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ABSTRACT

ADAPTIVE CONTROL STRATEGIES FOR

LOWER-LIMB EXOSKELETONS TO ASSIST GAIT

SAFOURA SADEGH POUR AJI BISHE

Walking is a critical mode of transportation during everyday life. As a result, gait impairments
can greatly affect the quality of life and personal independence of those who are affected. About
15% of people in the world have some type of physical disability, and that population is increasing
rapidly. One type of disability that refers to a group of conditions that affect movement control is
Cerebral Palsy (CP). Exoskeletons may help patients with CP extend their lower limb joints during
walking by providing assistance and helping them walk more efficiently. Alternatively, the

strategy of this assistance may vary depending on the type and severity of crouch gait.

In this dissertation, we worked on four different adaptive control strategies for lower-limb
exoskeletons capable of providing assistance during walking on different terrains for unimpaired
individuals and individuals with CP. In the first chapter of this doctoral dissertation, we describe
an adaptive control strategy development of a light-weight ankle exoskeleton based on the
biomechanics of walking and how the ankle plantarflexion assistance provided based on this
strategy improved the walking performance of unimpaired individuals and individuals with CP.
The second chapter describes the development of a user-adaptive control strategy of a light-weight
hip exoskeleton. Then the assistance provided by this control strategy is evaluated on unimpaired
individuals during level and incline treadmill, as well as one individual with CP walking during
level treadmill walking. In chapter three, we describe the development of a coordinated ankle-knee

control strategy of a lightweight unilateral ankle-knee exoskeleton based on the biomechanics of



walking and validation of this control strategy on an unimpaired individual. The fourth chapter
describes a bioinspired ankle joint torque simulation method based on the Winding Filament
Muscle model with the potential to control the ankle joint of commercialized exoskeletons. A
conclusion of these four control strategies is provided in the final chapter of this doctoral

dissertation.
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I. Adaptive Ankle Exoskeleton Control: Validation Across Diverse Walking
Conditions

1.1. Introduction

Lower-limb wearable assistive devices are widely researched for their potential to augment
human ability for a range of locomotor tasks [1]. Areas of growing interest include walking
performance augmentation during extended or challenging walking terrain, load carriage for
military and industry applications [2], [3], and mobility assistance for the elderly and people with
physical disabilities [4]-[7]. Depending on their intended function, powered lower-limb
exoskeletons can be designed to provide assistance across multiple or individual joints [8]-[11].
Wearable exoskeletons used for mobility augmentation and rehabilitation frequently include
providing assistance at the ankle joint because of the ankle’s outsized role in efficient bipedal
locomotion [12]-[15]. The need for exoskeletons to effectively augment ankle plantar-flexion has
led to research on a wide variety of control systems. However, the majority of research on
exoskeleton control systems has focused on providing finely tuned assistance during level

treadmill walking [13], [14], [16], [17].

It is critical that control strategies can appropriately adapt to, and transition between, different
environmental and locomotor demands when assisting individuals with and without disabilities.
We are not aware of any practical ankle exoskeleton controllers that have been validated for all of
the primary types of terrain encountered in free-living environments [18]. Exoskeletons can be
controlled using high-level open-loop or closed-loop control schemes. Here, we define high-level
closed-loop control as a controller that responds in real-time to deliver torque that instantaneously
adapts a physiological input from the user; alternatively, high-level open-loop control provides a

pre-determined torque signal that is not adjusted directly from a physiological input from the user.
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Torque profiles from human-in-the-loop optimizers utilizing physiological measurements (e.g.,
metabolic cost) [13] are great for steady-state walking tasks. However, because they prescribe
assistance that does not adapt in real-time, they are not designed to respond to instantaneous
changes in demand, like transient walking speeds, perturbations, or terrain and gait transitions. In
theory, high-level controllers, like intent recognition, fall detectors, and locomotor condition
classifiers [19], [20], could be used in conjunction with optimized feed-forward torque profiles to
adjust assistance to different environmental factors. However, these types of high-level
classification controllers may require individualized calibration procedures or large training
datasets because of wide variations in gait speed and walking patterns observed across user ages,
body types, and physical or neuromuscular impairments. Misclassification could have disastrous
effects, like an exoskeleton failing to appropriately modulate torque for stair descent and causing

a fall.

