
 

 

ABSTRACT 

MCCALL, JAMES VAUGHN.  Performance of a Powered Ankle Exoskeleton Using 
Neuromuscular Model-Based Control over a Range of Walking Speeds. (Under the direction 
of Derek G.  Kamper). 

Powered exoskeletons can improve locomotion performance by providing assistive 

torques to augment biological moments generated by lower-limb joints [1], [2].  Many 

exoskeleton controllers are either dependent on a priori tuning of parameters based on a 

restricted set of controlled locomotor tasks (e.g., level treadmill walking at fixed speed) or 

do not quickly adapt to changing user needs [3], [4].  The effectiveness of these controllers 

are, therefore, limited to a small subset of functional conditions.  Exoskeleton controllers 

need the capability to automatically adapt to the user’s needs to be useful in the real-world. 

Past studies have investigated the performance of a neuromuscular model (NMM) 

controller for a unilateral powered ankle prosthesis on a variety of ground slope conditions 

and walking speeds [5], [6], and for control of ankle or knee and hip exoskeletons across a 

range of walking speeds [7], [8].  NMM controllers mimic estimated biological torque 

according to the joint angle (from which muscle tendon length, contractile element 

contraction velocity, etc. are calculated).  The NMM-controlled prosthesis was able to adjust 

net work according to walking speed or ground slope; and the NMM-controlled 

exoskeletons were able to adjust torque according to walking speed.   

This study expanded on past work by applying an NMM-controller to bilateral ankle 

exoskeletons and evaluating performance over a range of high walking speeds.  Eight 

healthy adult participants performed level treadmill walking trials across a range of speeds 

(1.25 ms-1, 1.50 ms-1, 1.75 ms-1) while either not wearing the exoskeletons, while wearing 



 

 

the exoskeletons without powered assistance, or while wearing the exoskeletons with 

powered assistance (total of nine trials per subject). Joint mechanics, metabolic energy 

consumption, electromyography (EMG) signals (tibialis anterior, soleus, and gastrocnemius), 

and exoskeleton torque (when applicable) were measured for each trial.   

There were no significant changes in metabolic energy consumption due to 

exoskeletal assistance at any walking speed, despite decreases of biological ankle torque 

and work in the powered exoskeleton condition.  The NMM-controller decreased biological 

ankle torque and work in the powered condition; exoskeleton work performed did not 

change significantly across walking speeds.  Exoskeleton torque decreased as walking speed 

increased. 

As walking speed increased, stride time decreased.  Reduced stride time caused a 

decrease in virtual muscle activation due to activation dynamics, as the activation level 

attained is dependent upon the time given to reach the desired level.  Decreased stride time 

decreased the available time for muscle activation, thereby causing decreased activation.  

Reduced activation caused the virtual muscle tendon unit (vMTU) to produce smaller forces, 

which further reduced virtual muscle activation at high walking speeds.  Additionally, 

walking in the powered exoskeleton caused increased plantarflexion throughout the stride, 

which caused the controller to calculate reduced virtual tendon stretch, and therefore 

reduced virtual MTU force.  These factors resulted in the controller being unable to increase 

torque with walking speed.  NMM-based walking simulations, which are successful at 

achieving high walking speeds, incorporate a feedforward component to keep muscle 

activation high [9], [10].  Proportional myoelectric propulsion is one form of feedforward 



 

 

control which is able to increase exoskeleton torque with walking speed [11].  Incorporating 

a feedforward component into the controller design may be necessary to improve the 

controller’s ability to adapt both torque and net work to different speeds. 

Future work would also address adjusting NMM control parameters with walking 

speed and investigating conditions such as walking under a load and slower walking. 

Investigating the controller’s effectiveness in different conditions, varying controller 

parameters with speed and adding a feedforward component may improve the controller’s 

performance and help identify appropriate applications. 
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CHAPTER 1: INTRODUCTION 

1.1 Ankle Exoskeleton Application 

Approximately half of the total positive work generated in a lower limb is generated 

about the limb’s ankle joint [12].  Assistive devices can be used to supplement the users’ 

ankle joint moments and allow them to augment their push-off capability during walking.  

Powered exoskeletons are one such assistive device which may improve gait of both able-

bodied individuals [13] and those who suffer impairment due to neuromuscular disorders 

[2].  Powered ankle-foot exoskeletons typically apply torque around the ankle using one or 

more motors.  The torque may be controlled by impedance according to stride percentage 

or according to the user’s relevant muscle activity (i.e. myoelectric control).   

1.2 Exoskeleton Control Adaptability 

Effective exoskeleton control is dependent upon the interactions between the user, 

the device, and the environment.  It is necessary for the exoskeleton controller to be 

capable of adapting to varying user needs (such as desired walking speed).  Common 

exoskeleton control paradigms require parameters to be defined a priori or may restrict use 

to certain conditions.   

In the past, exoskeletons have been used to reduce metabolic energy consumption 

but have not necessarily always been designed to quickly adapt to changing walking 

conditions (walking speed, ground slope, etc.) [3], [4], [14].  The ability for an exoskeleton 

controller to adapt to changing walking conditions is important because biological lower-
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limb joints adapt their joint moments and kinematics for different walking speeds and 

conditions [15].  

An exoskeleton was developed which was capable of decreasing metabolic 

expenditure after tuning the device (selection of spring stiffness, etc.) but the device was 

tested for only a single walking speed with level walking conditions; it was not evaluated  

for the wide range of conditions encountered in everyday walking [4]. 

One study found an optimal, though non-biological, actuation profile for ankle 

exoskeletons for healthy adults for minimizing metabolic expenditure [3].  This optimization 

process requires 120 seconds of metabolic data from steady-state walking conditions in 

order to identify the optimal actuation profile.  Therefore, this method is not appropriate 

for adapting exoskeleton actuation to new conditions in real time.  As the controller 

optimizes to continually changing conditions, the user may be hindered instead of helped by 

the exoskeleton. 

While these studies represent successful applications of ankle exoskeletons, these 

examples use control mechanisms which are either tuned to a single set of walking 

conditions or unable to adapt to changing walking conditions quickly, even with the 

continuous measurement of metabolic energy consumption.  

1.3 Neuromuscular Model-Based Control 

Model-based control may allow for the creation of exoskeletons that can adapt to 

changing demands in real time and without user input.  Neuromuscular model-based 

(NMM) control aims to estimate the force produced by a biological muscle or set of 
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biological muscles by using joint angle as an input into a Hill-type muscle model.  The model 

calculates muscle force based on force-length, and force-velocity relationships.  As the 

exoskeleton user moves, the joint angle changes and acts as an input into the controller.  

The controller adapts to changing walking conditions by mimicking the biological muscle’s 

estimated behavior. 

Past studies have examined the performance of an NMM-controlled unilateral 

powered ankle-foot prosthesis based on plantar flexor behavior.  The controller virtually 

emulated a Hill-type muscle model with positive force feedback.  The results demonstrated 

normalized energetics and mechanics for amputees across a range of walking speeds and 

ground slopes, indicating that this control strategy would allow adaptation between varied 

walking conditions [5], [6].   

Two  studies in the past have used NMM controllers to simulate walkers [9], [10]. In 

these two studies, NMM control was successfully used to simulate walkers over a range of 

walking speeds (of 0.4 – 1.35 ms-1) when a feedforward component was included in the 

controller. 

Two studies have used NMM controllers to control exoskeletons [7], [8]. One study 

used a NMM controller with a hip and knee exoskeleton for patients with SCI, and was able 

to modulate exoskeleton torque across a range of walking speeds [8]. The other study used 

an NMM controller to control bilateral ankle exoskeletons across a range of slow walking 

speeds [7].  This study found slight decreases in metabolic energy consumption due to 

exoskeleton torque but only included results from two participants. 
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These past studies yielded some promising results, but did not address high walking 

speeds and included a very limited examination of the impact of NMM controllers on 

metabolic energy consumption.  Only one of these studies looks at the use of NMM control 

for ankle exoskeletons and takes measurements of metabolic energy consumption, but this 

study had a very limited sample size [7]. Additionally, none of the past studies examined 

high walking speeds (typically 1 ms-1 or less). 

