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The human knee jo in t exhibits a  spring-type behavior during the stance phase o f  walking at 

the preferred speed, which is both subject-specific and gait-specific. This observation led us to 

hypothesize that the human knee jo in t could partially adapt to an externally-applied tuned 

mechanical stiffness during the stance phase leading to reduced muscle involvement and energy 

expenditure. We also hypothesized that a spring, which is tuned to the body size and gait speed, 

in parallel with an impaired knee jo in t during the stance phase can partially restore the natural 

spring-type behavior o f  the knee joint. Three experimental and theoretical steps were taken to test 

these hypotheses.

First, a series o f  statistical models were developed that can closely characterize the moment- 

angle behavior o f  the knee jo in t using a set o f  measurable parameters including body weight and 

height, gait speed, and jo in t excursion. It is explained that these models can be used to tune the 

com ponents o f  knee exoskeletons/orthoses and prostheses to the body size and gait speed o f 

users, as well as general applications in understanding gait biomechanics. The statistical models 

o f  the knee jo in t were used in the next steps o f  this research to tune the stiffness o f  the 

experimental exoskeletal devices throughout the experimental sessions.

To experimentally test the first main hypothesis, a pair o f  quasi-passive knee exoskeletons was 

developed. When worn on a healthy subject, each exoskeleton implements an interchangeable 

spring in parallel with the knee jo in t during the stance and allows free rotation during the swing 

phase. The exoskeletons with a range o f  stiffness were used in a series o f  experiments on healthy 

individuals to study the mechanics and energetics o f  human gait in interaction with exoskeletal 

impedances in parallel with the knee joint. Healthy lower extrem ity jo in ts showed substantial



adaptation to the exoskeleton stiffness/assistance suggesting that replicating the natural behavior 

o f  a jo in t could be a viable method for the design o f  lower extremity exoskeletons to reduce 

muscle involvement and energy expenditure. It was also observed that a healthy knee jo in t can 

fully accommodate external assistance only to a certain level, above which the knee joint 

adaptation saturates and biarticular effects emerge.

To test the second hypothesis, a compliant stance control orthosis was developed that 

implements a spring in parallel with an impaired knee jo in t during the stance and allows free 

rotation during the swing phase. It was found that a com pliant stance control orthosis can restore 

the natural spring-type behavior o f  an impaired knee jo in t during the stance phase. The compliant 

stance control orthosis showed higher gait speed and more natural kinematic patterns when 

com pared with the state-of-the-art stance control orthoses that rigidly lock the knee during the 

stance phase. The findings o f  this research also showed that a friction-based latching mechanism 

can be a viable option in the design o f  lower extremity assistive devices that require engagement 

and disengagement o f  passive components.
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ABSTRACT

Compliant Knee Exoskeletons and Their Effects on Gait Biomechanics 

Kamran Shamaei Ghahfarokhi 

2014

The human knee joint exhibits a spring-type behavior during the stance phase o f walking at 

the preferred speed, which is both subject-specific and gait-specific. This observation led us to 

hypothesize that the human knee joint could partially adapt to an externally-applied tuned 

mechanical stiffness during the stance phase leading to reduced muscle involvement and energy 

expenditure. We also hypothesized that a spring, which is tuned to the body size and gait speed, 

in parallel with an impaired knee joint during the stance phase can partially restore the natural 

spring-type behavior o f the knee joint. Three experimental and theoretical steps were taken to test 

these hypotheses.

First, a series o f statistical models were developed that can closely characterize the moment- 

angle behavior o f the knee joint using a set o f measurable parameters including body weight and 

height, gait speed, and joint excursion. It is explained that these models can be used to tune the 

components o f knee exoskeletons/orthoses and prostheses to the body size and gait speed of 

users, as well as general applications in understanding gait biomechanics. The statistical models 

o f the knee joint were used in the next steps o f this research to tune the stiffness of the 

experimental exoskeletal devices throughout the experimental sessions.

To experimentally test the first main hypothesis, a pair o f quasi-passive knee exoskeletons was 

developed. When worn on a healthy subject, each exoskeleton implements an interchangeable 

spring in parallel with the knee joint during the stance and allows free rotation during the swing 

phase. The exoskeletons with a range o f stiffness were used in a series of experiments on healthy 

individuals to study the mechanics and energetics of human gait in interaction with exoskeletal 

impedances in parallel with the knee joint. Healthy lower extremity joints showed substantial



adaptation to the exoskeleton stiffness/assistance suggesting that replicating the natural behavior 

o f a joint could be a viable method for the design o f lower extremity exoskeletons to reduce 

muscle involvement and energy expenditure. It was also observed that a healthy knee joint can 

fully accommodate external assistance only to a certain level, above which the knee joint 

adaptation saturates and biarticular effects emerge.

To test the second hypothesis, a compliant stance control orthosis was developed that 

implements a spring in parallel with an impaired knee joint during the stance and allows free 

rotation during the swing phase. It was found that a compliant stance control orthosis can restore 

the natural spring-type behavior o f an impaired knee joint during the stance phase. The compliant 

stance control orthosis showed higher gait speed and more natural kinematic patterns when 

compared with the state-of-the-art stance control orthoses that rigidly lock the knee during the 

stance phase. The findings o f this research also showed that a friction-based latching mechanism 

can be a viable option in the design o f lower extremity assistive devices that require engagement 

and disengagement o f passive components.



ACKNOWLEDGMENTS

I would like to thank Prof. Aaron Dollar who advised my dissertation research with extensive 

support, guidance, insight, and friendship. I would also like to thank my former and current 

committee members, Prof. Gregory Sawicki, Prof. Brian Scassellati, P rof Paul Ivancic, and Dr. 

John Morrell for their insight and guidance throughout my dissertation research.

I would like to acknowledge our collaborators Dr. Jeffrey Schifftnan, Ms. Karen Gregorczyk, 

and Mr. Albert Adams at U.S. Army Natick Soldier Research, Development, and Engineering 

Center who led the efforts on recruitment o f healthy participants and gait laboratory 

experimentation.

1 would like to acknowledge our collaborators Prof. Linda Resnik, Dr. Susan D’Andrea, Prof. 

Alber Lo, and Ms. Melany Westwell from Brown University and Providence VA Medical Center, 

who led the efforts on recruitment o f affected participants and gait laboratory experimentation.

I would also like to thank all the members o f Prof. Dollar’s group at Yale University, 

Department o f Mechanical Engineering and Materials Science for their insightful inputs on the 

design and fabrication o f the developed systems and analysis of my dissertation research.

Finally, I would like to thank all American tax payers and agencies who provided the funding 

for this research through US Defense Medical Research and Development Program contract # 

W81XWH-11-2-0054, and US Army Natick Soldier Research, Development, and Engineering 

Center contract # W 911NF-07-D-0001.



TABLE OF CONTENTS

LIST OF FIGURES .............................................................................................................................  vi
LIST OF TABLES .............................................................................................................................  viii
CHAPTER 1 INTRODUCTION....................................................................................................... I

CHAPTER 2 STATE OF THE ART OF ASSISTIVE DEVICES AND HYPOTHESIS
FORMULATION____________________________________________________ 7

2.1 Introduction...............................................................................................................  7
2.2 State of the Art of Assistive Devices.....................................................................  7
2.3 Spring-Type Behavior of the Knee Joint................................................................  10
2.4 Formulation of Dissertation Hypotheses...............................................................  16
2.5 Dissertation Approach............................................................................................  17

CHAPTER 3 CHARACTERIZATION OF MOMENT-ANGLE BEHAVIOR OF THE
KNEE JOINT...............................................................................................................  25

3.1 Introduction..............................................................................................................  25
3.2 Moment-Angle Behavior of the Knee Joint during Walking................................ 28
3.3 Inverse Dynamics Analysis......................................................................................  30
3.4 Identifying the Model Parameters and Form of Fits............................................  37
3.5 Experimental Protocols............................................................................................  40
3.6 Data Extraction and Statistical Analysis................................................................  41
3.7 General-Form Statistical Models............................................................................  43
3.8 Simplification of Models for Preferred Gait Speed..............................................  47
3.9 Conclusions and Future Work................................................................................. 50

CHAPTER 4 MECHANICS AND ENERGETICS OF HUMAN BODY IN 
INTERACTION WITH EXOSKELETAL IMPEDANCES IN PARALLEL 
WITH THE KNEE JOINT DURING WALKING .......................................  62

4.1 Introduction...............................................................................................................  62
4.2 Design and Evaluation of the Exoskeletons...........................................................  69

4.2.1 Design Overview.......................................................................................  69
4.2.2 Friction-Based Latching Mechanism........................................................  73
4.2.3 Control Scheme.........................................................................................  74
4.2.4 Moment-Angle Characterization.............................................................  76
4.2.5 Mechanical Evaluation.............................................................................. 79

4.3 Experimental Conditions and Protocols.................................................................  81
4.3.1 Subjects.......................................................................................................  81
4.3.2 Data Collection Instrumentation...............................................................  82
4.3.3 Experimental Conditions........................................................................... 84
4.3.4 Experimental Protocols.............................................................................  84
4.3.5 Kinematic and Kinetic Analysis...............................................................  86
4.3.6 Profile Comparison Measures..................................................................  94
4.3.7 Knee Complex Moment-Angle Analysis................................................. 94
4.3.8 Locomotor Adaptation to Parallel Stiffness............................................. 95
4.3.9 Calculation of Mechanical and Metabolic Power...................................  97

4.4 Kinematic and Kinetic Profiles...............................................................................  100
4.4.1 Effects of Exoskeleton Mass...................................................................... 100
4.4.2 Effects of Exoskeleton Articulations........................................................  105
4.4.3 Effects of Exoskeleton Stiffness..............................................................  106

4.5 Effects of Exoskeleton Impedance on Moment-Angle Behavior of the Knee
Joint........................................................................................................................... 106
4.5.1 Moment-Angle Performance of the Knee Complex................................ 106
4.5.2 Adaptation of Knee Moment and Quasi-Stiflftiess....................................  108

iv



4.6 Effects of Exoskeleton Impedance on Gait Energetics.........................................  109
4.6.1 Metabolic Power........................................................................................  109
4.6.2 Determinants of Metabolic Power............................................................ 109

4.7 Conclusions and Future Work.................................................................................  110

CHAPTER 5 DESIGN AND FUNCTIONAL EVALUATION OF A COMPLIANT
STANCE CONTROL KNEE-ANKLE-FOOT ORTHOSIS............................... 123

5.1 Introduction................................................................................................................ 123
5.2 Device Design...........................................................................................................  125

5.2.1 Moment-Angle Behavior of Knee...........................................................  125
5.2.2 Design Objectives.....................................................................................  128
5.2.3 Description of the Quasi-Passive Compliant Stance Control Orthosis.. 130
5.2.4 Compliance Control Module....................................................................  130
5.2.5 Control Algorithm.....................................................................................  133
5.2.6 Design Analyses and Characterization.................................................... 135

5.3 Mechanical and Functional Evaluation................................................................... 141
5.4 Conclusions and Future Work.................................................................................  154

CHAPTER 6 SUMMARY AND CONCLUSIONS...................................................................... 161

v



LIST OF FIGURES

Figure 2-1 Schematic arcs o f  motion for the knee jo in t during a gait cycle.........................  12
Figure 2-2 A sample moment-angle graph for the knee jo in t during a gait cycle  12
Figure 2-3 The quasi-stiffness o f  the knee in flexion and extension modes, and the

weight acceptance stage o f  the gait plotted against the load w eight.................  15
Figure 3-1 Knee moment vs. relative angle curve for a representative subject during walking.. 29
Figure 3-2 A schematic model of the support thigh, shank, and foot............................................ 32
Figure 3-3 Knee quasi-stiffness in flexion and extension stages, and weight acceptance phase

plotted against the gait speed for a sample subject........................................................ 46
Figure 3-4 Knee quasi-stiflhess in the weight acceptance phase for a speed closest to the

preferred gait speed.......................................................................................................... 48
Figure 4-1 A volunteer walking with the quasi-passive knee exoskeletons..................................  65
Figure 4-2 Knee complex is defined as the combination of the knee joint and exoskeleton  66
Figure 4-3 Schematic function of the exoskeletons that implement a high-stiffness spring in

the weight acceptance phase of the gait and a low-stiflhess spring............................  66
Figure 4-4 A volunteer walking with a pair of joint-less replica devices that have mass

distribution similar to that of the exoskeletons............................................................ 70
Figure 4-5 Detailed view of the exoskeleton design.........................................................................  70
Figure 4-6 Moment-angle characterization of the exoskeleton......................................................  75
Figure 4-7 Timing o f  the control signals and engagement o f  the exoskeleton spring 75
Figure 4-8 The diagram of the finite state machine that the exoskeleton controller uses to

engage/disengage the assistance spring.........................................................................  78
Figure 4-9 A schematic model of the knee complex........................................................................  78
Figure 4-10 The stiffness control module mechanically tested on a knee simulator.......................  80
Figure 4-11 Inter-subject mean± SD angle profiles...........................................................................  88
Figure 4-12 Inter-subject mean± SD moment profiles.......................................................................  89
Figure 4-13 Inter-subject mean± SD power profiles.........................................................................  90
Figure 4-14 Inter-subject mean ± SD profile of the travel of the body center o f mass.................. 91
Figure 4-15 Inter-subject mean ± SD trajectory of the body center of mass................................... 92
Figure 4-16 Inter-subject mean ± SD velocity trajectory of the body center o f mass.....................  93
Figure 4-17 A sample moment-angle graph for one of die subjects................................................  93
Figure 4-18 Inter-subject moment-angle analysis o f the knee complex, joint, and exoskeleton in

the sagittal plane.............................................................................................................. 96
Figure 4-19 Normalized quasi-stiffness and loading effort o f the knee complex and joint with

respect to the normalized parallel stiffness and assistance, respectively.................... 99
Figure 4-20 Mean ± SD of metabolic power, efficiency of positive work, and cost of transport

across the conditions........................................................................................................ 101
Figure 4-21 Mean ± SD of average positive rate of moment generation across conditions  102
Figure 4-22 Mean ± SD of average positive power across conditions..............................................  103
Figure 4-23 Average positive rate of moment generation and average positive power with

respect to the metabolic power........................................................................................  104
Figure 5-1 Quasi-passive compliant stance control orthosis........................................................... 124
Figure 5-2 Moment-angle behavior of the knee during a gait cycle...............................................  127
Figure 5-3 Detailed view of the compliant stance control module..................................................  131
Figure 5-4 Detailed view of the engagement mechanism function................................................  134
Figure 5-5 The configuration of heel and toe sensors in the instrumented shoe insoles  134
Figure 5-6 Timing of the control signals and the friction lever engagement................................ 136
Figure 5-7 The finite state machine used to control the stiffness of the compliance stance

control module.................................................................................................................  136
Figure 5-8 The schematic configuration of the return and support spring and theoretical

moment-angle behavior of the compliant stance control orthosis.............................  140
Figure 5-9 Free body diagram of the friction lever of the compliant stance control orthosis.... 140
Figure 5-10 Moment-angle characterization of the compliant stance control module...................  142
Figure 5-11 Knee simulator used to evaluate the mechanical function of the compliance control 142

vi



module.........................................................................................................................
Figure 5-12 Inter-subject mean angle profiles of the ankle, knee, and hip joints for three healthy

volunteers walking at the preferred gait speed across conditions...............................  145
Figure 5-13 High-speed image captures of the compliant stance control orthosis in a gait cycle

of a healthy subject walking on a treadmill................................................................  145
Figure 5-14 Preclinical experiments including a patient walking with the compliant stance

control orthosis............................................................................................................  149
Figure 5-15 Intra-subject mean angle profiles of the lower extremity joints................................. 151
Figure 5-16 Intra-subject mean angle profiles of the trunk across the conditions......................... 152
Figure 5-17 Intra-subject mean EMG signals for five target muscles across the conditions  153

vii



14
14
34
42
44

49
71
83
83
147
147
147

LIST OF TABLES

Demographic properties and mechanical parameters for the knee joint o f the subject
sets...........................................................................................................................................
Definition of the mathematical terms of chapter 2.............................................................
Description of the mathematical expressions of chapter 3..................................................
Details on subjects and experimental trials used for regression fits..................................
Knee quasi-stiffnesses in the weight acceptance phase.....................................................
Statistical models to predict the quasi-stiffhesses of the knee joint and estimation
errors.......................................................................................................................................
Definition o f mathematical parameters of chapter 4 .........................................................
Demographic data of the participants and the stiffnesses of exoskeleton.......................
Mass properties of the exoskeleton.......................................................................................
Target and realized values for the design parameters.........................................................
Models to size the support spring of the compliant stance control orthosis.....................
Demographic data of the participants and trials information.............................................

viii



Chapter 1 

Introduction

Researchers have substantially studied the human gait biomechanics at a muscle, joint, and leg 

level, and the level o f  the entire body [1-4]. Researchers have also explored numerous engineered 

actuation and control techniques for the design o f lower extremity assistive devices [5-10]. 

However, there is a lack o f knowledge about the interaction between the human lower extremities 

and engineered devices during locomotion tasks [11-13]. Therefore, several fields benefit from a 

better understanding o f the human body behavior in interaction with external engineered devices, 

including the fields o f lower extremity exoskeletons/orthoses [13-15], prostheses [16-18], and 

general physiology [13,19].

Research on design o f lower extremity exoskeletons started decades ago aiming to improve 

human gait energetics, and centered mostly on development o f technologies and assistive 

methods [15]. Despite impressive improvement in designs and technologies, lower extremity 

exoskeletons showed limited success in reducing the gait energy expenditure [12,13,15]. The lack 

o f success in the design o f lower extremity exoskeletons prompted basic research on the 

interaction between human lower extremities and exoskeletal devices aiming to reduce the 

metabolic cost and muscle involvement [11,12,20].

Research on assistive devices over the last few decades revolutionized lower extremity 

orthoses and prostheses from simple passive devices to advanced active and quasi-passive devices 

[17,18,21-24]. Despite substantial improvement in the design technologies and science, lower 

extremity orthoses and prostheses showed limited success in exhibiting adaptability to the user’s 

size and gait condition [ 17,25]. This prompted basic research on the behavior o f lower extremity 

joints during walking and also in interaction with these engineered devices [ 11,24,26-31 ].
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Despite numerous undertakings that led to substantial progress in the mechanical design and 

control schemes, research on the lower extremity assistive devices still aims to answer several 

open problems. How does the human body interact with exoskeletal systems at a leg level and a 

joint level, and what are the effects o f exoskeleton mass and kinematic constraints imposed by the 

exoskeleton articulations on the kinematics and kinetics o f human gait? What control schemes 

can exoskeletons viably employ to energetically augment gait and what is the optimal 

level/method o f exoskeletal assistance? This dissertation reports our efforts to approach a number 

of open problems in lower extremity orthotics and prosthetics and to expand basic research on the 

physiology o f the human body during walking and also in interaction with lower extremity 

exoskeletal systems.

Chapter 2 starts with a brief discussion on the state o f the art in the field o f  assistive devices 

including orthoses/exoskeletons and prostheses and explanation o f the open problems in these 

fields. It continues with an investigation o f the moment-angle behavior o f the knee joint revealing 

that the knee joint exhibits linear moment-angle behavior during the stance phase o f walking at 

all speeds, which particularly approaches a spring-type behavior at the preferred walking speed. 

The chapter finishes with formulation o f the main hypotheses o f this dissertation. It is also 

explained that Chapter 3, 4 and 5 report our efforts in experimentally and theoretically testing the 

hypotheses.

Chapter 3 includes analysis o f moment and angle behavior o f the normal knee joint centering 

on development of a series o f statistical models that can relatively accurately characterize the 

moment-angle behavior o f this joint during normal walking. The chapter starts with an inverse 

dynamics analysis o f the lower extremities that leads to a generic equation for the moment o f the 

knee joint. The chapter continues with simplification o f the generic equation and statistical 

analyses that lead to development o f the statistical models for the knee joint. The chapter ends 

with a discussion on the orthotic and prosthetic applications and biomechanical implications of 

the models.

2



Chapter 4 starts with the mechanical and control design of a pair of quasi-passive knee 

exoskeletons whose design was inspired by the spring-type behavior o f the knee joint in the 

stance phase in that each exoskeleton implements a spring in parallel with the knee joint in the 

stance phase and allows free motion throughout the rest o f the gait cycle. Using the exoskeletons 

in a series o f experiments on healthy and adult volunteers, we investigated the human body 

interaction with exoskeletal impedances in parallel with the knee joint. The chapter reports a 

comprehensive study on the effects o f the exoskeletal impedances in parallel with the knee joint 

on the kinematic and kinetic performance o f the ankle, knee, and hip joints, as well as the motion 

o f the human body center o f mass, metabolic cost o f walking, and gait energetics. The chapter 

concludes with a discussion on how the findings o f the study influence the design of lower 

extremity exoskeletons and prostheses as well as general gait biomechanics and physiology.

Chapter 5 explains the design and functional evaluation o f a compliant stance control orthosis 

(CSCO) as an advancement over current stance control orthoses. The CSCO intends to restore the 

spring-type behavior of a knee joint that is impaired by musculoskeletal disorders including 

spinal cord injury and stroke. Inspired by the spring-type behavior o f the knee joint, the CSCO 

compliantly supports an impaired knee during the stance phase and allows free motion during the 

swing phase o f gait. The chapter explains that the orthosis allows for higher gait speed and more 

natural kinematic patterns when compared to a stance control orthosis that rigidly lock the knee 

during the stance phase.

Chapter 6 summarizes the results and findings o f this dissertation and draws conclusions 

accordingly. It also explains the challenges we experienced, limitations o f our research, and the 

potential future steps as possible continuation to the current research.

Putting together, this dissertation reports my research on the mechanics and energetics of 

healthy and affected human knee joints during normal walking as well as in interaction with 

exoskeletal impedances.
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Chapter 2 

State of the Art of Assistive Devices and Hypothesis Formulation

2.1 Introduction

In this chapter, we introduce the dissertation terminology and discuss the state o f the art in the 

design o f assistive devices and explain a number of open problems in this field. It is explained 

that the design o f an assistive device requires better knowledge o f the interaction between human 

body and an exoskeleton at the level o f  a joint, a leg, and the entire body. This dissertation reports 

our study o f the interaction between an impaired and unimpaired human knee joint with an 

externally-applied mechanical impedance. We explain that the knee joint behaves similarly to a 

linear torsional spring during the stance phase and accordingly hypothesize that a spring in 

parallel with an unimpaired knee joint during the stance phase can partially/fully replace the 

function o f the knee joint and accordingly reduce muscle involvement. We also hypothesize that a 

spring in parallel with an impaired knee joint during the stance phase can restore the natural 

function o f the knee joint.

2.2 State o f the Art of Assistive Devices

Lower extremity assistive devices have been developed to enhance the gait performance o f 

healthy humans or enable patients with musculoskeletal disorders or lost limbs to walk. In terms 

o f functionality and morphology, assistive devices can be categorized as orthoses/exoskeletons 

and prostheses. An orthosis is defined as a device that is mounted on an existing 

impaired/dysfunctional limb and intends to restore the natural function o f that limb; whereas, an 

exoskeleton is defined as a device that is mounted on an unimpaired limb and intends to augment 

the performance o f that limb [4], A prosthesis is defined as a device that replaces a missing limb 

and is intended to mimic the function o f the missing limb [4]. Lower extremity assistive devices
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emerged centuries ago, but it was mostly the undertakings o f the last four decades that led to 

substantial advances in design and associated technologies. Despite technological advances in 

computing, power sources, actuation, and sensing, prosthetics and orthotics (including 

exoskeletons) have many challenges to overcome.

Orthoses are prescribed for millions of people suffering from musculoskeletal disorders 

following injury, stroke, post-polio, multiple sclerosis, spina bifida, SCI, and others [6-8]. Many 

of these disorders could lead to an impaired knee joint and quadriceps weakness that would 

collapse under the weight of the body and without external orthotic support. Traditional 

approaches (as described elsewhere [10]) involve stabilizing an impaired knee joint using a Knee- 

Ankle-Foot Orthosis (K.AFO) which locks the knee throughout the entire gait cycle (i.e. the 

period confined between two consecutive heel strikes with the ground). Since these traditional 

devices often prevent the knee from flexing, they result in unnatural and energetically expensive 

compensatory movements including vaulting over the rigidly locked leg and lateral 

circumducting.

Stance control orthoses, as an advancement over traditional KAFOs, lock the knee during the 

stance phase (i.e. the period when the foot is on the ground) and allow free movement during the 

swing phase (i.e. the period when the foot is off the ground) [11-16]. Stance control orthoses 

proved effective in increasing the walking speed and cadence for novice users ([18] and [20]), 

and knee range o f motion, stride, step lengths, and user satisfaction for both experienced and 

novice users ([14]- [20]). Moreover, users demonstrated reduced energy expenditure and a 

reduction in gait asymmetry [14]. However, rigid support o f the knee during the stance phase 

obscures the shock absorption functionality o f the knee joint and can lead to unnatural gait 

requiring compensatory movements, which causes increased metabolic cost, user pain and 

discomfort. Therefore, an orthosis that mimics the natural compliant behavior o f the support limb 

during stance can be highly beneficial.
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Lower extremity exoskeletons constitute a younger and rapidly growing family o f assistive 

devices. Several research groups center on development o f lower extremity exoskeletons with a 

wide spectrum o f sophistication [4]. At one end o f this spectrum, researchers developed fully 

actuated exoskeletons that include high-power actuators intended to directly provide assistance to 

the target lower extremity joints [25-29]. At the other end o f the spectrum, researcher developed 

purely passive devices, which do not include actuators [30]. In the middle o f this spectrum, 

researchers developed quasi-passive exoskeletons using low-power actuators that do not directly 

provide assistance to the limbs rather modify the performance o f the device through 

engagement/disengagement o f passive component [31-33].

Despite numerous undertakings that led to substantial progress in the mechanical design and 

control schemes, lower extremity exoskeletons showed limited success in achieving the 

envisioned goal o f energetic/metabolic augmentation o f gait [4,32,34], which prompted basic 

research on human physiology in interaction with exoskeletal systems [29,32-38]. The basic 

research in this field aims to answer several open problems that can be briefly formulated as:

1. How does the human body interact with exoskeletal systems at the level o f the leg and a 

joint?

2. What control schemes can exoskeletons viably employ to energetically augment gait?

3. What are the effects o f exoskeleton mass and kinematic constraints imposed by the

exoskeleton articulations on the kinematics and kinetics o f human gait?

4. What is the trade-off between the burden imposed by the exoskeleton mass and

articulation and the assistance provided by the exoskeleton?

5. What is optimal level/method o f exoskeletal assistance for the human body?

Lower limb prostheses emerged centuries ago and remained crude until 70s when researchers 

started developing more sophisticated mechanical and electromechanical prosthetic mechanisms 

[39,40]. Since then, numerous passive, quasi-passive, and active prostheses emerged [39,40]. 

Despite the wide range o f sophistication in control scheme and mechanical mechanism, lower
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limb prostheses showed limited success in gait energetics as well as adaptability to the gait 

conditions and users characteristics including weight and height [39,40], To this end, researchers 

recently have focused on development of lower extremity prostheses that can exhibit gait 

adaptability using impedance control schemes that are founded on bio-inspired models o f the 

musculoskeletal system and lower extremity joints [41-43], Therefore, models that can 

characterize the behavior o f musculoskeletal system, lower extremity joints, and overall behavior 

o f the human movement can be extensively used in the design o f bipedal robots, lower extremity 

orthoses, exoskeleton, and prostheses, and in therapeutic and biomechanical evaluation o f gait 

[16,32,40,42,44-52],

2.3 Spring-Type Behavior of the Knee Joint

Researchers have explored the biomechanics of the lower extremities [53-55], These works 

extract the impedance o f the joints (passive/active elastic, inertia, and viscous parameters) at 

different angles and muscle activation levels, using system identification techniques. Since the 

joints experience complex loading conditions and movement pattern in walking, the findings of 

these researchers could not be directly used in the design o f orthoses and prostheses. As a 

solution, researchers study the moment-angle behavior o f the lower extremity joints at different 

instants o f  gait to gain insight about the design o f assistive devices and to evaluate gait 

impairments [15,16,32,47-49,56-59], The moment-angle behavior o f  a lower extremity joint 

during a particular phase o f gait is characterized using the slope o f a linear fit to the moment- 

angle data points o f  that joint during that particular phase, which is referred to as the quasi- 

stiffiiess of the joint in the corresponding phase.