High-level closed-loop exoskeleton control systems may be well-suited for intuitively adapting
assistance across variable terrain and have the added benefit of responding to user intention, which
seems to be a critical factor in the adoption of powered assistive devices [21]. Control systems
leveraging the user’s own muscle activity, like proportional myoelectric control [17], [22], have
been successfully used in research for a variety of assistive devices and walking conditions [17],
[23]. However, electrode-related interface and signal reliability challenges currently limit their
practicality for extended use outside of controlled laboratory environments. Additionally, non-
volitional or deficient muscle activity exhibited by some individuals with neuromuscular

disabilities make myoelectric exoskeleton control unsuitable for some clinical patient populations.



The overarching objective of this work was to validate a robust yet realistic ankle exoskeleton
control strategy capable of seamless operation across walking conditions encountered during daily
life for unimpaired individuals and impaired individuals with some independent walking capacity.
The specific goals of the present paper were to (1) develop an analytical ankle joint moment
estimation model that could be reliably recreated from custom embedded sensors, and (2) validate
the ability of a closed-loop exoskeleton control system based on the estimation model to accurately
adapt assistance proportional to the biological ankle plantar-flexor moment during (a) level, (b)
incline, and (c) decline walking, each at multiple speeds; (d) stair ascent; (e) stair descent; and (f)
90° turning while walking over-ground. We completed validation experiments in six unimpaired
individuals and four individuals with cerebral palsy CP) for a clinical feasibly analysis. Validation
testing was completed on an untethered robotic ankle exoskeleton to confirm our ability to
accurately estimate the biological ankle moment in real-time while the device provided assistive
torque to the user. To the best of our knowledge, this is the first study to validate a functioning

ankle exoskeleton control system for all-terrain walking.

1.2. Methods

I.2.1. Motivation
Adjustments to the timing and magnitude of assistance are necessary to safely and effectively

control an exoskeleton when completing, and transitioning to, variable walking conditions. For
example, without adjustment, a torque profile optimized to level, preferred-speed walking would
be dangerous for an individual stepping off a curb or taking the first step down a staircase because
the assistance level relative to the demand on the ankle plantar-flexors would be elevated and could

dangerously destabilize the user. Techniques to adjust high-level open-loop control schemes (e.g.,



an optimized torque profile) by definition, are not able to adjust assistance immediately, resulting

in inherent delays and a reliance on complex walking condition sensing and classification.
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Figure 1. Ankle moment estimation approach and assumptions. A) Schematic depicting ankle
moment contributions, primary regions of foot contact, and model assumptions. B) Plot showing
the contributions to the biological ankle moment.
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Figure 2. Scatter plot reporting the relationship between the moment produced by the forefoot
normal force and the total biological ankle moment.

To address the need for a control scheme that can seamless and safely adjust assistance, we
sought to develop an ankle exoskeleton control strategy that would instantaneously adjust
assistance provided to the user. Intended for able-bodied individuals and impaired individuals with
some independent walking capacity, the goal was for the controller to account for each individual’s
gait pattern, step-to-step variability, gait transitions, and different walking terrains encountered
during daily life. Similar to proportional myoelectric control but without the need for muscle
electrodes, our approach was to quantify the net demand placed on the ankle plantar-flexor muscles
(the biological joint moment) in real-time, and then provide assistance proportional to that demand
(i.e., proportional to the join moment) so that the relative assistance level remained the same across
all walking conditions. Not reliant on applying a “typical” ankle moment pattern, this approach
would automatically adjust to the biomechanics of each user, regardless of their gait function. This

type of closed-loop design also eliminates the potential for ambulatory condition misclassification