1.4 NMM Control – High Walking Speed  

The aim of this study was to evaluate an NMM controller for bilateral powered 

ankle-foot exoskeletons when used during treadmill walking at several different speeds.  I 

hypothesized that the exoskeleton controller would increase torque and positive work as 

walking speed increased and reduce metabolic energy consumption at all walking speeds.  

As walking speed increases, biological moment at lower-limb joints is increased and 

metabolic cost increases [15].  I expected that as speed increased, net work and 

exoskeleton torque would increase as well and the torque and work would reduce 

metabolic energy consumption across speeds.  The goal of this study was to determine the 

capabilities of a NMM-controlled exoskeleton and its adaptation to different speeds.  

Results revealed that this type of controller may be less effective at high walking speeds and 

may require additional inputs to operate appropriately in a larger range of conditions.  

New knowledge from this study can help determine how an NMM controller can be 

used to assist individuals with intact limbs at typical walking speeds.  
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CHAPTER 2: METHODS 

2.1 Tethered Bilateral Ankle Exoskeleton Testbed 

An exoskeleton emulator [16] provided participants with bilateral torque assistance 

at the ankles.  Carbon fiber ankle foot orthoses (AFO) were attached to the participants’ 

shoes and calves/shins.  Each AFO had a rotational joint, which was axially aligned with the 

ankle.  Variations in participant geometry were accommodated by having a range of sizes 

for the carbon fiber components and by adjusting the AFO joint position.  The AFOs were 

tethered to off-board motors (Baldor Electric Co, Fort Smith, AR) that generated torque 

around the ankles via a Bowden-cable transmission system.  A goniometer (500 Hz, 

Biometrics, UK) was used on each AFO joint to measure real-time ankle angle.  Applied 

torque was calculated using the moment arm of each AFO and cable force measured with a 

load cells (500 Hz, LCM Systems Ltd, UK) placed in series with the Bowden.  Control and 

signal I/O were handled by a real-time computer (500 Hz, dSPACE, Germany).  The 

exoskeleton emulator was used in conjunction with an instrumented treadmill (BERTEC, 

Columbus, OH, USA) so that trials could be performed at fixed speeds. 

2.2 Exoskeleton NMM Controller 

Neuromuscular model-based control of an exoskeleton is the idea that Hill’s 

relationships of force and length and shortening velocity can be used in combination with 

reflex-based feedback to estimate the force being produced by a MTU in real time.  The Hill-

type muscle model models a muscle tendon unit as a combination of two elements: the 

tendon is modeled as a series elastic element (SEE); the muscle is modeled as a contractile 

element, which also has passive elastic properties (CE) [17].  By measuring the ground 
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reaction force to determine the phase of gait (stance or swing), and by measuring ankle 

angle it is possible to estimate the torque currently being generated about the ankle.  

  Measuring ankle angle allows for estimation of MTU length change and its 

shortening velocity (Eqn. 1.1 and 1.2).  The NMM controller used here was feedback based 

and had no feedforward component.  The primary input was the ankle angle.  Past studies 

have suggested adding feedforward components to NMM controllers, such central pattern 

generator components, in order to improve adaptability of NMM controllers, especially in 

regards to speed adaptation [10]. However, we did not include any feedforward 

components in this controller.  Pure feedforward exoskeleton controllers (e.g., proportional 

myoelectric propulsion) have been studied in the past [11], and we, similarly, chose to study 

the performance of a pure NMM controller.  A NMM controller with no feedforward 

component has fewer control inputs, and requires less individual tuning for each participant 

than an NMM controller with a feedforward component. 

The neuromuscular model was designed in Simulink (MathWorks, USA) as a force 

feedback reflex-based controller, similar to the controller used in Eilenberg et al. [5] A Hill-

type muscle model was used for the emulated plantar flexor tendon unit (MTU). The model 

included a contractile element (CE) with active and passive properties and a series elastic 

element (SEE).  Internal states of the MTU model (Figure 1) were calculated with the length 

of the MTU as a function of modeled musculoskeletal geometry and ankle angle (Figure 1) 

(Eqn. 1.1).  CE length and velocity were subject to force-length, force-velocity, and 

activation dynamics (Eqn. 1.2).  Hill was able to determine relationships between force 

produced by a muscle and its length relative to its resting length (Eqn. 1.8 and 1.9) (whether 
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shortened or stretched), and between force produced and the muscle’s shortening velocity 

(Eqn. 1.10 and 1.11).  SEE length was calculated as the difference between the MTU and CE 

lengths (Eqn. 1.3).  The ankle angle was measured and used to determine the length of the 

MTU.  Previous CE lengths and activation were used with force-length and force-velocity 

relationships to determine the CE contraction velocity.  CE velocity was used to find the 

current CE length.  MTU and CE length were used to find SEE length.  SEE length was directly 

related to MTU force.  Characteristics of the MTU were obtained from models that 

combined the characteristics of the gastrocnemius and soleus muscles [5], [18]–[25]. 

  ,MTU ank ankL f r      (1.1)  

   (1.2)  

 L
SEE

= L
MTU

- L
CE

           (1.3) 
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Figure 1.  NMM controller block diagram. (A) Ankle angle and (B) a Hill-type MTU model is 
used to estimate internal states and output of a virtual MTU.  (C) Virtual MTU force creates a 
positive force feedback (β) signal (Gain = 1.2) that is delayed by 10 ms and then enhances (D) 
neural activation.  A gain (ψ) of 0.4 is applied to the virtual ankle moment to calculate the 
desired assistance to be supplied by the exoskeleton (E). 
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MTU force (FMTU) (Figure 1) was a function of the model’s SEE stiffness and strain 

(Eqn. 1.3 and 1.12).  In the reflex pathway, FMTU was normalized to Fmax, a feedback gain of 

1.2 was applied, and a 10ms delay was added to emulate a positive force feedback neural 

signal (Figure 1).  CE activation dynamics (ACT) were modeled in order to close the feedback 

loop. 

Desired exoskeleton torque was calculated as a percentage of estimated virtual 

biological moment using Eqn. 1.4 where   represented a percentage of the estimated 

biological moment.  We used a gain of 0.4. 

exo MTU ankleF r          (1.4) 

2.2.1 Activation Dynamics Time Constants 

Time constants for activation dynamics (τact = 0.033 s, τdact = 0.091 s) were obtained 

from a MTU model which combined the characteristics of the soleus and gastrocnemius 

muscles [18]–[20]. In the NMM controller, this equation was run and recalculated at a rate 

of 500 Hz. 

Activation Dynamics: 

α(t)  :  ∫[(
𝑢(𝑡)

𝜏𝑎𝑐𝑡
) −  (

1

𝜏𝑎𝑐𝑡
) ∗ (𝛽 + (1 − 𝛽) ∗ 𝑢(𝑡))]𝑑𝑡, β = τact/ τdact   (1.5) 

2.2.2 Neural Stimulation Equation 

The equation for determining neural stimulation was obtained from a study 

investigating a positive force feedback model [21]. In the NMM controller, this equation was 

run and recalculated at a rate of 500 Hz. 
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Neural Stimulation: 

If t > 10 ms, u(t)  :  𝑢0 + 𝐺𝐹𝐵 ∗ 𝐹𝑚𝑡𝑢(𝑡 − 10𝑚𝑠)/𝐹𝑚𝑎𝑥, u0 = 0.01, GFB = 1.2 (1.6) 

If t =< 10, u(t)  :  𝑢0, u0 = 0.01       (1.7) 

2.2.3 Controller Feedback Gain 

 A feedback gain of 1.2 was applied in the NMM controller.  This value was 

determined from the optimized set of NMM controller values reported in Eilenberg et al. 

2009 [5].  The feedback value was determined by a genetic algorithm optimizing several 

parameters to try to match model-produced torque profiles with biologically produced 

torque profiles at a walking speed of 1 ms-1.  

2.2.4 Controller Reflex Delay 

In Eilenberg et al. 2009, a reflex delay of 20 ms was chosen for delaying the neural 

stimulation signal.  In the NMM controller we created, this delay was reduced to 10 ms after 

experimentation with different delay lengths while tuning the exoskeleton prior to 

beginning data collection.  