The knee has a wide range o f roles during gait, including supporting the body weight and 

decelerating and absorbing the shock resulted from the heel strike during the stance phase [60], 

The stance phase can be divided into two stages including a weight acceptance stage (consisting 

o f the initial contact, loading response, and mid-stance phases [61]) and a stance termination
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stage (consisting o f the terminal stance and pre-swing phases [61]). The knee undergoes a 

resistive flexion and a propulsive extension mode during the weight acceptance stage. Exhibiting 

a shock damping mechanism [62,63], the knee applies considerable moment in the weight 

acceptance stage [60], Accordingly, the knee is highly prone to collapse at this stage without 

proper function o f the musculature system or external assistance. Contrary to the stance phase, the 

knee approximately undergoes a ballistic movement in the swing phase [64], which does not 

demand considerable external assistance.

An example knee moment-angle graph and a schematic view o f lower extremities are shown 

in Fig. 2-1 and 2 (data from [2]), with the instant o f the onset and end o f the flexion and extension 

modes displayed. The letters in Fig. 2-2 correspond to those displayed in Fig. 2-1. In a similar 

fashion, we obtained knee joint moment-angle profiles o f several subject groups from open 

literature [1,2,22,65-71], The demographic properties o f subjects and subject groups whose 

kinetic and kinematic data are employed are listed in Table 2-1. These parameters include the 

mean weight (VV), mean gait speed/cadence (V), mean age (Age),  mean height (H),  gender, and 

number o f subjects in each group (n). The Control parameter defines the corresponding 

parameter studied in the original text that allows the readers to identify the subject groups.

The quasi-stiffness o f the knee in flexion (Kf)  and extension (Ke) modes are defined as the 

slopes o f the corresponding regression lines shown in Fig. 2-2. The quasi-stiffness o f the entire 

weight acceptance stage (Kk ) is defined as the mean o f the quasi-stiffness o f  the flexion and 

extension modes. Table 2-1 includes the demographic and gait properties o f the individual 

subjects and sets o f subjects for whom the moment-angle relationships are extracted (with terms 

defined in Table 2-2).

The units o f the parameters o f the original texts are left intact. The reason is twofold: first, 

using the same units allows for comparison and avoids inconsistency. Second, in order to use 

identical units, the physical characteristics as well as the moment and angle time profiles o f the
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a. Heel Contact b. Maximum Moment c. Extension d. Hndof Extension e. Terminal Stance f. Swing
(Onset o f Flexion) (Flexion to Extension)

Figure 2-1. The knee flexes and extends under the weight o f  the body and then it 
prepares for the swing phase.
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Figure 2-2. The knee moment-angle graph o f one gait cycle for a set o f subjects 
walking with slow cadences (85steps/min) [2].
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individual subjects are required, which is usually not the case. Indeed, the mean and standard 

deviation o f the parameters and physical properties o f the groups (rather than individuals) are 

often provided in the original texts.

High values of coefficients o f determination (R 2) for the linear regressions both in flexion and 

extension modes, as shown in Table 2-1, indicate that a linear fit to the moment-angle graphs of 

the knee joint explains most o f the variability in the data. In fact, 22 o f 24 subject groups have R 2 

greater than 90% in flexion mode, as shown in Table 2-1. Furthermore, 19 o f 24 subjects have R2 

greater than 90% in the extension mode, similarly, shown in Table 2-1. We further studied the 

effect o f gait speed on the knee joint quasi-stiffness, as shown in Fig. 2-3. The data are primarily 

extracted from other sources [65]. The subjects’ gait speeds are adjusted to be a function o f the 

height o f  the subject (0.785 Stature/sec.). The quasi-stiffness o f the flexion and extension modes 

and the overall quasi-stiffness of the weight acceptance stage are shown with black solid, dark 

gray dashed, and light gray dashed lines, respectively. The speed o f 25% Ref is removed from the 

original data showing inconsistency with other speeds (the original source highlights this 

inconsistency [65]).

Linear regression shows that the quasi-stiffness of the knee changes linearly as the gait speed 

changes (R2 =  98.7, p  =  0.007 for both flexion and extension modes) [49,57]. It is noticeable 

that the changes in stiffness are in two different fashions for the flexion mode and the extension 

mode; namely, the quasi-stiffness o f the knee in flexion mode linearly increases as the gait speed 

increases; whereas the quasi-stiffness of the knee in the extension mode decreases as the gait 

increases.
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TABLE 2-1. Demographic Properties of the Subject Sets and Mechanical Parameters of the Knee

Properties of Subiect Gro »P» Mechanical Parameters
W ? }} A ge » Gen. n CTRL K , K . * « « } H i Ref.

I t 76.8 99.8C 30.3 1.81 M 16 6kg 351 222 286.5 98 97

HI
I f 100.6C 20kg 406 260 333 98 98
3 t 100.0C 33kg 532 286 409 98 98
4 t 102.4C 47kg 553 322 437.5 96 98
5* 69.7 25NS 28.8 1.72 M/F 18 25% 11.1 16.7 19.4 90 80

13]

6» SONS 50% 14.8 23.8 19.3 95 94
7- 75NS 75% 17.8 22.7 20.3 99 98
S* 100NS 100% 23.0 20.8 21.9 99 99
9» 125NS 125% 28.0 19.1 23.5 99 94

10} • • 64.4 • M/F 37 Normal 3.02 3.02 3.02 99 99 151
• '} 70.8 I20C 27.9 1.71 M/F 12 Level 14.89 6.25 5.98 80 98 [91

Downhill 6.21 9.55 7.88 96 91
13} 64.7 I.34S 28.3 1.73 M/F 20 Healthy 4.90 3.7 4.3 90 90 1171
14+ 82 * 28 1.76 M 26 EE 253 100 176.5 90 86 1191
«*! 67.2 96C 23 1.75 M 1 A SO 146 98 75 91

(21)>*t 70 104C 26 1.8 M 1 B 181 264 222.5 99 94
84.3 109C 29 1.81 M 1 C 745 259 502 85 89

i » t 79 1.21S 21 1.82 M 1 A 157 223 190 96 88
[22]63 1.18S 26 1.76 M 1 B 147 250 198.5 98 98

20t 56 1.40S 21 1.62 F 1 C 122 122 122 97 99
2'} 71.5 85C 22.2 1.77 • 14 Slow 3.05 3.79 3.42 98 98

(23)
22} 69.1 105C 25.6 1.75 • 16 Normal 2.92 2.92 2.92 99 97
« } 71.5 125C 22.2 1.77 • 14 Fast 5.12 3J9 4.25 98 88
24} 76.4 111.8C 68.9 1.71 • 18 Elderly 3.62 3.27 3.44 99 95 [241

t:  Stiffness (N.m rad). Moment (N.m), and Work (J)
*: Stiffness(%BW.Hi. ra d )a n d  Moment (%BW.Hl.). work (%BW.Ht.) 

Not specified
Notice that the subject groups are divided by the lines.

Stiffness (N.m kg .rad ), Moment (N.m kg), and 
Work (Jkg .)

Cadence (steps min). Speed (m sec ), and 
Nonnalized Speed (%0.7S5Siature sec.)

TABLE 2-2. Definition o f the Mathematical Terms

Quasi-stiffness o f the knee in flexion mode

K„ Quasi-stiffness o f the knee in extension mode

Kk Quasi-stiffness o f the knee in weight acceptance stage
Coefficient of determination o f flexion mode for the knee

Hi Coefficient of determination o f flexion mode for the knee

w Mean body weight (kg)

V Mean speed/cadence

Hge Mean age

H Mean height (nt)

Control Control parameter in the original text

n Number o f the subjects
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Figure 2-3. The quasi-stiffness o f the knee in the flexion (Kf =  5.276 +  0.1787, R2 = 

98.7%, p =  {0.059,0.007}) and extension (Ke =  27.230 -  0.0647, R 2 =  98.7%, p =  
{0.000,0.007}) modes, and in the weight acceptance stage (Kk =  16.250 +  0 .0577) of 
the gait plotted against the gait speed, (Ref. =  0.785 Stature/sec.).
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The stiffnesses o f these two modes are perceived to be identical for a gait speed around 

90%Ref (the intersection o f the regression lines o f the flexion and extension modes shown in Fig.

2-3), which is close to the preferred walking speed. In other words, the quasi-stiffnesses o f  the 

knee in flexion and extension modes are nearly identical at the preferred walking speed and differ 

as the gait speed deviates from  the natural value implying that the human knee jo in t behaves 

similarly to a linear torsional spring at the preferred gait speed [49,57]. Consequently, a device 

(including orthoses, exoskeletons, prostheses, and biped robots) can mipiic the behavior of the 

human knee by implementing a spring with a suitable stiffness during the stance phase and 

allowing free motion during the swing phase.

2.4 Formulation of Dissertation Hypotheses

We found that the human knee joint exhibits a linear moment-angle behavior during the stance 

phase of walking at all speeds and a spring-type behavior during the stance phase o f walking at 

the preferred speed, which are both subject-specific and gait-specific [49,57]. Therefore, we 

formulate the following hypotheses:

1. The significant dependence o f the moment-angle behavior o f the knee joint on the body size 

and gait speed [49,57] leads us to hypothesize that, from a design point of view, the moment- 

angle behavior o f the knee joint can be sufficiently accurately characterized using a set of 

measurable parameters including body weight, height, gait speed, and joint excursion. 

Characterization o f the moment-angle behavior o f the knee joint paves the way for the design of 

knee orthoses/exoskeletons and prostheses.

2. The spring-type behavior o f the knee joint during the stance phase at the preferred gait 

speed leads us to hypothesize that the behavior o f unaffected human lower extremity joints during 

normal walking adapts to externally-applied mechanical stiffnesses in parallel with the knee joint
w

such that the overall kinematic and kinetic patterns remain invariant. Particularly, the knee joint 

stiffness and moment during the stance phase adapt to an externally-applied stiffness and moment
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implying that a knee exoskeleton can provide assistance to the knee joint and reduce muscle 

involvement and metabolic cost by implementing a spring in parallel with the knee joint during 

the stance phase and allowing free rotation during the rest. We also anticipate that the mass and 

articulations o f an exoskeleton would perturb gait patterns.

3. We hypothesize that a knee orthosis can restore the natural spring-type behavior o f an 

impaired knee joint during the stance phase, provided it implemented a spring tuned to the gait 

requirements o f the user during the stance phase. This implies that a stance control orthosis can 

compliantly support (as opposed to the oftentimes rigidly supporting) the knee joint during the 

stance phase to restore the natural gait o f users with impaired knee joints.

2.5 Dissertation Approach

This dissertation reports our efforts in approaching some o f the open problems in the area of 

assistive lower extremity devices by experimentally testing the formulated hypotheses. We 

experimentally study the behavior o f lower extremity joints (particularly the knee joint) during 

normal walking as well as in interaction with mechanical exoskeletal impedances in parallel with 

the knee joint. We investigate the formulated hypotheses in the next three chapters. Chapter 3 

reports a theoretical and empirical study through which we established a series o f statistical 

models that relatively accurately characterize the moment-angle behavior o f the knee joint during 

the stance phase o f gait using a set o f measurable parameters. Chapter 4 reports a comprehensive 

experimental study on the interaction between unimpaired lower extremities and mechanical 

impedances externally-applied in parallel with the knee joint using a robotic knee exoskeleton. 

Chapter 5 explains the design and evaluation o f a compliant stance control orthosis on a set of 

healthy subjects and one impaired subject, and investigates the effects o f compliant stabilization 

o f the knee joint during stance phase through comparison with a state-of-the-art stance control 

orthosis that rigidly locks the knee during the stance phase.
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Chapter 3

Characterization of Moment-Angle Behavior of the Knee Joint

3.1 Introduction

A number o f engineered locomotion systems aim to emulate the biomechanical behavior of 

humans including anthropomorphic bipedal robots [1,2], lower-limb wearable exoskeletons [3- 

10], and biologically-inspired prosthetic limbs [11-14], Robust performance o f these systems can 

be achieved using mechanisms that function similar to the biological joints. These mechanisms 

should ideally be built upon a foundation o f simple models (theoretical or empirical) that can 

accurately characterize the normal mechanical behavior o f the human joints during the 

locomotion tasks [15-17]. Therefore, design o f these locomotion systems requires knowledge o f 

how individual joints behave during locomotion tasks. To this end, researchers have used both 

empirical and theoretical approaches to characterize human locomotion. Experiments have been 

performed to measure the kinetics and kinematics o f the human joints in locomotion tasks using 

gait laboratory equipment [19-21], and whole-leg models have been implemented with a range of 

complexity that can generate human locomotion patterns [1,17,22-30]. Researchers have also 

investigated the torque generation capabilities of the joints in terms o f the passive and active 

stiffness using system identification techniques that employ statistical analyses and experimental 

data [31-33]. Most o f these studies examined the joint and leg stiffness under controlled 

conditions and in specific tasks such as hopping or lateral balance; making it difficult to extend 

results to the behavior o f joints during walking/running [26,31,32,36-38]. However, a common 

finding from all o f these approaches is that compliance (i.e. springy limb behavior) plays a central 

role in shaping human motion.
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Previous studies show that the lower extremity joints have moment-angle patterns with highly 

linear phases during gait, especially during periods of high loading [35,39-42]. These findings 

have motivated incorporation o f passive elastic components in the design o f lower extremity 

orthoses/exoskeletons and prostheses to unload/mimic the musculature system function [43-45]. 

Moreover, the loading/unloading behavior o f the lower extremity joints has been investigated 

using the concept o f quasi-stiffness or “dynamic stiffness” [35,39-42,46-51]. The term quasi

stiffness is usually reserved for lower extremity joints (e.g. ankle, knee, and hip) and can be 

distinguished from the passive and active stiffness o f a joint typically used to describe the ‘local’ 

tangent to the moment-angle curve exhibited for a given joint at a specific angle and for a certain 

level o f muscle activation as described in the literature; hence, it should be distinguished from the 

passive and active stiffness of a joint defined as a specific function o f angle and time [31,32,52].

The concept o f quasi-stiffness applies well to major loading phases o f the lower extremity 

joints, mainly the ankle joint during stance phase, knee during the weight acceptance phase, and 

hip joint during the late stance and early swing phase o f walking [35,39-42,47,53]. From a design 

standpoint, a spring with a rotational stiffness equal to the joint quasi-stiffhess can closely mimic 

the function o f that joint in that specific task. Accordingly, many researchers develop and size 

prostheses according to the average joint quasi-stiffhess (and additional tuning on the user) 

[13,35,39,40,46-51]. Our previous research shows that the quasi-stiffhess o f lower limb joints can 

significantly change according to the gait conditions and subject size [35,40-42], Moreover, a 

simple and fast measurement o f the joint quasi-stiffhess for patients in a gait laboratory is very 

difficult. Therefore, the design of prostheses and orthoses could benefit from subject and gait 

specific model estimates for the quasi-stiffhess o f lower extremity joints in the key 

loading/unloading phases o f gait.

The concept o f quasi-stiffness applies particularly well to the knee joint during stance phase of 

walking, where a substantial moment is applied to compliantly support the body weight. This 

compliance was originally considered a determinant factor in reducing the vertical travel of center
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of gravity o f the body [54], and later shown to play a major role in shock absorption [55-57]. 

Applying a preliminary quasi-stiffhess analysis revealed a nearly linear spring-like behavior that 

changes with both gait speed and load carriage [40], Indeed, a simple spring-like approximation 

o f knee performance leads to much simpler mechanical designs o f assistive devices, leading to 

greater robustness, lower cost, lighter weight, and higher shock tolerance. The overall goal o f this 

chapter is to establish statistical models that can closely characterize quasi-stiffnesses of the knee 

joint in the weight acceptance phase o f walking for adult humans spanning body size (height and 

weight) across a wide range o f walking speeds. The results o f  this chapter promise to aid in the 

development o f biologically-inspired assistive devices (e.g. exoskeletons, orthoses, and 

prostheses) for the knee joint [4,35,40-44,58].

We begin with a description o f the moment-angle behavior o f the knee joint, modeling 

approach and data collection methods used in the study. To extract the models, we 

obtain generic equations o f the knee joint moment through an inverse dynamics analysis and 

identify subsets o f factors that can explain the quasi-stiffnesses o f this joint. We then employ a 

data set including the moment-angle information for 136 gait trials across 14 human adult 

subjects for the knee joint spanning a substantial range o f body sizes and gait speeds to extract the 

coefficients o f each factor and obtain general-form statistical models. We show that the models 

can closely estimate the quasi-stiffhesses across the gait trials examined.

The general-form models estimate the quasi-stiffhesses using the magnitude o f lower 

extremity joints excursion, gait speed, and body size. For design occasions where it would be 

undesirably time-consuming or expensive or where joint kinematics cannot be easily and 

repeatedly characterized (e.g. in an orthosis for a spinal cord injury patient), we develop more 

simplified models that only include the body size. These models favor the design o f compliant 

assistive devices that are versatile enough to perform well over a range o f speeds around the 

preferred gait speed. These simplified equations are termed stature-based models, and are only 

functions o f body weight and height. There are many applications where a priori knowledge of
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the joints excursion is not available and only one stiffness is required, such as “sizing” compliant 

knee prostheses or orthoses that are versatile enough to perform around the optimal gait speed, 

without needing time-consuming ‘on-board’ measurements. For these cases, the stature-based 

models can be used that only include height and weight, at the expense o f reduced accuracy.

3.2 Moment-Angle Behavior o f the Knee Joint during Walking

To evaluate the knee joint quasi-stiffhess, we first divide the gait cycle into stance and swing 

phases (schematically shown in Fig. 3-1, top). The stance phase can be further divided into two 

sub-phases including a weight acceptance phase (consisting o f the initial contact, loading 

response, and mid-stance phases) and a stance termination phase (consisting of the terminal 

stance and pre-swing phases) [59]. This study centers on the weight acceptance sub-phase (Fig. 3- 

1, top a-c). During this phase, the knee undergoes a flexion stage (a-b) and an extension stage (b- 

c) while supporting body weight. Exhibiting a shock damping mechanism [55,57], the knee 

applies a large moment in the weight acceptance phase [60]. Accordingly, the knee is highly 

prone to collapse at this stage without proper action o f the musculoskeletal system or external 

assistance (a problem that exists in patients with musculoskeletal disorders such as spinal cord 

injury and stroke). Contrary to the stance leg, the swing leg approximately undergoes a ballistic 

movement [29] that does not demand considerable muscular effort.

We define the quasi-stiffhess o f the flexion stage ( K ^ ) and extension stage ( K ke) as the

slopes o f the lines fit on the moment-angle graph o f the knee in the corresponding stage (see Fig.

3-1, bottom). We also introduce the quasi-stiffhess o f the entire weight acceptance phase ( K k ) as

the average o f K ^  and K ke. Alternatively, K k can be introduced as the slope o f a line fit on the

moment-angle graph o f the weight acceptance phase. However, since the extension stage is more 

prolonged in time, the slope o f the fit is highly affected by the behavior o f the knee in that stage.
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Figure 3-1. Knee moment vs. angle curve for a representative subject walking at 1.25 w /  5 . 
Letters a-f on the graph correspond to the poses shown during a typical walking cycle (top, 
schematic timing is adapted from [18]). Quasi-stiffhess is calculated based on the slope o f the 
best line fit to the moment-angle curve o f a-b for the flexion stage (Kk/), and b-d for the 
extension stage (Kke) o f the weight acceptance phase (a-d). The average o f these two quasi- 
stiffhess values is defined as the quasi-stiffhess o f the weight acceptance phase (Kk).
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We obtain the magnitude o f excursion o f the knee in the flexion stage ( 6^ ) and extension stage ( 

0k ) by subtracting the initial angle from the final angle in that particular stage. Using an 

averaging similar to the definition o f K k , we define the knee excursion in the weight acceptance 

phase (#*) as the mean value of 9kf and0 ^ .

3.3 Inverse Dynamics Analysis

In this section, we derive a generic equation for the moment o f the knee joint. Winter presents 

a detailed explanation o f step-wise inverse dynamics analysis for gait laboratory analysis [61]. 

Our analyses develop the Newtonian equations o f motion o f foot with respect to (w.r.t.) the global 

coordinate system as shown by X  -  Y  -  Z  in Fig. 3-2. Next, we derive an expression for the 

moment o f the ankle joint w.r.t. the anatomical coordinate frame o f the foot shown by

x f - y f - z f  in Fig. 3-2. The anatomical coordinate frame of the foot is established by placing 

y f  on the axis connecting the toe to the ankle center, z f  along with Z  and x  f  along with the

cross-product o f y f  and z f . The Newtonian equations o f motion o f the shank give us the

reaction force o f the knee in the global axes, using the reaction force o f the ankle. Then, we apply 

the reaction forces o f the ankle and knee in the Euler equations o f motion and derive an 

expression for the moment o f the knee w.r.t. the anatomical coordinate frame o f the shank shown 

by x s -  y s -  z ( . The anatomical coordinate frame o f the shank is established by placing y s on

the axis connecting the ankle center to the knee center, z, along Z  and xs along the cross- 

product o f y ,  and z5. Table 3-1 lists the parameters that are used in this text and brief 

description o f each parameter.
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The pair o f ground reaction force ( F(;) and ground reaction moment ( M ( i ) is transferred to 

the distal joint (i.e. toe) from the center o f  pressure (COP) to obtain the distal force ( R JD) and the 

distal moment ( M f} ) o f the foot w.r.t. X  -  Y  -  Z . Hence w.r.t. X  -  Y  -  Z  we get:

K  = F(, (3-1-a)

M '  = M G - F u x r  (3-1-b)

and w.r.t. x f - y f -  z f  we get:

Ki^[GA\F„ O-2-a)

(3-2-b)

r  is the vector connecting the distal joint to COP and [G/l]^ is a proper (i.e. reserves inner 

product and has a determinant o f 1) rotation from X  -  Y  -  Z  to x f —y f  — z f . The reaction 

force at the ankle ( R p )  is derived using the Newtonian equation o f motion for the foot:

Y f f  = mf a f  :■ R{, =  R fn + m f a f + mf geY (3-3)

where, Ff  denotes any force that is applied on the foot segment and a f  is the acceleration o f the 

center o f mass o f the foot ( C O M f ). m f  is the mass o f the foot segment, eY is a unit vector

along the T-axis, and g  is the acceleration due to gravity. Equation (3-1-a) gives us the proximal 

force o f the foot w.r.t. X - Y - Z  as:

R{, = Fr; + m f af  + m f geY (3-4)

which could be transformed to x f — y  f -  z f  through a rotation, as:

R ' = [ G A ] f R '  (3-5)
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Figure 3-2. A schematic model o f the support shank and foot. The figure depicts the proximal 
force and moments o f  the shank and foot segments, and the center o f masses (COMs and 
COM/). The ground reaction force and moment are also shown at the center o f pressure
{COP).
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Now, we derive the expression of the moment at its proximal joint (i.e. ankle):

^ M f  = [ / / ] « > /  +a>f x U f  (3-6)

wherein, M  f  denotes any moment that is applied on the foot segment and [ / , - ]  is the matrix of

moment o f inertia. (bf  the angular velocity, 6)/  the angular acceleration, and U f  is the angular 

momentum o f the foot segment. Expanding the left hand side o f the above equation gives us:

M fp = M fd - R '  x d f  + R ' x p f  + [ l f ]d) f  +6)f x U f  (3-7-a)

Now, we develop the Euler equation o f motion for the foot segment w.r.t. x f —y f  — z f  to

where, M p is the moment at the proximal joint o f the foot segment expressed w.r.t.

x f  — y f —Z f ,  d f  is the vector that connects the center o f  mass o f the foot ( C O M f ) to the toe

and P f  is the vector that connects C O M f  to the ankle joint both expressed w.r.t. x f

Here, the tip o f the toe is chosen such that C O M f  relies on the origin o f x f  — y  f -  z  f  Now, we 

insert the corresponding terms in equation (3-7):

M l  = [ 0 4 ]  (M „  -  Fa x r )  - [ 0 4 ]  F„ x d ,

, i l -  r  1 -  -  < 3 ‘ 8 )+\ GA\ f yFa + m f a f  + m f geY j  x p f  + +6)f x U f

Since \G A \f  is a proper rotation, M p could be transformed into X  — Y  — Z  to obtain the 

generic equation o f the ankle moment as:

M r = ( M , : - F , , y  r ) - F „  x [AG]f d /  + ( f „ + m raf + m , g e , ) '{ A ( J \ i p ,

where, . One should notice that:

Fa x L $  = -F a x [ A G ]  d f  + Fa x [ A G ]  p f  (3-10)
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TABLE 3-1. Description of the Mathematical Expressions

P aram eter Description Param eter Description

K k, Knee quasi-stiffness in extension stage 9 k , Knee excursion in extension stage

K kf Knee quasi-stiffness in flexion stage Qkt Knee excursion in flexion stage

K k Knee quasi-stiffness in weight acceptance phase 8* Knee excursion in weight acceptance phase

W Body weight v , Angular momentum o f  foot

V Gait speed V. Angular momentum o f shank

H Body height Matrix o f  moment o f  inertia o f  foot

Ground reaction moment [ i. i Matrix o f  moment o f inertia o f shank

h Ground reaction force m Shank proximal moment in global coordinate system 
(knee moment)

? Vector from toe to center o f pressure Shank distal moment in global coordinate system

h Foot length S '
Foot proximal moment in global coordinate system 
(ankle moment)

Shank length Foot distal moment in global coordinate system

¥ t Unit vector along foot segment S ; Shank proximal moment in shank anatomical 
coordinate system

**r Unit vector along shank segment S i
Shank distal moment m shank anatomical coordinate 
system

Foot mass S ' Foot proximal moment in shank anatomical coordinate 
system

m , Shank mass B ' Foot distal moment in shank anatomical coordinate 
system

3 f Foot acceleration Shank proximal force in global coordinate system

3 , Shank acceleration Shank distal force in global coordinate system

9 Magnitude o f  acceleration due to gravity % Foot proximal force in global coordinate system

4 Distance between center o f mass o f  foot and ankle S'. Foot distal force in global coordinate system

Distance between center o f mass o f  shank and knee Sj Shank proximal force in shank anatomical coordinate 
system

M G], Transformation matrix from anatomical coordinate frame 
o f shank to global coordinate frame S j

Shank distal force in shank anatomical coordinate 
system

[Gil],
Transformation matrix from global coordinate frame to 
anatomical coordinate frame o f shank S' Foot proximal force in shank anatomical coordinate 

system

U G ], Transformation matrix from anatomical coordinate frame 
o f foot to global coordinate frame S', Foot distal force in shank anatomical coordinate 

system

[GA]/ Transformation matrix from global coordinate frame to 
anatomical coordinate frame o f foot X - Y - Z Global coordinate system

« , Angular velocity o f  shank Anatomical coordinate system o f  shank

Al, Angular acceleration o f shank * r - y r - ’ f Anatomical coordinate system o f  foot

3 , Angular velocity o f  foot Vector connecting center o f mass o f foot to toe

* / Angular acceleration o f foot P/ Vector connecting center o f mass o f foot to ankle

COM, Center o f  mass o f shank a, Vector connecting center o f mass o f  shank to ankle

COM/ Center o f mass o f foot p . Vector connecting center o f mass o f shank to knee

» , Any moment applied on shank ? . Any force applied on shank

3/ Any moment applied on foot ? / Any force applied on foot

Fr Froude number for walking * r Unit vector vertical to the ground and along Y
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where, Lf  is the length o f the foot segment and eY is the unit vector along the y  f  -axis o f  the 

foot segment expressed w.r.t. Y-axis. Thus, equation (3-9) can be written in the following form: 

M fP = (Ma - F a x r  + Fa x Lf e / )  + ( m f a f  + m f geY) x Lfpeyf  + [ AG) f  ( [ / , ] <bf  + &f xUf )

(3-11)

where, l!p is the distance between C O M ( and the ankle.