and temporal delay issues with transitions. Based on promising indications from proportional
myoelectric control [7], [24], we believe there is a strong rationale for the approach of providing
assistance as a fixed proportion of the biological ankle moment; it provides continuity and
consistency across all modes of walking for the user’s neuromuscular system, which can reliably
expect the same relative amount of assistance on any terrain. In the case of abnormal walking
patterns, torque provided proportional to the biological moment should (1) automatically account
for differences between individuals, limbs and strides [24], and (2) appropriately and automatically
adapt to changes in gait mechanics (e.g., reduced crouch) as a result of the provided torque [25].
An underlying goal of our control scheme was to provide assistance proportional to the force
produced by the ankle plantar-flexor muscles during stance phase. An assumption of our approach
was therefore that the biological ankle moment is proportional to the plantar-flexor muscle force.
For this assumption to be reasonable, the influence of variation in Achilles tendon moment arm
and co-contraction on the muscle moment production must be small. Dynamic ultrasound imaging
indicates that the Achilles tendon moment arm varies 2-3 mm over the portion of stance phase
during which the plantar-flexor muscles are active [26]. Analyzing the sensitivity of our model, a
2.5mm change in Achilles tendon moment arm would elicit a 5.7% change in the relationship
between biological ankle moment and muscle load. Ankle muscle co-contraction is generally
consistent and varies between 10% to 30% across stance phase [27]. Given the considerable
difference in force production capability (~6.4 times greater [28]) for the primary agonists, the
gastrocnemius and soleus, versus the primary antagonist, the tibialis anterior, while also
accounting for their moment arms and relative activation during walking, a 20% change in co-
contraction would result in a 6.2% change in the relationship between biological ankle moment

and plantar-flexor muscle load.



Table 1. CONTRIBUTION OF THE NORMAL GRF TO THE BIOLOGICAL ANKLE MOMENT

DURING INCLINE AND DECLINE WALKING

walking - Condition EEEIES Cotcent ()

15° 0.98 + 0.001 0.99 + 0.002

Incline 10° 0.97 = 0.006 0.99 +0.001
5° 0.96 = 0.006 0.99 +0 .002

15° 0.92 + 0.003 0.97 £ 0.002

Decline 10° 0.92 + 0.006 0.97 + 0.006
5° 0.93 +0.002 0.98 =+ 0.004

Average 0.95+0.02 0.99 +0 .01

l. 2. 2. Ankle moment estimation model

The ankle joint estimation model and exoskeleton control strategy focused on the stance phase
because the ankle joint during stance phase is the largest contributor to walking efficiency (50%)
and forward propulsion (80%) [12]. The theoretical starting point in deriving our analytical ankle
moment estimation model was that the ankle moment (4,,) can be estimated using an inverse
dynamics torque balance during walking as in Equation (1):

Ay = Ia — (GRF, X MRggr,) — (GRF, X MR¢kr, ) (1)
where I is the mass moment of inertia of the foot, « is the angular acceleration of the foot, GRF;
and GRE, are the tangential and normal ground reaction forces, respectively, and MR;gr, and
MRgF, are the normal and tangential distance between the foot center of pressure and the ankle

joint (i.e., moment arms of GRF; and GRE,,), respectively.
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Figure 3. Contribution of normal and tangential ground reaction forces to the biological ankle
moment during incline and decline walking at 15°.

We analyzed the primary contributions to the external biological ankle moment during walking
from gait biomechanics data collected during level treadmill walking in 8 unimpaired individuals
using the same data collection and processing approach outlined below. The moment contributed

by the normal ground reaction force (GRF) predicted the biological ankle moment with 97%



accuracy during level and incline walking up to 15°, and more than 92% to the ankle moment
during decline walking up to 15° (Table 1, Figure 3); over the stance phase, the contribution from
GRF; was < 3%, while the contribution from the foot’s inertial properties (Ia) was <0.001%. Using
the forefoot sensor described below in early testing, we found that the normal force under the
forefoot accounted for 94% of stance-phase ankle moment variability (Figure 2). The primary
concentration of foot-ground contact occurs beneath the forefoot and heel because the arch of the
foot prevents mid-foot force localization [29], [30]. During early-mid stance, the location of heel
center of pressure is closely aligned with the ankle joint center of rotation (i.e., the moment arm
for the heel contact location is close to zero). During late stance, the heel comes off the ground
and the heel reaction force is zero. Therefore, much like computing the moment about one of two
supports of a beam, the moment contribution produced by the total normal ground reaction force

(GRFn) and average center of pressure can be computed as in Equation (2):
Amest = GRFn,forefoot X MRGRFn‘forefoot 2
where GRF, forefoor 1S the normal ground reaction force applied to the forefoot and