2.2.5 Controller Torque Gain 

Unlike a prosthesis which may be intended to entirely replace biological moment, 

the goal was to only supplement biological torque and power at the ankle with a parallel 

ankle exoskeleton.  A past NMM-controlled exoskeleton investigation found conflicting 

results between two subjects on whether a gain of 0.5 or 1.0 on the estimated biological 

torque was better [7].  In Collins et al. [4] and in Takahashi et al. [26] the peak exoskeleton 



11 
 

torque used was about 25% of biological torque. In a hip and knee exoskeleton NMM 

controller study for SCI patients, gains of between 0.3-1.0 were used [8].  A range of gains 

from 0.25-0.60 was piloted, and it was found that for gains higher than 0.40, participants 

had difficulty controlling the exoskeletons at high walking speeds.  I chose to use a gain of 

0.40, as it was the highest gain possible that I expected would still allow for comfortable 

walking at all speeds used in the study. 

2.2.6 Controller MTU Maximum Force 

Maximum MTU Force (Fmax = 6000 N) was obtained from a MTU model which 

combined the characteristics of the soleus and gastrocnemius muscles [19], [22].  

2.2.7 Controller CE Force-Length and Force-Velocity Equations and Constants Gain 

Force-Length and Force-Velocity relationships and constants were obtained from a 

MTU model which combined the characteristics of the soleus and gastrocnemius muscles 

[19], [23], [24].  The combined active and passive force-length relationships cause potential 

muscle force to generally increase as CE length increases.  The CE active force-length 

relationship has potential muscle force increase as the muscle lengthens until the optimal 

length is achieved, and then the potential force decreases.  The CE passive force-length 

relationship increases CE force as length increases past the optimal CE length.  The force-

velocity relationship causes potential muscle to decrease as muscle contraction velocity 

increases. 

Muscle Force-Length: 
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Fl active:  𝑒−|
(

𝑙𝑚
𝑙0

)
𝑏

−1

𝑠
|^𝑎 , b=0.8698, s= 0.3914, a = 3.1108    (1.8) 

Fl passive:  𝐴 ∗ 𝑒
𝑏∗(

𝑙𝑚
𝑙0

)−1
, A= 0.0238, b= 5.31     (1.9) 

Muscle Force-Velocity: 

Fv when Vm > 0:  (1 − (
𝑉𝐶𝐸

𝑉𝑚𝑎𝑥
))/(1 + (

𝑉𝐶𝐸

𝑘∗𝑉𝑚𝑎𝑥
)), k=0.17   (1.10) 

Fv when Vm < 0:  1.8 − 0.8 ∗ ((1 +
𝑉𝐶𝐸

𝑉𝑚𝑎𝑥
)/(1 − 7.56 ∗ (

𝑉𝐶𝐸

𝑘∗𝑉𝑚𝑎𝑥
)), k=0.17 (1.11) 

2.2.8 Controller Tendon Stiffness Equation and Constants 

The tendon stiffness relationship and constant were obtained from MTU models 

which combined the characteristics of the soleus and gastrocnemius muscles [19], [25].  

Tendon Stiffness: 

KSEE :  𝑘𝑡 ∗ (1 + (0.9/−𝑒(𝑄∗𝐹𝐶𝐸  )/𝐹𝑚𝑎𝑥 ), Q = 20, kt=315.4 N/mm  (1.12) 

2.2.9 Controller CE and SEE constants 

The maximum CE contraction velocity (Vmax = 0.326 ms-1),  CE optimal length (CE L0 

= 0.04 m) ,  SEE slack length (SEE L0 = 0.326 m)  were obtained from a MTU model which 

combined the characteristics of the soleus and gastrocnemius muscles [25].  
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2.3 Experimental Protocol 

2.3.1 Participants 

Eight able-bodied participants (6 male), capable of walking without assistance, 

consented to participate in this study (mean ± s.d., age = 23.5 ± 3.2 years; mass = 69.5 ± 5.3 

kg; height = 1.75 ± 0.05 m).  Characteristics for individual participants are listed in Table 1. 

Table 1: NMM Study Participant Data 

Participants Sex Age             Mass  Height  
  (years) (kg) (meters) 

1 M 26 71.8 1.75 

2 M 29 72.7 1.78 

3 M 24 75.8 1.73 

4 M 23 65.9 1.80 

5 F 25 73.1 1.68 

6 M 18 59.9 1.80 

7 M 23 73.5 1.78 

8 F 20 63.3 1.68 

Mean  6 M 23.5  69.5  1.75  
± SD  ± 3.2 ±5.3 ± 0.05 

2.3.2 Procedure 

Each walking trial lasted for seven minutes and was completed on the instrumented 

treadmill.  Each participant completed a training day where they walked on the treadmill at 

1.25 ms-1 in the exoskeleton AFOs.  They walked without assistance for 5 minutes and then 

walked with exoskeleton assistance (modulated by the NMM controller) for 20 minutes.  

Data was collected on a second day at least 48 hours after the completion of the training 

day. 
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Each participant walked on the treadmill for nine different conditions, each 

determined by the combination of two factors: walking speed (1.25 ms-1, 1.50 ms-1, 1.75 ms-

1), and exoskeleton status (No exoskeleton, exoskeleton - unpowered, exoskeleton - 

powered) (Figure 2).  Values for walking speeds were based on a range of high walking speeds 

for able-bodied adults.  A safety harness was worn to decrease risk of falls or injuries.  The 

treadmills were equipped with handrails, but participants were instructed only to use these 

for balance corrections as needed.  Under normal operation the safety harness did not 

support body weight.    
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Figure 2.  Walking Speed and Exoskeleton Parameters.  Data were collected during nine 
walking trials for each participant.  Each participant walked at the same three walking speeds 
while: not wearing an exoskeleton, while wearing an unpowered exoskeleton, and while 
wearing a powered exoskeleton.  The shade and color-coding scheme in this figure, used to 
indicate walking trial, was used in figures throughout this document.  The color (red, green, 
blue) indicates the respective walking speed (1.25 ms-1, 1.50 ms-1, 1.75 ms-1).  The shade 
indicates whether an exoskeleton was present and active (darkest shade), inactive (medium 
shade), or not present (lightest shade) during the trial (lightest shade, darker shade, darkest 
shade). 
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2.4 Outcome Measures 

2.4.1 Metabolic Energy Consumption 

Metabolic energy consumption during trials was estimated via indirect calorimetry.  

Oxygen and carbon dioxide flow rates into and out from the lungs were measured using a 

portable system (OXCY MOBILE, VIASYS Healthcare, Yorba Lina, CA, USA) and these flow 

rates were converted to metabolic power using the Brockway equation [27].  Data were 

collected for the duration of each trial; data from the last two minutes of each seven-

minute trial were used as a representative sample of the metabolic energy consumption 

rate (metabolic energy consumption rate stabilized in the first five minutes of each trial).  

Data obtained from the last two minutes of a five-minute standing trial were averaged to 

estimate the participants’ basal metabolic energy consumption rate.  The basal metabolic 

rate was subtracted from the average rate from each trial and the result was normalized to 

the participant’s body mass (W kg ms-1). 

2.4.2 Biomechanics 

Anthropometric data (height, weight, measurements of lower limbs and feet, etc.) 

were collected for each participant before beginning testing.  Reflective markers were 

placed at the joints and on body segments to be used with an eight-camera motion analysis 

system (120 Hz, VICON, Oxford, UK).  The markers were placed on each leg/foot (when 

applicable) in the following locations: four marker rigid plate on the pelvis, anterior superior 

iliac crests, greater trochanters, four marker rigid plate on the thighs, medial and lateral 

epicondyles of the knee, four marker rigid plate on the shanks, medial and lateral malleoli 
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of the ankle, third metatarsophalangeal joint of the toe, four marker rigid plate on the feet 

and posterior calcaneus of the heel. 

A seven-segment model composed of two thighs, two shanks, two feet and one 

pelvis was calibrated using a static standing trial.  A second-order low pass Butterworth 

filter (10 Hz cutoff) was used to filter marker positions.  Joint angles were computed using 

the orientation of the distal segment with respect to the proximal segment.  Inverse 

dynamics was used to compute joint moments.  The product of joint moments and joint 

angular velocity yielded power at the joint.  Joint work rate was calculated as the integral of 

joint power over the period of positive or negative work divided by stride time.  In trials 

where an exoskeletal torque was applied, the biological ankle joint moment was calculated 

by subtracting the measured exoskeleton torque from the total joint torque, calculated 

using inverse dynamics. 