Next, we derive the proximal moment o f the shank segment (i.e. knee moment). We exploit 

the expressions o f the proximal force and moment for the foot segment and use them as the distal

force ( R sd ) and moment ( M SD) o f the shank. In other words w.r.t. X  - Y  - Z  we have:

R sn = R fP (3-12-a)

M sD = M p  (3-12-b)

which can be transformed to x s -  y s -  zs using the proper rotation-matrix of [G/l] :

K = [ G A ] s R{, (3-13-a)

M sd = [ G A ) M l  (3-13-b)

The proximal reaction force o f the shank ( R),) is obtained from the Newtonian equation of 

motion w.r.t. X  -  Y  -  Z , as follows:

Y f .  = WA  K  = + (3-14)

where, Fs denotes any force that is applied on the shank segment, m s is the mass and as is the 

acceleration o f the center of mass ( C O M s ) for the shank segment. Applying equations (3-4-a) 

and (3-12-a) in (3-14), we get:

R SP = Fa + ( m f a f  + m ,as ) + (m f  + m ,)g e Y (3-15)

which could be transformed to x s -  y s -  z s as:
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* ;  = [g 4 * ;  (3-16)

Now, we employ the Euler equation o f motion for the shank w.r.t. x s -  y s -  z s to derive the 

moment at the proximal joint (i.e. knee). As such:

£ M s =  [ / , ] 6)s + d>s x U, (3-17)

where, M s denotes any moment that is applied on the shank. is the matrix o f moment of

inertia, a>s the angular velocity, <bs is the angular acceleration, and U s is the angular momentum 

for the shank segment. Expanding the left hand side o f the above equation results in:

m ;  = M sd - R sd x I + r ; x ps + [ / , ] * , + a , x u ,  o - is )

where, M p is the moment at the proximal joint o f the shank (i.e. knee moment). d s is the vector 

connecting the center o f mass o f the shank ( C O M s ) to the ankle and p s the vector connecting 

C O M s to the knee both expressed in x s -  y s -  z, . Inserting the corresponding expression of 

each term in (3-18) concludes:

M'p = [GA\s { ( Ma - F a x r  + Fa x Lf e{ ) + ( m f a f  + mf geY) x L f f i  

+[A G ]f  {[7/ ] ^ /  + *>/ x Gf } } ~ [ G A l ( F a + m f a f  + mf geY) x d,

+[g a \ ( f g + {mf a f  + msds) + [mp + ms) geY j  x p s + + <y( x U s (3-19)

The proximal moment o f the shank ( M p ) is transformed to X  - Y  -  Z  to reach the following 

expression for the knee moment ( M sp ):

M p = { ( 4 ;  - h  x r  +F g x Lf erf  ) + ( mf a f  + m f geY) x LfpeYf  + [AG]/  { [ / , ] « » /  + &f  x £/,}} 

~ ( f g + m f d f  + m f geY) x [ A G \  d s + ( fg + ( mf a f  + m,as) + ( m f  + ms) g e Y) x [ A G \  p s 

+ [ A G l ( [ l s]6s+6>s x U s) (3-20)

where, [AG] -  [GA] ' .  One should notice that:
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Fa X Lse; = -F 0 x [ ^ G ]  ds + F(1 x [ ^ G ] ( p s (3-21)

where, Ls is the length o f the shank segment and eY is a unit vector along y s -axis o f the shank

segment expressed w.r.t. X  -  Y  -  Z . Hence, we obtain the following generic expression for the 

moment o f the knee joint:

M'f = {MG- F Gx(r  + L f r U L te i ) )  +

{(mfaf +mf geY) x ( F / /  + LseY) + (m,a, + msgeY) x U #  } +

+ 3 , x U , )  + [AG]f ( [ l f ]d>f +&f  x G ,)}  (3-22)

where, Lsp is the distance between C O M s and the knee.

3.4 Identifying the Model Parameters and Form o f Fits

We first simplify the generic equation o f the knee moment (3-22) for the instant o f  maximum 

flexion in the weight acceptance phase o f the gait (Fig. 3-1, point b) and extract the knee moment 

in the sagittal plane (X-Y). Next, we extract theoretical model-forms by investigating the terms of 

the equation for the knee moment on the sagittal plane and correlate them with body and gait 

parameters. To recall, we considered subject body weight (W) and height (H) as the body 

parameters, and walking speed ( V), and magnitude o f knee excursion ( 0k) as the gait parameters.

First, we simplify equation (3-22) for the instant o f maximum flexion in the weight acceptance 

phase of the gait (Fig. 3-1, point b). At this instant, the ground reaction force (i.e. the force 

applied on the foot from the ground, GRF) shows a maximum magnitude for normal walking on 

level ground. Moreover, since the ground reaction moment (i.e. the moment applied on the foot

from the ground) is substantially smaller than the knee moment, we neglect it (i.e. M (; »  0 ) .

When the knee is maximally flexed in the stance phase, the support foot and shank segments are

37



instantaneously nearly stationary (i.e. <y, & 0 and G)f  * 0 ) .  At this instant, the support limbs are

dramatically loaded to propel the rest o f the body. Thus, we assume that the effect o f linear and 

angular acceleration o f the support foot and shank is negligible compared to that o f the rest o f  the

body (i.e. m sa s «  0 and [/,]© *  *  0 ,  and ntfO f *  0  and [  I  f  J tw/ « 0 ) . We further neglect the

effect o f the weight o f the support limbs (i.e. m f « 0  and m ,* 0 ) .  Applying these 

approximations in equation (3-22) results in the following expression for the knee moment:

M p  = j—F(i x | r  + Lf ey + Lsey jj + CK (3-23)

where, C K reflects the effect o f the neglected terms. After our assumptions are applied, the

analysis resides in a pseudo-static state which is valid for the instant o f maximum moment in 

stance. We obtain the sagittal-plane component o f the knee moment at the instant o f  maximum 

moment (point b in Fig. 3-1) from equation (3-23) as:

M k |a = —Fx (rY -l- LfeYY + LseYY }~ F Y (fy + ̂ /eyx +  ̂ seyx) + Qez (3-25)

where, C KZ is the Z  -component of C K and Fa = [Fx Fy Fz ]r . One should notice that

ey = [eyX e{Y eYZ^ , ey = [e YX e \Y eYZ] , and r = \rx rY rz ]7 . ey is assumed to 

be constant because the foot is instantaneously stationary when the knee is maximally flexed 

during the weight acceptance phase. We assume ey «[sin0* cos#* 0 ], provided the leg 

moves only on the sagittal plane with the knee slightly flexed. Considering the small amount o f 

flexion in normal walking we assume ey * \0 k 1 0 ]. Anthropometric relationships imply that

L f  and Ls are proportions o f H  [61]. Also, it has been shown that center of pressure (COP) 

tends to lay underneath the ankle at the instant o f maximum flexion in stance [62]. Therefore, rx 

and rY would be correlated with L f , and hence with H . Therefore:

38



M l \ h *  ~ FxP\ {H ) -  FyP i ( H d > H ) + C kz (3-26)

where, we note that in its general case, p t ( jc, , . . . ,  x n) denotes an arbitrary first-order polynomial 

o f  x, ’s. Previous research has shown that the peaks o f the normalized GRF (especially the peaks

o f vertical and anterior-posterior components in the stance phase) are correlated with the gait 

speed for normal walking on level ground [63]. In other words, at the instant o f  maximum 

moment in the weight acceptance phase we have:

Fx *W p3(V )  (3-27-a)

Fy »W p4 (V )  (3-27-b)

Applying equations (3-27-a) and (3-27-b) in equation (3-26) results in:

M zk I  *  W p, (V H , V, VH 0, H , H 9 )  + Ca  (3-28)

Assuming the knee behaves nearly linearly in the weight acceptance phase o f the gait [40]:

*  F k@k *  F kf@kf *  K kfike (-J-29)

Combining (3-53) and (3-54) constitutes the following analytical forms for the quasi-stiffness 

o f the knee in the weight acceptance phase, and its flexion and extension stages:

Kk * p6 (w v h  / ek,w v  / ek,wH / ek,w  / ek,\ i ek,WH, w v h )  (3-30-a)

Kkf * p7 (w v h  / 9kf,w v  / ekf,wH  / ekf,w  / ekf, 1 / ekf,wH, w v h )  (3-30-b)

Kke *  A  (W V H  10k<>WV / 0ke,W H  / 0b ,W  / 9keM  9ke,W H , W V H ) (3-30-c)

These equations suggest that, in its most general form, K k could be modeled by a first order 

polynomial of W VH i 0k , W V  / 0k , W H 1 9 k , W  / 9k , M 9k , W H  , and W VH  (and a function 

o f only V, 0k , H, and W); and similarly for K y  and K ke.
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3.5 Experimental Protocols

Researchers from two different labs provided us with the knee moment and angle data, and the 

collection procedures for 136 trials across 14 healthy male and female adults with a reasonably 

wide range o f mass (46-94.0 kg) and height (1.43-1.87 m). The trials included a wide range o f

gait speeds for the subjects (0.75-2.63 m/s). Data was compiled using:

1) Nine subjects (subjects 1 to 9 in Table 3-2) at Human PoWeR Lab, NC State University

walking on a treadmill, as detailed elsewhere [21 ].

2) Five subjects (subjects 10 to 14 in Table 3-2) at Biomechanics Lab, East Carolina 

University walking on level ground. The general procedures used to obtain the ground reaction 

force, sagittal plane knee joint angular position and torque are described elsewhere [34]. We 

detail here the specific procedures relevant to the purpose o f this study. All participants read and 

signed an informed consent form approved by the University Institutional Review Board at East 

Carolina University. Using a 15 m walkway, force platform (AMTI, Watertown, MA) and eight 

camera motion capture system (Qualisys, Gothenberg, Sweden), three dimensional ground 

reaction force and linear position data describing the right lower extremity and pelvis were 

obtained from each participant during 20 walking trials o f different velocities ranging from 1.01 

to 2.63 m/s. Each participant was initially tested at a self-selected, moderate walking speed the 

mean o f which was 1.63 ± 0.03 m/s. Subsequently, the 19 remaining trials per participant were 

collected in an approximately random order o f walking velocities. Participants were instructed to 

walk at various speeds with instructions such as, “walk at a moderately fast pace,” “walk at a very 

slow pace,” and “walk at your fastest pace.” The mean walking velocity for all trials was 1.77 ±

0.36 m/s. All participants had similar minimum and maximum walking velocities and therefore 

similar ranges o f walking velocities. Additionally, the 20 walking velocities for each participant 

were moderately evenly distributed through the range o f velocities from slowest to fastest 

velocities. Qualisys Track Manager and Visual 3D software (C-Motion, Gaithersburg, MD) were 

used to calculate the knee joint angular position and torque through the stance phase o f walking in
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each trial from the linear position and ground reaction force data. The subject consents, collection 

protocols and data analysis for subject groups 1 and 2 are detailed elsewhere [21,34].

3.6 Data Extraction and Statistical Analysis

For each subject, we plotted the knee moment and angle data against each other, (see Fig. 3-1- 

bottom for an example gait cycle). The onset o f the flexion stage was identified as the point of 

minimum moment after the heel contacts the ground (point a), the end o f flexion stage as the 

point o f maximum moment (point b), and the end o f extension stage as the point o f minimum 

moment before the toe leaves the ground (point c). In other words, the flexion stage is composed 

o f the data points between a and b; and the extension stage between b and c. Then we applied 

linear fits between the angle and moment data points in flexion and extension stages (as described 

in the previous section). The slopes o f the fits were correspondingly reported as and K ke,

and the average was calculated as K k . The knee angle at point a was subtracted from the angle at

point b to obtain 9%; similarly for using points b and c. We averaged 9 ^  and Bke to obtain

**•

The inverse dynamics analysis o f the previous section proposed three sets o f collinear predictors 

for the models of K y , K ke, and K k . Since, the purpose of this study was to constitute

predictive models for , K ke, and K k that are composed o f these collinear predictors, we

cross-validated the models structures. We removed the gait cycles o f one subject at a time 

(stratified cross-validation) from the data pool and conducted Partial Least Square (PLS) analysis 

to evaluate the predictability o f the predictors (i.e. parameters suggested in the previous section). 

For the sake o f completeness, we have reported the optimal number o f components that could 

best describe the response variables (i.e. quasi-stiffnesses) and result in minimal PRESS statistics,
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TA B LE 3-2. Details on Subjects and 
Experimental Trials used for Regression Fits

Subject G ender NTrial W H

i : M 4 92.3 1.86 [0.75,2.00]
2J M 4 68.4 1.70 [0.75,2.00]

3* M 4 65.6 1.65 [0.75,2.00]

* t M 4 94.0 1.86 [0.75,2.00]

i t M 4 68.1 1.72 [0.75,2.00]

6 t F 4 57.7 1.43 [0.75,2.00]

n F 4 63.1 1.45 [0.75,2.00]

n F 4 65.7 1.75 [0.75,2.00]

n F 4 75.9 1.80 [0.75,2,00]
lo t M 20 85.7 1.74 [1.26,2.43]
l i t M 20 79.2 1.82 [1 38,2.25]
12t M 20 62.1 1.64 [1.04.2.29]
13t M 20 62.0 1.62 [1.01,2.44]
I4 t M 20 75.1 I 77 [1.30,2.63]

M ean 72.5 1.70 1.68
SD 11.1 0.42 0.42

W. Body weight (kg), and H. Body height (m),

V.4.  and V*". Minimum and maximum gait speed (m/s)

J: Data collected at Human PoWeR Lab, NC State University [21) 

t:  Data collected at Biotnechanics Lab, East Carolina University [34.35]
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in Table 3-4-A [64-66]. Next, based on the identified factors o f equations (3-30-a to c), we 

evaluated these combinations for the 136 gait trials and respectively applied linear regression 

between them and the values o f Kkf, Kke, and Kk . We used least square regression because W

and H would be known for a specific subject, and V and excursion o f the knee are also 

assumed to be available through measurements taken from corresponding sensors on-board the 

user or a wearable device. In each case, stepwise, non-significant terms ( p  > 0 .0 5 ) o f the 

regressed polynomial were iteratively removed until we reached general-form statistical models 

that best explain the knee quasi-stiffhesses and that only include significant parameters.

3.7 General-Form Statistical Models

The knee demonstrated approximately linear behavior in both flexion and extension stages o f 

stance for nearly all subjects across all gait speeds. Linear fits (similar to that shown in Fig. 3-1-

bottom) demonstrated an average R2 of 93%  in the flexion stage, and 94%  in the extension 

(Table 3-3). For each subject, the minimum and maximum values o f the knee joint quasi-stiffness

( K t ) and the knee joint excursion during stance ( 0k) as well as the average values o f R2 are 

reported in Table 3-3. Knee quasi-stiffhesses ranged from a minimum value o f 81 Nm / rad for 

subject 7 in the extension phase o f walking at 1.25 m i s  to a maximum value o f lASNm /  rad 

for subject 14 in the flexion stage o f walking at 2.43 m /  s  for the gait trials examined here. The 

average values o f 6 ^ , 9ke, and 6k were respectively calculated as 16.7°, 16.3°, and 16.5°.

As Table 3-4-A outlines, the cross-validation analyses suggest 7, 3, and 2 components that can 

optimally describe Kkf, Kke, and Kk (resulting in minimal PRESS statistics). Table 3-4-A also
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TABLE 3-3. Knee Quasi-Stiffnesses in the Weight Acceptance Phase

Subject [ A r r .C “ ] [ * w * U & Fr when 

* *  * *
1 [284,3761 [283.2971 [330,3901 [6,22] 90 96 0.174
2 f 141,2251 [2232551 [186,233] [12,25] 89 95 0.191
3 [155,2661 [221,261] [198.2441 [11,28] 90 94 0.197
4 [326,4781 [361,5561 [344,5171 [6,17] 92 95 0.174
5 [182,2551 [291.5821 [273,3821 [7,22] 91 84 0.189
6 [145,255] [197,291] [187,2551 [11.19] 91 97 0.227
7 [114,185] [81,308] [98,2311 [9,24] 87 95 0.224
8 [161,4561 [237,7391 [278,450] [6,17] 93 94 0.185
9 [237,393] [292,3781 [291.343] [10,22] 93 94 0.180
10 [236,5691 [244,3421 [279,4221 [13,20] 99 96 0.254
11 [227,414] [258,3311 [256,3431 [16,23] 98 98 0.246
12 [119,3791 [144,278] [155,2691 [6,17] 98 96 0.234
13 [163,351] [143,188] [158,2631 [11,24] 99 95 0.262
14 [248.7451 [210,384] [260,5651 [12,231 99 % 0.247

Mean 304 263 284 16.S 93 94 0.213
SD 114 91 78 4.4 5 4 0.032

rrm m  prm ax . . .  . ,
and A ^  : Minimum and maximum knee quasi-stifmess in flexion stage (Nm/rad)

I f f f l i f t  t s M Q X
A ^ , and A ^  : Minimum and maximum knee quasi-stiffness in extension stage (Nm/rad)

K mln and K max : Minimum and maximum knee quasi-stiffness in weight-acceptance phase (Nm/rad) 

@min an<* ^max • Minimum and maximum knee excursion in weight-acceptance phase (deg)

R y  : Average R  of the linear fit on moment-angle curve in flexion stage

R fe  : Average R *  o f the linear fit on moment-angle curve in extension stage

F r  : Froude number
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shows the values o f R 2 and predicted R 2 for the PLS analysis. The PLS analysis reconfirms that 

the predictors that were identified through inverse dynamics analyses can constitute predicting

models for K y , K ke, and K k . Next, the general-form models were obtained through Least

Square Regression as listed in Table 3-4-A. We included all the components that the inverse 

dynamics analysis o f the previous section suggested and removed the components that were not 

statistically significant. Table 3-4-A lists the general-form models o f K y , K ke, and Kk .The 

general-form models are listed in Table 3-4-A. Only 1, 5, and 4 data points from 136 trials 

exhibited outlier behavior in the regression analysis for , Kke, and Kk , respectively. The

v a l u e s  o f  R 2 a n d  p  w e r e  ( R2 =  8 8 . 2 % ,  p  < 0 . 0 0 1 )  f o r  Kkf,  ( R 2 =  8 6 . 8 % ,  p  <  0 . 0 0 1 )  f o r  

Kke, a n d  ( R 2 = 8 0 . 1 % ,  p  <  0 . 0 0 1 )  f o r  Kk ,  a s  r e p o r t e d  i n  T a b l e  3 - 4 - A .  T h e  r e g r e s s i o n  

a n a l y s e s  s h o w e d  p - v a l u e s  o f  <  0 . 0 0 2  f o r  a l l  o f  t h e  c o e f f i c i e n t s  o f  t h e  p o l y n o m i a l s ,  w i t h  t h e  

e x c e p t i o n  o f  0 . 1 1 9  f o r  t h e  i n t e r c e p t  o f  t h e  m o d e l  p o l y n o m i a l  f o r  Kk ( 3 - 3 0 - a )  a n d  0 . 0 2 6  f o r  

t h e  c o e f f i c i e n t  o f  WH  i n  t h e  m o d e l  p o l y n o m i a l  f o r  ( 3 - 3 0 - b ) ,  i m p l y i n g  t h a t  t h e  i n t e r c e p t  i n

(3-30-a) is not significantly greater than zero. The residuals o f all three fits were normally 

distributed and no notable correlation with the order o f data collection and magnitude o f the 

quasi-stiffness was observed, except we found slightly greater values for the residuals o f the data 

of subjects 10 to 14 collected at East Carolina University.

Fig. 3-3 shows the predictions of general-form models for one o f the subjects with 

W  = 85 .7K g  and H  = 1.74/m close to the average adults. In this figure, both experimental data,

and results o f the general-form models are displayed. We observe that increases as the gait 

speed increases; whereas, Kke displays a moderate decrease. We also observe that and Kke

45



I
Si

Subject 10: H - 1.74m, W -8S. 7kg

550

500

— ■■T—• '
Actual General

O 0
0 0
o *

Kkf. Knee quasi-suflhess in flexion stage (ti i/rad)

450 - Knee quasi'Stiflhess in extension stage Nm/rad)

Hk : Knee qqasi-stiffhess in weight acceptan :e Ihase (Nm/r»d)

400

350 -

300

250 - I

I *

I
I

I

I t

1.2 1.4 1.6 1.8
Gait Speed (m/s)

2.0 2.2 2.4

Figure 3-3. Knee quasi-stiffness for subject 10, as an example, in flexion (dark gray) and 
extension (light gray) stages, and weight acceptance phase (black) plotted against the gait 
speed. The circles indicate the experimental values and the diamonds are the predictions o f  the 
general-form models.
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are nearly identical at V = 1 . 4 6 m /  s ,  which corresponds to F r  - 0 . 2 5 4  . We observed similar 

phenomenon for all of the subjects. Indeed, and K ke tend to be closest at an average gait

speed o f V  = \ 3 \ m ! s  with standard deviation o f a v = 0 . 0 9 m i s  across the subjects, which

c o r r e s p o n d s  t o  a n  a v e r a g e  F r o u d e  n u m b e r  o f  F r  =  0 . 2 1 3  a n d  s t a n d a r d  d e v i a t i o n  o f  e r F,  =  0 . 0 3 2

. Table 3-3 lists the values o f F r  for each subject at which and K ke are closest.

3.8 Simplification of Models for Preferred Gait Speed

To obtain more simplified models that only include the body stature (W and H), we simplified 

the general-form models for the preferred gait speed. Since the subjects had different body sizes, 

we used a non-dimensional speed (Froude number: Fr = V2 /  gl, where / is the leg length and g  is 

the acceleration due to gravity) instead o f the actual gait speed. Fr = 0.25 is an acceptable 

estimate o f the preferred gait speed for subjects with different body size [67-70]. Assuming an 

anthropometric relationship of / = 0.491 H  [61], the optimal or “preferred” gait speed was 

approximated as:

vv = \ . w i 4 h  (3-31)

To exclude the knee excursion from the general-form models, we merely substituted the mean 

values over the data set (i.e. 9if =  1 6 . 7 ° ,  9ke =  1 6 . 3 ° ,  and 9k = 1 6 . 5 ° )  into the general-form

models. The reason is twofold: a. the general-form models did not show high dependence on the 

knee excursion, and b. the knee excursion did not demonstrate high variability around the optimal 

gait speed o f F r  =  0 . 2 5  (c r^  = 3 . 7 °  ,<Jê  = 4 . 1 °  ,a ^  =  3 . 5 ° ) .  We then applied equation (3-31)

and the average values in the general-form expressions to obtain a series o f stature-based models 

intended to predict the quasi-stiffhesses of the knee at the preferred gait speed only as functions 

o f H  and W .
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V f«n/») 1.25 1.25 1.25 I.2S 1.25 1.25 1.25 1.25 1.25 1.46 1.47 1.36 1.43 1.45
®*.(deg) 22 25 27 17 18 19 21 17 22 13 16 8 18 14
H (m ) 1.86 1.70 1.65 1.86 1.72 1.43 1.45 1.75 1.80 1.74 1.82 1.64 1.62 1.77
W (kg) 92.3 68.4 65.6 94.0 68.1 57.7 63.1 65.7 75.9 85.7 79.2 62.1 62.0 75.1

350

300

^  250

i  200

150

100

0

Experimental Value O
General-Fonn M odel Prediction 0
Stature-Based Model Prediction □

_x_ _ i_

i ]  $

< >

□

_ i_ _i_
6 7 8

Subject
10 11 12 13 14

Figure 3-4. The knee quasi-stiffness in the weight acceptance phase o f the gait. The 
experimental values are shown by circles, and the predictions o f the general-form model by 
diamonds with average error o f  45 Nm/rad (14%), and the stature-based models by squares 
with average error o f 30 Nm/rad (9%) for the optimal gait speed.
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TABLE 3-4-A. General-Form Models to Predict the Quasi-Stiffhesses o f the Knee Joint in the 

Weight Acceptance Phase for Normal Walking

Phase Model Unit Error
PLS* 
CV 

#Coni d.

PLS*
CV
if*

PLS-CV
Pradk ttd

*
FHQaalHy

Flexion
K  = 437 -  2.1%WH +

{95.9VHW - 120.8V W - 85.1 WH + 228.0W -7 8 4 2 } / 9

Nm
rad 10% 7 88 3% 75 IV.

R* =88.284 

f x 0.001

Extension
K l *  56 + 1.05 WH +kt

{87.8 V H W -150.0 F IE -63 5 WH +119 8 IE { /

Nm
rad

10% 3 83 2% 73 6*/.
R* =86.854 

/xO.OOl

Stance
K t  = 264 -  { l.37-0.52 v \w H  +

{69.8V H W -  112.8 VW -73 6W H  + 19 2 .0 IE -4458} / 0 ,

Nm
rad

11% 2 750% 59 854
R1 =80.154 

/xO.OOl

TABLE 3-4-B. Stature-Based Models to Predict the Quasi-Stiffness o f  the Knee Joint in 

Stance for Normal Walking at Optimal Gait Speed

P h u t Model Unit E rro r Conditions

Flexion K y= 6.30IV  -7 .93  IF \[ H - 7 .8 8 W H  + 13 .65(f -3 3 Nm
rad 11% 6^= 16  7° and E = 1 .0 9 7 /tf

Extension Kb = 5.91 W  V / / ’ -10.09 W ^ H - 2.85 WH+ 7.35 W  +56
Nm
rad 14% 0,,=16.3” andE=1.097x/«

Stance K„ =5 21W ' J f P - 7.50 W  >//7-5.83 WH +11.64 I E - 6
Nm
rad

9% 0 ,-1 6  5* and E=1.097>/w

TABLE 3-4-C. Average Error Values for Different Knee Models

P a r a m e te r G e n e ra l -F o rm S ta tu re -B a s e d A v e ra g e  V a lu e s

10% 11% 32%

K * 10% 14% 27%

11% 9% 24%

•  W: Weight (kg), H: Height (m), V: Gait Speed (m/s), and 9  ‘s: Joint excursions (deg)
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The stature-based models are reported in Table 3-4-B. Since we do not know the “true” 

optimal gait speed for each subject, we cannot report R 2 for the models predictions. Instead, we 

calculated F r  for each gait trial and chose the trial with the speed that is closest to 0.25 for each 

subject. These trials are shown in Fig. 3-4. Subject 7 exhibited outlier behavior o f some sort. Our 

analysis demonstrates that the simplest (stature-based) models predict , K te , and K k with

an average errors o f 11%, 14%, and 9%  excluding the outlier number 7 (as reported in Table 

3-4-B), and an average error o f 15% , 19%, and 16% including it.

3.9 Conclusions and Future Work

In this chapter we established statistical models that can estimate the quasi-stiffhesses o f the 

knee during the weight acceptance phase o f human walking. To obtain the models, we extracted 

the generic equation o f the knee moment through an inverse dynamics analysis and simplified it 

for the weight acceptance. The simplified equation emphasizes that the quasi-stiffhesses of the 

knee joint is linearly correlated with combinations o f both gait and body parameters in the most 

general form. Using a relatively wide experimental data set and least square linear regression, we 

constituted expressions that statistically best describe the quasi-stiffhesses o f the knee joint in the 

weight acceptance phase. In addition, we developed more simplified and subject-specific (i.e. 

stature-based) models that are independent o f the knee joint excursion and gait speed. Both of 

these model frameworks might be used to dynamically adjust (general-form) or optimally size 

(stature-based) the mechanical components of wearable assistive devices.

We found high values o f R 2 for linear curve fits to the moment-angle relationship at the knee 

in both the flexion and extension stages (as shown in Table 3-3) that are in good agreement with 

previous results [39,40]. We observed that the knee exhibits identical quasi-stiffness in the 

flexion and extension stages (spring-type behavior) at the non-dimensional gait speed of 

F r  =  0.213. At other gait speeds, the knee still exhibits linear behavior (more compliant at slow
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speeds than at fast speeds) in both flexion and extension stages but with different equilibrium 

angles, which implies non-zero mechanical energy expenditure (the trend o f mechanical work 

change vs. gait speed is shown elsewhere [40]). This finding is in accordance with the results of 

other researchers who showed that the rate of energy recovery is highest when the subject is 

walking with the preferred gait speed [67,71].

From a design point o f view, our results suggest that a device (including orthoses, 

exoskeletons, prostheses, and biped robots) can approximate the behavior o f the human knee by 

utilizing a spring with stiffness equal to the quasi-stiffness o f the knee at the preferred gait speed. 

For other gait speeds, the stiffness o f the device might ideally be tuned based on the equations 

presented in Table 3-4-A. For this purpose, the device would in a real-time mode measure the gait 

speed (e.g. using a GPS), knee excursion (e.g. using a goniometer), and weight. However, since 

realization o f a variable stiffness mechanism is difficult to achieve, the net quasi-stiffness o f the 

weight acceptance phase ( K k ) might be a viable alternative for the spring constant o f the

envisioned device. As such, the knee might be approximately modeled by a single torsional 

spring with stiffness equal to the mean o f the stiffness o f the flexion and extension stages at the 

preferred gait speed o f F r  = 0 .25 . This is a reasonable choice for two reasons: 1) humans prefer 

to walk with a speed that is dictated by their body size [67-70], and 2) K y  and K ke tend to be

identical at the preferred gait speed and deviate at lower and higher speeds. This reemphasizes the 

results o f our previous work [40] where we showed that the stiffness, angle o f engagement, and 

amount o f rotation o f the device joint should be deliberately chosen based on the gait parameters.

