis 

and were given approximately 20 minutes at the beginning of the experiment to re-acclimate to 

the device. The remaining two participants first learned to walk with the powered prosthesis on 

an additional 1-2 training sessions prior to the experiment. A certified prosthetist first aligned the 

powered knee to their current prosthetic socket and added additional components or a shoe lift to 

ensure the hips were level. Participants then began with walking in place and over ground to 

learn how to trigger the gait phases of the device under the direction of a physical therapist. 

Finally participants began treadmill walking and completed training when they could walk 

comfortably at 0.6 m/s on the treadmill without holding onto the handrails. The parameters of the 

prosthesis were hand-tuned to allow for safe and comfortable walking without assistance.  

Experimental Protocol 

For the experiment, participants walked with the powered prosthesis while the prosthesis 

autonomously adjusted the control parameters to tune the device. The goal of the tuning 

algorithm was to meet a normative knee angle profile [77] (Figure X). The target profile was 
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defined by four discrete points, the minimum and maximum values of the stance flexion, stance 

extension, swing flexion, and swing extension phases of gait and a total of three parameters 

(stiffness, equilibrium position, and damping) were adjusted for each phase resulting in a total of 

12 tunable impedance parameters. Tuning converged using a reinforcement learning algorithm 

developed by Li et. al. [56] and was defined by the peak and duration errors between the 

measured and normative knee angle profile were within 2° and 3% (i.e. target range), 

respectively, for 8 out of 10 consecutive iterations.    

The control parameters were adjusted every four steps (counted as one iteration) and participants 

walked in bouts of approximately two minutes to prevent fatigue. After tuning converged, 

participants walked for a separate two minute trial with the final parameters held at steady-state 

to measure final performance with fixed parameters.  

Gait kinematics and kinetics were measuring across tuning. Kinematics were captured with 43 

light-reflective markers place on the boney landmarks of the acromia, iliac crests, greater 

trochanters, anterior and posterior superior iliac spine, medial and lateral femoral epicondyles, 

medial and lateral malleoli, first and fifth metatarsals, and calcanea to measure define the torso, 

pelvis, thighs, shanks, and feet segments, respectively with the addition of tracking markers on 

each segment. Markers were placed over clothes and shoes and placed either on the rotation 

centers of the prosthesis or position-matched to the intact limb. Markers were recorded with a 

12-camera motion capture system (VICON, Oxford, UK) sampled at 100 Hz and bilateral ground 

reaction forces (GRFs) were synchronously recorded via a Bertec split belt treadmill (Bertec 

Corp, Columbus, OH, USA) sampled at 1000 Hz. 



   

52 
 

Knee angle and hip angle were both calculated in the sagittal plane and segmented into 

individual strides (Figure 1). Center of mass – center of pressure angle (COM-COP) was also 

calculated in the sagittal plane relative to a vertical line through the COM. Net COP was 

calculated using the equation below where i refers to the intact side, p refers to the prosthetic side 

and Fz refers to the vertical ground reaction force of the prosthetic or intact sides.  

𝐶𝐶𝐶𝐶𝐶𝐶𝑛𝑛𝑛𝑛𝑛𝑛 =  𝐶𝐶𝐶𝐶𝐶𝐶𝑝𝑝 ∙
𝐹𝐹𝑧𝑧𝑧𝑧

𝐹𝐹𝑧𝑧𝑧𝑧 + 𝐹𝐹𝑧𝑧𝑧𝑧
+ 𝐶𝐶𝐶𝐶𝐶𝐶𝑖𝑖 ∙

𝐹𝐹𝑧𝑧𝑧𝑧
𝐹𝐹𝑧𝑧𝑧𝑧 + 𝐹𝐹𝑧𝑧𝑧𝑧

 

Knee angle was chosen because it is directly related to the control parameters of the prosthesis 

knee and the tuning goal of the tuning algorithm. Hip angle was chosen since it is the next 

closest intact joint to the prosthesis and would be expected to coordinate its behavior with the 

knee (i.e. a local measurement of coordination). COM-COP angle was chosen because it is a 

balance metric [86] that captures performance of the whole body and both limbs (i.e. a global 

measurement of coordination).  

To capture the change of these angles over time during the stance phase, the slope of each angle 

curve was estimated from the time of minimum to maximum knee angle stance flexion. This 

metric was chosen to best capture the largest change in the knee angle profile over time and 

include both spatial and temporal information and is referred to as hip velocity, COM-COP 

velocity, and knee velocity. 

To explore the impact of the tuning iterations on the resulting local (hip) and global (COM-

COP) variables, we averaged the hip and COM-COP velocity every four steps (one iteration) and 

then sampled the highest five or lowest five iterations to define the maximum and minimum 
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values, respectively, during tuning. This range was investigated to measure the effect of the 

tuning on these local and global measurements. 

Statistical Tests 

To test the effect of the different knee control parameters, two, one-way ANOVAs comparing 

the maximum and minimum values for the hip and COM-COP velocities with participant as a 

random effect was conducted. Additionally, a within-participant analysis was run to explore 

individual effects. To explore the relationship between the knee control (estimated by knee 

kinematics) and the local and global measurements, a linear regression model was used. The 

significance level was set at α = 0.05, and analyses were performed using JMP (JMP, SAS 

Institute, Cary, NC, USA) and MATLAB (MathWorks, Natick, MA, USA). 