2.4.3 Electromyography 

Muscle activity of the medial gastrocnemius (MG) and lateral gastrocnemius (LG), 

lateral portion of the soleus (SOL), and the tibialis anterior (TA) of the right leg were 

measured using surface electromyography (sEMG).  Wired electrodes (SX230, Biometrics 

Ltd., Newport, UK) were used to collect the signals, which were sampled at a frequency of 

960 Hz.  The signals were high-pass filtered with a cutoff frequency of 6 Hz, rectified, and 

low-pass filtered with a cutoff frequency of 20 Hz.  



18 
 

2.4.4 Data Analysis 

Comparisons were made across test conditions for metabolic rate, joint mechanics, 

and muscle activity.  Average trajectories were created for each subject and then 

normalized to percent stride.  Metabolic rate and joint mechanics were normalized to body 

mass, while muscle activity measurements were normalized to peak activation for each 

muscle.  Outcomes were averaged across subjects; standard deviations represent variations 

between subjects.   

Primary statistical analysis was performed using repeated-measures ANOVA with a 

Bonferroni adjustment to test for significant trends in average exoskeleton torque, average 

exoskeleton positive work, average biological torque, average biological positive work, and 

average metabolic energy consumption rate.  Paired T-tests with Bonferroni adjustment 

were used to determine statistical difference between conditions.  P-values less than 0.05 

were considered significant and were reported. 

Secondary statistical analysis was performed using repeated-measures ANOVA 

without Bonferroni adjustment to test non-primary variables for trends.  Paired T-tests 

without Bonferroni adjustment were used to determine statistical difference.  P-values less 

than 0.05 were considered significant and were reported. 
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CHAPTER 3: RESULTS 

3.1 Results Summary 

Exoskeleton work rate did not significantly change as walking speed increased, 

although exoskeleton average torque was significantly reduced at the highest walking speed 

compared to the lowest walking speed. Peak exoskeleton torque did not significantly 

change with walking speed.  There were significant reductions in positive and negative 

average biological work rate, positive and negative peak biological work rate, average 

biological torque and peak biological torque in the powered condition compared to the 

unpowered condition. 

The virtual activation state of the controller saw significant reduction (-34%) as 

speed increased from 1.25 ms-1 to 1.75 ms-1.  Controller MTU force consistently decreased 

as walking speed increased (-24%).  Ankle plantarflexion increased and stride time 

decreased with walking speed in the powered condition. 

Metabolic energy consumption rate during powered exoskeleton trials compared to 

unpowered exoskeleton trials was not significantly different at any speed.  

3.2 Exoskeleton and Biological Work and Torque 

Positive work rate for the exoskeleton did not change significantly with walking 

speed, while negative exoskeleton work rate significantly increased with walking speed.  

Negative biological work rate was reduced at all speeds in the powered condition compared 

to the unpowered condition.  Figure 3 and Figure 4 show biological and exoskeleton work 

rate for all conditions, and power for all conditions over percent stride.  
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Primary analysis (Bonferroni adjusted) two-way repeated measures ANOVA testing 

found main effects and interactions for the following torque and work rate measurements: 

average exoskeleton torque (walking speed, p = 0.04); average biological torque (walking 

speed, p = 0.005); biological average positive work rate (walking speed, p = 0.005). 

Secondary analysis (non-Bonferroni adjusted) two-way repeated measures ANOVA 

testing found main effects and interactions for the following torque and work rate 

measurements: exoskeleton peak negative work rate (walking speed, p = 0.016); peak 

biological torque (exoskeleton power, p =0.001; walking speed, p = 0.001);  biological 

average negative work rate (exoskeleton power, p = 0.003);  biological peak positive work 

rate (exoskeleton power, p = 0.020; walking speed, p = 0.001). 

The powered condition had a significantly increased exoskeleton negative work rate 

at 1.75 ms-1  compared to at 1.50 ms-1 (p=0.045), and at 1.75 ms-1 compared to at 1.25 ms-1 

(p=0.036).  Peak positive and negative work rates produced by the exoskeleton did not 

significantly change with speed.  Positive biological work rate in the powered condition 

compared to the unpowered condition was not significantly reduced (-10.0% at 1.50 ms-1 (p 

= 0.055), and -8.4% at 1.75 ms-1 (p =0.100)).  Negative biological work rate in the powered 

condition compared to the unpowered condition was reduced by 37.8% at 1.25 ms-1 (p = 

0.001), 31.9% at 1.50 ms-1 (p = 0.010), and 32.3% at 1.75 ms-1 (p =0.013).  Peak positive 

biological work rate in the powered condition compared to the unpowered condition was 

reduced by 15.7% at 1.25 ms-1 (p = 0.043), 22.1% at 1.50 ms-1 (p = 0.009), and 16.9% at 1.75 

ms-1 (p =0.042).  Peak negative biological work rate in the powered condition compared to 
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the unpowered condition was significantly reduced by 21.1% at 1.25 ms-1 (p = 0.018), and 

22.9% at 1.75 ms-1 (p =0.049). 

As walking speed increased, peak exoskeleton generated torque did not change by a 

significant amount (Figure 3), and peak biological torque  decreased in the powered 

condition compared to the unpowered condition across speeds by 12.0% at 1.25 ms-1 (p = 

0.006), 7.2% at 1.50 ms-1 (p = 0.001), and 11.3% at 1.75 ms-1s (p =0.001) (Figure 4).  Average 

biological torque in the powered condition compared to the unpowered condition was 

reduced by 10.9% at 1.75 ms-1 (p =0.001).  Average exoskeleton torque at 1.75 ms-1 was 

reduced by 16.4% (p = 0.019), in comparison with average exoskeleton torque at 1.25 ms-1, 

as speed increased. 
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Figure 3.  Exoskeletal Power and Torque. The values for exoskeleton torque and work rate 
during the three powered walking trials are averaged from all eight participants, and 
normalized to average participant mass.  The left two panels display the exoskeleton torque 
and power across percent stride.  The center two panels display the average exoskeleton 
torque, and average positive and negative exoskeleton work rate.  The right two panels 
display the peak torque, peak positive work, and peak negative work.  * p < 0.05 
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Figure 4.  Biological Torque and Power.  The values for the biological ankle torque and work 
rate during the three powered exoskeleton and three unpowered exoskeleton walking trials 
are averaged from all eight participants, and normalized to average participant mass.  The 
left two panels display the biological torque and power across percent stride.  The center two 
panels display the average biological torque, and average positive and negative biological 
work rate.  The right two panels display the peak torque, peak positive work rate, and peak 
negative work rate.  * p < 0.05; ** p < 0.01 
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3.3 Kinematics 

Secondary analysis (non-Bonferroni adjusted) two-way repeated measures ANOVA 

testing found main effects and interactions for the following kinematic measurements: peak 

dorsiflexion of the ankle (walking speed, p = 0.038); peak plantarflexion of the ankle 

(exoskeleton power, p = 0.001; walking speed, p = 0.011).  Walking with the exoskeleton in 

the powered condition significantly increased peak plantar flexion by 4.1 degrees at 1.25 

ms-1 (p=.001), 2.43 degrees at 1.50 ms-1 (p=.001), and 4.9 degrees at 1.75 ms-1 (p=.006). It 

also significantly decreased peak dorsiflexion by 7.5 degrees at 1.75 ms-1 (p=.045), 

compared to walking in the unpowered condition.  Additionally, as walking speed increased, 

the peak plantarflexion during pushoff increased and peak dorsiflexion decreased, in both 

the powered and unpowered conditions (Figure 5).  Stride time decreased significantly as 

walking speed increased (1.08 s/stride at 1.25 ms-1, 0.99 s/stride at 1.50 ms-1, 0.91 s/stride 

at 1.75 ms-1).  Stride time during 1.50 ms-1 walking decreased 8.3% compared to stride time 

at the slowest walking speed (p=0.001). Stride time during 1.75 ms-1 walking decreased by 