MRGRE, forefoot is the tangential distance between the forefoot and ankle. Our goal was to calculate

the real-time ankle moment relative to the peak ankle moment during walking at preferred speed
for which assistive torque can be finely tuned. We purposefully maximized the simplicity of the
control system, electing to forego foot-ground angle sensing required to calculate the change in
moment arm. With the assumption that the moment arm between the forefoot and ankle is nearly
constant across the stance phase (we assess this assumption in the Results section), that term
cancels (i.e., is present in both the numerator and denominator) and we can compute the relative

estimated ankle moment (4,, ,.;) as in Equation (3):

Am,rel -

GRFn,forefoot,inst (3)
GRFn,forefoot,peak



where GRFy, forefoot,inst 1S the instantaneous normal ground reaction force applied to the forefoot
during any ambulatory task and GRF,, forefootpear 1S the peak normal ground reaction force

applied to the forefoot during walking at preferred speed.

l.2.3. Ground reaction force estimation
To estimate the forefoot GRF, and therefore the relative biological ankle moment, we developed

an embedded custom force sensor mechanism that spanned the entire forefoot (Figure. 2A). A
high-fidelity force sensitive resistor (FlexiForce A502, Tekscan) was embedded within a custom-
designed sensor cover that localized the force underneath the head of the first metatarsal. The
FlexiForce sensors were selected due to their (manufacturer-reported) performance relative to
typical “Shunt Mode” FSRs on several important metrics, including loading linearity, drift,
dynamic measurement calibration, and dynamic range. The custom sensor was placed on a carbon
fiber footplate to provide a rigid platform for which ground reaction forces were distributed to the
forefoot sensor; seeking to account for uneven surfaces, the footplate provided structural rigidity
necessary for reliable forefoot contact. The instantaneous relative biological ankle moment (M rel)

was estimated as in Equation (4):

Mrel = % (4)
cal

where finst Was the instantaneous forefoot sensor force, and fcai was the stance-phase average peak
forefoot sensor force established across 3 strides during a ~3-second calibration period at each

user’s preferred walking speed.
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l. 2. 4. Closed-loop control algorithm

The real-time exoskeleton control scheme incorporated joint moment estimation for torque
prescription, a finite state machine for gait phase detection, and low-level torque-feedback for
motor control (Figure. 2B). The controller-specified exoskeleton torque (T) during stance phase
was calculated as in Equation (5):

T = tset Myer )

where tset was the nominal peak torque setpoint established at the user’s preferred walking speed
and Mre was the estimated relative ankle moment that acts to scale the torque setpoint. The
estimated ankle moment (Mrer) and therefore torque setpoint (T) both vary with time; tset remained
constant. The calibration procedure takes place on each limb individually, which allows
customization of assistance magnitude across limbs for individuals with more and less affected
sides. As a result, the control system allows for the application of an appropriate assistance

magnitude across individuals and limbs of varying function.
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Figure 5. Ankle exoskeleton and experimental setup depicting the walking conditions for controller validation.

A finite state machine was used to define stance and swing phases of walking or stepping
(Figure. 3B). Transitions to and from stance phase were triggered when the embedded force sensor
readings exceeded or fell below 15% of the walking calibration peak value, respectively. The
desired instantaneous torque profile was implemented using a low-level proportional-integral-

derivative (PID) torque feedback motor controller.

I.2.5. Electromechanical exoskeleton system
Our control scheme was implemented on an untethered (i.e. battery-powered and wireless) ankle

exoskeleton that was similar in design to the work in [8], [31]. In short, waist-mounted motors
(EC-4pole, Maxon) were used to drive Bowden cables that actuated pulleys on bilateral ankle
assemblies (Figure. 5). Each ankle assembly consisted of a carbon fiber insole that bi-directionally

articulated in the sagittal plane about the ankle joint, carbon fiber uprights, molded carbon fiber
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Table 2. PARTICIPANT INFORMATION

Walking Age Height Body Mass Nominal Torque

Participant Ability (yrs) Gender ) (ko) Setpoint (Nm)
1 Unimpaired 39 M 1.66 63.4 15.8
2 Unimpaired 23 F 1.60 60.9 15.2
3 Unimpaired 22 F 1.60 51.3 12.8
4 Unimpaired 29 F 1.68 60.0 15.0
5 Unimpaired 20 M 1.63 63.3 15.8
6 Unimpaired 20 F 1.68 58.3 14.6

CP1 GMFCS 31 M 1.70 56.8 14.2
Level 11

CP2 GMFCS 25 F 1.47 47.4 16.6
Level 1l

CP3 GMFCS 15 M 1.65 57.2 20.0
Level |

CP4 GMFCS 11 M 150 48.4 16.9
Level |

Participants CP1-CP4 had mild-to-severe walking impairment from cerebral palsy, gross motor function
classification score (GMFCS) level I-111.

cuffs for attachment to the shank, a torque sensor, a torque transmission pulley, and Bowden cable
attachment points. The motor and transmission configuration used in this study was designed to
provide up to 24 Nm of peak torque.