Recently, researchers in the field o f prosthetics have moved toward quasi-passive systems and 

implemented impedance control methods in their designs [11,72-74]. In most design application, 

the kinetic and kinematic data for the target users are not available. However, sizing orthoses and 

prostheses requires a priori knowledge o f the knee quasi-stiffhess variability for the users. To 

size the stiffness o f the prosthetic and orthotic devices, the designers utilize the average quasi
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stiffness extracted from the kinetic and kinematic data of sample healthy subjects 

[11,13,25,73,75]. The stiffness that designers use range from -5 0  Nm/rad to -430 Nm/rad, 

depending on the sample population that the designers have chosen and the tuning process 

[11,13,73]. The sample population is usually composed o f individuals with weight, height, and 

preferred gait speed that are not necessarily representatives o f the target user.

To examine the differences between a model that is based on the average data and the models

developed here, we found the average values o f , K ke, and K k for the gait data utilized in

our study and examined the error between the average quasi-stiffnesses and the true subject- 

specific quasi-stiffhesses. Table 3-4-C compares the average error associated with the general-

form models, stature-based models, and a model that merely uses the average values o f , K ke 

, and K k (as reported in Table 3-3). The results show much larger errors when the average values

are utilized than with our models. Therefore, we hypothesize that selection o f the device stiffness 

based on the models presented here would result in a more natural and user/gait-adaptable 

performance for the knee orthoses and prostheses. All together, the models developed in this 

study may help researchers and clinicians tune the stiffness o f knee orthoses and prostheses 

according to the body size and gait speed o f the user, and do so without requiring to perform 

additional subject-specific gait analyses.

Applications o f the models presented in this study are not restricted to the field of medical 

orthoses and prostheses. These models could also be used for the design o f knee exoskeletons that 

are meant to augment the performance o f a healthy knee. Researchers have proposed a range of 

sophistication in the design of exoskeletons from quasi-passive to fully active systems [3,4,6], 

Our findings suggest that passive components (i.e. springs) could be further exploited in the 

design o f these devices; provided that the passive components are properly tuned for the gait and 

user. In fact, the design models o f Table 3-4-B suggest that the stiffness o f an assistive device 

should ideally be adapted based on the weight and height o f the subject.
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Limitations: Our study had a number o f methodological limitations worth addressing. Our 

goal was to compile a ‘large comprehensive data set’ to capture the variation in mechanical 

behavior of the knee joint during walking across subject size and gait speed. Despite this goal, we 

were only able to include a relatively modest number o f gait trials (i.e. 136 gait trials across 14 

adults). Therefore, our results represent a ‘first effort’ that should be added to using more and 

more data over time in order to gain more and more confidence in our model estimates. We 

caution that our results should only be generalized to the range o f weight, height, and gait speed 

that the examined subjects represent and only to the level that the statistical significance supports.

A second potential limitation to our approach was that our experimental analyses extracted 

gait parameters independent o f gender and whether the inverse dynamics data was acquired on a 

treadmill or during over ground walking. In addition, we included data from three different gait 

laboratories in an attempt to include the widest range o f subject sizes and gait speeds possible. 

Although, in theory, a more comprehensive data set should be better able to capture the behavior 

over a wider range o f humans, differences in gender and/or equipment and measurement 

protocols between labs could introduce variability not by factors we included in our models. To 

address this possibility, we examined the correlation between the residuals from the model fits 

and (1) the gender o f the subjects, (2) the location o f the laboratory data collection, and (3) 

whether data was acquired on a treadmill or overground. We found that although the data from 

East Carolina University demonstrated slightly higher residuals in the model fits than the other 

locations; the data from males versus females and treadmill versus overground walking showed 

no differences in the residuals of their model fits. Thus we felt confident that, as desired, the 

factors included in our model sufficiently capture variability due to subjects’ height, weight and 

walking speed rather than other potential factors. As mentioned earlier, ideally future studies 

should aim to generate highly controlled data sets from a single laboratory on many more 

individuals spanning larger ranges of body size and including equal numbers of males and 

females to gain additional confidence in the statistical estimates presented in this study.
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A third limitation was that we had to apply several simplification steps in order to reduce 

detailed inverse dynamics equations for the knee joint moment to obtain the minimal forms for 

the relationships describing the knee quasi-stiffhesses in the sagittal plane as a function o f stature 

and speed. These simplifications likely introduced small errors worth noting. For example, the 

eliminated terms o f the generic equations for the knee moment could have introduced additional 

linear and non-linear predictors other than what equations (3-30-a to c) suggest. To check 

whether this was the case, we investigated additional potential linear forms and predictors capable 

o f capturing the effect o f the eliminated terms of the generic equation o f the knee moment, and 

found that these additions were insignificant and resulted in no notable improvement in the 

models in terms o f R2 values and magnitude o f residuals.

Finally, we only investigated the behavior o f the knee joint during the weight acceptance 

phase o f norma) walking on level ground. We chose this period because it is when the sagittal 

plane moment reaches its highest peak value and exhibits nearly linear loading/unloading 

behavior (i.e. ‘spring-like’ mechanics). This phase is also the time during the stride when passive 

spring-loaded assistive devices would likely be most effective. Future work could extend this 

approach to characterize joint quasi-stiffhesses during additional locomotion behaviors including 

running and walking on rough terrain, sloped ground, with load carriage. It should also be 

possible to reformulate the generic inverse dynamics equation for different gait phases and to 

estimate additional gait parameters (e.g. the knee joint net work). Using similar statistical 

approaches to those presented here, it would also be interesting to characterize other lower 

extremity joints mechanics and in other clinical populations (e.g. pediatric cerebral palsy, spinal 

cord injury, stroke, and aging) [41,42,53,76].

Design Implications: The findings o f this research suggest that designers could employ more 

passive components (i.e. springs) in the design o f lower extremity and particularly knee 

exoskeletons intended to reduce biological muscle forces during walking. In both passive and 

active implementations o f an exoskeleton, the stiffness o f the spring or impedance o f the motor
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acting in parallel with the user’s muscles will likely significantly impact the performance o f the 

device. We expect that exoskeletons with joint stiffness selected according to the user’s height 

and weight could help improve the performance o f these devices for subjects walking on level 

ground. Along these lines, we have taken effort to formulate statistical models to characterizing 

joints quasi-stiffhesses during walking as a function of a person’s height and weight across 

walking speed. Our models have different levels o f sophistication: the general-form models can 

estimate the quasi-stiffnesses over a wide range o f gait speeds, and the simpler stature-based 

models can provide estimates near the preferred gait speed only. We expect that the models 

developed in this study will provide a reference for designers and clinicians to size the springs o f 

knee exoskeletons without requiring additional subject-specific gait analyses. Future studies 

should address the practical challenges o f applying these models in the design and development 

o f knee exoskeletons for use in both healthy and clinical populations as well as during locomotion 

tasks other than walking on level ground (e.g. up and downhill, with load carriage). Apart from 

the field o f lower-limb exoskeletons, these models could also be used to improve spring-based 

modeling and simulations o f walking, and the design o f bipedal robots.
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Chapter 4

Mechanics and Energetics of Human Body in Interaction with 

Exoskeletal Impedances in Parallel with the Knee Joint during Walking

4.1 Introduction

Lower-extremity exoskeletons have been actively investigated in the past few decades, with a 

number o f impressive and substantial undertakings (e.g. see [1] for a thorough review). These 

devices generally intend to augment the locomotion performance o f able-bodied users in terms o f 

metabolic cost, load carrying capacity, fatigue, and muscle force generation (in contrast to 

oftentimes similar lower-limb orthoses intended for impaired subjects [2,3].) While development 

efforts have been extensive, lower-limb exoskeleton devices have demonstrated limited success in 

achieving their augmentation goals [1,4-6], highlighting the challenges in developing artificial 

systems that can augment the performance o f the human body, which is generally substantially 

more efficient than engineered systems.

In terms o f technical approaches to developing augmenting exoskeletons, engineers have 

implemented a spectrum o f assistance strategies. This includes “sensitivity amplification” [7], 

“get out of the way” [1], “moment of inertia compensation” [8], pneumatic actuation [9,10] in 

fully articulated exoskeletons at one end of the spectrum, and “gravity compensation” in a passive 

system at the other end [11]. More closely related to the work described in this chapter, recent 

design efforts have focused on replication o f the function o f lower extremity joints by quasi

passive systems that mostly rely on energy storage/recoil using spring-clutch systems [2,3,6,12- 

14]. This approach was inspired by spring-type behavior observed in lower extremity joints 

during walking and running and proved to lead to lower weight and more functional exoskeletons 

[15].
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The lack o f successful device development has prompted a number o f  research efforts 

intended to investigate basic science questions related to the interaction between lower 

extremities and wearable robotic devices (e.g. [5,12,15-18]). Understanding locomotor adaptation 

o f lower extremity joints in interaction with external engineered systems and changes in 

environment is also o f importance to several other fields including orthotics and prosthetics 

[1,10,16,17,19,20], rehabilitation and physical therapy [21-23], and fundamental physiology and 

biomechanics [24-26]. Locomotor adaptation in the lower extremity joints is studied by exposing 

the human (or relevant species) lower limbs to externally-applied mechanical impedances and 

perturbations [27], externally added mass [28,29], and to uneven terrains in locomotion tasks 

[30,31]. A common message from all these research undertakings is that the human body can 

adapt to external loads and perturbations to exhibit stable gait.

Researchers have explored adaptation in lower extremities function to series impedances and 

found that upon a change in the surface stiffness, lower extremities adapt such that the overall 

stiffness at the human body center o f  mass (COM) remains invariant [32,33], Recently, there has 

been growing interest in studying the behavior of lower extremity joints in interaction with 

parallel impedances [3,6,12,15,34-38]. These studies could prove beneficial for development of 

exoskeletons meant for gait assistance with able-bodied users [4,10,12-15,39], rehabilitation 

orthoses meant for physical therapy [40,41], and assistive orthoses meant for gait assistance to 

impaired users [3,42,43]. To this end, researchers have exploited robotic exoskeletons to study 

human motor adaptation impedances in parallel with the ankle [10,12,17,44], knee [13,14] and 

hip joint [6,39,41],

To date, these studies have mostly focused on the lower extremity joints performance 

augmentation using exoskeletal assistance and how the joints adapt to the external perturbations. 

In addition to the kinematic and kinetic behavior o f the joints, the motion o f the COM is a 

fundamental parameter in biomechanical analysis and characterization o f gait [45,46]. It relates to
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the overall motion o f the human body, estimates energy changes, mechanical work, and gait 

efficiency, and describes gait symmetry, balance and stability [46-49].

Characterization o f the effects o f exoskeletal assistance, locally provided to a lower extremity 

joint, on the motion patterns o f the COM is informative to: a. evaluate the overall energetic 

performance of human body in interaction with exoskeletons, b. understand the biomechanical 

contribution of lower extremity joints to the overall motion and energy o f the COM, c. identify if 

the exoskeleton perturbs gait stability and symmetry, and d. evaluate the overall performance of 

the exoskeletons. However, only few researchers have explored the effects o f exoskeletal 

assistance/perturbation on the movement o f the COM [15].

In this chapter, we explored the interaction o f the lower extremities (specifically knee joint) 

with externally-applied stiffnesses in parallel with the knee joint using a pair o f  quasi-passive 

robotic knee exoskeletons, as shown in Fig. 4-1. Each o f the exoskeletons implemented a spring 

in parallel with the left and right knee joints in the stance phase and allowed free motion 

throughout the rest, as schematically shown in Fig. 4-2. While this pair o f exoskeletons allowed 

for the investigation o f how variation in passive external impedances affects the gait behavior o f 

the wearer, we believe the approach o f carefully-tuned external stiffness may eventually prove 

functional as a performance-augmenting strategy; noting that similar approaches have been 

proposed and implemented by others [6,14,50].

We chose to study the knee joint firstly as the knee joint demonstrates a simple spring-like 

behavior in the stance phase o f the gait, which enables us to simply implement a spring in parallel 

with the knee joint to investigate the interaction with external stiffnesses [34,51]. Secondly, 

among the lower extremity joints, the knee joint demonstrates several major functions in walking. 

It primarily supports the weight o f the body, absorbs the shock resulting from heel strike, and 

flexes in the swing phase to provide foot clearance and obstacle avoidance, allowing the leg to 

move forward and initiate the next gait cycle [52].
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Figure 4-1. A volunteer walking with the quasi-passive knee exoskeletons. The control unit is 
mounted on a belt and wirelessly transfers the data to a host computer. The exoskeletons and 
controller are suspended with a harness from the shoulder. The exoskeleton is composed o f a 
variable-stiffness module mounted on an adjustable knee brace equipped with a potentiometer- 
pulley assembly.
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Figure 4-2. Knee complex is defined as the combination o f the knee joint and exoskeleton. 
This work investigates the interaction between human lower extremities and parallel stiffnesses 
externally applied by a pair o f knee exoskeletons.
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Figure 4-3. Top: The exoskeleton implements a high-stiffness spring in the weight acceptance 
phase of the gait and a low-stiffness spring (with negligible stiffness) throughout the rest o f the 
gait cycle. Bottom: The exoskeleton implements 4 levels o f spring stiffness including 0%, 33%, 
66%, and 100% of the estimated knee quasi-stiffness.
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The human knee joint experiences three consecutive phases in a gait cycle, as schematically 

illustrated in Fig. 4-3. The knee undergoes substantial loading in the weight acceptance phase 

(first -40% , as depicted in Fig. 4-3 points a to c) and moderate loading in the terminal stance 

(-40-63%, as shown in Fig. 4-3 points c to d) and swing phases o f gait [34,51-55]. The human 

knee demonstrates a linear flexion stage (points a to b in Fig. 4-3) and a linear extension stage 

(points b to c in Fig. 4-3) in the weight acceptance phase o f the gait [34,51], which can be 

characterized by the concept o f quasi-stiffness [34,51].

The concept o f quasi-stiffness, which is the coefficient o f a first order polynomial regressed to 

the moment-angle data o f a lower extremity joint in a period o f gait, is used to explain the overall 

behavior o f the lower extremity joints in the linear loading phases o f gait [35,56-62]. One should 

differentiate the concept o f joint quasi-stiffness from the joint stiffness; in that the former refers 

to the overall moment-angle behavior o f a joint in a locomotion task and the latter refers to 

static/dynamic stiffness o f a joint at a certain configuration [51,61-63]. Stiffness at the leg and 

joint level plays an essential role in achieving stable gait [51,61,62,64,65]. Dynamic and static 

stiffness o f the lower extremity joints have been characterized by researchers using external 

perturbation in conjunction with statistical system-identification techniques [27,66,67], static 

loading tests [68], in-vitro/vivo validation o f muscle models and electromyography [69-71].

Previous research shows that the knee quasi-stiffness in the flexion and extension stages o f the 

weight acceptance phase tend to be identical at the preferred gait speed, implying that the knee 

behaves close to a linear torsional spring at the preferred gait speed [34,51]. Accordingly, we 

model the moment-angle behavior o f  the knee joint in the weight acceptance phase o f the gait at 

the preferred gait speed by a linear torsional spring with a stiffness equal to the knee quasi- 

stiffness in the weight acceptance phase (Kk). This chapter focuses on the interaction between the 

spring-type behavior o f the human knee joint (with quasi-stiffness o f  Kk) and a spring (with 

stiffness o f KP) implemented in parallel with the knee in the weight acceptance phase. This
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chapter also extends to the effects o f the exoskeletal knee impedances on the performance of all 

lower extremity joints and the motion o f the COM.

To this end, several hypotheses were formulated and tested as follows:

1. It was hypothesized that the overall behavior o f the complex o f the knee joint and parallel 

exoskeletal spring remains linear leading to the following equation for the knee complex quasi- 

stiffness (Kc):

Kc = Kk + Kp (4-1)

Moreover, the moment o f the knee complex (Mc) would be the summation o f the knee joint 

moment (MK) and parallel moment (Mp) as:

Mc = Mk + MP (4-2)

2. It was hypothesized that the knee joint quasi-stiffness and moment in the weight acceptance 

phase would adapt to the parallel stiffness and exoskeletal moment such that the overall quasi- 

stiffness and moment o f the knee complex would remain invariant. In other words, an increase in 

Kp in equation (4-1) is negated by a decrease in Kk such that the overall knee complex quasi- 

stiffness remains constant:

AKi = 0 = >  AKk = -A KP (4-3)

and similarly:

A Me = 0 = >  AMK = -A M p  (4-4)

3. It was hypothesized that the mass and articulation o f an exoskeleton could affect the 

kinematic and kinetic patterns o f the knee joint.

4. It was hypothesized that the metabolic power o f walking is correlated with the rate of 

moment generation and mechanical work (as proposed by others [12,72-76]) suggesting that a 

spring in parallel with the knee joint in the weight acceptance phase can fully/partially unload the 

knee joint and result in a reduction in the metabolic power of walking and therefore positively 

influence the energetics o f gait. Previous research suggests that there might be an optimal level of 

assistance provided by an exoskeleton [4,15], therefore this investigation included four levels of
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exoskeletal assistance/stiffness as: 0%, 33%, 66%, and 100% of the estimated anatomical knee 

quasi-stiffness.

3. We hypothesized that an exoskeletal spring in parallel with the knee joint in the stance 

phase would not perturb the motion o f the COM; whereas, the mass and articulations o f the 

exoskeleton would perturb the motion o f the COM.

To test these hypotheses, a series o f experiments were conducted on nine healthy participants 

and using the exoskeletons. Furthermore, the effects o f the inertia and articulation of the 

exoskeleton on the mechanical performance of the lower extremity joints (especially the knee 

joint) were studied using a pair o f joint-less replicas of the exoskeletons with mass distribution 

that was similar to that o f the exoskeletons, as shown in Fig. 4-4.

We begin this chapter by describing the mechanical design and control scheme o f the 

exoskeletons. We continue with the moment-angle characterization o f the exoskeletons and a 

theoretical model o f  the exoskeleton springs in interaction with the human limbs. We then 

describe experiments on nine healthy adults and present inter-subject kinematic and kinetic 

profiles o f the lower extremity joints in the sagittal plane, moment-angle analysis o f the knee joint 

and gait energetics. Table 4-1 lists the definition o f the parameters used throughout this text.

4.2 Design and Evaluation of the Exoskeletons

4.2.1 Design Overview

The quasi-passive knee exoskeletons can demonstrate two levels o f stiffness in parallel with 

the knee joint using a friction-based latching mechanism shown in Fig. 4-1 and in detail in Fig. 4-

5. Each o f the exoskeletons primarily comprises of a thigh segment including a stiffness control 

module (SCM) and a thigh cuff, and a shank segment including a pulley, a rotary potentiometer, 

and a shank cuff, as shown in Fig. 4-5. The SCM includes a shaft that is attached to the pulley by 

a steel tendon and can slide upward and downward as a result o f  knee movement.
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Figure 4-4. A pair o f joint-less replica devices that have mass distribution similar to that o f the 
exoskeletons.

( Thigh Cuff i C ” "”  
I StiflheM Control

Module f  '—  A
Thigh Pud !

TMgh Bracket ]
( Steel Tendon )

Pulley and ", 
Potentiometer /

( Anti-Slippage \
\ Shanlt Strap /
; Shank Bracket 
I Shank Calif

SpnogToaacaBtMtCTi 
Hardened Shaft

Return Spring 
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Friction Lever
treat Button

Bearing Block 
Bumper 

Assistance Spring

k
Figure 4-5. Left: Quasi-passive knee exoskeleton is composed o f a stiffness control module 
that is assembled on the thigh segment o f the exoskeleton, and a pulley on the shank segment. 
The shank segment is coupled to the stiffness control module through a steel tendon. Right: The 
stiffness control module employs a friction-based latching mechanism to engage/disengage an 
assistance spring. The directions of movement of the motor and worm-gear set for engagement 
and disengagement are illustrated. Particularly, the motor spins counterclockwise, and the cam 
and friction lever downward to engage and vice versa to disengage.
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TABLE 4-1. Definition o f Mathematical Parameters

Parameter Unit Deflnition

K k
N.m

ka.rad Knee joint quasi-stifTness

Kk - Normalized knee joint quasi-stiffness

Kc
N.m

kp.rad Knee complex quasi-stiffness

Kc - Normalized knee complex quasi-stiffness

Ke
N.m

ka.rad Exoskeleton stiffness

*E - Normalized exoskeleton stiffness

K„
N.m

ko.rad Parallel stiffness (Ke  and Ks  in series)

Kp - Normalized parallel stiffness (k c and ks  in series)

m k
N.m_ Knee joint loading effort

M k Normalized knee joint loading effort

M c
N.m
"kit Knee complex loading effort

M c Normalized knee complex loading effort

M e
N.m
I F Exoskeleton parallel assistive

M e Normalized exoskeleton parallel assistive

M P
N.m
~*a Parallel assistive (equal to Ms )

M r Normalized parallel assistive (equal to M c )
N.m

ka.rad Interface series stiffness

6 k deg Knee joint excursion

6c deg Knee complex excursion

6 e deg Exoskeleton excursion

6S deg Interface series excursion

i - A lower extremity joint, i = \ H  hip, K  knee, A  ankle, and E: exoskeleton)

p t
w
kg Average positive power of joint i

Pi
w
kg Power o f  joint i  at a given time

P t
w
kg Positive power o f  joint i at a give time

n
w
kg Total average positive power

Pm tt
w
kg Metabolic power

w* ka Average positive work of joint /  during a gait cycle

E Efficiency o f  positive work

COT J
kg.m Metabolic cost of transport

v o 2 mL
IIC Rate of oxygen uptake

w *s Weight o f the subject

V
m

IIC Gait speed

T .tec Duration o f the gait cycle

W k g Body weight

H m Body height

S t
Nm

Average positive rate of moment generation o f a lower extremity joint and exoskeleton

M t
Aim

k a j tc Positive rate o f moment generation o f a lower extremity joint and exoskeleton

Mi
Nm
*s Moment o f a lower extremity joint/exoskeleton in the sagittal plane

T.*o sec Exoskeleton engagement mechanism latency
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The SCM includes a return spring that remains engaged at all times and pushes the SCM shaft 

upward throughout the gait cycle. The return spring has a relatively low stiffness and it primarily 

returns the shaft to its original position (most proximal) during the knee extension. The left and 

right exoskeletons were similarly designed and made.

The SCM employs a friction-based latching mechanism to engage and disengage the 

assistance spring and act on the shaft. A shaft movement due to knee flexion always compresses 

the return spring; whereas, a shaft movement due to flexion only compresses the assistance spring 

when the latching mechanism has engaged it. As such, the linear stiffness o f the SCM acting on 

the shaft would be the summation of the stiffnesses of the assistance and return springs when the 

assistance spring is latched, and only the stiffness of the return spring when the assistance spring 

is unlatched (see Fig. 4-6 for a schematic representation o f this behavior).

The tendon connected to the SCM shaft wraps around a pulley that rotates together with the 

knee joint and pulls the shaft o f the SCM that, in turn, transforms the linear stiffness o f the SCM 

springs to a torsional stiffness around the knee joint. Fig. 4-5-right illustrates the design o f the 

exoskeletons latching mechanism that is composed o f a friction lever, shaft, bearing block, DC 

Motor, worm-gear, cam, spring-loaded push-button, and retreat push-button, and additional 

structural components. We have reported additional details on the latching mechanism in our 

previous paper on the design o f a compliant stance control orthosis that employs a similar 

mechanism [3].

The exoskeletons have been implemented on two adjustable knee braces (SPL2 from Fillauer 

LLC) that can fit on a wide range o f subjects with heights o f 1.50 m to 1.85 m (as suggested by 

the manufacturer). To minimize the effect o f soft tissues and to help the exoskeletons withstand 

the anticipated loads, we reinforced the braces using: a. a bracket that pressed against the 

quadriceps femoris tendon and was located cm superior to the center o f the patella, b. a 

bracket that pressed against the tibial tuberosity and was located ~-6 cm inferior to the center o f 

the patella, c. a solid pad that was placed posterior to the thigh and under the strap o f the knee
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brace thigh cuff, and d. a suspension harness strap that vertically supported the exoskeletons from 

the shoulder and avoided downward migration o f the brace.

4.2.2 Friction-Based Latching Mechanism

The latching mechanism employs a motor to manipulate a friction lever to initiate or release a 

friction-based latch. The latching mechanism includes a worm-gear set that transforms motor 

rotation to a linear motion at the friction lever. To engage the assistance spring, the motor spins 

the worm gear counterclockwise to retreat the cam from the friction lever and make ~2 mm 

clearance under it, as shown in Fig. 4-5-right. This movement continues until the cam presses the 

retreat button that sends a feedback signal to the controller. Upon the retreat of the gear, the 

spring loaded push-button presses the friction lever down and against the shaft to initiate a 

friction-based latch. The latching grip o f the friction lever occurs when the shaft moves 

downward (as a result o f a knee flexion) and the interaction force between the bearing block and 

the friction lever induces higher normal forces between the friction lever and the shaft. As such, 

the bearing block moves along with the shaft and compresses the assistance spring. An upward 

movement o f the shaft (mainly caused by the return spring during the knee extension) relaxes the 

friction forces on the friction lever at the contact points and releases the latching grip when the 

assistance spring is fully unloaded. Therefore, the latch only initiates in the flexion direction and 

it is maintained during extension only if the assistance spring is engaged and loaded.

To disengage the assistance spring, the motor rotates the worm clockwise to move the cam 

upward and towards the friction lever. The cam lifts the friction lever and releases the latching 

grip. The upward movement o f the lever terminates when the spring-loaded push-button is 

pressed and a feedback signal is sent to the controller to stop the motor. Upon disengagement of 

the lever, the shaft freely slides inside the bearing block and friction lever without any force being 

transferred to the assistance spring. Accordingly, a downward force (e.g. resulting from knee 

flexion in the swing phase) on the shaft only compresses the return spring. To allow free rotation 

in the swing phase, we chose a highly compliant return spring (5 Nm/rad), which primarily
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returns the shaft to the its most proximal location after the swing phase without applying a 

considerable moment to the knee. A more detailed explanation o f the friction-based latching 

mechanism can be found elsewhere [3].

4.2.3 Control Scheme

The control unit implements a finite state machine for the engagement o f the assistance spring 

during walking. The assistance spring has to be engaged during the weight acceptance phase of 

gait and allow free rotation throughout the rest o f gait, as schematically shown in Fig. 4-3-top. 

The controller identifies the states using an instrumented shoe insole that indicates the heel and 

toe contacts with the ground. Fig. 4-7-top shows the status o f the heel and toe sensors o f the 

insole, the sign o f the knee velocity (positive for flexion) measured by a rotary potentiometer that 

is embedded in the exoskeleton pulleys, as well as the status o f the friction lever within a gait 

cycle. Fig. 4-7-bottom shows the knee angle profile for a volunteer walking at 1.25 m .s ‘ on level 

ground and the period where the assistance spring is intended to be engaged and loaded. Fig. 4-8 

describes the finite state machine that consists o f the following states:

a. Weight Acceptance (WAJ: The heel sensor is on and toe sensor is off. The controller 

engages the assistance spring.

b. Terminal Stance (TS): The toe sensor is on and heel sensor is off, or both toe sensor and 

heel sensor are on. The controller disengages the assistance spring after a period o f time (Texo = 

60 ms, measured on a knee simulator as explained later in this text) dictated by the latching 

mechanism latency plus an adjusted period of time that nearly coincides with the end o f the 

weight acceptance phase.

c. Swing (SW): The toe and heel sensors are off. The controller monitors the knee velocity 

direction during the swing phase to identify whether the knee is flexing or extending. The 

controller unlatches the friction lever during the flexion period o f the swing phase and latches it
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<p

Figure 4-6. Left: The moment-angle characterization o f the exoskeleton. Ka is the stiffness of 
the assistance spring, Kr is the stiffness o f the return spring, <pr is the angle o f engagement, M  is 
the exoskeleton moment, <p is the exoskeleton angle, and <p0 is the angle at which the assistance 
spring is engaged. Right: Schematic model o f the exoskeleton. A clutch mechanism 
engages/disengages the assistance spring.