15% compared to the slowest walking speed (p=0.001), and 7.0% compared to stride time 

at 1.50 ms-1 (p=0.001).  
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Figure 5.  Impact of Exoskeleton Condition and Gait Speed on Ankle Kinematics.  The values 
of the ankle angle over percent stride across speeds in the powered (assisted) exoskeleton 
condition (left panel), and the unpowered (unassisted) exoskeleton condition were averaged 
from all eight participants.  0% stride represents heel strike.  An angle of zero degrees 
represents that the ankle was in a neutral position (neither plantarflexed nor dorsiflexed).  A 
positive angle represents that the ankle was plantarflexed, and a negative angle represents 
dorsiflexion. 
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3.4 NMM Controller Internal States 

Virtual muscle activation decreased significantly as walking speed increased.  In the 

powered condition virtual activation decreased by an average of 34.8% (p =0.001) as speed 

increased from 1.25 ms-1 to 1.75 ms-1 (Figure 6).  Similarly, virtual MTU force production in 

the powered condition decreased by an average of 24.3% (p=0.003) (Figure 6) as speed 

increased from 1.25 ms-1 to 1.75 ms-1.  Contraction velocity of the CE did not significantly 

change as walking speed increased (Figure 8).  However, there was change in CE length 

contraction (+10.3%), peak MTU length change (+36.7%) and SEE length (+17.1%) at the 

lowest walking speed compared to the fastest walking speed (Figure 7, Figure 8). 
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Figure 6.  Controller Internal States: Virtual MTU, Virtual Muscle Activation.  The values for 
virtual MTU force (top panel) and virtual activation level (bottom panel), within the controller 
at different walking speeds in the powered exoskeleton condition over percent stride, are 
averaged from all eight participants.  Virtual MTU force and activation decreased, by 24.3% 
and 34.8% respectively, between the slowest and fastest walking speeds. 
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Figure 7.  Controller Internal States: MTU and SEE Length Changes. The values for the virtual 
MTU length change (top panel) and virtual SEE length change (bottom panel) within the 
controller at different walking speeds in the powered exoskeleton condition over percent 
stride are averaged across all eight participants.  Average virtual SEE length change decreased 
from the slowest walking speed to the fastest walking speed by 17.1% (t-test: p = 0.006).  Peak 
positive MTU length change decreased from the slowest walking speed to the fastest walking 
speed by 36.7%, and peak negative MTU length change decreased from the slowest walking 
speed to the fastest walking speed by 4.6%. 
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Figure 8.  Controller Internal States: CE Length Change and CE Contraction Velocity.  The 
values for the virtual CE length change (top panel) and virtual CE contraction velocity length 
change (bottom panel) within the controller at different walking speeds in the powered 
exoskeleton condition over percent stride are averaged across all eight participants.  CE 
contraction velocities were not significantly different across walking speeds, but we do see a 
greater decrease (+10.3%) in CE length at the lowest walking speed compared to the fastest 
walking speed in the first 10% of stride. 
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The peak vMTU force and MTU length change decreased as gait speed increased, 

leading to smaller virtual MTU workloops (Figure 9).  This means that a smaller amount of 

work was performed by the exoskeleton during each individual step. 
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Figure 9.  Virtual Muscle Workloops.  Values for the work loops of the NMM controller using 
the virtual MTU force and the virtual MTU length change at different walking speeds were 
averaged from all eight participants.  As walking speed increased the virtual MTU force 
decreased and the MTU length change decreased, causing smaller work loops.  This indicates 
that a smaller amount of work was performed by the exoskeleton during each step as speed 
increases.   
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3.5 Metabolic Energy Consumption 

 Primary analysis (Bonferroni adjusted) two-way repeated measures ANOVA testing 

found main effects and interactions for the following metabolic measurement: metabolic 

energy consumption (walking speed, p = 0.005).  The metabolic rate varied with walking 

speed.  Metabolic rate did not change significantly in the powered condition compared to 

the unpowered condition across walking speeds (Figure 10).  The metabolic rate for 1.25 

ms-1 with powered exoskeleton trial saw a 0.2% decrease compared to the 1.25 ms-1 

unpowered exoskeleton condition.  The metabolic rate for 1.50 ms-1 powered exoskeleton 

trial saw a 3.1% increase compared to the 1.50 ms-1 unpowered exoskeleton condition.  The 

metabolic rate for 1.75 ms-1 with powered exoskeleton trial saw a 2.9% increase compared 

to the 1.75 ms-1 unpowered exoskeleton condition.  Average metabolic energy consumption 

rate was lowest in the no exoskeleton condition at every walking speed. 
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Figure 10.  Metabolic Energy Consumption Rate.  Values for the metabolic power 
consumption during all nine walking trials were averaged from all eight participants.  
Metabolic power consumption was determined using the volume of O2 and CO2 inhaled and 
exhaled during the last two minutes of each trial, and then calculating metabolic energy using 
the Brockway equation.  The values reported represent the difference between metabolic 
power consumption during each condition and the basal metabolic energy consumption rate 
found during a five minute standing trial.   
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3.6 Electromyography  

 Secondary analysis (non-Bonferroni adjusted) two-way repeated measures ANOVA 

testing found main effects and interactions for the following EMG measurements: EMG 

averaged across all four muscles (exoskeleton power, p = 0.008; walking speed, p = 0.001); 

peak EMG averaged across all four muscles (walking speed, p = 0.001); average MG EMG 

(exoskeleton power, p = 0.003; walking speed, p = 0.001); average TA EMG (exoskeleton 

power, p = 0.003; walking speed, p = 0.001).   

Average EMG averaged across all four muscles (MG, LG, SOL, and TA) was 

significantly increased between the powered and unpowered condition across speeds 

(21.5% at 1.25 ms-1 (p=0.031), 13.1% at 1.50 ms-1 (p=0.019), and .9% at 1.75 ms-1 (p=0.028)) 

(Figure 11).  Peak EMG averaged across all four muscles (MG, LG, SOL, and TA) was not 

significantly different between the powered and unpowered condition across speeds 

(Figure 11).  Peak EMG amplitude of the MG in the powered condition is significantly 

reduced at the lowest walking speed compared to the unpowered condition (-15.5% at 1.25 

ms-1 (p=0.014)).  Average TA co-activation increased in the powered condition compared to 

the unpowered condition across speeds (35.5% at 1.25 ms-1 (p=0.026), 48.6% at 1.50 ms-1 

(p=0.01), and 15.8% at 1.75 ms-1 (p=0.026)).   
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Figure 11.  Normalized EMG.  Values for EMG signals sampled during the six powered 
exoskeleton and unpowered exoskeleton walking trials are averaged from all eight 
participants.  EMG values for each muscle were normalized to that muscle’s peak value for 
each participant.  The four left panels display normalized EMG over stride for each muscle 
site. The unpowered exoskeleton profiles were dashed to help differentiate them from the 
powered exoskeleton profiles.  The right two panels show the average and peak EMG, 
averaged across all four muscles.  * p < 0.05 

 

 

 

 

 

  



36 
 

CHAPTER 4: DISCUSSION 

4.1 Hypotheses and Major Results 

During the course of this study, an NMM based controller was developed and 

evaluated for use with a tethered exoskeleton simulator that can bilaterally generate 

torque about the ankles.  Evaluation focused on varying gait speed and measuring 

metabolic rate, kinematics, kinetics, and EMG responses.  I hypothesized that the 

exoskeleton torque and positive work rate would vary with the walking speed, replacing a 

portion of the biologically provided moment and decreasing metabolic energy consumption. 

Average torque assistance did not successfully increase with gait speed.  As gait 

speed increased, the MTU model demanded less torque due to a combination of the 

activation dynamics, kinematics, and force-length and force-velocity relationships that 

decreased the virtual MTU’s activation.  However, the exoskeleton still produced torque at 

all speeds and the expectation was that this torque would decrease metabolic energy 

consumption, even if sub-optimally.  Unexpectedly, the results did not support this 

prediction.  Metabolic energy consumption in the powered condition was not significantly 

changed at any walking speed compared to the metabolic energy consumption in the 

unpowered exoskeleton condition.  Metabolic energy consumption was reduced very 

slightly at the lowest walking speed and was increased at the higher two walking speeds, 

and was higher than the no exoskeleton condition.  At a walking speed of 1.25 ms-1 the 

metabolic reduction was less than 0.2%, and at the higher two speeds the metabolic 

increase was as much as 3.0%.  
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4.2 Exoskeleton Torque and Work Rate 

Looking at the internal states of the NMM controller provides evidence that as 

speed increased, the virtual activation was significantly reduced, and this caused the 

reduction in virtual MTU force (Figure 6).  The virtual activation is dependent on the 

activation dynamics of the muscle, which are time dependent (Eqn. 1.5).  The less time 

given for activation to reach a desired activation level, the lower the level of activation 

obtained.  Stride time decreased as walking speed increased.  Because activation dynamics 

are time dependent and stride time was decreased, activation decreased as walking speed 

increased.  