4.4 Results 

Effect of Tuning Iterations on Local and Global Measurements 

Figure 2 shows the top five maximum and minimum values of the hip and COM-COP velocities 

during tuning averaged over four steps (with the same control parameters) for a total sample size 

of 20 steps. Both hip and COM-COP velocity had a significant difference between the maximum 

and minimum values indicating that the tuning iterations have a significant effect on both the 

local (hip) and global (COM-COP) measurements (p < 0.001 for hip and p < 0.001 for COM-

COP). The average range across participants for the hip was 15.7 and the average range across 

participants for the COM-COP was 11.7. When exploring the individual differences within 

participant, all participants were significantly different for both hip and COM-COP (ps < 0.0416) 

except for TF03 – there was not a significant difference between the COM-COP velocity 

minimum and maximum (p = 0.7117).  
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Relationship Between Knee Kinematics and Local or Global Measurements  

To further explore if these differences in the local and global measurements are directed related 

to the differences in knee control itself, the knee angle velocity was plotted versus the hip or 

COM-COP velocity (Figure 3). The kinematics were used opposed to the knee control 

parameters themselves because the 12 impedance parameters have multiple solutions resulting in 

the same knee angle profile, so the resulting kinematics were used for analysis. As seen in the 

figure, the knee vs. hip velocity plot shows a significant moderate relationship between the 

kinematics of the knee and hip joints (R2s > 0.455). However, when looking at the knee vs. 

COM-COP velocity plot, there is not a significant relationship between the two variables (R2s < 

0.030).  

4.5 Discussion 

The results of this preliminary analysis present a first glimpse into the effect of knee control on 

local and global variables during powered prothesis tuning. We revealed that both the local and 

global measurements were sensitive to changes in tuning iterations; however, this change cannot 

be directly related to the knee kinematics themselves in the case of the global variable (COM-

COP velocity in this case). This indicates that we may be able to optimize using either local or 

global variables; however, the exact relationship between the control and global measures is not 

clear.  

When tuning powered prostheses, choosing an objective function is important to ensure that the 

tuning procedure is adapting to a variable that is not simply noise (i.e. the variable remains 

constant regardless of control). In the case of a global variable such as COM-COP velocity, it is 

not clear how adjusting the knee angle profile via the control parameters will affect the resulting 

performance. The intact limb and upper body and trunk/pelvis may be compensating and 



   

55 
 

minimizing the resulting performance. In this case, the effect may not propagate from the local 

to the global variables and be “washed out”.  

For example, when fine-tuning the prosthesis parameters, the adjustments in the control 

parameters are relatively small and may not be perceived by a global variable (as seen in Figure 

3). However, these fine adjustments will likely still impact the local joint. This may be beneficial 

for protecting the adjacent intact hip joint in the case of individuals with an above knee 

amputation [87]. Even though small change in the knee kinematics may not be perceivable in the 

global sense when fine-tuning the parameters, the fine-tuning may still benefit the user.  

It is noted that this study is not without limitations. Firstly, this was a preliminary analysis with 

four individuals with amputation. Previous studies have noted the importance of testing with the 

target population and not necessarily a simulated group especially when quantifying overall 

performance with a powered prosthesis [51]. More individuals with amputation should be 

recruited to further explore the relationship between the changing prosthesis and the user’s 

performance. In addition, here we only investigated two variables – hip velocity and COM-COP 

velocity. These variables were chosen because they are in the sagittal plane and both 

measurements of angle. Expanding the analysis to the medial-lateral plane or other 

kinematic/kinetic measurements may be advantageous to further explore the performance space.  

4.6 Conclusions 

This preliminary study aimed to begin the investigation into the impact of the changing control 

parameters on variables in the human-prosthesis system. Results indicate that both local and 

global measurements are sensitive to the updated prosthesis parameters across iterations of the 

tuning algorithm; however, one participant did not show a significant difference in the global 
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metric when analyzing each participant separately. Additionally, when exploring the relationship 

between the knee profile itself and the hip and COM-COP responses over tuning, the COM-COP 

velocity did not have a strong relationship. There may be other factors in the human system 

(such as the intact limb or trunk) as captured in a global metric such as COM-COP angle that 

may adapt and change over time to show the change iteration-to-iteration, but the direct 

relationship between the control and the global metric is not well defined.  
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Figure 4.1: Knee, Hip, and COM-COP angle during two example strides (prosthesis-side heel 
strike to next prosthesis-side heel strike). The blue and yellow strides demonstrate two extremes 
observed in the knee flexion angle during the stance phase. The corresponding hip and COM-
COP curves in early stance also show differences in response to the change in knee kinematics. 
To quantify this change, the timing of the min and max flexion during stance from the knee angle 
(noted as the black point dot characters) was used to segment the curves and the velocity was 
estimated by calculating the change over time between these two points.   
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Figure 4.2: Range of hip velocity and COM-COP velocity during tuning. The maximum and 
minimum values were calculated from 20 steps corresponding to the five tuning iterations 
(comprised of 4 steps each) with the highest or lowest average hip or COM-COP velocity. In 
other words, we averaged the hip and COM-COP velocity every 4 steps to explore the effects of 
the prosthesis parameters for each iteration and then sampled highest five and lowest five 
iterations to define the range.  
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Figure 4.3: Knee velocity vs. Hip velocity during tuning (top) and Knee velocity vs. COM-COP 
velocity during tuning (bottom) for each participant. Each point is one step and the colors 
indicate the change in time during tuning from start (blue) to end (yellow). All participants 
observed a strong relationship between knee and hip kinematics and no relationship between 
knee and COM-COP kinematics.  
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CHAPTER 5: CONCLUSIONS, SIGNIFICANCE, AND FUTURE WORK 

 

5.1 Conclusions and Summary of Findings 

The results from Chapter 2 highlighted the need to investigate of human-prosthesis coordination 

at the local joint level. The preliminary analysis with five individuals with a transtibial 

amputation highlighted that even when walking with a powered ankle prosthesis, not all 

participants experienced positive net ankle work. In other words, the device did not successfully 

transfer it’s added energy to the user. This may have been due to the timing of push-off and the 

user’s limb position at push-off. Therefore, studying how the human and device coordinate and 

work together is imperative when designing future tuning and training paradigms. 