I K

Free Rotation
100

Gait Cycle

Figure 4-7. Timing o f the control signals and engagement o f  the exoskeleton spring, Top: The 
statuses o f the knee angular velocity (+ for flexion and -  for extension), foot contact with the 
ground (heel and toe sensors o f the instrumented shoe insole), and friction lever in a gait cycle. 
Bottom: Knee angle profile o f a volunteer walking at 1.25 m/s. The exoskeleton assists the knee 
in the weight acceptance phase o f the gait and allows free motion in the rest. The shades 
roughly show the timing o f state changes.
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during the extension period, as a precautionary measure against the latching mechanism latency. 

Because engagement o f the assistance spring can only initiate in the flexion direction (positive 

sign o f knee velocity, see also Fig. 4-7), latching of the friction lever in the extension period of 

the swing phase does not result in engagement and loading of the assistance spring and impeding 

knee joint motion.

We developed two finite state machines, one for each exoskeleton, on a Microcontroller 

MPC5534 from Freescale Semiconductor Co. (MPC5534EVBE). The controller measured the 

knee angle using a rotary potentiometer that is integrated inside the exoskeletons pulleys and the 

knee velocity by differentiating the potentiometer signal. The system employed an instrumented 

shoe insole from B & L Engineering Co., a Faulhaber 2224 DC Motor (4.05 W), a rotary 

potentiometers from Vishay Co. Model 357 for each exoskeleton, a dual H-Bridge circuit from 

Solarobotics Co. and a battery pack with capacity of 2500 mAh. The controller transfers the signal 

from the spring-loaded push-button to identify if the friction lever is disengaged, and the signal 

from the retreat push-button to identify if the friction lever is engaged. A serial-to-Bluetooth 

adapter (Wireless RS232, Willies Computer Software Co.) was used to wirelessly transfer the 

data to a host LabView module implemented on a computer for data collection. The data include 

the left and right exoskeletons joint angles and status of engagement o f the lever based on which 

we calculated the exoskeleton moments.

4.2.4 Moment-Angle Characterization

In the previous section, we explained that the linear stiffness o f the exoskeleton (KL) 

transforms to a rotational stiffness around the exoskeleton joint (KB) through a tendon that 

connects the SCM shaft to the exoskeleton pulley. Fig. 4-6-right schematically shows the function 

o f the exoskeleton. In our previous work, we showed KL and Kh: are related as [3]:

Kb =  Kl • R2 (4-5)
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where, R = 5 cm is the radius o f the exoskeleton pulleys, Kt. is the stiffness o f the return spring 

when the friction lever is disengaged, and the sum o f the stiffness o f the assistance spring (K„) 

and return spring (Kr ~ 0) when the assistance spring is engaged:

Combining equation (4-5) and (4-6), the exoskeletal rotational stiffness can be expressed as:

_  ({Kr + Ka) - R 2 engaged  
E I Kr - R 2 d isen g a g ed

Therefore, the exoskeleton assistive moment is related to the knee joint angle (<p) as follows:

M = [Kr ' R 2 ' <P + Ka ' R 2 ' ( (P - <Po) engaged  
B I Kr - R 2 -<p d isen g a g ed

Here, <p is the knee angle and <p„ is the angle at which the assistance spring is engaged. Fig. 4- 

6-left schematically shows the moment-angle performance o f the exoskeleton. The exoskeleton 

controller records <p and <p„ from the potentiometer, and status o f  the spring engagement for both 

left and right exoskeletons from the push-buttons incorporated in the SCM, and wirelessly 

transfers them to a host computer. We combined the controller data with the exoskeleton spring 

stiffnesses and obtained the exoskeleton moments.

The exoskeletons compliantly interface with the human limbs as a result o f compliance in the 

biological soft tissues and exoskeleton cuffs and attachments. We approximate this by an 

additional spring between the assistance spring and the thigh. Fig. 4-9 schematically shows the 

configuration o f the three springs o f the knee complex that represent the knee joint, exoskeleton, 

and soft tissue behavior in the weight acceptance phase o f the gait. This theoretical model

where, Kc is the quasi-stiffness o f the knee complex, Kk is the quasi-stiffness o f the knee joint, 

and KP is the external parallel stiffness that is equal to:

Kr + Ka engaged  
. Kr d isen g a g ed (4-6)

suggests:

Kc — Kk + Kp (4-9)

_ r*EnS
p  ~  k s +k e

_ KEKS
(4 - 1 0 )
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G L X L J

Kr KDisengaged if Flexing 
gaged ifExtendin

Disengaged if t > T

K  + K

WA . Weight Acceptance Phase 
75: Terminal Stance Phase 
SW: Swing Phase 

I : Time within Stale

Engaged if t

T : Disengagement Latency 
Kl : Stiffness of Module 
Ka : Stiffness of Assistive Spring 
Kr: Stiffness of Return Spring

Figure 4-8. The diagram o f the finite state machine that the exoskeleton controller uses to 
engage/disengage the assistance spring. The states include Weight Acceptance (WA), Terminal 
Stance (TS), and Swing (SW) and are identified using a foot sensor. The diagram also indicates 
the engagement status o f the friction lever and stiffness o f the module.

Figure 4-9. A schematic model o f  the knee complex comprising the knee equivalent spring, 
exoskeleton spring, and the compliance o f the biological soft tissues o f the leg and exoskeleton 
cuffs. The assistance condition includes modulation o f KE; whereas, we primarily intend to 
investigate the effect o f  external parallel spring on the spring-type behavior o f the knee joint.
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where, KE is the exoskeleton stiffness and Ks is the interface stiffness. In fact, KP is the externally- 

applied parallel stiffness that is being perceived by the anatomical knee joint. We also define 9C 

as the excursion o f the knee complex, dK the excursion o f the knee joint, 6h the excursion o f the 

exoskeleton, and 9S the excursion o f the interface in the weight acceptance phase. One should 

note that dE is the range of changes o f <p in the weight acceptance phase.

4.2.5 Mechanical Evaluation

We tested the reliability o f the exoskeleton and measured the latency o f the SCM using a knee 

joint simulator prior to the human trials, as schematically shown in Fig. 4-10-top. In testing the 

reliability o f the exoskeleton we conducted extensive testing to ensure that the exoskeieton can 

withstand the dynamic loads it would encounter in walking, and to ensure that the exoskeleton 

can undergo the number of gait cycles that we expect during the experiments on human 

volunteers.

The knee simulator primarily consists o f a four-bar linkage driven by a 3-phase servomotor 

and servo controller (SGMAV-10A3A61 from Yaskawa and SGDV120AE from Omron 

Companies) [77]. The servomotor emulates the kinematic profile o f  the knee joint and sends a 

digital signal to the SCM to engage the assistance spring during the simulated stance phase and 

disengage during the rest o f the gait, as shown in Fig. 4 -10-bottom. The simulator records the 

actual instances o f engagement/disengagement using the feedback signals from the push-buttons 

embedded in the SCM. We estimate the engagement/disengagement latency by measuring the 

time period between the command and feedback signals. The latencies could alternatively be 

approximated by the properties o f the DC motor and worm-gear set o f the engagement 

mechanism; a method that was ignored because friction and other imperfection in the mechanism 

could not be characterized. We fabricated a prototype o f the SCM and tested it on the knee joint 

simulator as schematically shown in Fig. 4 -10-top.
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Knee Simulator
(Four-Bar Linkage)

Simulated Knee]

(Stiffness Control Module)

Servo Motor)

M easurem ent o f  the M echanical Latency

Time

Figure 4-10. Top: The stiffness control module mechanically tested on a knee simulator. The 
simulator is primarily a four-bar linkage mechanism driven by a servo motor. The stiffness 
control module is mounted on the simulator and undergoes numerous working cycles to endure 
the reliability and functionality o f the module and measure the mechanical latency of 
engagement/disengagement. Bottom: The simulator controller sends an engagement command 
signal to the compliance control module and receives the feedback from the pushbuttons 
embedded in the module. The time differences between these signals indicate the mechanism 
engagement/disengagement latency.
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The prototype successfully underwent - 30,000 gait cycles (with maximum moment o f 60 

Nm/rad) on the knee simulator without any failure in the mechanical components and 

engagement occurrence. The average latencies for both engagement and disengagement were also 

measured using the test machine and were found to be Tex0 = -6 0  ms. We explained earlier that 

the exoskeleton transferred the engagement signal to a host computer to calculate the exoskeleton 

moment profiles. The engagement signal was extended by Tem to capture the effect o f the 

disengagement mechanism latency. Texo was also used in the design o f the state machine o f Fig. 

4-8. One should note that the engagement latency was not used because the exoskeletons engage 

the spring in the extension period o f the swing phase and prior to the heel contact with the 

ground. The mechanical function o f the exoskeletons was also monitored using a high-speed 

camera to visually inspect the mechanism function in additional detail. The video inspection 

confirmed that the engagement mechanism functioned as desired throughout the experiments.

4.3 Experimental Conditions and Protocols

4.3.1 Subjects

Nine healthy adult volunteers were recruited from the US Army Soldiers assigned to 

Headquarters, Research, and Development Detachment o f Natick Soldier System Center. 

Inclusion criteria were a body height between 1.50 and 1.85 m and a body weight less than 130 kg 

according to the size limitations o f the exoskeleton. Table 4-2 lists the demographics o f the 

volunteers, including the means and standard deviations (SD) o f weight and height o f each 

volunteer. Written informed consent was obtained from each volunteer enrolled in the study prior 

to participation in the study. The study protocol was approved by Yale University Institutional 

Review Board, Human Use Review Committee of United States Army Research Institute of 

Environmental Medicine, Army Human Research Protections Office, and Battelle Institutional 

Review Board in accordance with DoD 3216.02, protection o f human subjects.
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4.3.2 Data Collection Instrumentation

The experiments took place in the Center for Military Biomechanics Research at the Natick 

Soldier Research, Development and Engineering Center, Natick, MA. The experimental 

conditions included walking on an instrumented treadmill (AMT1, Watertown, MA). The 

treadmill comprises two synchronized treadmill belts positioned side-by-side, each on a separate 

force platform with a gap smaller than 1 cm. A motion capture system o f ten cameras (Qualysis, 

Gothenberg, Sweden) and the Qualisys Track Manager Software were used to record three 

dimensional motion data o f the volunteers walking on the treadmill at a frequency o f 240 

frames/sec.

The exoskeleton simultaneously transferred data o f the right and left knee angles, heel and toe 

sensors status, and feedback signal from the exoskeleton as indicators o f the status o f the 

engagement o f the high-stiffhess spring through the serial port using a wireless serial to Bluetooth 

adapter (from Willies Computer Software Co.) to a host computer that records the data using a 

LabView module. The exoskeleton also sent a synchronization signal to the Qualisys camera 

system that allowed us to synchronize the data from the exoskeleton with the data from the 

motion capture system and the force plates. Kinematic and kinetic profiles o f the joints were 

calculated using VisuaDD software (C-Motion, Gaithersburg, MD). The rest o f analyses were 

done in Matlab software (Mathworks, Natick, MA).

The rate o f oxygen uptake (V 02, mUmin) was measured using a K4b2 portable metabolic 

measurement system (COSMED, Rome, Italy). First, V02 was measured for a 2-min standing trial 

as a baseline for each subject. For each walking trial, V02 was measured during minutes 8-10 and 

were averaged over 20 secs increments for the 2-min collection period. We ensured that the rate 

o f oxygen uptake was steady for each trial. Net rate o f oxygen uptake (VO^) for each trial was 

calculated as the average value o f V02 during walking subtracted by the average V02 o f  the 

standing trial.
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TABLE 4-2. Demographic data o f the participants and exoskeleton stiffnesses

No. H(m) W(kg) v r / j
Measured
« * ■ /,- )

Estimated 33% <6% 100%
f i (A‘V»e>

1 1.73 86.0 1.30 321 299 103 203 328
2 1.80 68.0 1.43 143 243 82 166 239
3 1.83 68.0 1.21 117 247 81 160 239
4 1.68 71.0 1.12 156 240 81 160 239
5 1.69 78.5 1.39 257 267 89 174 239
6 1.70 79.9 1.43 258 274 92 174 239
7 1.76 67.0 1.03 110 235 81 160 239
8 1.89 103.8 1.34 318 393 128 239 328
9 1.77 66.7 1.21 149 235 81 160 239

Mean 1.76 76.5 1.27 203 270 91 177 259
SD 0.1 12.3 0.14 85 51 16 27 39

TABLE 4-3. Mass properties o f the exoskeleton

Side Sec m eat M aw (*g) l a (kg.n?) l„ (k g .r i) IuO k.ih')

Right
Thigh 1.68 0.02370 0.02312 0.00211
Shank 0.77 0.00217 0.00249 0.00122

Left Thigh 1.81 0.02370 0.02312 0.00211
Shank 0.82 0.00217 0.00249 0.00122

Left Exoskeleton Weight = 2.63 kg 
Right Exoskeleton Weight = 2.45 kg 
Controller Unit Weight = 2.4 kg 
Total Weight = 7.48 kg
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4.3.3 Experimental Conditions

The hypotheses were tested experimentally using the following six experimental conditions of 

treadmill walking:

1. Control Condition (CTRL): Without wearing the exoskeletons or mass replicas

2. Exoskeleton Mass (MASS): Wearing the joint-less mass replicas

3. Exoskeleton Articulation (0%): Wearing the exoskeleton unpowered with exoskeleton steel 

tendon detached

4-6. Exoskeleton Stiffness (33%, 66%, and 100%): Wearing the exoskeleton with assistance 

spring stiffness equivalent to 33%, 66%, and 100% of the quasi-stiffness o f the anatomical knee 

in normal walking at the preferred gait speed

To size the exoskeleton spring {KF) ,  we used a previously developed statistical model to 

estimate knee quasi-stiffness in the weight acceptance phase o f gait based on the subject’s body 

size as follows [51]:

Ke =  5.21 W 4 W -  7.50 W  y[H -  5.83 WH + 11.64 W  -  6 (4-11)

where, W (kg) is the body weight and H  (m) is the height o f the volunteer. This model shows a 

9% error o f estimation and was established for volunteers with a wide range o f body weight (from 

67.7 kg  to 94.0 kg) and height (from 1.43 m to 1.86 m). Once the volunteer’s knee quasi-stiffness 

was estimated using equation (4-11) for condition 6, it was then scaled to 33% and 66% for 

conditions 4 and 5, respectively. The values of gait speed, the estimated subject’s quasi-stiffhess, 

and the spring constants o f the high-stiffhess springs used for each volunteer are listed in Table 4- 

2 .

4.3.4 Experimental Protocols

The study volunteers had three visits in total, including two orientation sessions and one data 

collection session. On all visits, the participants wore shorts, t-shirts, socks, and their own athletic 

shoes. The three visits took place within a single week with one to two day(s) in between to 

provide rest and prevent any fatigue that could affect the results. Volunteers’ weight and height
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were measured on the first visit to estimate each volunteer’s knee quasi-stiffness (Kk) and size the 

assistance spring stiffness values for the assistance conditions using equation (4-11).

Orientation Sessions: Two orientation sessions were included prior to the data collection 

session to allow the volunteers to become familiar with walking while wearing the exoskeletons. 

On the first visit, participants walked on the treadmill for 3 mins at 4.83 km/h to become familiar 

with treadmill walking, after which they were given a 3-5 min rest break. Each participant was 

then instructed to walk on the treadmill with a speed that slowly increased from the zero-speed 

state up to a self-selected comfortable pace. This pace was then used as the preferred gait speed 

throughout the experiments. Next, the exoskeletons were fitted on the volunteers while seated and 

the alignment o f the exoskeletons joint with the knee joints was ensured. In an effort to minimize 

the vertical migration of the exoskeleton, suspension harness straps were also put on the volunteer 

and fastened to the controller belt, which was strapped around the chest and shoulders. Lastly, the 

tension o f the suspension straps was adjusted as the volunteers slowly stood up. The volunteers 

were asked to walk overground wearing the exoskeleton for each o f the experimental conditions 

with the exception of the control condition. For each condition, the subjects walked overground 

for about 640 m at their own pace, covering a distance approximately equivalent to the distance 

covered in 8 mins o f treadmill walking. A 5-min seated rest break was given to the volunteers 

before they walked on the treadmill in the same condition for 8 mins at their preferred gait speed. 

The order o f the conditions for the first session was ordered from condition 2 to condition 6, and 

not randomized across volunteers.

The second orientation session included only treadmill walking trials o f  10-min duration. The 

order o f the six conditions was randomized (using 6x6 Latin squares design) for each volunteer. 

The order o f the conditions during each volunteer’s second orientation session was the same as 

the order followed during the volunteer’s data collection session. To summarize, volunteers 

walked a total 18 mins on the treadmill and about 10 mins overground for each experimental
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condition during the first two orientation sessions to become more familiar with walking while 

wearing the exoskeletal device.

Data Collection Sessions: Reflective markers were placed on body landmarks according to 

convention described elsewhere [78], with slight differences in that four-marker clusters were 

placed on the shank and the thigh such that the exoskeleton cuffs could fit on the limbs without 

blocking their visibility from the cameras. Additionally, a four-marker cluster was placed on the 

chest to track the trunk and pelvis as a single segment. Within each trial, a 30-second long data 

recording was taken after 4 m im  from the start o f the trial.

4.3.5 Kinematic and Kinetic Analysis

Visual3D software (C-Motion, Gaithersburg, MD) was used to calculate the lower extremity 

joints angle, moment, and power profiles for all conditions. To obtain the moment and power 

profiles for conditions 2-6, which included a device, we first calculated the mass, moment of 

inertia, and the center o f mass o f the thigh and shank segments o f the exoskeleton and mass 

replicas in SolidWorks (Dassault Systemes SolidWorks Corp., Waltham, MA), as listed in Table 

4-3. Next, we updated the mass, center o f mass, and moment o f inertia o f the shank, thigh, and 

trunk segments o f the limb models in Visual3D as a gross average o f the human limbs and 

exoskeleton components. Inverse dynamics analysis was then performed to obtain the moment 

and power profiles o f the ankle and hip joints and knee complex in the sagittal plane for the left 

and right side. The kinetic and kinematic intra-subject profiles o f the left side and right side were 

averaged to obtain the final mean profiles. A third-order Butterworth filter with cut-off frequency 

o f 8 Hz was used to filter the kinetic and kinematic profiles. The rest o f analyses were carried out 

in Matlab (Mathworks, Natick, MA). The exoskeleton moment was calculated using equation (4- 

8) and the data received from the exoskeleton. To approximate the moment o f the knee joint in 

the sagittal plane, the synchronized moment o f the exoskeleton was subtracted from the moment 

o f the complex assuming that the axis o f exoskeleton joint and knee joint were perfectly aligned.
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VisuaBD software was also used to calculate the acceleration o f the COM in the sagittal, 

frontal, and horizontal (i.e. transverse) planes from the corresponding ground reaction forces. To 

obtain the motion o f the COM, a VisuaBD model o f the limbs was used, which included the mass 

o f the replicas for the MASS condition and the exoskeletons for the other conditions. The velocity 

and travel profiles o f the COM were then calculated as the first and second time-integral o f the 

acceleration profile. The motion (travel and velocity) profiles o f the COM were normalized with 

respect to the body height. The remaining analysis was carried out in Matlab.

The gait cycles were identified by the right heel strikes. Four consecutive gait cycles for each 

trial were identified from the force plate signals and complete marker data. We also verified that 

the calculated intra-subject averages for the joint angle and moment profiles from the four 

consecutive cycles were consistent among all trials. Additionally, the intra-subject mean profiles 

o f the joint angles were normalized with respect to the standing configuration, the moment and 

power profiles with respect to the body weight, and motion o f the COM with respect to the body 

height. The inter-subject mean and SD profiles were subsequently obtained from the 

corresponding intra-subject mean profiles (which were averaged across left and right sides for the 

angle, moment, and power). The inter-subject mean angle, moment, and power profiles in the 

sagittal plane are plotted in Fig. 4-11 to 13. The coefficient o f variability (CV; described 

elsewhere [54]) was calculated for each profile using the mean and SD profiles. The inter-subject 

mean travel profiles o f the COM along the vertical, mediolateral, and anteroposterior axes are 

plotted in Fig. 4-14. Additionally, travel and velocity trajectories o f the COM were plotted for the 

sagittal, frontal, and horizontal planes in Fig. 4-15 and 16.
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Figure 4-11. Inter-subject mean angle profiles. We have separately indicated the first three 
conditions (CTRL, MASS, and 0%) in the left column and the assistance conditions (0% to 
100%) in the right column. The thick solid lines indicate the inter-subject mean profiles and the 
thin lines boundaries defined by ±1 SD. The legends o f each graph report the CV of each 
profile in parentheses followed by the R2/Scale of the regression comparison. The values of 
/^/Scale for the MASS condition are presented with respect to CTRL condition, and 0% 
condition with respect to the MASS condition, whereas 33%, 66%, and 100% are with respect 
to 0%. On the bottom o f each graph, a series o f stripes are plotted that indicate the periods 
during which two profiles are significantly different. The stripe colors correspond to the profile 
with similar color. The comparison is made between MASS and CTRL, 0% and MASS, 33% 
and 0%, 66% and 0%, and 100% and 0%.
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Figure 4-12. Inter-subject mean moment profiles. We have separately indicated the first three 
conditions (CTRL, MASS, and 0%) in the left column and the assistance conditions (0% to 
100%) in the right column. The thick solid lines indicate the inter-subject mean profiles and the 
thin lines boundaries defined by ±1 SD. The legends o f each graph report the CV o f each 
profile in parentheses followed by the /^/Scale o f the regression comparison. The values of 
B?lScale for the MASS condition are presented with respect to CTRL condition, and 0% 
condition with respect to the MASS condition, whereas 33%, 66%, and 100% are with respect 
to 0%. On the bottom o f each graph, a series o f stripes are plotted that indicate the periods 
during which two profiles are significantly different. The stripe colors correspond to the profile 
with similar color. The comparison is made between MASS and CTRL, 0% and MASS, 33% 
and 0%, 66% and 0%, and 100% and 0%.
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Figure 4-13. Inter-subject mean power profiles. We have separately indicated the first three 
conditions (CTRL, MASS, and 0%) in the left column and the assistance conditions (0% to 
100%) in the right column. The thick solid lines indicate the inter-subject mean profiles and the 
thin lines boundaries defined by ±1 SD. The legends o f each graph report the CV of each 
profile in parentheses followed by the /fVScale o f the regression comparison. The values of 
R^/Scale for the MASS condition are presented with respect to CTRL condition, and 0% 
condition with respect to the MASS condition, whereas 33%, 66%, and 100% are with respect 
to 0%. On the bottom o f each graph, a series o f stripes are plotted that indicate the periods 
during which two profiles are significantly different. The stripe colors correspond to the profile 
with similar color. The comparison is made between MASS and CTRL, 0% and MASS, 33% 
and 0%, 66% and 0%, and 100% and 0%.
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Figure 4-14. Inter-subject mean ± SD profile o f the travel o f the body center o f mass in 
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direction. The first to third rows respectively include the profiles o f the CTRL and MASS 
conditions, MASS and JOINT conditions, and JOINT and SPRING conditions. The stripe on 
the bottom o f top left and top middle graph shows the period where the two profiles are 
significantly different. No other pair-wise comparison o f profiles shows statistical differences. 
The shaded area in the third row shows the period where the exoskeleton spring was engaged.
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Figure 4-16. Inter-subject mean ± SD velocity trajectory o f the body center of mass.
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Figure 4-17. A sample moment-angle graph for one o f the subjects. Two gait cycles are 
included: 1. Control condition (light gray circles), 2. Assistance condition (shown by crosses) 
that includes the graph o f the knee complex, knee joint, and exoskeleton. The graph also 
includes the quasi-stiffness o f the knee complex (Kr) and knee joint (Kg) in the weight 
acceptance phase as well as the stiffness o f the exoskeleton (JST*-).
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4.3.6 Profile Comparison Measures

To compare the profiles, we performed pair-wise t-test between all 100 points o f the profiles 

of CTRL and MASS, MASS and 0%, 0% and 33%, 0% and 66%, and 0% and 100% conditions 

which was also verified by false discovery rate control as explained elsewhere [79]. The angle 

and moment profiles o f the conditions (similar pairs o f conditions used for the t-test) were 

compared using linear regression between the inter-subject mean profiles in these two conditions, 

as explained elsewhere [10]. The R2 value o f the regression indicates the degree o f similarity of 

the patterns, while the slope refers to the scaling factor. For example, a profile identical to the 

baseline profile would have a R2 and a scale o f 1; whereas, a down scaled profile (i.e. smaller 

range of values) with identical pattern would have R?=l and slope < 1. One should note that the 

scale is not very meaningful when R2 is relatively low.

4.3.7 Knee Complex Moment-Angle Analysis

In previous sections, we explained the method to calculate the knee complex and joint angles and 

moments for conditions 3-6 that include the exoskeleton. To obtain the quasi-stiffhess o f the knee 

complex (A'r) and knee joint (Kk), linear polynomials were respectively regressed on the moment- 

angle data o f the knee complex and knee joint in the weight acceptance phase o f the gait cycle (a 

sample moment-angle graph and the associated analysis are illustrated in Fig. 4-17). The slopes o f 

the corresponding linear fits represented JfQ- and Kk, and the coefficient o f determination (R2) 

indicated the goodness o f the fit representative o f the linearity o f the behavior o f the knee 

complex and knee joint in the weight acceptance phase. Kk was subtracted from Kr  to calculate 

KP and equation (4-10) was used to calculate Ks. We also define 8C as the excursion o f the knee 

complex, dK the excursion o f the knee joint, 8, the excursion o f the exoskeleton, and 8S is the 

excursion o f the interface. We subtracted the minimum angle from maximum angle o f the knee 

complex in the weight acceptance phase to calculate 8r  and 8K (Note that 8, = 8K), We similarly 

calculated dE by subtracting the minimum from maximum angles o f the exoskeleton in the weight 

acceptance phase, and 8S by subtracting dE from 8( .
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This study also aimed to investigate if  and to what extent an external parallel spring can 

reduce the human knee joint moment in the weight acceptance phase o f the gait. To address this 

question, the loading effort o f the knee joint (MK) and complex (M< ) were respectively defined as 

the sum o f the moment profiles o f the knee joint and knee complex in the weight acceptance 

phase. Parallel assistance (MF) was defined as the sum o f the parallel/exoskeletal moment profile 

in the weight acceptance phase o f the gait. These parameters allowed us to investigate the overall 

effect o f  the exoskeleton assistance on the reduction o f the knee moment throughout the weight 

acceptance phase o f the gait. Finally, the mechanical work o f the knee joint in the weight 

acceptance phase and the entire gait cycle were calculated as the area enclosed in the moment- 

angle graphs o f the corresponding period. The aforementioned parameters are plotted in Fig. 4- 

18. One should note that the knee complex and knee joint were identical for CTRL and MASS 

conditions, due to the lack of external exoskeleton joints or stiffness in those conditions.

To study the effect o f exoskeleton mass and articulation, a pair-wise comparison was 

performed between the values o f quasi-stiffhess, excursion, R2, work, and loading efforts of 

CTRL and MASS, and MASS and 0% conditions using t-test at a significance level o f 0.05. To 

study the effect o f externally-applied stiffnesses, a one-way ANOVA was performed on the 

aforementioned parameters for conditions 0%, 33%, 66%, and 100% in addition to a post hoc t- 

test with Bonferroni correction leading to a significance level o f  0.008.

4.3.8 Locomotor Adaptation to Parallel Stiffness

We investigated locomotor adaptation o f the knee joint to externally-applied parallel 

stiffnesses in terms o f variations of: a. the quasi-stiffhess of the knee joint and complex as 

functions o f the parallel stiffness, and b. the loading efforts o f  the knee joint and complex as 

functions o f the parallel assistance. These analyses included the entire gait cycles for the left and 

right sides for only the assistance trials (namely conditions 3-6 which correspond to 0% to 100% 

o f the knee quasi-stiffhess).
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Figure 4-18. Inter-subject moment-angle analysis o f the knee complex, joint, and exoskeleton 
in the sagittal plane. The first to fifth rows are respectively the quasi-stiffhess, excursion, Z?2, 
work, and loading efforts in the weight acceptance phase.
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The values o f quasi-stiffnesses and loading efforts were normalized with respect to the intra

subject mean values for the 0% condition. To obtain the normalized quasi-stiffnesses o f the knee 

joint ( k k ), the intra-subject mean value o f Kk was first calculated for the 0% condition for each 

subject. Next, the values o f Kk for conditions 3-6 were divided by the intra-subject mean o f Kk 

for the corresponding subject as the baseline for that subject. Normalized quasi-stiffnesses o f the 

knee complex (kc ) were similarly calculated by dividing the values o f K<- for conditions 3-6 by 

the intra-subject mean value o f Kc in the 0% condition for each subject (Note that for Kk = Kc 

condition 0%). The normalized parallel stiffness (k p ) was also obtained by dividing KP by the 

intra-subject mean value o f Kk in the 0% condition for each subject. In a similar fashion, the 

normalized loading effort o f the knee joint (M K) and complex (M c ) were obtained by 

respectively dividing MK and Mc by their intra-subject mean values in the 0% condition, and the 

normalized parallel assistance (M P) by dividing MP for each gait cycle by the intra-subject mean 

values o f MK in the 0% condition for each subject.