 Additionally, kinematics, and the force-length (Eqn. 1.8, 1.9) and force-velocity 

relationships (Eqn. 1.10, 1.11) can affect virtual MTU force production.  When the CE’s 

contraction velocity increases, it decreases the virtual MTU potential force generation.  

However, there was no significant difference in CE contraction velocity across walking 

speeds in the powered condition (Figure 8).   

There was significantly greater CE shortening, SEE lengthening, and MTU 

lengthening at the slowest walking speed compared to the fastest walking speed (Figure 7, 

Figure 8).  CE shortening is higher at the slowest walking speed because, while CE 

contraction velocities are not significantly different, the stride time over which these 

velocities operate is longer at the slower walking speed.  This causes a greater shortening of 

the CE at the slowest walking speed.   
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MTU lengthening (Figure 7) is higher at the slowest walking speed because the ankle 

sees greater dorsiflexion and less plantarflexion during walking compared to the fastest 

walking speed (Figure 5).  MTU length is directly related to ankle angle (Eqn. 1.1). 

SEE length change (Figure 7) is greatest at the slowest walking condition because 

SEE length was calculated as the difference between MTU length and CE length (Eqn. 1.3), 

and at the slowest walking speed the MTU length (Figure 7) is increased and the CE length 

(Figure 8) is decreased, causing a larger difference between the two.  SEE length is directly 

related to virtual MTU force (Eqn. 1.12).  This decrease in SEE length causes a decrease in 

virtual MTU force; this decreased virtual MTU is returned through the NMM feedback loop 

(Figure 1) where it causes a further decrease in activation.  

4.2.1 Effect of Activation Dynamics on Activation 

Simulations of the controller’s internal states were performed using exoskeleton 

ankle angles collected during powered walking trials at each speed for each subject (Figure 

12).  The purpose of these simulations was to determine the relative contributions of 

activation dynamics, kinematics and force-length and force-velocity relationships to the 

decrease in activation as walking speed increased.  

To determine the effect that activation dynamics and stride time had on activation 

during walking trials at 1.50 ms-1 and 1.75 ms-1, the activation for each walking trial was 

simulated once normally, and then simulated a second time with the stride adjusted to 

match the stride time of that participant’s 1.25 ms-1 walking trial.  
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The simulation results showed that at the highest walking speed, activation 

dynamics were responsible for causing a significant (1-sample t-test: p = 0.012) decrease of 

20.5% in activation compared to activation obtainable at the slowest walking speed (Figure 

12A).  The activation decreases due to activation dynamics were non-significant (1-sample t-

test: p = 0.147) at walking speeds of 1.50 ms-1. 1-sample t-tests were performed to show 

that the there was a non-zero decrease in activation. 

4.2.1 Effect of Kinematics, Force-Length, and Force-Velocity Relationships on Activation 

To determine the effect which kinematics, force-length and force-velocity 

relationships had on activation, the activation while walking with regular activation 

dynamics and with significantly reduced activation and deactivation time constants (to 

demonstrate activation with intact activation dynamics and with activation dynamics 

minimized) were each simulated.  The change in activation due to altered activation 

dynamics was calculated for each walking speed and the differences between changes in 

activation at 1.50 ms-1 or 1.75 ms-1 and 1.25 ms-1 were found.  The remaining change in 

activation was due to a combination of kinematics, force-length and force-velocity effects. 

 Figure 12B shows that at a walking speed of 1.75 ms-1, kinematics, force-length and 

force-velocity effects caused a significant (1-sample t-test: p = 0.002) reduction in activation 

of 8.3%.  The activation decreases due to kinematics, and the combination of force-length 

and force-velocity effects were not significant (1-sample t-test: p = 0.140) at walking speeds 

of 1.50 ms-1.  There was a significance difference between the activation decreases due to 

these effects at 1.50 ms-1 and 1.75 ms-1 (t-test: p = 0.009).  
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Figure 12.  Simulation of Activation Decrease.  The percent virtual activation decrease in the 
two faster powered walking conditions compared to the slowest powered walking condition 
due to activation dynamics (Figure 12A), and a combination of kinematics, force-length, and 
force-velocity relationships (Figure 12B).  The decrease in virtual activation due to activation 
dynamics was found by using ground reaction force and ankle angle data previously recorded 
and using the NMM controller to simulate the activation outcome.  By adjusting the stride 
time to match the stride time in the lowest powered walking speed it was possible to 
determine the decrease in activation due to activation dynamics/stride time.  The role that 
kinematics, force-length, and force-velocity relationships had on activation was similarly 
determined by simulating NMM controller activation with activation dynamics minimized (to 
minimize its effect on activation) and determine the difference in virtual activation between 
the slowest walking speed and the highest walking speed.  Values were averaged from all 
eight participants.  1-sample t-test found that the change in activation due to each set of 
factors was statistically significant at the fastest walking speed.  * p < 0.05 
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4.3 Metabolic Energy Consumption 

4.3.1 Ankle Exoskeletons Can Reduce Metabolic Energy Consumption 

There is a history of successfully reducing metabolic energy consumption using ankle 

exoskeletons, though metabolic consumption generally sees a net increase due to the mass 

of the device.  In some studies, exoskeletons have reduced metabolic energy consumption 

during walking by 24.3% [3] , 7.2% [4] ,and 6% [14].  The exoskeleton emulator, used in 

conjunction with the NMM controller used in the current study, has previously used non-

NMM controllers to yield results where metabolic energy consumption was not significantly 

reduced [11], and results where metabolic energy consumption was significantly reduced 

[16].  This leads me to believe that the controller and not the hardware is responsible for 

absence of significant change in metabolic energy consumption during powered 

exoskeleton walking (Figure 12). 

4.3.2 Effect of Training on Metabolic Energy Consumption 

An explanation for the NMM controller’s ineffectiveness at decreasing metabolic 

rate may be inadequate participant training with the exoskeleton.  On the training day, 

subjects were trained in the exoskeleton for 25 minutes.  Training included 5 minutes of 

unpowered exoskeleton walking, and 20 minutes of powered exoskeleton walking.  During 

this training, participants were instructed to get comfortable with the exoskeleton and 

experiment with different gaits, but no further guidance was given.  This short amount of 

unguided training and the short, intermittent trials during the data collection day may not 

have given participants adequate time to discover their optimal gait.  Additionally, powered 

exoskeleton training was only performed at 1.25 ms-1; walking in the powered condition at 
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higher speeds was only experienced during walking trials on the second day.  When little or 

no guidance is provided, participants may not alter their gait to adapt to a powered 

exoskeleton for long periods of time (e.g., 12 minutes).  When instructed to explore 

different gaits, it still take several minutes to metabolically optimize use of an exoskeleton 

[28].  Expertise and practice may be even more important at higher walking speeds, and 

participants may have been unable to take proper advantage of the exoskeletons during the 

higher speed trials.  This may explain the controller’s poor performance in metabolic rate 

reduction at higher speeds.  Guiding the participant through different gaits and stride 

lengths at each speed may have allowed optimal conditions to be identified and a more 

structured training may have led to greater expertise on the participants’ part. 

4.3.3 Discomfort During Powered Exoskeleton Walking 

During some trials, participants expressed feeling discomfort, particularly fatigue in 

the TA muscle.  In some instances, the participant needed to reschedule the data collection, 

and in one case chose not to continue with the study.  Pain or discomfort can alter 

kinematics during walking [29] and affect athletic performance [30].  This discomfort may 

have caused subjects to alter their gait, shifting the focus from metabolically efficient 

walking to pain avoidance.  Discomfort in the TA during powered exoskeleton walking may 

have been due to increased TA activation in the powered walking condition (Figure 11).  