In Chapter 3, an effort was made to improve the coordination between the prosthesis user and the 

powered prosthesis by combining visual feedback to the user with autonomous prosthesis tuning. 

This study set the groundwork for the future of tuning wearable robotics. From a technology 

point of view, adding feedback to the user may be able to speed up the tuning algorithm, 

assuming the feedback does not destabilize the user. Additionally, from the user’s point of view, 

visual feedback may allow for performance to be maintained after feedback is removed, at least 

in the short term. Although these effects were modest, this is the first study, to our knowledge, to 

combine prosthesis tuning and user training and there is room to expand different combinations 

of the control goals for each system in the future.  

Finally, Chapter 4 further explored how the tuning parameters influence the behavior of the 

prosthesis user. Preliminary analysis from four individuals with an amputation revealed that both 

local and global measurements could be used for optimization – they both changed significantly 

with respect to the knee control parameters. However, one of the four participants did not 
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experience a significant difference in their global measurement (in this case, COM-COP 

velocity). In addition, it is not clear if the difference is directly related to the knee control alone 

because the relationship between the knee kinematics and COM-COP kinematics was not strong 

– the user’s other joints on the intact limb or upper body may influence the global variable. 

5.2 Clinical and Engineering Significance 

In the standard clinical practice, individuals with an amputation are prescribed a prosthesis, they 

work with their prosthetist to achieve proper alignment and socket-fit, and then participate in 

physical therapy to learn how to walk with their prosthesis. However, when prescribed a new 

powered prosthesis, there is an added layer of tuning the control parameters to customize them to 

the user as well as training the user to coordinate their control system with that of their 

prosthesis. Therefore, understanding how to tune the device quickly and in a way to maximize 

performance and understanding how to train the user to use their device to get the most out of it 

is vital for the clinical success of these powered prostheses.  

For example, in the case of the powered ankle prosthesis used in Chapter 2, the device has 

onboard sensors to measure net ankle work per step and display that ankle work to the prosthetist 

tuning the device, but our results demonstrated that the work is not necessarily transferred to the 

user. To assist this clinical process, something like a simple IMU sensor on the prosthetic shank 

could add additional information about the user’s limb position to further adjust the timing 

parameter or instruct the user to adjust their timing of push-off. This would be a relatively 

inexpensive and quick method to measure at the device level how the human and prosthesis are 

working together.  



   

62 
 

As another example, this clinical practice could be further automated with the use of autonomous 

tuning algorithms and feedback to the user similar to that used in Chapter 3. The clinician could 

save time by letting the algorithm tune the initial parameter set while the user is in a steady-state 

as determined by the feedback goal and then later work with their patient to determine if the final 

parameters do indeed result in the best performance possible.  

5.3 Future Work 

As stated above, the work presented here is a first glimpse into better understanding how the 

human and prosthesis or wearable robot interact and coordinate with one another. Future studies 

with more individuals with an amputation are needed to corroborate the results from the 

preliminary study in Chapter 2. In addition, it would also be beneficial to add more global 

measures, such as metabolic cost, during the data collection although it is noted this is no small 

feat given the amount of time, equipment, and participant willingness to collect this data. Future 

studies are also encouraged to explore more combinations of prosthesis tuning goals and user 

performance goals – will tuning to optimize stance time symmetry coupled with stance time 

symmetry feedback result in lasting improvements in stance time symmetry? Finally, future 

work needs to also future explore the effect of changing prosthesis or wearable robot parameters 

on the user – when the device is changing, which parameters are sensitive to the change? These 

future studies will hopefully allow for the full potential of powered prostheses and wearable 

robots to be realized to allow individuals to reach their full potential.   



   

63 
 

 
REFERENCES 

[1] K. Ziegler-Graham, E. J. MacKenzie, P. L. Ephraim, T. G. Travison, and R. Brookmeyer, 

"Estimating the prevalence of limb loss in the United States: 2005 to 2050," Arch Phys 

Med Rehabil, vol. 89, no. 3, pp. 422-9, Mar 2008, doi: 10.1016/j.apmr.2007.11.005. 

[2] E. J. MacKenzie et al., "Health-care costs associated with amputation or reconstruction of 

a limb-threatening injury," J Bone Joint Surg Am, vol. 89, no. 8, pp. 1685-92, Aug 2007, 

doi: 10.2106/JBJS.F.01350. 

[3] J. Perry and J. M. Burnfield, Gait Analysis: Normal and Pathological Function. 

Thorofare, New Jersey: SLACK Incorporated, 2010. 

[4] D. A. Winter, The Biomechanics and Motor Control of Human Gait: Normal, Elderly 

and Pathological. University of Waterloo Press, 1991. 

[5] A. Gitter, J. M. Czerniecki, and D. M. DeGroot, "Biomechanical analysis of the influence 

of prosthetic feet on below-knee amputee walking," Am J Phys Med Rehabil, vol. 70, no. 

3, pp. 142-8, Jun 1991. [Online]. Available: 

https://www.ncbi.nlm.nih.gov/pubmed/2039616. 

[6] H. Houdijk, E. Pollmann, M. Groenewold, H. Wiggerts, and W. Polomski, "The energy 

cost for the step-to-step transition in amputee walking," Gait Posture, vol. 30, no. 1, pp. 

35-40, Jul 2009, doi: 10.1016/j.gaitpost.2009.02.009. 

[7] P. G. Adamczyk and A. D. Kuo, "Mechanisms of Gait Asymmetry Due to Push-Off 

Deficiency in Unilateral Amputees," IEEE Trans Neural Syst Rehabil Eng, vol. 23, no. 5, 

pp. 776-85, Sep 2015, doi: 10.1109/TNSRE.2014.2356722. 

https://www.ncbi.nlm.nih.gov/pubmed/2039616


   

64 
 

[8] R. L. Waters and S. Mulroy, "The energy expenditure of normal and pathologic gait," 

Gait Posture, vol. 9, no. 3, pp. 207-31, Jul 1999. [Online]. Available: 

https://www.ncbi.nlm.nih.gov/pubmed/10575082. 