Lastly, the normalized knee joint and complex quasi-stiffnesses (kk and tcc ) were plotted with 

respect to the normalized external parallel stiffness (kp), and the normalized loading efforts o f  the 

knee joint and complex (M K and M c) with respect to the normalized exoskeleton assistance 

(M P). The theoretical equations (4-3) and (4-4) were also plotted on the corresponding graphs to 

compare with the experimental values, as appears in Fig. 4-19.

4.3.9 Calculation o f Mechanical and Metabolic Power

Average Metabolic Power: The rate o f oxygen uptake was used to calculate the average 

metabolic power as [80]:

Pmet — 21 VO'2/ W  (4-12)

The metabolic cost o f  transport (COT) was calculated as [12,72]:



I

Average Positive Power: For each gait cycle, the average positive power o f each lower 

extremity joint and exoskeleton (/' = {H : Hip, K: Knee, and A: Ankle}) was calculated as [12]:

where, T  is the duration of the gait cycle and W f  is the positive mechanical work that was 

calculated using the following equation:

where P |( t)  is the power in the sagittal plane at instant t. The total average positive mechanical 

power ( P f ) was calculated as the summation o f the positive power o f the hip, knee, and ankle 

joints. The efficiency of positive power was calculated as:

Average Rate o f  Positive Moment Generation: Average positive rate o f moment generation of 

a lower extremity joint and exoskeleton (M *) was calculated as:

W ? = I  P t (0 d t

Here, P f  is:

(4-15)

Pi (0 i f P i ( t ) > 0  
. o i f  p m  < 0 (4-16)

(4-18)

where:

(4-19)

where, M*(t) is the moment o f the joint/exoskeleton in the sagittal plane at instant t.
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Figure 4-19. Top: Normalized quasi-stiffness o f the knee complex and joint with respect to the 
normalized parallel stiffness. The knee joint adaptation shows saturation to parallel stiffnesses 
starting at -80%  o f the knee quasi-stiffnesses. Bottom: Normalized loading effort o f the knee 
complex and joint with respect to normalized parallel assistance. The knee joint shows full 
adaptation to the parallel assistive moments.
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The means and SD o f M*, P*, Pmet, E, and COT were calculated and shown across the 

conditions in Fig. 4-20 to 22. The effects o f  exoskeleton assistance on these parameters were 

investigated using one-way ANOVA across the conditions as well as a post hoc t-test with 

Bonferroni correction that resulted in a p-value of 0.008. To inspect potential correlation between 

the metabolic cost and the moment generation rate and mechanical work, we plotted Pmet with 

respect to Mr  and Pj<, and applied linear regression for each trial, as shown in Fig. 4-23.

4.4 Kinematic and Kinetic Profiles

Fig. 4-11 to 13 respectively include the inter-subject mean angle, moment, and power profiles 

for the lower extremity joints in the sagittal plane. In Fig. 4-11 to 13, the left column include 

CTRL, MASS, and 0% conditions, and the right column include 0% to 100% conditions. The 

inter-subject mean travel profiles o f the COM along the vertical, mediolateral, and anteroposterior 

axes are plotted in Fig. 4-14. Additionally, travel and velocity trajectories o f the COM were 

plotted for the sagittal, frontal, and horizontal planes in Fig. 4-15 and 16. It was found that the 

motion patterns o f the COM were invariant under the effect o f the exoskeleton stiffness allowing 

us to exclude conditions 33% and 66% from Fig. 4-14 to 16, for the sake o f simplicity.

4.4.1 Effects of Exoskeleton Mass

The values o f  R2 = 100% and Scale = 0.99 to 1.07 for the angle profiles in Fig. 4-11 (graph 1-

3) show that the exoskeleton mass did not notably change the overall kinematic patterns o f gait in 

the sagittal plane. However, the exoskeleton mass resulted in a significantly more extended knee 

in the terminal stance phase and more flexed knee at the heel contact with the ground (notice the 

dark gray stripes on graph 3), which is in agreement with our previous results [34]. The values
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Figure 4-20. Mean ± SD o f metabolic power, efficiency o f positive work, and cost o f transport 
across the conditions. Solid lines between conditions indicate statistically significant 
differences.
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Figure 4-21. Mean ±  SD o f average positive rate o f moment generation for the ankle joint, 
knee joint, hip joint, exoskeleton, and total respectively from top to bottom across the 
conditions. Solid lines between conditions indicate statistically significant differences.
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Figure 4-22. Mean ± SD o f average positive power for the ankle joint, knee joint, hip joint, 
exoskeleton, and total respectively from top to bottom across the conditions. Solid lines 
between conditions indicate statistically significant differences.
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Figure 4-23. Average positive rate o f moment generation (top) and average positive power 
(bottom) with respect to the metabolic power. The graphs also include linear fits that show 
significant correlation (p<  0.01 for the coefficients o f  the fit) between the parameters.
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of R2 = 99% to 100% and Scale = 1.05 to 1.11 for the moment profiles in Fig. 4-12 (graphs 1-3) 

show that the exoskeleton mass did not notably change the moment profiles patterns in the 

sagittal plane but led to a slight overall upscale in the moment profiles. The exoskeleton mass did 

not significantly change the power profiles o f the joints, as shown in Fig. 4-12 (Graphs 1-3); yet, 

it resulted in an increase in the range o f hip power values (Scale = 1.06), but a decrease in the 

range o f knee (Scale = 0.83) and ankle (Scale = 0.73) values. It is observed in Fig. 4-14 (Graphs 

1-3) that the exoskeleton mass was the major contributor to the changes in the motion o f the 

COM with the most changes along the mediolateral direction. It is also observed in Fig. 4-15 and 

16 (Graphs 1-3) that the motion and velocity trajectories o f the COM mediolaterally extended 

under the effect o f the exoskeleton mass. Interestingly, the motion o f the COM along the vertical 

direction remained invariant under the effect of the exoskeleton mass.

4.4.2 Effects o f Exoskeleton Articulations

The values o f R2 = 99% and Scale = 0.98 to 1.00 for the angle profiles in Fig. 4-11 (graphs 1 

to 3) show that the kinematic constraint imposed by the exoskeleton articulation did not notably 

affect the knee angle patterns and profiles in the sagittal plane. However, the knee joint was 

significantly more extended during the heel contact and terminal stance phase (notice the light 

gray stripes on graph 2). The values o f R2 = 98% to 99% and Scale = 0.93 to 1 for the moment 

profiles o f the hip and ankle joints in Fig. 4-12 (graphs 1 to 3) show that the exoskeleton 

articulation does not notably affect the moment patterns o f the hip and ankle but led to an overall 

downscale in the knee moment profile. Particularly, the moment profile o f  the knee complex did 

not show a pattern change (R2 = 98%), but showed a notable downscale (Scale = 0.93) under the 

effect o f  the exoskeleton articulation. The exoskeleton joint did not significantly change the 

power profiles o f the joints, as shown in Fig. 4-13 (Graphs 1-3). It is observed in Fig. 4-14 to 16 

(Graphs 4-6) that the exoskeleton joint did not cause significant changes in the motion and 

trajectories o f the COM.
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4.4.3 Effects o f Exoskeleton Stiffness

The values o f R2=99% to 100% for the ankle and hip angle and moment profiles for conditions 

33%, 66%, and 100% in Fig. 4-11 and 12 (graphs 4-6) show that the external assistance did not 

have a considerable effect on the overall kinematic and kinetic patterns for those joints in the 

sagittal plane. It is worth mentioning that the hip angle profile started to deviate from the baseline 

upon high exoskeletal stiffness (notice the light gray stripes on graph 6, left). The angle and 

moment profiles o f the knee complex exhibited invariant overall patterns under the exoskeleton 

assistance (7^=98% to 99%), with significant local variations in the angle profiles at the initial 

stance and terminal swing phase (notice the stripes on graph 5, left) and significant local variation 

in the moment profile at the initial swing phase (notice the stripes on graph 5, right). A slight 

downscale in the values o f the angle profiles o f the knee and hip in the sagittal plane were 

observed and an upscale in the values o f the knee and hip moments were observed in the sagittal 

plane. The exoskeleton stiffness did not significantly change the power profiles o f the joints, as 

shown in Fig. 4-13 (Graphs 4-6); yet, it resulted in an increase in the range o f hip power values 

(Scale = 1.06 -  1.10), but a decrease in the range o f knee (Scale = 0.87-0.92) and ankle (Scale =

0.76-0.98) values. It is observed in Fig. 4-14 to 16 (Graphs 7-9) that the exoskeleton stiffness did 

not cause significant changes in the motion and trajectories o f the COM.

4.5 Effects o f Exoskeleton Impedance on Moment-Angle Behavior of the Knee Joint

4.5.1 Moment-Angle Performance o f the Knee Complex

Fig. 4-18 shows the parameters that explain inter-subject moment-angle behavior o f the knee 

in the weight acceptance phase o f gait. The first to fifth rows respectively include the quasi

stiffness, excursion, and R? o f the weight acceptance phase, the mechanical work o f the weight 

acceptance phase and entire gait cycle, and the loading efforts o f  the weight acceptance phase. 

The dashed lines illustrate the trends and the thick trend lines indicate those values that are
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statistically different from the baseline measure according to the statistical comparison explained 

in section 4.6.

Quasi-Stijfhess: The inter-subject mean and SD o f the knee joint quasi-stiffhess (Kk) and 

parallel stiffness (KP) in the weight acceptance phase o f gait are shown in the first row o f Fig. 4- 

18. A non-significant increase in the quasi-stiffness o f the knee complex (Ai-) was observed as a 

result o f the exoskeleton mass, and a non-significant increase in Ac as a result o f the kinematic 

constraints imposed by the exoskeleton articulations was observed. Kr  remained invariant across 

the assistance conditions. However, a significant (p < 0.008) decrease in the knee joint quasi- 

stiffhess relative to the 0% condition was observed for each level o f exoskeletal assistance (33%, 

66% and 100%).

Excursion: The inter-subject mean and SD o f the knee joint excursion (8 k ), exoskeleton 

excursion (Of) ,  and soft tissue excursion (0S) in the weight acceptance phase o f gait are shown in 

the second row o f Fig. 4-18. A non-significant decrease in dK was observed in MASS condition 

relative to CTRL condition and a significant decrease was observed for the knee excursion in 0% 

condition relative to MASS condition (p < 0.05). The knee excursion remained relatively 

constant across the different assistance conditions. However, 0K significantly decreased with 

exoskeleton assistance (33%, 66%, and 100%) as compared to the 0% condition (p < 0.008).

Linearity o f  the Knee Behavior: The inter-subject mean and SD o f the R2 values for the linear 

fits to the moment-angle graphs o f the knee complex and knee joint in the weight acceptance 

phase o f gait are shown in the third row o f Fig. 4-18. There was no significant change in R2 

values for the knee complex across all o f the conditions, implying that the overall behavior o f the 

knee complex remained linear. However, a significant reduction (p < 0.008) in R2 values was 

observed for the knee joint across the assistance conditions (33%, 66% and 100%) relative to the 

0% condition, implying that the moment-angle behavior o f the knee joint becomes less linear 

with external assistance.
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Mechanical Work: The inter-subject mean and SD of the knee joint mechanical work in the 

weight acceptance phase and throughout the entire gait cycle are shown in the fourth row o f Fig. 

4-18. No significant changes in the mechanical work o f the knee joint in the weight acceptance 

phase and throughout the gait cycle were observed; except a significant increase (p < 0.05) in the 

gait phase work was observed for the 0% condition as compared to the MASS condition.

Loading Effort: The inter-subject mean and SD o f the loading efforts o f the knee joint and 

complex as well as the exoskeleton assistance are shown in the fifth row o f Fig. 4-18. A 

significant (p < 0.008) decrease in the loading effort o f the knee joint was observed with the 

exoskeletal assistance conditions as compared to the 0% condition. The values o f Mr  (equal to 

Mk + MP) do not exhibit a notable change across the different conditions.

4.5.2 Adaptation o f Knee Moment and Quasi-Stiffness

Fig. 4-19-top shows the graph o f normalized quasi-stiffhess o f the knee joint and complex ( k k  

and k c ) with respect to the normalized parallel stiffness ( k p ). Fig. 4 -19-bottom shows the graph 

o f normalized loading effort o f the knee joint and complex {M K and M c ) with respect to the 

normalized parallel assistance (M P). The theoretical models explained by equations (4-3) and (4-

4) are also plotted on each graph (dashed lines). According to these equations, the quasi-stiffness 

o f the knee complex would remain invariant as the parallel stiffness increases due to an equal 

decrease in the quasi-stiffhess o f the knee joint. These equations predict a similar behavior for the 

knee joint and complex loading efforts. Fig. 4-19 only includes the gait cycle data for the 

assistance conditions 0% to 100%.

As seen in Fig. 4-19, the theoretical models are in close agreement with the trends o f the 

experimental values o f k k  and k c . Starting at k p = ~ 0.8, however, the experimental values start to 

deviate from the theoretical models; in that, k k  tends to remain relatively constant and k c tends to 

increase. In contrast, the experimental values o f M K and M c appear to follow the theoretical 

models throughout the range o f experimental values o f M P.
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4.6 Effects of Exoskeleton Impedance on Gait Energetics

4.6.1 Metabolic Power

The inter-subject means ± SD o f ^met’ P’ and COT are shown in Fig. 4-20 across the 

experimental conditions. The solid lines show significant trends; whereas, the dashed lines only 

help observe the trends. It can be observed that Pmet and COT  significantly increased as a result 

of the exoskeleton mass. The exoskeleton mass, joint, and assistance did not result in a significant 

change in E. It is observed that the exoskeleton assistance did not significantly affect Pmet, E, 

and COT. Comparing 0% and 100% conditions, the exoskeleton assistance non-significantly 

reduced Pmet by 5%; however, the exoskeleton assistance did not reduce the metabolic cost o f

walking when comparing 100% and CTRL conditions.

4.6.2 Determinants of Metabolic Power

The inter-subject means ± SD o f M* and P* (i = {ankle joint, knee joint, hip joint, 

exoskeleton, and total}) are shown in Fig. 4-21 and 22 across the experimental conditions. The 

solid lines show significant trends; whereas, the dashed lines only help observe the trends. The 

exoskeleton mass resulted in significant increase in (p < 0.03) and M j (p < 0.04), and the

exoskeleton joint resulted in significant decrease in {p < 0.04). Other trends o f  Af(+ and Pf+

were non-significant. Particularly, the exoskeleton assistance caused a mild noticeable reduction 

in Mj}, which is non-significant.

Fig. 4-23 includes the graphs o f Pmet with respect to and Pj< as well as first order 

polynomials fitted to the data. The coefficients o f the polynomials are significantly different than 

zero (p < 0.05) indicating that Pmet has significant correlations with both (R?=36%) and P£

(R2=35%).
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4.7 Conclusions and Future Work

In this chapter, we described a quasi-passive knee exoskeleton that implements a spring with a 

desired stiffness in parallel with the knee joint in the weight acceptance phase o f the gait cycle 

where the knee behaves close to a linear torsional spring. Using a pair o f the exoskeletons in a 

series o f experiments on healthy adults, we experimentally studied motor adaptation in lower 

extremity joints to externally-applied stiffnesses in parallel with the knee joint during the weight 

acceptance phase o f gait. The experiments included treadmill walking with exoskeletons with 

four levels o f  stiffness, which were roughly equal to 0%, 33%, 66% and 100% o f the knee quasi- 

stiffhess, in parallel with the knee joint during the stance phase as well as walking with the 

replicas o f the exoskeletons. The experimental results revealed that the lower extremity joints 

demonstrate substantial adaptation to parallel stiffnesses leading to invariant kinematic and 

kinetic patterns. The exoskeleton mass did not impose notable disturbance on the moment and 

angle patterns but resulted in an overall higher range o f moments. The exoskeleton articulation 

was found to impose inconsequential kinematic and kinetic constraints on the overall angle and 

moment patterns, implying that a simple uniaxial hinge joint can be a viable design choice for 

knee exoskeletons. The exoskeleton mass, articulation, and stiffness were mostly found to locally 

affect the knee joint moment and angle profiles around the initial and terminal stance as well as 

terminal swing phase.

A detailed analysis of the knee joint moment-angle during the weight acceptance phase o f gait 

revealed that the knee joint quasi-stiffhess adapts to externally applied stiffnesses such that the 

overall stiffness o f the complex o f the knee joint and exoskeleton remains invariant; a behavior 

that was also observed for the knee complex moments. It was also observed that the exoskeleton 

assistance nonlinearized the moment-angle behavior of the knee joint as R2 values decreased as 

exoskeleton assistance increased; whereas, the overall moment-angle behavior o f the knee 

complex remained linear with R2 values abiding near 1 in all experimental conditions. This 

suggests that the human body prefers to experience a linear behavior at the knee joint during the
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weight acceptance phase, which could be associated with higher rates o f energy recovery [34,51]. 

The exoskeleton stiffness did not have a significant effect on the mechanical work o f the knee 

joint in the weight acceptance phase implying that the adaptation to the exoskeletal stiffnesses 

does not necessitate additional mechanical work.

The analysis o f the adaptation in knee joint quasi-stiffhess to parallel stiffnesses showed that 

the knee joint exhibits smaller quasi-stiffnesses in the presence o f a parallel stiffness such that the 

overall stiffness remains invariant. This quasi-stiffness adaptation saturates when the parallel 

stiffness reaches -80%  o f natural knee quasi-stiffhess, after which the knee joint quasi-stiffhess 

remains relatively constant and a further increase in the parallel quasi-stiffhess causes an increase 

in the overall quasi-stiffhess. Furthermore, it was observed that the loading effort o f the knee joint 

and knee complex show complete adaptation to parallel assistance suggesting that the knee joint 

can fully accommodate external assistance. Therefore, the knee jo in t can well accommodate a 

parallel spring with a wide range o f  stiffnesses up to -80%, after which the parallel spring still 

provides assistance but the knee complex stiffness increases above the normal rate. This finding 

also strengthens the assumption that the knee joint can be theoretically modeled by a linear 

torsional spring in the weight acceptance phase o f  the gait. The saturation of the quasi-stiffhess 

adaptation could be attributable to existence o f bi-articular muscles leading us to speculate that 

the exoskeletal assistance can only unload the mono-articular muscles. Future research is needed 

to investigate this hypothesis through analysis o f the EMG signals o f mono-articular and 

biarticular muscles.

The findings o f this research can give insight to the design o f exoskeletons/orthoses for lower 

extremity joints (specifically the knee joint). Replication o f the moment-angle behavior o f  the 

lower extremity joints by an exoskeletal device can be a viable strategy to assist and unload these 

joints. The compliance o f the biological soft tissues o f the leg as well as the interface components 

of the exoskeleton can neutralize the assistance of the exoskeletons. This is especially true for 

exoskeletons attached to the thighs, due to the large amount o f soft tissue located at those
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segments. Therefore, the design o f exoskeletons should minimize the effect o f  the soft tissues 

with additional considerations such as larger pads and more carefully chosen strap locations. 

Moreover, the control algorithm o f the exoskeletons should not solely rely on the angular 

movement o f the exoskeleton, which could be disturbed by the excursion o f the soft tissues.

The exoskeleton uniaxial joint did not substantially perturb the gait patterns implying that a 

uniaxial joint can be a suitable choice in the design o f knee exoskeletons. The kinematic 

constraints imposed by the exoskeletons joint resulted in a slightly more flexed knee at the heel 

strike, which could be a result o f limited range o f motion o f the exoskeleton joints (as fabrication 

imperfection), as was reported by the participants for the left exoskeleton. The exoskeleton mass 

caused an upscale in the range of joint moments suggesting that minimization o f the exoskeleton 

mass should be a main goal in the design o f exoskeletons. The knee joint complex behaved 

linearly under all six conditions implying that the human body prefers to experience a linear 

behavior at the knee complex. This preferred linear behavior may be related to the energetics o f 

gait, damping function o f the knee, or preferred gait speed [34,81-83]. Regardless o f the reason, a 

knee exoskeleton should ideally demonstrate a linear behavior in the weight acceptance phase o f 

gait.

The current study necessitated several assumptions. The reflective markers o f the study were 

mounted on the skin o f the volunteer; hence, the kinematic profiles o f the knee complex and 

anatomical joint are assumed to be identical. Moreover, the exoskeleton moment was calculated 

by equation (4-8). Alternatively, load cells could have been implemented in the exoskeletons to 

directly measure the exoskeleton moment; a method that was avoided in the current study in order 

to minimize the exoskeleton mass and experimental complications. The exoskeleton was 

suspended from the shoulders using a pair o f  suspension harnesses to limit the vertical migration 

o f the exoskeleton. These suspension straps may have caused confounding factors in the results 

and affected the kinetic and kinematic behavior o f the joints.
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To carry out the inverse dynamics analysis, several assumptions were made. The knee joint 

and exoskeleton were considered one single joint. Despite the independence o f the inverse 

dynamics analysis o f the morphology o f the joints, this assumption can have nuisance effects on 

the joint center estimations and the calculations of the kinetic profiles. The exoskeleton moment 

o f inertia and center o f mass were obtained from a computer-aided design (CAD) model o f the 

exoskeleton and exoskeleton replica, which ignores the effect o f small movements o f the 

exoskeleton with respect to limbs and slight differences between the actual device and the 

computer models. Furthermore, it should be noted that as the exoskeletal stiffness increased the 

knee joint behavior became less linear (lower R2 values, Fig. 4-18), which could make the 

calculations o f the knee joint quasi-stiffhess less accurate and the linear models o f equations (4-3) 

and (4-4) less accurate.

The knee joint levels o f quasi-stiflhess in the 33%, 66%, and 100% conditions were estimated 

using a previously developed statistical model, because a priori knowledge of the natural knee 

quasi-stiffhess o f each volunteer was not available [3,51]. The estimation models were developed 

in previous studies for the design of lower extremity orthoses and prostheses [51,61,62]. Table 4- 

2 lists the knee quasi-stiffness o f each volunteer for the CTRL condition as calculated using the 

moment-angle data, which shows that the values estimated using the models are different from 

the experimental values. This inaccuracy was addressed by normalizing the quasi-stiffhess of 

each assistance level (0%, 33%, 66%, and 100%) by the natural knee stiffness measured during 

the 0% condition for each volunteer in the analysis o f motor adaptation presented in Fig. 4-19.

To study adaptation in the knee joint moment, we examined the correlation between the 

loading effort, which is the summation o f the knee joint moments and knee complex moments 

during the weight acceptance phase, and parallel assistance, which is the summation o f the 

exoskeleton moments during the weight acceptance phase. Alternatively, we could only 

investigate the maximum moment o f the knee joint and complex in the weight acceptance phase. 

However, for some o f the trials we observed that the exoskeletons springs disengaged before the
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end o f the weight acceptance phase o f gait depending on the gait patterns and timing o f the toe 

and heel contact with the ground. Therefore, using the maximum moment o f the knee joint and 

complex would not have given a complete picture o f the effect o f the exoskeleton assistance on 

the knee joint loading effort throughout the weight acceptance phase.

This research also includes the effects o f the assistance provided by the exoskeletons on the 

energetics o f walking. It was found that the exoskeleton assistance did not significantly reduce 

the metabolic power o f walking and the major contributor to the increase in the metabolic power 

o f walking was the exoskeleton mass. We considered the average positive rate o f moment 

generation (as an indicator o f force generation o f the muscles) and positive power as two 

determinants o f the metabolic cost o f walking, as suggested by others [12,72-76]. We found that 

the metabolic power is correlated with both positive rate o f moment generation and average 

positive mechanical power. This finding is in agreement with findings o f research regarding 

exoskeletal augmentation o f the ankle during gait [12,76]. Considering that the knee joint 

generates negligible mechanical work during the weight acceptance phase, the findings o f this 

research suggest that reducing the rate o f moment generation can be a viable method in the design 

o f augmenting exoskeletons to reduce the metabolic power o f walking.

As future steps for this research, we intend to investigate the EMG activities o f  the muscles 

adjacent to the knee joint and analyze the performance o f both mono-articular and bi-articular 

muscles in interaction with the exoskeletons. We also intend to analyze the behavior o f the 

adjacent joints (i.e. ankle and hip) under the effect o f assistance to the knee joint to examine the 

locality o f the external stiffness effects. This research could also be extended to other joints, 

different periods o f the gait cycle, and different regimes o f locomotion.
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Chapter S 

Design and Functional Evaluation of a 

Compliant Stance Control Knee-Ankle-Foot Orthosis

5.1 Introduction

Thousands o f patients suffer from knee instability as a result o f impaired quadriceps following 

injury, stroke, post-polio, multiple sclerosis, spinal cord injury (SCI), patellofemoral pain 

syndrome, osteoarthritis, and others [1-5]. Traditionally, the affected knee is supported during 

walking using a Knee-Ankle-Foot Orthosis (KAFO), comprising a rigid thermoplastic cast 

formed around the impaired leg, as described in [7]. Traditional KAFOs lock the knee throughout 

gait, and therefore require compensatory, unnatural, and metabolically expensive movements 

including circumducting on the braced leg, vaulting on the contralateral leg, swing phase hip 

elevation, and lateral sway in the upper body [8-12]. Those problems have led to a high rate 

(more than 60%) o f abandonment o f KAFOs [13-15].

Stance Control KAFOs (SCKAFOs) have recently been commercialized and used clinically 

for patients with paresis and paralysis in the lower limb muscles [4,8-11,13,15-30], Unlike 

traditional KAFOs, SCKAFOs lock the knee only during the stance phase and allow for free 

rotation during the swing phase. This improvement can lead to many medical benefits, including 

increased walking speed, knee range o f motion, stride, step lengths, user satisfaction, reduced 

energy expenditure and gait asymmetry, as well as kinematic benefits to both affected and 

unaffected legs, when compared with regular KAFOs [8-10,21,24]. However, rigid locking of the 

knee joint during stance phase in current SCKAFOs hinders the shock absorbing flexion o f  the 

knee (as outlined in [31,32]), and can potentially cause increased metabolic cost, user pain and 

discomfort and limited gait speed. To overcome these issues, SCKAFOs can implement
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Figure 5-1. Quasi-passive compliant stance control orthosis lateral view without 
a shoe and frontal view with a shoe.
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compliant support (instead o f rigid locking) in the stance phase to replicate the damping function 

o f the knee during stance [33]. Previous research on the moment-angle performance o f the knee 

reveals that this joint behaves close to a linear torsional spring in the stance phase at the preferred 

gait speed; a spring whose torsional stiffness significantly varies depending on the subject’s body 

size and gait speed [33-36]. Accordingly, we hypothesize that SCKAFOs can replicate the 

biological spring-like function o f  the knee by implementing an accurately sized linear torsional 

spring during the stance phase and allowing fo r  free knee motion during the swing phase o f  gait.

Researchers started investigating the use o f elastic components in the design of orthoses and 

prostheses decades ago [37-39]. In early orthotic devices, the compliant components remained 

attached throughout the movement cycle. More recent research tried to incorporate compliance in 

the design o f prostheses [40,41] and ankle orthoses [42-45]. Researchers have also designed 

underactuated exoskeletons that implement a spring in parallel with the knee in the stance phase 

o f gait [35,36,46]. However, these compliant devices provide a small percentage of the necessary 

knee quasi-stiffhess (up to -20% ) and are mostly designed to assist able-bodied subjects.

This chapter presents the mechanical design and functional (i.e. non-clinical) evaluation of a 

quasi-passive compliant stance control orthosis (CSCO) that implements an interchangeable 

linear spring in parallel with an impaired knee joint to compliantly support it during the stance 

phase, then allows the leg to freely swing to initiate the next step, as shown in Fig. 5-1.