4.3.4 Asymmetric Torque Application 

Exoskeletons were worn on both legs and were used to apply bilateral torque, but 

the application of torque was observed to not always be symmetric.  Sometimes the 
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subject’s dominant foot would receive up to 20% more torque than the non-dominant foot, 

though exact quantitative comparisons cannot be made because only right leg exoskeleton 

torque data was saved.  This difference in torque application was not consistent, appeared 

intermittently, and seemed to be related to foot dominance, rather than either the left or 

right foot.  This may have increased metabolic energy consumption by making the gait 

asymmetric, which is known to increase metabolic energy consumption [31], [32]. 

4.3.5 Exoskeleton Torque Profile 

It was expected that the NMM controller would produce significant reductions in 

metabolic energy consumption by mimicking biological muscle torque profiles, but results 

did not support this expectation.  In fact, Malcolm et al. [14] found that non-biologically 

inspired actuation onset timing of an ankle exoskeleton caused the greatest reduction in 

metabolic energy consumption when actuation was initiated at 43% of the stride cycle, 

instead of the biologically typical 15%. When actuation was applied later in the stride cycle, 

they could achieve a metabolic reduction several times greater.  The NMM controller in the 

current study was intended to mimic biological actuation and it applied torque around 5% 

of the stride (Figure 3), which is even earlier than the biologically typical point.  Additionally, 

Malcolm reported that their exoskeleton produced no significant negative work due to the 

late actuation onset, whereas my NMM controller produced significant negative work early 

in the stride cycle (Figure 3).  

 Sawicki et al. [4] used a passive ankle exoskeleton to reduce metabolic energy 

consumption during walking by up to 7.2 ± 2.6%, and found that with increased stiffness of 
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the exoskeleton spring the metabolic rate would increase. Their exoskeleton began 

generating torque around 10% of stride and peaked around 50% stride, similar to the 

torque profile produced by the NMM controller used in the current study (Figure 3).  

However, they produced much lower amounts of torque and investigated slower walking 

speeds, which may partially account for the differences in metabolic outcomes. 

4.3.6 Work versus Torque for Reductions in Metabolic Energy Consumption 

Jackson and Collins [13] varied work and torque assistance in ankle exoskeletons 

over a large range. A focus on producing a large amount of work caused a large amount of 

torque late in the stride cycle (35-60%).  A focus on high torque production caused torque 

onset around 5% of the stride cycle and reduced torque after 40% stride.  They found that 

increasing work can decrease metabolic consumption and increasing torque can increase 

metabolic consumption.  However, they noted that effects on the metabolic rate were due 

to whole body coordination, which may have been influenced by the fact that they were 

unilaterally applying torque. 

One study compared the impacts of a unilateral ankle exoskeleton at 1.25 ms-1 

walking speed with the exoskeleton performing work during plantarflexion versus providing 

high torque (and no work) earlier in stance phase [1].   Interestingly, this study found that 

when the exoskeleton provided work they were able to decrease metabolic expenditure by 

17%, but that metabolic expenditure was increased when high torque was provided.  Our 

NMM controller provided higher torque and performed less positive work while operating 
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at higher speeds and had poorer metabolic outcomes, which is consistent with the results 

from Jackson and Collins. 

4.4 Decreased Biological Ankle Torque, Maintained or Increased Metabolic Energy 
Consumption 

Biological ankle torque (Figure 4) was decreased in the powered condition but 

metabolic energy consumption (Figure 10) was not reduced.  Decreased biological torque 

found in powered exoskeleton sessions in this study may have been in part due to increased 

TA co-activation rather than decreased plantarflexor activation.  This may have resulted in 

increased metabolic energy consumption rather than decreased (Figure 11).  This increase 

in TA activation might be avoided in several ways.  If the increase in activation is due to 

unfamiliarity with the exoskeleton then additional training might cause the user to decrease 

unnecessary activation over time.  If the activation increase is due to high activation being 

required to achieve toe clearance during swing, then reducing exoskeleton weight and 

reducing exoskeleton torque when the foot is highly plantarflexed in late stance might 

ameliorate the problem.  If high TA activation is due to torque applied by the exoskeleton 

during swing (Figure 3), then activation might be reduced by having the motor introduce 

slack into the Bowden cable upon the initiation of swing phase. 

4.5 Potential NMM Controller Applications 

This neuromuscular model-based controller may still be advantageous in some 

conditions where speed-dependent decreases in exoskeleton torque production would not 

necessarily appear, such as across different ground slopes or under loaded conditions.  Also, 

the NMM controller might operate better at slower speeds than tested.  Slower walking 
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speeds may increase stride times and thus avoid the decrease in virtual activation due to 

activation dynamics, high plantarflexion at high walking speed, and force-length and force-

velocity effects in the controller (Figure 12), though this limits the controller’s useful range. 

4.5.1 Walking Under a Load 

Griffen et al. looked at the metabolic energy consumption of load carrying at 

different walking speeds [33].  They found that while walking under a load at speeds of 1.0 

ms-1
 and faster, metabolic energy consumption was directly related to the active muscle 

volume and muscular force.  The ability of the NMM model to decrease biologically 

generated force (Figure 4) and decrease activation of the MG (Figure 11) means that it may 

be more effective at reducing metabolic expenditure while walking under load than it was 

during unloaded walking. 

4.5.2 NMM Control of the Hip or Knee 

Wu et al. examined the use of a NMM-controlled hip and knee exoskeleton for 

patients with SCI [8].  This study included bilateral exoskeleton application and involved 

slow walking speeds.  They found that the controller was able to modulate torque at 

different speeds, and kinematics were not significantly impacted, but they did not 

investigate metabolic effects.  It is possible that the hip and knee are better targets for 

NMM control; however, this study was performed with SCI patients, with body weight 

support, with different controller parameters and primarily at speeds of less than 1.0 ms-1, 

any of which may also have affected controller performance. 
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4.5.3 Lower Walking Speeds 

The NMM Controller used here might be more successful at modulating torque with 

walking speed and decreasing metabolic energy consumption if operated at lower walking 

speeds.  NMM walking simulations have achieved successful walking at relatively low 

walking speeds of 0.40-0.90 ms-1  and 0.75-1.35 ms-1  [9], [10] compared to the higher 

walking speeds of 1.25-1.75 ms-1 (Figure 2) used in the current NMM study. One study 

looked at the performance of a NMM controller with bilateral exoskeletons at two walking 

speeds [7].  They found modest decreases in metabolic expenditure at relatively low 

walking speed (0.58-1.08 ms-1), and the controller was able to successfully decrease 

biological torque and work rate.  Exoskeleton torque decreased at higher speeds.  These 

findings are consistent with those of the current study. 

4.5.4 Unilateral Exoskeleton Application 

Previous studies [5], [6] have reported a unilateral NMM controller ankle prosthesis 

modulating torque over a range of walking speeds.  It possible that a NMM controller may 

be more effective when used unilaterally, because the user may be better able to adjust to 

more favorable kinematics.  

 4.4.5 Unloading the Plantarflexor Muscles and Ankles 

While the exoskeleton did not decrease overall metabolic demand, it did decrease 

force requirements of the soleus and gastrocnemius muscles (reduced biological torque) 

(Figure 4) and activation requirements of the MG (Figure 11).  This could be useful for 

patient populations recovering from ankle injury or disuse, or who place unusually high 
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torque demands on the ankle.  Obese adults have increased torque and power 

requirements at the ankle compared healthy weight adults [34].  NMM-controlled ankle 

exoskeletons could reduce plantarflexor fatigue, encourage socialization and exercise.  

Alternatively, those who are recovering from ankle injury or surgery may benefit from 

reduced musculoskeletal loading while preserving push-off using NMM-controlled ankle 

exoskeletons.  

Decreased biological ankle push-off is shown to increase hip torque during walking 

[35].  This is consistent with our results in Figure 14 that shows an increase in hip torque in 

the powered walking condition.  The biological ankle torque and work rate in the 

exoskeleton-powered condition is decreased compared to ankle torque and work rate in 

the non-powered condition (Figure 4). 