[9] J. Kulkarni, S. Wright, C. Toole, J. Morris, and R. Hirons, "Falls in Patients with Lower 

Limb Amputations: Prevalence and Contributing Factors," Physiotherapy, vol. 82, no. 2, 

pp. 130-136, 1996, doi: 10.1016/s0031-9406(05)66968-4. 

[10] W. C. Miller, M. Speechley, and B. Deathe, "The prevalence and risk factors of falling 

and fear of falling among lower extremity amputees," Arch Phys Med Rehabil, vol. 82, 

no. 8, pp. 1031-7, Aug 2001, doi: 10.1053/apmr.2001.24295. 

[11] N. H. Molen, "Energy-speed relation of below-knee amputees walking on a motor-driven 

treadmill," Int Z Angew Physiol, vol. 31, no. 3, pp. 173-85, Mar 2 1973. [Online]. 

Available: https://www.ncbi.nlm.nih.gov/pubmed/4696826. 

[12] N. Jonkergouw, M. R. Prins, A. W. Buis, and P. van der Wurff, "The Effect of Alignment 

Changes on Unilateral Transtibial Amputee's Gait: A Systematic Review," PLoS One, 

vol. 11, no. 12, p. e0167466, 2016, doi: 10.1371/journal.pone.0167466. 

[13] J. M. Sions, E. H. Beisheim, T. J. Manal, S. C. Smith, J. R. Horne, and F. B. Sarlo, 

"Differences in Physical Performance Measures Among Patients With Unilateral Lower-

Limb Amputations Classified as Functional Level K3 Versus K4," Arch Phys Med 

Rehabil, vol. 99, no. 7, pp. 1333-1341, Jul 2018, doi: 10.1016/j.apmr.2017.12.033. 

[14] S. Sooriakumaran, M. Uden, S. Mulroy, D. Ewins, and T. Collins, "The impact a surgeon 

has on primary amputee prosthetic rehabilitation: A survey of residual lower limb 

quality," Prosthet Orthot Int, vol. 42, no. 4, pp. 428-436, Aug 2018, doi: 

10.1177/0309364618757768. 

https://www.ncbi.nlm.nih.gov/pubmed/10575082
https://www.ncbi.nlm.nih.gov/pubmed/4696826


   

65 
 

[15] P. F. Pasquina and R. A. Cooper, Care of the Combat Amputee. 2009. 

[16] H. Nakajima, S. Yamamoto, and J. Katsuhira, "Effects of diabetic peripheral neuropathy 

on gait in vascular trans-tibial amputees," Clin Biomech (Bristol, Avon), vol. 56, pp. 84-

89, Jul 2018, doi: 10.1016/j.clinbiomech.2018.05.005. 

[17] 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," Clin 

Rehabil, vol. 32, no. 3, pp. 319-329, Mar 2018, doi: 10.1177/0269215517723054. 

[18] K. A. Ingraham, H. Choi, E. S. Gardinier, C. D. Remy, and D. H. Gates, "Choosing 

appropriate prosthetic ankle work to reduce the metabolic cost of individuals with 

transtibial amputation," Sci Rep, vol. 8, no. 1, p. 15303, Oct 17 2018, doi: 

10.1038/s41598-018-33569-7. 

[19] E. P. Lamers, M. E. Eveld, and K. E. Zelik, "Subject-Specific Responses to an Adaptive 

Ankle Prosthesis during Incline Walking," Journal of Biomechanics, 2019. 

[20] F. Sup, A. Bohara, and M. Goldfarb, "Design and Control of a Powered Transfemoral 

Prosthesis," Int J Rob Res, vol. 27, no. 2, pp. 263-273, Feb 1 2008, doi: 

10.1177/0278364907084588. 

[21] J. Hitt, T. Sugar, M. Holgate, R. Bellman, and K. Hollander, "Robotic transtibial 

prosthesis with biomechanical energy regeneration," Industrial Robot: An International 

Journal, vol. 36, no. 5, pp. 441-447, 2009, doi: 10.1108/01439910910980169. 

[22] T. Lenzi, M. Cempini, J. Newkirk, L. J. Hargrove, and T. A. Kuiken, "A lightweight 

robotic ankle prosthesis with non-backdrivable cam-based transmission," IEEE Int Conf 

Rehabil Robot, vol. 2017, pp. 1142-1147, Jul 2017, doi: 10.1109/ICORR.2017.8009403. 



   

66 
 

[23] S. K. Au, H. Herr, J. Weber, and E. C. Martinez-Villalpando, "Powered ankle-foot 

prosthesis for the improvement of amputee ambulation," Conf Proc IEEE Eng Med Biol 

Soc, vol. 2007, pp. 3020-6, 2007, doi: 10.1109/IEMBS.2007.4352965. 

[24] M. Grimmer et al., "A powered prosthetic ankle joint for walking and running," Biomed 

Eng Online, vol. 15, no. Suppl 3, p. 141, Dec 19 2016, doi: 10.1186/s12938-016-0286-7. 

[25] F. Sup, H. A. Varol, J. Mitchell, T. J. Withrow, and M. Goldfarb, "Preliminary 

Evaluations of a Self-Contained Anthropomorphic Transfemoral Prosthesis," IEEE 

ASME Trans Mechatron, vol. 14, no. 6, pp. 667-676, 2009, doi: 

10.1109/TMECH.2009.2032688. 

[26] E. C. Martinez-Villalpando and H. Herr, "Agonist-antagonist active knee prosthesis: a 

preliminary study in level-ground walking," J Rehabil Res Dev, vol. 46, no. 3, pp. 361-

73, 2009. [Online]. Available: https://www.ncbi.nlm.nih.gov/pubmed/19675988. 