5.2 Device Design

5.2.1 Moment-Angle Behavior o f Knee

Fig. 5-2-top schematically depicts the lower extremity limbs in a gait cycle, and Fig. 5-2- 

bottom shows a typical moment-angle cycle for an unimpaired knee during walking on level 

ground, with the corresponding gait instants labeled. The stance phase o f walking is composed o f 

a weight acceptance phase (first -40% , as depicted in Fig. 5-2 a to c) and a stance termination 

phase (-40-63%, as shown in Fig. 5-2 c to d) [6,33,47,48], During the weight acceptance phase,
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the knee undergoes substantial loads to support the weight of the superior limbs; therefore, it is 

highly prone to collapse without proper function o f the musculature system or external assistance 

during this phase. As Fig. 5-2 shows and previous research suggests, the knee behaves close to a 

linear torsional spring in the weight-acceptance phase (particularly at the preferred gait speed). 

This spring stiffness is defined as the slope o f  a linear f i t  to the moment-angle graph o f  the knee 

in this phase [33,34]. In our previous studies, we found that the knee quasi-stiffhess in the weight 

acceptance phase can significantly vary depending on the user’s body size and gait conditions 

demonstrating values up to ~750 N .m .rad' for healthy adults during level ground walking 

[33,34]. The knee exhibits substantially smaller quasi-stiffhess and moment during the terminal 

stance phase and remains nearly silent during the swing phase o f the gait, [33,47,49]; implying a 

less eminent need for external stabilization.

In our previous work, we investigated the linear moment-angle behavior o f the lower 

extremity joints [34,50,51]. Particularly, we studied the effect o f  body size and gait speed on the 

knee moment-angle performance o f subjects with gait speed o f 1.01 m .s ' to 2.63 m.s'1, body 

height o f 1.43 m to 1.86 m, and body weight o f 56.0 kg to 94.0 kg [33,34], We showed that the 

human knee exhibits a stance excursion o f 6 to 30 deg, quasi-stiffhess o f 80 to 750 N.m .rad', and 

moment o f 45 to 105 N.m when walking on level ground [33]. We also showed that the angle of 

initiation o f the weight acceptance phase (the angle at which the knee moment is zero) ranges 

from 6 to 32 deg and significantly varies depending on the weight carriage and gait speed [33]. 

The weight acceptance phase spans -40%  o f the gait which, depending on the gait speed and 

duration o f the gait cycle, corresponds to a period o f ~400 to 500 ms assuming a cycle duration o f 

~1 to 1.25 sec.
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Figure 5-2. Top: Schematic o f lower extremity limbs during a gait cycle (schematic 
graphics adapted from [6]). The knee behaves close to a torsional spring in the weight 
acceptance phase o f the gait as indicated. Bottom: The moment-angle graph for the 
knee o f a subject walking at 1.25 m.s'1 (data from [33]). The slope o f the linear fit to 
the graph in the weight acceptance phase is termed as the knee quasi-stiffhess in this 
phase. The knee function can be replaced by a linear torsional spring with spring 
constant equal to the knee quasi-stiffhess.



5.2.2 Design Objectives

In order to approximate the linear moment-angle behavior o f the knee, a compliant orthotic 

knee joint should engage a linear torsional spring (sized based on the body stature and gait 

conditions [33,34]) in parallel with the knee at the onset o f the stance phase and disengage it at 

the end o f the weight acceptance phase to allow for free motion during the rest o f gait, as inspired 

by the natural function o f the human knee joint. Considering the biological performance o f the 

human knee explained in the previous chapters and extensive consultation we received from 

orthotists, we envision the following functional and safety requirements for the CSCO:

a. The knee joint stiffness o f CSCO in stance should be sizable/selectable for a specific user 

depending on stature and gait conditions.

b. The CSCO should be capable o f accommodating torsional stiffness o f  80 to 750 N.m .rad1 

and maximum moment o f up to 105 N.m.

c. We define the angular resolution o f engagement as the smallest difference between the 

angles at which the orthosis can engage the spring. The CSCO should demonstrate high angular 

resolution (we target ~1 deg) to be able to capture the knee motion in stance.

d. Adjustable angle o f engagement/disengagement to capture the variable angle o f  initiation 

and termination o f the weight acceptance phase, which ranges from 6 to 32 deg as observed for 

humans at different gait speeds and weight carriage conditions, as well as stair ascent/descent.

e. We define engagement/disengagement latency as the temporal duration between the 

electronic signal to the CSCO and corresponding engagement/disengagement o f the spring. 

Theoretically the mechanism should exhibit instantaneous engagement/disengagement 

(researchers suggest 1% o f the gait cycle corresponding to -10 ms [18]) to be responsive at the 

onset and end o f the weight acceptance phase.

f. The CSCO should demonstrate a joint excursion o f 6 to 30 deg  in the stance phase to 

capture the range of knee excursion observed for the humans.
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g. We define reliability as the percentage of cycles wherein the mechanism successfully 

engages/disengages the spring at the intended time. To avoid causing patients to fall and stumble, 

the CSCO should demonstrate 100% reliability o f  engagement/disengagement.

h. We define endurance as the number o f the operation cycles that the orthosis can undergo 

before any mechanical or electrical failure occurs. We target 500,000 operation cycles, which is 

the number of operation cycles that the CSCO would experience in a 6 month period (as 

suggested by other researchers [18]).

i. The device should always allow the knee to extend so that the leg can quickly obtain an 

upright posture upon stumble and initiate a stable stance phase.

j. The device weight should be comparable to or lighter than available commercial SCKAFOs 

(we target ~3 kg, which is the weight o f SensorWalk from OttoBock).

k. We define the electric current demand as the average current the orthosis mechanism 

requires. The device should be capable o f functioning for a whole day and require only a small 

battery. We envision an electric current demand o f 300 mAh for the device so that it can function 

throughout a day using a battery with a capacity o f 2500 mAh.

1. The CSCO should be capable o f disengagement of a loaded spring to avoid causing wearers 

to stumble. This is particularly important when the user initiates the swing phase while the spring 

is still loaded. In this case, the CSCO should be able to disengage the spring; otherwise the knee 

would lock on the user and prevent foot clearance with the ground.

m. The engagement/disengagement control algorithm should not require the user to move to a 

particular kinematic configuration. Configuration-dependent engagement/disengagement can 

result in falling if  the patient fails to move to the required configuration for engagement/ 

disengagement; hence, it can heavily affect the performance o f a stance control orthosis. The 

abovementioned design objectives for the CSCO are summarized in Table 5-1. Since the CSCO is 

intended to be used for daily life activities, noise generation and cosmetic appearance should be 

appealing and favorably comparable with commercially available devices.
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5.2.3 Description of the Quasi-Passive Compliant Stance Control Orthosis

The CSCO is composed o f a compliant stance control module (CSCM) integrated into a 

regular KAFO (fabricated by OttoBock Co.) that lacks a lateral knee joint, as shown in Fig. 5-1 

and detailed in Fig. 5-3. The CSCM includes a uniaxial joint setup, which functions as the lateral 

joint o f the CSCO, and a compliance control module (CCM) that exhibits two levels o f stiffness 

through engagement/disengagement o f a support spring, shown in Fig. 5-3. The lateral joint o f the 

CSCO is primarily composed o f a thigh chassis and a shank chassis as well as a pulley and 

additional structural components, as shown in Fig. 5-3. The CCM is assembled on the thigh and 

the pulley on the shank chassis. The CCM harnesses the shank chassis through a tendon attached 

to and wrapped around the pulley. The pulley rotates along with the knee joint, which, in turn, 

pulls the shaft o f the CCM and compresses the return spring (and support spring, provided it is 

engaged). This transforms the linear stiffness o f the CCM that is observed at the shaft to a 

torsional stiffness around the knee joint.

5.2.4 Compliance Control Module

The compliance control module (CCM) is responsible for engaging and disengaging the 

support spring in parallel with the knee joint. The components o f this module include a shaft, 

friction lever, bearing block, support spring, return spring, shock absorber, and engagement 

mechanism, as detailed in Fig. 5-3. The CCM exploits friction-based latching to engage the 

support spring in the stance phase, and disengage it during the rest o f gait. Friction-based latching 

has been utilized for prosthetic applications [52] as well as clamping purposes [53], Here, the 

CCM uses a motor to drive a worm-gear set that, in combination with a spring-loaded push

button, brings a friction lever either in contact with the shaft to latch the bearing block to the 

shaft, or away from the shaft to unlatch the bearing block and allow for free motion o f the shaft
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Figure 5-3. The compliant stance control module is mainly composed o f the 
compliance control module (CCM) and the lateral joint o f the stance control orthosis. 
The CCM is mounted on the thigh chassis and harnesses the shank chassis using a 
tendon that is wrapped around the pulley. The CCM engages the support spring during 
the weight acceptance phase (or the entire stance phase, depending on the user’s gait 
requirements) to stabilize an affected knee, and disengages it during the rest o f the gait 
to allow for free progression o f the limb.
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inside the bearing block. The engagement mechanism also includes a spring-loaded and a retreat 

push-button to provide the CSCO controller with feedback on the position o f the friction lever. 

The sequence o f steps for engagement and disengagement o f the support spring is detailed here:

Engagement o f the Support Spring: To engage the support spring, the worm-gear should 

spin counterclockwise to move the gear away from the friction lever and clear behind it. This 

movement terminates when the gear presses the retreat button, which sends a feedback signal to 

the controller to stop the motor, as shown in Fig. 5-4-top. The spring-loaded push-button presses 

the friction lever against the shaft to bring them in contact at the two points, as highlighted in Fig. 

5-4-top. This introduces a small friction force on the friction lever at the contact points, which is 

transferred to the bearing block through the friction lever. The interaction force between the 

bearing block and the friction lever induces higher normal forces between the friction lever and 

the shaft, constituting a latching grip between the bearing block, shaft, and friction lever. As such, 

the bearing block moves along with the shaft and compresses the support spring. Since shaft 

movement always compresses the return spring, any distal force on the shaft (as a result o f  knee 

flexion, shown by an arrow on the shaft in Fig. 5-4-top) compresses both the return and support 

springs. Consequently, the CCM exhibits the summation o f the stiffnesses o f both springs along 

the shaft axis. A proximal force on the shaft (mainly applied by the return spring during knee 

extension) relaxes the friction forces on the friction lever at the contact points and releases the 

latching grip. Therefore, a latch only occurs in the flexion direction, and remains if the support 

spring is engaged and loaded to maintain the latching friction forces.

Disengagement of the Support Spring: To disengage the support spring, the worm should 

spin clockwise to move the gear towards the friction lever. The gear touches the friction lever and 

releases its latch with the shaft and moves until it presses the spring-loaded push-button after 

which a feedback signal is sent to the controller to stop the motor. One should notice that the 

forces applied on the lever by the gear and spring-loaded button generate a moment-couple that 

anchors the friction lever on the bearing block. Upon disengagement, the shaft freely slides inside
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the bearing block and friction lever without any force being transferred to the support spring. 

Accordingly, a distal force on the shaft only compresses the return spring. To allow free rotation 

in the swing phase, a relatively slack return spring should be chosen in order to only return the 

shaft to its original location after the swing phase without applying a considerable moment to the 

knee. The CCM also includes a shock absorber to dissipate any remaining energy, in case the 

support spring disengages while it is loaded.

5.2.5 Control Algorithm

The controller employs a finite state machine to engage and disengage the support spring. The 

controller identifies the gait phase by means o f an instrumented shoe insole. We evaluated two 

types o f foot sensors: a. A foot sensor with linear placement o f force sensitive resistors from 

OttoBock, and b. A foot sensor with ergonomic placement o f integrated conductive polymers 

from B & L Engineering, as shown in Fig. 5-5. We observed similar performance for the CSCO 

using both foot sensors, and we utilize the OttoBock insole for our device. The function o f the 

CSCO is schematically depicted in Fig. 5-6-top. Fig. 5-6-middle approximately outlines the knee 

angular velocity, foot contact with the ground, and the status o f the friction lever. Fig. 5-6-bottom 

shows the knee angle profile for a subject walking at 1.25 m.s'1 on level ground and the period 

during which the support spring is intended to be engaged and loaded. Fig. 5-7 describes the finite 

state machine that is implemented to control the CCM for walking on level ground. The states 

include:

a. Weight Acceptance (WA): Either the heel sensor is on or both heel and toe sensors are on. 

The controller engages the support spring.

b. Terminal Stance (TS): Any o f the toe sensors are on and the heel is off. If the user can 

maintain stability during this phase, the CCM can disengage the support spring; otherwise, the 

support spring can remain engaged. The ability o f the user to maintain stability can be evaluated 

by an orthotist/physician and programmed into the device.
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a. Gear retreats to  make some 
clearance behind the friction lever
b. Springs loaded button pushes 
friction lever against the shaft
c. Friction engages die friction 
lever and shaft______________

High Stiffness

f / f f f l !

Figure 5-4. Top: Engagement o f  the support spring. When the friction lever is engaged, 
flexion o f the knee compresses both the return and support springs o f the compliance 
control module, Bottom: Disengagement o f  the support spring. When the friction lever 
is disengaged, flexion o f the knee only compresses the return spring (which is mainly 
incorporated to return the shaft in the extension period). Only those parts o f the 
compliance control module that are involved in each mode are colored

a. Linear Configuration ^  b. Ergonomic Configuration

Figure 5-5. The configuration o f heel and toe sensors in the instrumented shoe insoles, 
Left: Linear Configuration o f force sensitive resistors (from OttoBock), and Right: 
Ergonomic Configuration o f integrated conductive polymers (from B & L Engineering). 
Both insoles resulted in relatively similar performance for level ground and treadmill 
walking.
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c. Swing (SfVJ: The toe and heel sensors are off. The controller monitors the knee velocity 

direction during the swing phase to identify the flexion and extension period o f the knee 

excursion in the swing phase. The controller disengages the support spring during the flexion 

period o f the swing phase and engages it during the extension period, as a precautionary measure 

against the mechanism’s latching latency. Although the friction lever is engaged during the 

extension period o f the swing phase, the support spring is loaded because the engagement 

mechanism only initiates a latch in the flexion direction, as discussed in Section 5.2.4.

We initially employed a Microcontroller MPC5534 from Freescale Semiconductor Co. 

(MPC5534EVBE) to implement the finite state machine for two CSCOs (left and right orthoses), 

which was replaced by a custom-made controller that fits inside the thigh compartment of the 

CSCM. The controller measures the knee angle using a rotary potentiometer (Model 357, Vishay 

Co.) that is integrated inside the orthosis pulley, and the knee velocity is obtained by 

differentiating the potentiometer signal. The controller identifies the status o f the friction lever 

using the signals received from the push-buttons incorporated in the CCM. More specifically, the 

signal from the spring-loaded push-button indicates if the friction lever is disengaged, while the 

signal from the retreat push-button indicates if  the friction lever is engaged. A serial-to-Bluetooth 

adapter (Wireless RS232, Willies Computer Software Co.) establishes wireless transfer o f  data to 

a host Lab View module implemented on a computer for data collection. We used a dual H-Bridge 

from Solarobotics Co. to drive a Faulhaber 2024 DC Motor that we used in the design of the 

CCM. A battery pack with capacity o f 2500 mAh powers the controller, orthosis and the wireless 

connection systems.

5.2.6 Design Analyses and Characterization

Moment-Angle Relationship: As discussed in Section 5.2.3, the CSCO tendon is wrapped 

around and anchored to the pulley that is mounted on the shank chassis. When the knee flexes, 

the return spring (and support spring if engaged) will compress and apply a moment on the 

pulley, as schematically shown in Fig. 5-8-top. This moment can be calculated as:
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Figure 5-6. Top: The device engages a spring in the weight acceptance phase o f 
the gait (and potentially the terminal stance depending on the needs o f the user), 
Middle: The statuses o f the knee motion, heel and toe contact with the ground, and 
engagement o f the friction lever, Bottom: The knee angle profile for a healthy 
subject walking with the gait speed o f 1.25 m .s ' (data from [33]).

rK  = K  + K
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r K  = Kr '
Flexion: Disengaged 
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* Engagement depending on the user > impairment level

Figure 5-7. The finite state machine used to control the stiffness o f the compliance 
stance control module for level ground walking. The finite state machine includes 
three states: WA: Weight Acceptance, TS: Terminal Stance, and SW: Swing Phase. 
The transition between the state occurs when the status o f foot contact with the 
ground changes. Each circle shows the stiffness o f the compliance control module 
and status o f the friction lever engagement.
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M = Kl - AL - R  (5-1)

where, R is the radius of the pulley and KL is the linear stiffness o f the CCM observed at the 

shaft. Also, a knee flexion o f A<p results in a shaft movement o f AL. Thus, the stiffness o f an 

imaginary linear torsional spring Kv  that can replace the transformed stiffness CCM around the 

knee would be:

Kv = KL -AL-R/A<p  (5-2)

And since AL =  RA<p, we conclude:

Kv = Kl - R2 (5-3)

Kl is the stiffness o f the return spring when the friction lever is disengaged and the 

summation o f the stiffness o f both springs when the support spring is engaged:

_ ( K r + Ks engaged  
1 ( Kr disengaged  ' * '

Combining equation (5-3) and (5-4) gives us:

f (Kr + Ks) - R 2 engaged  
v  I Kr - R 2 disengaged

This suggests the following equation for the assistive moment observed at the knee joint:

M _  (Kr ■ R 2 • tp +  Ks • R 2 ■ (<p -  <p0) engaged  
\Kr - R 2 -(p disengaged

Here, <p0 is the angle at which the support spring is engaged. Fig. 5-8-leff shows the 

theoretical moment-angle performance o f the CSCO.

Sizing the Support Spring: An informed selection o f the support spring can help the device 

implement a natural amount o f compliance and minimize the compensatory movements o f the 

body. Section 5.2.1 explains that the knee’s function can be replaced by a torsional spring with a 

stiffness equal to the knee quasi-stiffness in the stance phase. In our previous works, we showed 

that a subject’s knee and ankle quasi-stiffnesses significantly depend on body size and gait 

conditions [33,54]. Current prosthetic design approaches usually employ the joint quasi-stiffhess 

o f healthy subjects with average weight and height, which requires substantial effort and time to

137



conduct a gait lab study for each target user size, and additional tuning for the specific patient 

[41,55,56]. Alternatively, we proposed a series of statistical models that can estimate the quasi- 

stiffnesses o f the knee and ankle joints in the stance phase o f gait relatively closely [34,50]. Table 

5-2 lists the most general and simplified forms o f the statistical models that estimate the knee 

quasi-stiffness in the weight acceptance phase. The most general model tends to provide a closer 

estimation o f the knee quasi-stiffness for a wide range o f gait speed (1.01 ms'1 to 2.63 ms'1), 

weight (67.7 kg to 94.0 kg), height (1.43 m to 1.86 m), and knee excursion (6 deg to 28 deg), 

whereas the stature-based model estimates the knee quasi-stiffness only at the preferred gait 

speed and trades accuracy for simplicity by approximating the knee excursion and gait speed. 

Here, we exploit these statistical models to size the support spring o f the device for users with 

complete impairment. For other users, the support spring stiffness can be a function o f the level of 

impairment o f the knee joint.

Friction Lever Dimensions: Fig. 5-9 shows the free body diagram o f the friction lever. We 

assume that an initial moment around the point o f contact between the lever and bearing block b 

(e.g. caused by the weight o f the lever and the spring-loaded push-button) brings the friction lever 

in contact with the shaft at two points p  and q. The interaction force between the lever and 

bearing block Fb, which is identical to the shaft force F, induces friction forces between the lever 

and shaft, Fp and Fq. Therefore, the normal friction forces are proportionate to the moment-arm 

around the center o f the shaft r . Here, we derive a relationship between r, and the friction lever 

thickness t and diameter D  under which the friction forces cause a latching grip between the shaft 

and friction lever.

The friction lever is stationary in the direction perpendicular to the shaft, therefore:

IF , =  0 (5-7)
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where, Fx denotes any force applied on the friction lever along the x-axis. The normal contact 

forces at p  and q (i.e. Fpn and Fq) cause the tangential friction forces Fp and Fq on the friction 

lever. Expanding equation (5-7) concludes:

Fp =  F " (5-8)

which in turn implies that the friction forces are equal:

Fp = Fg (5-9)

Since the lever is stationary around b, the summation o f moments applied on the lever should

be zero around this point:

Y.Mb =  0 (5-10)

where, Mb stands for any moment applied on the friction lever around an axis passing through b 

and perpendicular to the plane o f movement. Expanding equation (5-10) and including equation 

(5-9) gives us:

Fpn (Z> - s in 6 + t -  c o s e ) - Fpl (2 r)  =  0 (5-11)

where D  is the diameter o f the hole o f the friction lever, t is the thickness o f the friction lever, and

9  is the tilt angle o f the friction lever with respect to the x-axis. In order for the friction lever to

engage with the shaft, the friction forces should remain lower than the maximum friction force:

Fp < Fp • p  (5-12)

where p  is the coefficient o f  friction between the shaft and lever. Applying equation (5-11) in (5-

12) concludes:

D - s i n g f f c o s f l
2 p  v  '

For small tilt angles (i.e. 0~O), equation (5-13) can be simplified to:

r > ^  (5-14)
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Figure 5-8. Top: The schematic configuration o f the return and support spring. The output 
stiffness o f the compliance control module is the summation o f the spring constants o f both 
springs if  the support spring is engaged, and only the spring constant o f the return spring 
otherwise. The springs apply a force on the pulley with radius R. The effect o f the linear 
return stiffness Kr and support stiffness Ks is experienced as an imaginary torsional 
stiffness around the center o f the pulley with the torsional stiffness Kv .

Figure 5-9. Free body diagram o f the friction lever under the interaction with the shaft and 
bearing block. The interaction force from the bearing block Fb generates normal forces 
between the friction lever and the shaft Fpn and inducing tangential friction forces Fp 
and F ,. If the moment arm r  is long enough, the latching occurs and the shaft, friction 
lever, and bearing block lock together.

X K jn j

t
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Moreover, the maximum normal stress (omax) imposed by the interaction forces between the 

friction lever and shaft should not exceed the material’s yield strength (aY):

I w l s f  (5-15)

Here, S  is a safety factor. The maximum normal stress occurs at the outer surface o f the 

friction lever between points b and p:

+  -D! +  !  (5-16)

where, w is the width of the friction lever. Combining equations (5-15) and (5-16) concludes:

T + <5- ' 7 >

where MKme is the maximum knee moment that the device experiences. We have employed a 

steel shaft and friction lever with case hardness o f Rockwell C60-C64, that theoretically exhibits 

a lubricated static coefficient o f friction o f 0.15 and yield strength o f -670 MPa. The shaft 

diameter is 9.525 mm (3/8 in) and the lever thickness 3.175 mm ( 1/8 in). Considering a safety 

factor o f 1.5 and MKnee o f 110 N.m, the bearing block contact point should be 20 mm away from 

the center o f the shaft.

5.3 Mechanical and Functional Evaluation

We conducted four tests to evaluate/measure the reliability, latency and endurance o f the 

CSCO, and also the kinematic performance o f three healthy volunteers and one patient participant 

using the CSCO, including a comparison to a commercial SCKAFO (Sensor Walk by Otto Bock).

Preclinical Static Loading: We measured the moment-angle performance o f the device and 

the maximum moment that the device can hold. We mounted the CSCM on a test bench and 

applied a series o f moments under three levels o f stiffness and three angles o f engagement. For 

each condition, we recorded the flexion angle at which the CSCM was stabilized. Fig. 5-10
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Figure 5-10. Moment-angle characterization o f the compliant stance control module using three 
different support springs: 239 N .m .rad1 shown by black, 127 N .m .rad' shown by dark gray, and 
89 N .m .rad' shown by light gray, and three different angle o f engagement: 0, 10, and 20 deg. 
Experimental data are shown with circles and the theoretical data with solid lines. The stiffness o f 
the return spring is 2 N .m .rad'.

Figure 5-11. Top: Knee simulator used to evaluate the mechanical function o f the compliance 
control module and to measure the spring engagement/disengagement latency. The simulator is 
primarily a four-bar linkage mechanism driven by a servo motor. The compliance control module 
is mounted on the device and undergoes numerous working cycles. Bottom: The simulator 
controller sends an engagement command signal to the compliance control module and receives 
the feedback from the pushbuttons embedded in the module. The time differences between these 
signals indicate the mechanism engagement/disengagement latency.
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shows the results o f the experiment wherein the device employed a return spring with linear 

stiffness of 0.8 N.mm'' (equivalent to 2 N .m .rad'), and support springs with linear stiffnesses of:

a. 92 N .m m ' (equivalent to 239 N .m .rad1), b. 42 N.mm'1 (equivalent to 127 N .m .rad'), and c. 34 

N.mm'1 (equivalent to 89 N .m.rad'). The moment-angle data for conditions a, b, and c are shown 

with black, dark gray, and light gray, respectively. The experimental data are shown with circles 

and the theoretical data suggested by equation (5-6) with solid lines. Fig. 5-10 shows that 

equation (5-6) closely explains the moment-angle performance o f the CSCM, especially at the 

low knee flexion values usually observed in walking. As dictated by the design objectives, we 

also applied moments o f up to 110 N.m on the CSCM and found it able to tolerate them and hold 

its latch. The CSCM also functioned properly when the support spring was replaced with a solid 

cylinder (i.e. “rigid” joint).

Preclinical Dynamic Loading: We fabricated a mechanical knee simulator in order to 

evaluate the reliability and measure the latency o f the CCM, as schematically shown in Fig. 5-11- 

top. The test machine consists o f a four-bar linkage actuated by a large 3-phase servomotor and 

servo controller (SGMAV-10A3A61 from Yaskawa and SGDV120AE from Omron Companies) 

[34,57]. The servomotor follows the kinematic profile o f  the joint for which the module is being 

designed (here, the knee joint angle profile, taken from normative subject data [47]). The 

controller also sends a digital signal to the CCM to engage the support spring during the 

simulated stance phase and disengage during the rest o f the gait, as shown in Fig. 5-11-bottom. 

The setup also records the feedback signals from the push-buttons embedded in the CCM to 

identify when the engagement/disengagement actually occurs. As discussed earlier, the 

mechanical system o f the CCM imposes latency on the engagement/disengagement. The 

engagement latency (ATe) and disengagement latency (ATd) were estimated by measuring the 

time period between the command and feedback signals. We fabricated a prototype o f the CCM 

and tested it on the knee joint simulator as schematically shown in Fig. 5-11-top. The prototype 

successfully underwent - 30,000 gait cycles (with maximum moment o f 60 Nm/rad) without any
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failure in the mechanical components and engagement. The average latencies for both 

engagement and disengagement were also measured using the test machine and reported to be 

~30 ms.

Preliminary Healthy Human Subjects Tests: We conducted a preliminary test on three 

healthy volunteers according to experimental protocols approved by the Institutional Review 

Board o f Yale University. Table 5-3 includes the demographic data o f the volunteers as well as 

the preferred gait speeds o f the trials. We compared the inter-subject mean kinematic profiles o f 

the hip, knee, and ankle o f the volunteers under compliant support provided by the CSCO with 

the rigid support provided by a SensorWalk commercial SCKAFO (OttoBock), which is likely 

the most advanced commercialized stance control orthosis. This device contains an 

electromechanical clutch at the knee that engages to lock the knee joint during the stance phase 

(sensed through an insole-based sensor), and releases the knee during swing.

The experiment included three conditions each consisting o f 10 minutes of walking at the 

preferred gait speed according to the feedback obtained from the volunteers: a. Control Condition 

(CC), b. Rigid Support (RS), and c. Compliant Support (CS). All conditions involved the device 

on the right leg o f the volunteers, with no device on the left leg. The control condition consisted 

o f the volunteers walking with a carbon-fiber jointed KAFO (i.e. free-swinging “pin” joint) 

without an active control module (the stance control modules o f the SensorWalk and CSCO were 

assembled on the same KAFO, custom fit to the volunteers by a professional orthotist and 

fabricated by Otto Bock). The rigid support condition consisted o f the volunteers walking with 

the SensorWalk device. For the compliant support condition, we replaced the stance control 

module o f the SensorWalk with the CSCM. The equivalent support spring and return spring 

stiffnesses o f the CSCM were chosen to be 240 N .m .rad'and 2 N .m .rad1, respectively. To 

measure the joint angles, we placed a potentiometer at the knee and ankle o f the devices and an 

instrumented orthopaedic goniometer (a potentiometer integrated in a goniometer from Elite
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Figure 5-12. Inter-subject mean angle profiles o f the ankle, knee, and hip joints for three healthy 
volunteers walking at the preferred gait speed on a treadmill. Compliant Support (CS): Volunteers 
walking with the CSCO with support spring stiffness o f 240 N .m .rad', shown by black. Rigid 
Support (RS): Volunteers walking with SensorWalk representing current stance control orthosis, 
shown by dark gray, and Control Condition (CC): Volunteers walking with the KAFO of 
SensorWalk/CSCO, shown by light gray. The figure also includes the normative angle profiles 
observed in average humans in normal walking [33, 56]. The thin lines show one standard 
deviation above and below the graphs.