4.4.6 Plantarflexor Augmentation During Fatigued Conditions 

The controller was able to reduce gastrocnemius activation (Figure 11) and might be 

able to extend the period of time a user can walk by augmenting torque produced by 

fatigued plantarflexor muscles.  One study found that fatigued ankle flexor muscles produce 

reduced torque and have decreased plantarflexion [36].  Though they contend that this 

fatigue did not significantly impact gait mechanics, it is possible that greater fatigue, 

bilateral fatigue or loaded conditions would have caused greater impact to become 

apparent.  A NMM-controlled ankle exoskeleton may be able to compensate for fatigued 

plantarflexor muscles in these cases.  
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4.5 Potential NMM Controller Improvements 

 While the NMM controller did not perform successfully in the range of walking 

speeds tested, it is possible that the controller might perform better by incorporating a 

feedforward component, adjusting parameters with walking speed, or by modeling the 

soleus and gastrocnemius as separate muscles instead of as a combined plantarflexor 

muscle. 

4.5.1 Incorporating a Feedforward Component into the NNM Controller 

The NMM controller used had reflex-based feedback but had no feedforward 

component (Figure 1).  The lack of a feedforward component may be responsible for the 

decrease in activation seen at higher walking speeds.  NMM walking simulations have 

successfully reached relatively high walking speeds when incorporating a feedforward 

component [9], [10].  Proportional myoelectric propulsion, which uses EMG as a 

feedforward controller component, is able to increase exoskeleton torque with walking 

speed [11]. 

One study was able to successfully simulate a bipedal walker using a neuromuscular 

model and modulate its walking speed over a range of 0.4 – 0.9 ms-1 [9].  This simulation 

was performed at slower walking speeds which may have improved performance of the 

controller, indicating that NMM control is appropriate for slower speeds.  Additionally, they 

incorporated both reflex based feedback and feedforward (CPG) components which may 

have improved performance at the higher speeds simulated.  Another study modeled a 
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NMM controller with CPG feedforward components and were able to successfully modulate 

speed between 0.75-1.35 ms-1 [10]. 

One study used a proportional myoelectric propulsion controller to control a 

unilateral ankle exoskeleton to improve post-stroke gait [11].  The proportional myoelectric 

propulsion controlled exoskeleton was able to slightly decrease metabolic expenditure, and 

was able to increase ankle torque but not positive work at the ankle.  

Combining a feedforward component, such as proportional myoelectric propulsion, 

with a feedback based NMM controller may allow for a controller that performs positive 

work about the ankle and is able to maintain increases in work rate and ankle torque at 

higher walking speeds.   

4.5.2 Adjusting Controller parameters with Walking Speed 

Many of the NMM controller’s parameters were invariant with walking speed, and 

were optimized specifically for walking speeds well below the walking speed range the on 

which the controller was tested.   

A feedback gain of 1.2 was applied in our NMM controller according to a value 

reported in Eilenberg et al. 2009 [5].  This feedback gain value was optimized to match a 

neuromuscular model’s torque profiles to biological torque 1 ms-1 walking speed, instead of 

optimizing the parameter for multiple walking speeds.  One study found that various 

feedback gains are adjusted to the task during task performance, including the force 

feedback gain [37].  Adjustment of the force feedback gain can be used to alter hopping task 

outcomes [21].  By optimizing this feedback gain for different walking speeds and adjusting 
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the gain according to walking, it may be possible to improve the NMM controller’s 

performance and ability to increase exoskeleton torque with walking speed.  

4.5.3 Multiple Joint Inputs into NMM Controller 

The NMM controller only used the ankle angle as an input (Figure 1).  However, the 

length and strain of the SOL, MG and LG muscles are also affected by the knee joint angle 

[38].  Knee and hip joint angles during powered exoskeleton walking diverged some from 

the angle profile of unpowered exoskeleton walking, especially as walking speed increased 

(Figure 13).  By measuring the ankle and knee joint angles and incorporating both into the 

NMM model, it may be possible to improve controller performance. 

4.5.4 Modeling the Soleus and Gastrocnemius Separately 

The virtual MTU used in the NMM controller was modeled as a single plantarflexor 

muscle based on a combination of characteristics of the soleus and gastrocnemius muscles.  

Previous work with NMM prosthesis control used similar MTU models which combined 

multiple plantarflexor muscles into a single model [5], [6].  This may be more 

computationally efficient than modeling multiple muscles but modeling individual muscles 

may allow for improved controller operation across a wider range of conditions.  For 

example, the NMM controller used activation dynamics constants of τact = 33 ms, and τdact 

=91 ms, and these constants played a significant role in the decrease of exoskeleton torque 

at high walking speeds (Figure 12).  The gastrocnemius has more rapid activation dynamics 

than used in the NMM controller (τact = 25 ms, τdact = 42 ms) [39].  By modeling the 

gastrocnemius separately from the soleus, the controller might be able to take advantage of 
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these faster activation dynamics and improve high walking speed performance.  

Additionally, one study found that the SOL, MG and LG behaved similarly under high force, 

low speed cycling conditions, and less similarly at higher speed cycling conditions [39].  This 

indicates that the controller benefits of separately modeling the SOL, MG, and LG might be 

most evident at higher walking speeds.  Additionally, it has been found that recruitment of 

fast motor units increases with more rapid locomotion [40].  Incorporating these 

relationships into the controller would allow for an increase in virtual gastrocnemius 

activation at high walking speeds. An NMM simulation (similar to that described in Figure 

12), with the activation dynamics changed to match those of the gastrocnemius, was 

performed using data from all eight participants walking at 1.75 ms-1 in the powered 

exoskeleton condition.  It was found that this change in activation dynamics caused a 5.80% 

± 1.35 increase in activation. 
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CHAPTER 5: CONCLUSIONS 

 For this study, a neuromuscular model-based controller was developed for use with 

a tethered exoskeleton simulator that can bilaterally generate torque about the ankles.  The 

controller and exoskeleton combination was evaluated for its effect on gait over level 

terrain at a set gain based on calculated biological moment.  Gait speed was tested over a 

significant range.  Outcomes for characterizing participant response to the exoskeleton and 

controller at different speeds included metabolic rate, kinematics, kinetics, and EMG.  It was 

hypothesized that the exoskeleton would generate torque, and work, and reductions of 

metabolic energy consumption, and each of these would increase as walking speed 

increased from 1.25 to 1.75 ms-1
. 

There was no significant change in metabolic energy consumption at any speed in 

the powered exoskeleton condition compared to the unpowered exoskeleton condition.  

There was, however, a reduction in biologically produced negative work in the powered 

walking condition compared to the unpowered walking condition.  The results suggest that 

a reduction in biological work may have been due to increased TA co-activation and not just 

due to reduced plantarflexor activation, which is why metabolic energy consumption 

increased or was unchanged.  Increased TA activation in the powered condition may have 

also caused plantarflexor activation to be higher than it otherwise would have been, thus 

further increasing metabolic energy consumption.  As speed increased the controller 

instructed the exoskeleton to produce less torque due to shorter stride times, thereby 

causing the virtual CE to become less fully activated due to activation dynamics, as well as 

kinematic and  force-length and force-velocity interactions.  This reduced MTU force, which 
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further reduced activation.  Exoskeleton positive and negative work rate were maintained 

or increased across walking speeds due to more frequent strides at higher walking speeds. 

Future controllers could incorporate proportional myoelectric components into the 

NMM controller.  Using EMG signals as feedforward elements might allow for the controller 

to account for increased biological muscle activation, which could counteract the decreased 

virtual activation.  Improved training and adjusting controller gain with walking speed could 

also lead to better results using an NMM controller.  
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Figure 13.  Lower-limb Joint Kinematics.  Joint angle of ankle, knee and hip.  The lightest 
colored lines represents no exoskeleton data, and the darkest lines represent unpowered and 
powered exoskeleton data. 
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Figure 14.  Lower-limb Joint Moment.  Joint torque of ankle, knee and hip. The lightest 
colored lines represents no exoskeleton data, and the darkest lines represent unpowered and 
powered exoskeleton data. 
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Figure 15.  Lower-limb Joint Power.  Joint power of ankle, knee and hip.  The lightest colored 
lines represents no exoskeleton data, and the darkest lines represent unpowered and 
powered exoskeleton data. 

 

 

 

 