[27] J. Geeroms, L. Flynn, R. Jimenez-Fabian, B. Vanderborght, and D. Lefeber, "Ankle-Knee 

prosthesis with powered ankle and energy transfer for CYBERLEGs alpha-prototype," 

IEEE Int Conf Rehabil Robot, vol. 2013, p. 6650352, Jun 2013, doi: 

10.1109/ICORR.2013.6650352. 

[28] T. Lenzi, M. Cempini, L. Hargrove, and T. Kuiken, "Design, development, and testing of 

a lightweight hybrid robotic knee prosthesis," Int. J. Robot. Res, vol. 37, no. 8, pp. 953-

976, 2018. 

[29] E. J. Rouse, L. M. Mooney, and H. M. Herr, "Clutchable series-elastic actuator: 

Implications for prosthetic knee design," The International Journal of Robotics Research, 

vol. 33, no. 13, pp. 1611–1625, 2014, doi: 10.1177/0278364914545673. 

https://www.ncbi.nlm.nih.gov/pubmed/19675988


   

67 
 

[30] F. G. Hoover CD, and Fite KB, "Stair ascent with a powered transfemoral prosthesis 

under direct myoelectric control," IEEE/ASME Transactions on Mechatronics, vol. 18, 

no. 3, pp. 1191-1200, 2013. 

[31] R. D. Gregg and J. W. Sensinger, "Towards Biomimetic Virtual Constraint Control of a 

Powered Prosthetic Leg," IEEE Trans Control Syst Technol, vol. 22, no. 1, pp. 246-254, 

Jan 2014, doi: 10.1109/TCST.2012.2236840. 

[32] H. Huang, T. A. Kuiken, and R. D. Lipschutz, "A strategy for identifying locomotion 

modes using surface electromyography," IEEE Trans Biomed Eng, vol. 56, no. 1, pp. 65-

73, Jan 2009, doi: 10.1109/TBME.2008.2003293. 

[33] H. Huang, F. Zhang, L. J. Hargrove, Z. Dou, D. R. Rogers, and K. B. Englehart, 

"Continuous locomotion-mode identification for prosthetic legs based on neuromuscular-

mechanical fusion," IEEE Trans Biomed Eng, vol. 58, no. 10, pp. 2867-75, Oct 2011, doi: 

10.1109/TBME.2011.2161671. 

[34] L. J. Hargrove et al., "Intuitive control of a powered prosthetic leg during ambulation: a 

randomized clinical trial," JAMA, vol. 313, no. 22, pp. 2244-52, Jun 9 2015, doi: 

10.1001/jama.2015.4527. 

[35] B. E. Lawson, H. A. Varol, A. Huff, E. Erdemir, and M. Goldfarb, "Control of stair 

ascent and descent with a powered transfemoral prosthesis," IEEE Trans Neural Syst 

Rehabil Eng, vol. 21, no. 3, pp. 466-73, May 2013, doi: 10.1109/TNSRE.2012.2225640. 

[36] F. Zhang and H. Huang, "Source selection for real-time user intent recognition toward 

volitional control of artificial legs," IEEE Journal of Biomedical and Health Informatics, 

vol. 17, no. 5, pp. 907-914, 2013. 



   

68 
 

[37] E. D. Ledoux and M. Goldfarb, "Control and Evaluation of a Powered Transfemoral 

Prosthesis for Stair Ascent," IEEE Trans Neural Syst Rehabil Eng, vol. 25, no. 7, pp. 

917-924, Jul 2017, doi: 10.1109/TNSRE.2017.2656467. 

[38] C. Jayaraman et al., "Impact of Powered Knee-Ankle Prosthesis on Low Back Muscle 

Mechanics in Transfemoral Amputees: A Case Series," Front Neurosci, vol. 12, p. 134, 

2018, doi: 10.3389/fnins.2018.00134. 

[39] S. Rezazadeh, D. Quintero, N. Divekar, and R. D. Gregg, "A Phase Variable Approach to 

Volitional Control of Powered Knee-Ankle Prostheses," Rep U S, vol. 2018, pp. 2292-

2298, Oct 2018, doi: 10.1109/IROS.2018.8594023. 

[40] D. Quintero, E. Reznick, D. J. Lambert, S. Rezazadeh, L. Gray, and R. D. Gregg, 

"Intuitive Clinician Control Interface for a Powered Knee-Ankle Prosthesis: A Case 

Study," IEEE J Transl Eng Health Med, vol. 6, p. 2600209, 2018, doi: 

10.1109/JTEHM.2018.2880199. 

[41] H. M. Herr and A. M. Grabowski, "Bionic ankle-foot prosthesis normalizes walking gait 

for persons with leg amputation," Proc Biol Sci, vol. 279, no. 1728, pp. 457-64, Feb 7 

2012, doi: 10.1098/rspb.2011.1194. 

[42] J. R. Montgomery and A. M. Grabowski, "Use of a powered ankle-foot prosthesis 

reduces the metabolic cost of uphill walking and improves leg work symmetry in people 

with transtibial amputations," J R Soc Interface, vol. 15, no. 145, Aug 2018, doi: 

10.1098/rsif.2018.0442. 

[43] E. J. Wolf, V. Q. Everding, A. A. Linberg, J. M. Czerniecki, and J. M. Gambel, 

"Comparison of the Power Knee and C-Leg during step-up and sit-to-stand tasks," Gait 

Posture, vol. 38, no. 3, pp. 397-402, Jul 2013, doi: 10.1016/j.gaitpost.2013.01.007. 