Figure 5-13. High-speed image captures of the compliant stance control orthosis in a gait cycle of 
a healthy subject walking on a treadmill. The device compliantly supports the knee during the 
weight acceptance phase and liberates it during the rest o f the gait.
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Medical Instruments) at the hip joint o f the volunteers. Fig. 5-12 illustrates the graphs o f the inter

subject mean angles o f hip, knee, and ankle by thicker traces as well as the lower and upper 

boundaries defined by the standard deviations with thinner traces. In this figure, black represents 

the results achieved by the CSCO, dark gray by the SensorWalk, and light gray by the jointed 

passive KAFO. The right heel strikes identified the beginning o f the gait cycles. To give a sense 

o f the repeatability o f the traces over the entire gait period, the coefficients o f variability (CV, 

described in [47]) o f the mean profiles are also reported on each graph.

In order to compare the two Stance-Control Orthosis conditions (CSCO and SensorWalk), we 

calculated the common variance o f correlation (R2) and f-test p-value (p) between the joint angles 

when walking with those devices and when walking with the passive, jointed KAFO (control 

condition). We found R2 values o f 98%, 70%, and 98% for the ankle, knee, and hip angles, 

respectively, when walking with the SensorWalk, and R2 values o f 97%, 97%, and 98% when 

walking with the CSCO compared to walking with the KAFO as the baseline (as suggested by 

other researchers [58]), with p  < 0.0001 for all profiles. Considering those values, the 

performance o f our CSCO is closer to the control condition than the Sensor Walk, and especially 

so for the knee joint. These similarities and differences can also be qualitatively seen in the traces 

in Fig. 5-12.

As additional measures, we reported the preferred gait speed o f the volunteers across all 

conditions. We found an average preferred speed o f - 0.93 ms'1 for the control and compliant 

support conditions, and ~0.83 ms'1 for the rigid support condition, as reported in Table 5-3. A 

sequence o f high-speed image captures o f the treadmill gait o f one o f the volunteers is also shown 

in Fig. 5-13.
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TABLE 5-1. Target and Realized Values for the Design Parameters

Design Param eter Target Realized
Spring Interchangeabilitv Yes Yes
Joint Excursion in Stance (deg) f6 to 301 [0 ,4 0 ]
Angular Resolution (deg) 1 <1
Engagement Latency (ms) 10 30
Maximum Moment (N.m) 105 110
Torsional Stiffness (N .m .rad1) [80 to 7501 -00
Angle o f Engagement (deg) [0 ,3 2 ] [0,601
Weight (kg) 3 3
Endurance 500,000 >140,000
Electric Current Demand (mAh) 300 50
Reliability 100% 100%
Knee Extension Allowance Always Always
Disengagement under Load Yes Yes
Configuration-Independent Engagement Yes Yes

TABLE 5-2. Models to Size the Support Spring o f the Compliant Stance Control Orthosis

Model *•<£> V(=) H(m) * '{ k g ) 4»(°)

General Form
„  6 9 .8 V H W -  1 1 2 .8 V W -7 3 .6 W H  + 1 9 2 .0 W - 4458

[1.01,2.63] [1.43,1.86] [67.7,94.0] [6.28]t»
—{1.37 — 0 .52  V)WH + 264

Stature-Batedt K , =  5 .21  W JO*- 7 .50 W V S — 5.83  WH + 11.64H r-  6 1.097VW [1.43,1.86] [67.7,94.0] 16.5

K i  Stiffness of Support Spring V:Gait Speed //.-User's Height

<p: Knee Excursion in the W eight Acceptance Phase W: User's Weight

t  To obtain the stature-based models, the general-form models are simplified for the approxim ated optimal gait speed 
of V =  1.097VJ7, and average knee excursion of tp =  16.5° [33].

TABLE 5-3. Demographic Data o f the Participants and Trials Information

No Gender Weight
(**)

Height
(cm)

CC
Speed
(-/,)

CS 
Speed ("/,)

RS 
Speed (“/,) S ttfhess (**/»*)

1 M 71 178 LOO 1.00 1.00 240
2 M 70 170 0.90 0.90 0.75 240
3 M 74 169 0.90 0.90 0.80 240

Mean 73 172 0.93 0.93 0.85 240
SD 2.6 4 0.06 0.06 0.13 0
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Prelim inary Clinical Tests: We conducted a preliminary clinical test on a volunteer with 

unilateral right knee and ankle full impairment secondary to spina-bifida, as shown in Fig. 5-14 

and according to experimental protocols approved by the Providence VA Medical Center 

(PVAMC) and Human Investigation Committee o f Yale University. The subject weight was 68 

kg and height 1.68 m. We compared the intra-subject mean kinematic profiles o f the trunk, hip, 

knee, and ankle as well as the EMG activities of five muscles including Erector Spinalis (ES), 

Gluteus Maximus (GM), Hamstimgs (Ham), Vastus Lateralis (VL), and Vastus Medialis (VM). 

The experimental conditions included the volunteer walking with the CSCO, SensorWalk, and his 

own locked KAFO at the preferred gait speed o f -0 .67 m/s with the aid o f a pair o f crutches.

All conditions involved the device on the right leg o f the volunteers, with no device on the left 

leg. The baseline condition consisted o f the volunteer walking with his own KAFO, which was a 

locked knee joint KAFO. The stance control modules o f the SensorWalk and CSCO were 

assembled on a KAFO that was custom fitted to the volunteer by a professional orthotist. The 

equivalent support spring and return spring stiffnesses o f the CSCM were chosen to be 240 

N.m.rad'and 2 N . m . r a d respectively [34]. Our collaborators at PVAMC led the efforts in 

screening, and training and data collection sessions in the gait laboratory located at PVAMC with 

a 3D motion capture system (Qualysis Oqus, Gothenburg, Sweden) for data collection and 

VisuaOD (C-Motion) for data analysis, as detailed elsewhere [59]. The EMG signals were 

rectified, filtered (i.e. signal spikes that were higher than three standard deviation o f the EMG 

signal during walking were replaced with “0”), enveloped (i.e. moving RMS using 51 frame 

window), and normalized to maximum EMG value during walking. The subject participated in 5 

training sessions for each device that included walking with each device for ~1 hour prior to the 

data collection session.
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Figure 5-14. The preclinical experiments included a volunteer with impaired knee and ankle 
secondary to spina bifida, and across three conditions consisting o f walking with the CSCO, 
SensorWalk, and the KAFO that the subject used for the daily life activities.
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We analyzed 3-4 trials o f  walking with each device. Fig. 5-15 shows the graphs o f the intra

subject mean angles o f hip, knee, and ankle by thicker traces as well as the lower and upper 

boundaries defined by 1 standard deviation with thinner traces. Fig. 5-16 includes the trunk 

angles for the three conditions. In Fig. 5-15 and 16, the first to third columns include the graphs 

o f the sagittal, frontal, and transverse planes, respectively. Fig. 5-17 includes the EMG signals of 

the muscles for the three conditions. In Fig. 5-15 to 17, black represents the results achieved by 

the KAFO, dark gray by the SensorWalk, and light gray by the CSCO. The right heel strikes 

identified the beginning o f the gait cycles. One should notice that the results o f  this preliminary 

clinical test are only intended to provide initial insight and we do not intend to draw any 

statistical conclusion using the data presented here.

The angle profiles o f Fig. 5-15 show that both CSCO and SensorWalk resulted in higher range 

of motion and more natural patterns for the ankle and knee joints in the sagittal plane when 

compared to walking with the KAFO. It is also observed that the subject showed substantially 

higher undesirable/unnatural knee rotations in the transverse plane. Compared with the KAFO, 

the CSCO and SensorWalk resulted in higher transverse rotations for the hip in the transverse 

plane. The CSCO resulted in smaller knee flexion in the swing phase for the subject when 

compared with SensorWalk.

The trunk angle profiles o f Fig. 5-16 show that the subject walked with SensorWalk with a 

trunk that was more anteriorly inclined and longitudinally rotated when compared with walking 

with the CSCO. The trunk had most upright posture and least frontal movement when walking the 

CSCO. The EMG signals o f Fig. 5-17 show that the VL muscle had substantially lower activity in 

the swing phase when walking with the CSCO and SensorWalk and compared with KAFO. The 

muscles in average had minimal activity in the initial stance phase for walking with the CSCO. 

We do not observe a difference in the activities o f the GM and Ham muscles across conditions.
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Sagittal Plane Frontal Plane Transverse Plane

Figure 5-15. Intra-subject mean angle profiles o f the lower extremity joints across the conditions. 
The columns include the profiles o f the joints in sagittal, frontal, and transverse planes.
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Figure 5-16. Intra-subject mean angle profiles o f the trunk across the conditions. The columns 
include the profiles o f the joints in sagittal, frontal, and transverse planes.
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Figure 5-17. Intra-subject mean EMG signals for five target muscles across the conditions. The 
signals are normalized with respect to the maximum signal value in walking and explained in (%) 
o f the maximum value.
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The EMG data for ES muscle were not recorded for walking with the KAFO. We observe that the 

ES muscle showed lower level of activity during the initial stance phase o f walking with the 

CSCO when compared with walking with SensorWalk.

5.4 Conclusions and Future Work

In this chapter, we presented the mechanical design and functional evaluation o f a quasi

passive compliant stance control orthosis (CSCO) that can compliantly support the impaired or 

weak knee joint o f a patient suffering from musculoskeletal disorders when walking on level 

ground. Inspired by the natural behavior o f healthy human knees, the CSCO implements a spring 

in parallel with the knee joint to fully/partially replace the function o f quadriceps in the stance 

phase, and liberates the knee joint in the swing phase to allow for free progression o f the leg to 

initiate the next step. We further discussed the control algorithm developed to identify the gait 

phase and determine the engagement/disengagement o f the orthosis support spring.

We conducted four experiments to ensure that the CSCO demonstrates proper reliability, 

latency, and durability, and also to ensure that the CSCO does not substantially affect gait 

kinematics. In the first set o f tests, we applied static moments on the compliant stance control 

module (CSCM) of the CSCO and observed that the moment-angle behavior o f the CSCM 

validates the theoretical characterization o f the device. In the second set o f tests, we evaluated the 

reliability, latency, and endurance o f the CSCO on a testing machine over more than 30,000 

working cycles. In the third set o f tests, we conducted a preliminary human subjects test on three 

healthy volunteers using the CSCO, SensorWalk, and a control condition using the KAFO of the 

CSCO/SensorWalk. We found that the kinematic patterns o f the volunteers remained relatively 

invariant during walking with the CSCO and relatively variant with SensorWalk, in comparison 

to those o f the volunteers during walking with the KAFO as the baseline. Finally, we conducted a 

preliminary clinical test for a patient with unilateral below-knee impairment and found evidence
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that the CSCO can help restore the natural gait kinematics and obtain lower muscle activation 

level during gait.

The design o f the CSCO is based on the hypothesis that compliant support can be beneficial to 

subjects with an unimpaired hip and an impaired knee. Although our preliminary experiments 

show that the CSCO could provide biomechanical benefits to healthy subjects, statistical 

inference about the hypothesis requires substantial experiments including healthy and impaired 

subjects. Particularly, the experiments should include patients with neuromuscular deficits in 

order to determine to what extent compliant stance control can stabilize a fully/partially impaired 

knee. We have designed the CSCO for the same population targeted by current stance control 

orthoses. However, the CSCO should be tested on subjects with a variety o f neuromuscular 

impairments to identify the population for whom the CSCO is most beneficial.

There are a number o f follow-on directions from the described work that can be addressed in 

the future. First and foremost, the device will be tested on impaired volunteers in order to 

examine the performance in its intended use scenario. We would examine whether the device can 

help enable higher gait speed, longer walking distance/period, and lower energy expenditure 

compared with current SCKAFOs in a human subjects experiment on a series o f impaired 

subjects (currently ongoing by the study researchers and clinical collaborators). In addition to 

further testing, a few aspects o f the design o f the CSCO can be improved, including more 

sophisticated heat treatment o f the friction lever to improve the endurance o f the CSCM, as well 

as making the device smaller and lighter by reducing the performance range during stance, which 

is currently overdesigned in terms o f both range o f motion (current -4 0  deg reduced to -2 0  deg 

observed in normal human walking) and knee torque (currently capable o f 110 N.m, able to be 

reduced to around 50 N.m [47]).
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Chapter 6

Summary and Conclusions

In this dissertation, we characterized the mechanics and energetics o f the impaired and 

unimpaired human knee joint during normal walking as well as in interaction with exoskeletal 

impedances during the stance phase o f walking on level ground and treadmill. The dissertation 

starts with a preliminary investigation of the moment-angle behavior o f the knee joint during 

normal walking, revealing that the behavior o f the knee joint can be characterized by the slope o f 

a linear fit to the moment-angle graph o f this joint during the stance phase o f gait. Particularly, 

the knee joint exhibits linear behavior during the stance phase o f gait during normal walking at 

various gait speeds and a spring-type behavior at the preferred gait speed, which are both user- 

specific and gait-specific.

The user and gait specific spring-type behavior of the knee joint during the stance phase of 

walking led us to formulate three main hypotheses: a. The moment-angle behavior o f the knee 

joint can be sufficiently accurately characterized using a set o f measurable parameters including 

body size and gait speed, b. The behavior o f unaffected human lower extremity joints during 

normal walking adapts to an externally-applied mechanical stiffness in parallel with the knee joint 

such that the overall kinematic and kinetic patterns remain invariant and particularly, the knee 

joint stiffness and moment during the stance phase adapt to an externally-applied stiffness and 

moment, and c. A knee orthosis can restore the natural spring-type behavior o f an impaired knee 

joint during the stance phase, provided it implemented a spring tuned to the gait requirements of 

the user during the stance phase. We took three major steps to test the formulated hypotheses.

To test the first hypothesis and to characterize the moment-angle behavior o f the knee joint 

during normal walking, a series o f statistical models were developed that can relatively closely 

estimate the quasi-stiffnesses of the knee joint using a set o f measurable parameters including

161



body weight and height, gait speed, and joint excursion. To develop the models, we derived 

generic equations for the moment o f the knee joint through inverse dynamics analysis. The 

generic moment equation was simplified for the instance o f the knee joint peak moment in the 

stance phase to obtain a set o f parameters that can characterize the quasi-stiffnesses o f this joint. 

Linear regression was then applied between the characterizing parameters and knee quasi- 

stiffhesses to establish the most general-form statistical models. These models were simplified to 

develop most specific models for the preferred gait speed to estimate the quasi-stiffhesses only 

using the body weight and height.

The statistical models o f  this study can be used in the design o f knee orthoses/exoskeletons 

and prostheses, and bipedal robots aiming to replicate the moment-angle behavior o f the knee 

joint. The models can also be used in evaluation o f gait pathologies in clinical settings as well as 

studies o f general gait biomechanics and physiology. As an example, we extensively used these 

models in the design of a quasi-passive knee exoskeleton and a quasi-passive compliant stance 

control orthosis.

The statistical models developed in this study have several limitations worth mentioning. 

These models were statistically developed using the empirical data o f a set o f  healthy subjects 

suggesting that we anticipate an estimation error when using the models for prediction purposes 

for new subjects. Along this line, we observed moderate estimation error for the models when 

using them in tuning the stiffness o f the exoskeleton during the experimental sessions. Therefore, 

the statistical models o f this study should be used as a starting point in the design o f orthoses and 

prostheses, and additional measures should be taken for further device tuning.

Ideally, development o f statistical models of this study requires a more concrete experimental 

protocol where: a. the size o f the population is determined using statistical power analysis, b. the 

gender and age is controlled, c. the gait regime (walking/running) is controlled, d. the gait speed 

is controlled, e. the gait form (treadmill/over ground) is controlled, and f. data collection 

procedure is consistent. Due to data collection limitations we experienced, the knee joint
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statistical models were developed using two sets o f empirical data collected in two different gait 

laboratories. The first data set included 9 subjects walking on an instrument treadmill at four 

assigned walking speeds; whereas, the second data set included 5 subjects walking over ground at 

20 self-selected gait speeds. We anticipate that the inconsistency in the data sets might have 

induced nuisance effects in the coefficients o f the polynomials o f the models. Moreover, the 

statistical models o f this study are meant to provide a particularly accurate estimation o f the knee 

quasi-stiffness around the preferred gait speed. This implies that the empirical data used to 

establish the models should have included sufficient gait trials including walking at the preferred 

gait speed.

Using a lower extremity joint quasi-stiffness as a design framework has several limitations. 

Particularly, determination o f the quasi-stiffness for a user with a certain level o f  impairment 

raises several questions namely: a. it is difficult to determine an ideal quasi-stiffness for an 

impaired user given it is impossible to measure the user quasi-stiffhess in a gait laboratory, b. the 

quasi-stiffness is a function o f the level o f impairment which is difficult to quantify, c. 

implementation o f the linear behavior o f the knee joint using mechanical devices can be a very 

challenging task, and d. the behavior o f a joint is a function o f the user gait requiring substantial 

functional versatility o f the device for stiffness modulation. We observed that the knee joint 

quasi-stiffhess can be a useful parameter in the design o f knee exoskeletons and orthoses that are 

meant to operate during walking on level ground. However, we anticipate that a similar approach 

for a device meant to operate in variable gait conditions could have several limitations mainly 

because the device requires substantial gait and user adaptability and ability to negotiate obstacles 

and ground stiffness/topography.

To test the second hypothesis and to study the human body interaction with exoskeletal 

impedances we designed a pair o f quasi-passive knee exoskeletons each o f which implements a 

spring with a desired stiffness in parallel with the knee joint in the weight acceptance phase o f the 

gait cycle where the knee behaves similarly to a linear torsional spring. Using the exoskeletons
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and mass replicas o f the exoskeletons in a series o f experiments on healthy adults, we 

experimentally studied motor adaptation in lower extremity joints to externally-applied 

impedances in parallel with the knee joint during the weight acceptance phase o f gait.

The experimental results revealed that the lower extremity joints demonstrate substantial 

adaptation to the parallel stiffnesses leading to invariant kinematic and kinetic patterns during 

walking. The exoskeleton mass did not impose notable disturbance on the moment and angle 

patterns but resulted in an overall higher range o f moments. The exoskeleton articulation was 

found to impose inconsequential kinematic and kinetic constraints on the overall angle and 

moment patterns, implying that a simple uniaxial hinge joint can be a viable design choice for 

knee exoskeletons. The exoskeleton mass, articulation, and stiffness were mostly found to locally 

affect the knee joint moment and angle profiles around the initial and terminal stance as well as 

terminal swing phase.

A detailed analysis o f the moment-angle o f the knee joint in the weight acceptance phase of 

gait and in interaction with exoskeletal impedances revealed that the knee joint quasi-stiffhess 

adapts to externally applied stiffnesses such that the overall stiffness o f the complex o f the knee 

joint and exoskeleton remains invariant; a behavior that was also observed for the knee complex 

moments. It was also observed that the overall moment-angle behavior o f the knee complex 

remained linear under the assistance provided by the exoskeleton suggesting that the human body 

prefers to experience a linear behavior at the knee joint during the weight acceptance phase, 

which could be associated with higher rates o f energy recovery. The exoskeleton stiffness did not 

have a significant effect on the mechanical work of the knee joint in the weight acceptance phase 

implying that the adaptation to the exoskeletal stiffnesses does not necessitate additional 

mechanical work.

It was found that the knee joint can fully accommodate externally-applied mechanical 

stiffnesses up to -80%  o f the knee joint quasi-stiffhess, above which the knee joint quasi-stiffness 

remains invariant and the hip joint angle profile starts showing significant changes. This implies
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that lower extremity joints may only be able to accommodate monoarticular assistive schemes to 

a certain level before biarticular consequences appear. However, the biarticular consequences that 

we observed for the knee joint were mild and could be ignored when designing a knee 

exoskeleton. As a future research direction, the cross-talk between the knee and ankle joints, and 

the knee and hip joints can be experimentally explored using experimental exoskeletal devices. 

Future research could also center on development of biarticular assistance paradigms using 

exoskeletons that span multiple lower extremity joints.

We also found that the noise imposed by motion artifacts, power source o f an instrumented 

treadmill, and actuation and electronics of an exoskeleton can obscure recording o f the EMG 

activities o f muscles. As precautionary steps we found that the EMG data collection should take 

place on level ground instead of a treadmill, all wired communication between the exoskeleton 

and the data recording computer should be disconnected, the location o f the EMG sensors should 

farthest from the exoskeleton electronics and actuators, and the location o f EMG sensors should 

be checked prior to the data collection.

The exoskeletons were meant to ideally disengage the springs exactly at the end of the weight 

acceptance phase. In practice, we had two options to achieve this: a. To use the signal from the 

foot sensor and disengage the spring when the foot is flat, and b. To tune the exoskeleton for each 

subject to disengage the spring after a certain time through the gait cycle (e.g. at -40%  o f the 

gait). We chose the former to be consistent among all the subjects and across the conditions, and 

to avoid introducing nuisance factors. However, we believe that the latter could have resulted in a 

smoother function for the exoskeleton. For example, we observed that the exoskeleton disengaged 

the spring earlier than the end o f the weight acceptance phase for some subjects (i.e. the energy 

stored in the spring was dissipated) and later for some others (i.e. the spring hindered the terminal 

stance flexion/ slightly locked on the users). We believe that timing o f the disengagement could 

have affected our results especially it could have limited the ability o f the users to adapt to the 

exoskeleton and optimally use the exoskeieton assistance.
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We designed and fabricated the quasi-passive exoskeletons merely for studying the interaction 

between the human limbs and exoskeletal impedances in an experimental setup. Using the 

exoskeleton, we found that a spring in parallel with the human knee joint in the stance phase o f 

gait can partially replace the musculature involvement. Although the results o f the study were 

very insightful about the behavior o f the lower extremity joint in response to exoskeletal 

impedances, we do not envision using the current exoskeletons for daily life applications. Instead, 

we believe that the assistance method o f current exoskeletons (i.e. a spring in parallel with the 

knee joint during the weight acceptance phase) can be integrated into light weight exoskeletons in 

addition to other assistance schemes for the other lower extremity joints, particularly the ankle 

joint which is involved in the body propulsion.

We found that the exoskeleton mass was the major contributor to the increase in the energy 

expenditure and the exoskeleton assistance only mildly reduced the metabolic cost o f walking. 

We also know that the human body is optimally efficient in using passive biological compliance, 

suggesting that using passive or quasi-passive mechanical systems might be limitedly successful 

in improving gait energetics. Firstly, quasi-passive mechanisms can only operate under well- 

specified gait conditions (e.g. walking on level ground) implying that these devices show very 

limited adaptability. Secondly, it is very challenging to develop light-weight quasi-passive 

systems that could augment human body which is substantially more efficient than engineered 

systems. Thirdly, it is very challenging to develop quasi-passive systems with suitably high band

width or suitably small latency for gait applications. Therefore, we believe that quasi-passive 

assistive devices can hardly find a way into daily life applications. Future steps in the design of 

lower extremity augmenting exoskeletons can center on light-weight active devices that show 

suitable power/weight ratio, band-width, adaptability, and endurance.

To be consistent across the experimental conditions, we did not provide any training to the 

subjects who walked with the quasi-passive exoskeletons and asked to merely walk with the 

exoskeleton. We observed that the subjects showed different levels o f ability to accommodate the
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assistance provided by the device. More particularly, we found that the exoskeleton engagement 

timing can have a major role in allowing the users to trust the device and utilize the assistance 

provided by them. For example, we found that the exoskeleton locked on a number o f the subjects 

in the terminal stance even when there was a small delay (~10ms) in the disengagement o f the 

spring, causing the subject to take more cautious steps afterwards and distrusting the 

exoskeletons. Therefore, we believe that the level o f training provided to the users o f lower 

extremity devices can substantially affect the performance o f the device. We allowed the subjects 

to use the exoskeletons for ~1 hour prior to the data collection session. However, we recommend 

future experimental protocols consider additional and longer training sessions.

One o f the challenges we had during the design and fabrication phase was the lack o f a knee 

brace in the market that is adjustable for a range o f user size and is sturdy enough to withstand the 

range o f loads that an exoskeletal device provides. As a solution, we added reinforcements to a 

commercially available adjustable knee brace to make it sturdy enough for our application. 

However, we believe that the research in the field o f lower extremity exoskeleton can 

substantially benefit from a light-weight adjustable knee brace on which assistive methods can be 

implemented and tested on a wide range o f users.

As an improvement to current stance control orthosis, we developed a quasi-passive compliant 

stance control orthosis (CSCO) that provides a level o f compliant support tuned to the body 

weight and height o f a patient according to the statistical models developed in this research. 

Inspired by the natural spring-type behavior of unaffected knee joints, the CSCO implements a 

spring in parallel with the knee joint to partially replace the function o f the knee muscles-tendon 

units in the stance phase, and liberates the knee joint in the swing phase to allow for free 

progression o f the leg to initiate the next step.

Using a friction-based latching mechanism, the CSCO demonstrated proper reliability, 

latency, and durability, and satisfied all design criteria inspired by the natural behavior o f the 

human knee joint. A preliminary human subjects test on three healthy volunteers revealed that the
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kinematic patterns o f the volunteers remained relatively invariant during walking with the CSCO 

and relatively variant with a state-of-the-art stance control orthosis, in comparison to those o f the 

volunteers during walking with the K.AFO as a baseline.

A preliminary test o f the CSCO on a patient with impaired knee and ankle joints showed that 

the compliant support provided by a stance control orthosis can help users restore the natural 

function o f their impaired knee joint. However, the device should be tested on many more 

subjects to statistically quantify the potential effects o f compliant stabilization o f an impaired 

knee joint in the stance phase. Having expressed this, our clinical tests on the impaired user 

revealed that designers should consider many other factors in a design process other than what 

biomechanical analysis explain. For example, we found that any conspicuous and noisy orthotic 

device can hardly satisfy users and the market.

We also found that purely mechanical orthotic devices have substantial superiority over 

electromechanical orthotic devices from the prospective o f a user, orthotist, physician, and 

insurance providers. Therefore, we highly recommend that future efforts focus on smart light

weight purely mechanical mechanisms that can reliably implement assistance paradigms instead 

o f robotic electromechanical systems. Finally, we found that current medical electronic sensors 

(e.g. foot sensors) demand substantial work to gain an acceptable level o f reliability, versatility, 

and endurance which is another reason for limited success o f electromechanical devices. We also 

observed that humans are highly versatile in using lower limb devices and providing the inputs 

that the control schemes o f lower extremity devices require to function. Therefore, we 

recommend that future design efforts consider the versatility o f human users and potential 

methods o f using capabilities of humans to learn to use assistive devices.

Although we found some evidence o f effectiveness o f the CSCO, the improvements were 

perceived to be relatively mild when compared with a state-of-the-art stance control orthosis. In 

fact, we found that the weight o f an orthosis is a major contributor to the energy expenditure and 

discomfort, and can obscure potential improvements that introduction o f compliance or any
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assistance scheme could provide. Therefore, we suggest that future design efforts center on 

reduction o f device weight as a priority. The exoskeleton and CSCO designs employed a friction- 

based latching mechanism capable o f satisfying almost all of the design criteria. We believe that 

friction-based latching mechanisms can be employed in the design o f lower extremity assistive 

devices to realize simple variable-stiffness devices without requiring bulky actuators and power 

units.

The findings o f this research can give insight to the design o f exoskeletons/orthoses and 

prostheses for lower extremity joints. In terms o f exoskeleton/orthosis design, replication o f the 

moment-angle behavior o f the lower extremity joints by an exoskeletal device was found to be a 

viable strategy to assist and unload these joints. Moreover, it was found that human lower 

extremity joints may accommodate exoskeletal assistance only to a certain level, above which the 

exoskeleton performance could lead to biarticular consequences. The findings o f this research 

also suggest that compliant support provided by a stance control orthosis can lead to more natural 

gait and less compensatory movements when compared with rigid support. In terms o f informing 

the design process, the statistical models o f the current study can help tune the design parameters 

o f orthoses and prostheses according to the body requirements o f a user to result in natural gait 

and minimal compensatory movements.
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