   

69 
 

[44] B. J. Hafner and R. L. Askew, "Physical performance and self-report outcomes associated 

with use of passive, adaptive, and active prosthetic knees in persons with unilateral, 

transfemoral amputation: Randomized crossover trial," J Rehabil Res Dev, vol. 52, no. 6, 

pp. 677-700, 2015, doi: 10.1682/JRRD.2014.09.0210. 

[45] V. Dietz, "Do human bipeds use quadrupedal coordination?," Trends Neurosci, vol. 25, 

no. 9, pp. 462-7, Sep 2002. [Online]. Available: 

https://www.ncbi.nlm.nih.gov/pubmed/12183207. 

[46] H. H. Huang, J. Si, A. Brandt, and M. Li, "Taking Both Sides: Seeking Symbiosis 

Between Intelligent Prostheses and Human Motor Control during Locomotion," Curr 

Opin Biomed Eng, vol. 20, Dec 2021, doi: 10.1016/j.cobme.2021.100314. 

[47] S. Au, M. Berniker, and H. Herr, "Powered ankle-foot prosthesis to assist level-ground 

and stair-descent gaits," Neural Netw, vol. 21, no. 4, pp. 654-66, May 2008, doi: 

10.1016/j.neunet.2008.03.006. 

[48] H. J. Zhao H, Reher J, Paredes V, Ames AD, "First Steps toward translating robotic 

walking to prostheses: a nonlinear optimization based control approach," Auton Robots, 

vol. 41, pp. 725-742, 2017. 

[49] D. Quintero, D. J. Villarreal, D. J. Lambert, S. Kapp, and R. D. Gregg, "Continuous-

Phase Control of a Powered Knee-Ankle Prosthesis: Amputee Experiments Across 

Speeds and Inclines," IEEE Trans Robot, vol. 34, no. 3, pp. 686-701, Jun 2018, doi: 

10.1109/TRO.2018.2794536. 

[50] L. Gabert, S. Hood, M. Tran, M. Cempini, and T. Lenzi, "A Compact, Lightweight 

Robotic Ankle-Foot Prosthesis: Featuring a Powered Polycentric Design," IEEE Robot 

Autom Mag, vol. 27, no. 1, pp. 87-102, Mar 2020, doi: 10.1109/mra.2019.2955740. 

https://www.ncbi.nlm.nih.gov/pubmed/12183207


   

70 
 

[51] R. E. Quesada, J. M. Caputo, and S. H. Collins, "Increasing ankle push-off work with a 

powered prosthesis does not necessarily reduce metabolic rate for transtibial amputees," J 

Biomech, vol. 49, no. 14, pp. 3452-3459, Oct 3 2016, doi: 

10.1016/j.jbiomech.2016.09.015. 

[52] P. Malcolm, R. E. Quesada, J. M. Caputo, and S. H. Collins, "The influence of push-off 

timing in a robotic ankle-foot prosthesis on the energetics and mechanics of walking," J 

Neuroeng Rehabil, vol. 12, p. 21, Feb 22 2015, doi: 10.1186/s12984-015-0014-8. 

[53] M. Kim and S. H. Collins, "Once-per-step control of ankle-foot prosthesis push-off work 

reduces effort associated with balance during walking," J Neuroeng Rehabil, vol. 12, p. 

43, May 1 2015, doi: 10.1186/s12984-015-0027-3. 

[54] Y. Wen, J. Si, A. Brandt, X. Gao, and H. H. Huang, "Online Reinforcement Learning 

Control for the Personalization of a Robotic Knee Prosthesis," IEEE Trans Cybern, vol. 

50, no. 6, pp. 2346-2356, Jun 2020, doi: 10.1109/TCYB.2019.2890974. 

[55] Y. Wen, J. Si, X. Gao, S. Huang, and H. H. Huang, "A New Powered Lower Limb 

Prosthesis Control Framework Based on Adaptive Dynamic Programming," IEEE Trans 

Neural Netw Learn Syst, vol. 28, no. 9, pp. 2215-2220, Sep 2017, doi: 

10.1109/TNNLS.2016.2584559. 

[56] M. Li, Y. Wen, X. Gao, J. Si, and H. Huang, "Towards expedited impedance tuning of a 

robotic prosthesis for personalized gait assistance by reinforcement learning control," 

IEEE Transactions on Robotics, pp. 1-10, 2021, doi: 10.1109/tro.2021.3078317. 

[57] A. B. Wanamaker, R. R. Andridge, and A. M. Chaudhari, "When to biomechanically 

examine a lower-limb amputee: A systematic review of accommodation times," Prosthet 

Orthot Int, vol. 41, no. 5, pp. 431-445, Oct 2017, doi: 10.1177/0309364616682385. 



   

71 
 

[58] A. Brandt, W. Riddick, J. Stallrich, M. Lewek, and H. H. Huang, "Effects of extended 

powered knee prosthesis stance time via visual feedback on gait symmetry of individuals 

with unilateral amputation: a preliminary study," J Neuroeng Rehabil, vol. 16, no. 1, p. 

112, Sep 11 2019, doi: 10.1186/s12984-019-0583-z. 

[59] A. Brandt and H. H. Huang, "Effects of extended stance time on a powered knee 

prosthesis and gait symmetry on the lateral control of balance during walking in 

individuals with unilateral amputation," J Neuroeng Rehabil, vol. 16, no. 1, p. 151, Nov 

29 2019, doi: 10.1186/s12984-019-0625-6. 

[60] M. G. Browne and J. R. Franz, "Ankle power biofeedback attenuates the distal-to-

proximal redistribution in older adults," Gait Posture, vol. 71, pp. 44-49, Jun 2019, doi: 

10.1016/j.gaitpost.2019.04.011. 

[61] J. Liu, H. B. Kim, S. L. Wolf, and T. M. Kesar, "Comparison of the Immediate Effects of 

Audio, Visual, or Audiovisual Gait Biofeedback on Propulsive Force Generation in Able-

Bodied and Post-stroke Individuals," Appl Psychophysiol Biofeedback, vol. 45, no. 3, pp. 

211-220, Sep 2020, doi: 10.1007/s10484-020-09464-1. 

[62] R. Müller, L. Tronicke, R. Abel, and K. Lechler, "Prosthetic push-off power in trans-

tibial amputee level ground walking: A systematic review," PLoS One, vol. 14, no. 11, p. 

e0225032, 2019, doi: 10.1371/journal.pone.0225032. 

[63] E. Russell Esposito, J. M. Aldridge Whitehead, and J. M. Wilken, "Step-to-step transition 

work during level and inclined walking using passive and powered ankle-foot 

prostheses," 2015, doi: 10.1177/0309364614564021. 



   

72 
 

[64] A. M. Grabowski and S. D'Andrea, "Effects of a powered ankle-foot prosthesis on kinetic 

loading of the unaffected leg during level-ground walking," J Neuroeng Rehabil, vol. 10, 

p. 49, Jun 7 2013, doi: 10.1186/1743-0003-10-49. 

[65] D. Hill and H. Herr, "Effects of a powered ankle-foot prosthesis on kinetic loading of the 

contralateral limb: a case series," IEEE Int Conf Rehabil Robot, vol. 2013, p. 6650375, 

Jun 2013, doi: 10.1109/ICORR.2013.6650375. 

[66] A. E. Ferris, J. M. Aldridge, C. A. Rabago, and J. M. Wilken, "Evaluation of a powered 

ankle-foot prosthetic system during walking," Arch Phys Med Rehabil, vol. 93, no. 11, 

pp. 1911-8, Nov 2012, doi: 10.1016/j.apmr.2012.06.009. 

[67] M. Plotnik et al., "Self-selected gait speed--over ground versus self-paced treadmill 

walking, a solution for a paradox," J Neuroeng Rehabil, vol. 12, p. 20, Feb 21 2015, doi: 

10.1186/s12984-015-0002-z. 

[68] "BiOM ® T2 Ankle Instructions for Use." (accessed. 

[69] W. Felt, J. C. Selinger, J. M. Donelan, and C. D. Remy, ""Body-In-The-Loop": 

Optimizing Device Parameters Using Measures of Instantaneous Energetic Cost," PLoS 

One, vol. 10, no. 8, p. e0135342, 2015, doi: 10.1371/journal.pone.0135342. 

[70] M. Kim et al., "Human-in-the-loop Bayesian optimization of wearable device 

parameters," PLoS One, vol. 12, no. 9, p. e0184054, 2017, doi: 

10.1371/journal.pone.0184054. 

[71] R. L. Waters, J. Perry, D. Antonelli, and H. Hislop, "Energy cost of walking of amputees: 

the influence of level of amputation," J Bone Joint Surg Am, vol. 58, no. 1, pp. 42-6, Jan 

1976. [Online]. Available: https://www.ncbi.nlm.nih.gov/pubmed/1249111. 

https://www.ncbi.nlm.nih.gov/pubmed/1249111


   

73 
 

[72] V. Azimi, T. Shu, H. Zhao, R. Gehlhar, D. Simon, and A. D. Ames, "Model-based 

adaptive control of transfemoral prostheses: Theory, simulation, and experiments," IEEE 

Trans. Syst. Man Cybern. Syst, 2019. [Online]. Available: 

https://ieeexplore.ieee.org/document/8643092. 

[73] Y. Wen, M. Li, J. Si, and H. Huang, "Wearer-Prosthesis Interaction for Symmetrical 

Gait: A Study Enabled by Reinforcement Learning Prosthesis Control," IEEE Trans 

Neural Syst Rehabil Eng, vol. 28, no. 4, pp. 904-913, Apr 2020, doi: 

10.1109/TNSRE.2020.2979033. 

[74] M. J. Highsmith et al., "Gait Training Interventions for Lower Extremity Amputees: A 

Systematic Literature Review," Technol Innov, vol. 18, no. 2-3, pp. 99-113, Sep 2016, 

doi: 10.21300/18.2-3.2016.99. 

[75] R. Escamilla-Nunez, A. Michelini, and J. Andrysek, "Biofeedback Systems for Gait 

Rehabilitation of Individuals with Lower-Limb Amputation: A Systematic Review," 

Sensors (Basel), vol. 20, no. 6, Mar 14 2020, doi: 10.3390/s20061628. 

[76] S. B. M. Bellmann, M. Pusch, T. Schmalz, M. Schönemeier, "The 3D L.A.S.A.R. – A 

New Generation of Static Analysis for Optimising Prosthetic and Orthotic Alignment," 

ORTHOPÄDIE TECHNIK. 

[77] M. P. Kadaba, H. K. Ramakrishnan, and M. E. Wootten, "Measurement of lower 

extremity kinematics during level walking," J Orthop Res, vol. 8, no. 3, pp. 383-92, May 

1990, doi: 10.1002/jor.1100080310. 

[78] M. Roerdink, S. Roeles, S. C. van der Pas, O. Bosboom, and P. J. Beek, "Evaluating 

asymmetry in prosthetic gait with step-length asymmetry alone is flawed," Gait Posture, 

vol. 35, no. 3, pp. 446-51, Mar 2012, doi: 10.1016/j.gaitpost.2011.11.005. 

https://ieeexplore.ieee.org/document/8643092


   

74 
 

[79] P. Brian L. Davis, Mary (Cater) Ortolano, BS, Kirsten Richards, CP, James Redhed, 

CPO, Jennifer Kuznicki, BS, and Vinod Sahgal, MD, "Realtime Visual Feedback 

Diminishes Energy Consumption of Amputee Subjects During Treadmill Locomotion," 

American Academy of Orthotists and Prosthetists, vol. 16, no. 2, 2004. 

[80] A. L. Hof, R. M. van Bockel, T. Schoppen, and K. Postema, "Control of lateral balance in 

walking. Experimental findings in normal subjects and above-knee amputees," Gait 

Posture, vol. 25, no. 2, pp. 250-8, Feb 2007, doi: 10.1016/j.gaitpost.2006.04.013. 

[81] L. Hak et al., "Walking in an unstable environment: strategies used by transtibial 

amputees to prevent falling during gait," Arch Phys Med Rehabil, vol. 94, no. 11, pp. 

2186-93, Nov 2013, doi: 10.1016/j.apmr.2013.07.020. 

[82] A. L. Hof, M. G. Gazendam, and W. E. Sinke, "The condition for dynamic stability," J 

Biomech, vol. 38, no. 1, pp. 1-8, Jan 2005, doi: 10.1016/j.jbiomech.2004.03.025. 

[83] C. G. Welker, A. S. Voloshina, V. L. Chiu, and S. H. Collins, "Shortcomings of human-

in-the-loop optimization of an ankle-foot prosthesis emulator: a case series," R Soc Open 

Sci, vol. 8, no. 5, p. 202020, May 5 2021, doi: 10.1098/rsos.202020. 

[84] N. Sacchi, G. P. Incremona, and A. Ferrara, "Deep Reinforcement Learning of Robotic 

Prosthesis for Gait Symmetry in Trans-Femoral Amputated Patients," 29th 

Mediterranean Conference on Control and Automation (MED), pp. 723-728, 2021, doi: 

10.1109/MED51440.2021.9480224. 

[85] S. Galle, P. Malcolm, S. H. Collins, and D. De Clercq, "Reducing the metabolic cost of 

walking with an ankle exoskeleton: interaction between actuation timing and power," J 

Neuroeng Rehabil, vol. 14, no. 1, p. 35, Apr 27 2017, doi: 10.1186/s12984-017-0235-0. 



   

75 
 

[86] H. J. Lee and L. S. Chou, "Detection of gait instability using the center of mass and 

center of pressure inclination angles," Arch Phys Med Rehabil, vol. 87, no. 4, pp. 569-75, 

Apr 2006, doi: 10.1016/j.apmr.2005.11.033. 

[87] P. A. Struyf, C. M. van Heugten, M. W. Hitters, and R. J. Smeets, "The prevalence of 

osteoarthritis of the intact hip and knee among traumatic leg amputees," Arch Phys Med 

Rehabil, vol. 90, no. 3, pp. 440-6, Mar 2009, doi: 10.1016/j.apmr.2008.08.220. 

 



   

76 
 

APPENDIX 



   

77 
 

Appendix A: Supplementary Information for Chapter 2 

 

 

Figure S1: Net prosthesis side ankle work for each individual stride as a function of treadmill 
speed. Each colored point character corresponds to the net ankle work calculated for one stride 
via inverse dynamics. Each black point character represents the mean of 10 strides used for each 
participant in this study. The black dashed lines represent the range of net ankle work typical of a 
biological ankle in walking and the gray dashed line represents the midpoint. The point 
characters and participant labels are colored by their average net BiOM work, compute by 
inverse dynamics. These colors are used throughout the results. Green indicates net ankle work 
in the upper 50% of the range, yellow indicates net ankle work in the lower 50% range, and red 
indicates net ankle work below the expected biological net ankle work.   
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Figure S2: Boxplots of timing of peak propulsion with their prosthesis as a percentage of stance 
time for each participant. Colors indicate the device condition: passive prosthesis (gray) and 
powered prosthesis (blue). Shaded bands indicate the timing of peak propulsion on the intact 
side. Outliers are defined as 1.5 times the interquartile range from Q1 and Q3. Asterisks (*) 
indicate significant differences between the two devices (p<0.05). TB01 and TB05 had earlier 
push-off when wearing the BiOM compared to their passive prosthesis. Additionally, TB01 and 
TB05 were more symmetric in their timing symmetry with their passive and moved away from 
symmetry with the powered prosthesis while the other three participants maintained their 
symmetry across the two conditions. 
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Figure S3: Boxplots of prosthesis side shank angle for each participant. Colors indicate the 
device condition: passive prosthesis (gray) and powered prosthesis (blue). Shaded bands indicate 
the timing of peak propulsion on the intact side. Outliers are defined as 1.5 times the interquartile 
range from Q1 and Q3. Asterisks (*) indicate significant differences between the two devices 
(p<0.05). Shank angle was defined as the angle of the shank relative to the vertical axis as 
detailed in the image in the bottom right corner. Interestingly, TB01 and TB05 were symmetric 
with their passive prosthesis and moved away from symmetry when walking with the powered 
prosthesis. TB04 on the other hand, experienced better symmetry in shank progression during 
push-off with the powered prosthesis.  
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Table S1: Net Work of the ankle, knee, hip, and composite limb work for the prosthesis side for 
both the BiOM and Passive conditions. Values are averaged over 10 steps. 
 
Participant Joint Prosthesis Side 

BiOM Passive 
Net Work 

(J/kg) 
Net Work 

(J/kg) 
TB04 Ankle 0.11 -0.17 

Knee -0.23 -0.23 
Hip 0.34 0.43 
A+K+H 0.22 0.02 

TB02 Ankle 0.02 0.00 
Knee -0.13 -0.12 
Hip 0.43 0.42 
A+K+H 0.32 0.30 

TB03 Ankle 0.02 -0.09 
Knee -0.14 -0.17 
Hip 0.18 0.20 
A+K+H 0.05 -0.06 

TB05 Ankle -0.01 -0.08 
Knee -0.18 -0.21 
Hip 0.22 0.33 
A+K+H 0.03 0.04 

TB01 Ankle -0.01 -0.01 
Knee -0.24 -0.22 
Hip 0.04 0.19 
A+K+H -0.21 -0.04 
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