The control module, attached to the waist-mounted motor assembly, included a custom PCB
control board that consisted of a micro-controller, motor drivers, signal processing components,
and Bluetooth module. An on-board lithium polymer (Li-Po) battery (910 mAh) powered the
system and motors. The micro-controller, a 32-bit ARM microprocessor (Teensy 3.6, TIRC),
implemented our real-time control algorithm operated at 500 Hz. Forefoot force sensor data were
collected at 12-bit resolution and filtered using a 10-sample moving average. With feedback from
the torque sensors mounted to the ankle joint, a low-level PID motor controller was used to track
the desired torque profile resulting from the control strategy. We used a graphical user interface
(GUI) in MATLAB to remotely operate the exoskeleton via Bluetooth, and display and record

data.
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Table 3. DETAILED RESULTS OF PRESCRIBED AND MEASURED TORQUE PROFILES

Walking Average Prescribed Torql_Je Averaged

Condition Accuracy (%) Tracking Measured
Accuracy (%) Accuracy (%)

Fast 86.7+4.6 88.3+3.2 81.7+5.7

Level Med 90.4+3.9 91.8+21 86.9+3.8

Slow 89.6+4.3 940+13 87.7+4.1

Fast 88.0+2.6 90.2+4.0 843+4.1

Incline Med 87.3+3.7 92.7+2.6 87.0+3.3

Slow 87.2+51 942+15 85.7+5.38

Fast 89.0+1.9 87.4+21 83.1+4.0

Decline  Med 909+24 89.7+4.1 85.1+6.5

Slow 90.3+3.6 91.9+2.9 85.3+5.0

Ascent 829+51 89.1+3.7 78.3%+6.3

tepping Deice” 82.6 +5.2 83.4 +11.6 759 +12.4

90° Turn 87.6+3.9 90.6+2.8 84.2+5.0

Average 87.7x+2.7 90.3+3.0 83.8+3.6

l.2. 6. Validating design overview
This protocol was approved by the Northern Arizona University Institutional Review Board. We

designed an experiment to test the ability of the exoskeleton controller to appropriately adjust
plantar-flexor torque for level, incline, and decline walking at multiple speeds, stair ascent and
descent, and making 90° left and right turns (Figure. 3). Using a motion capture laboratory with
an in-ground split-belt force-measuring treadmill, we recorded the kinematic and kinetic data
needed to calculate biological joint moments.

We recruited 10 individuals to validate the control system (Table 2). The first 6 participants to
complete the protocol were unimpaired individuals, enrolled to evaluate performance for
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unimpaired applications. To evaluate the ability of the control system to function appropriately for
individuals with walking disorders, we completed a clinical feasibility analysis with 4 individuals

who had neurological impairment caused by cerebral palsy (CP).

1.2.7. Protocol for exoskeleton controller validation

Our control scheme was After fitting and donning the exoskeleton, reflective motion capture
markers were placed on the feet, shanks, thighs, pelvis, torso, arms, and head of the participant
according to recommended standards [32]. Each participant completed a standing marker
calibration trial, and then walked on the treadmill for about 3-5 seconds at their preferred speed to
calibrate the controller (fcar). Participants walked for several minutes to acclimate to the device and
assistance; walking speed was set to 1 m/s unless the participant requested a different speed, at
which point the speed was incrementally adjusted (Table 3).

The first validation task was level walking at three speeds that encompassed the range often
reported for individuals with neuromuscular impairment (~0.8-1.2 m/s [33]). The three speeds
were the acclimation speed (“medium”, ~1.0 m/s), and 25% above (“fast”) and below (“slow) the
acclimation speed (~1.25 m/s and ~0.75 m/s, respectively) (Figure 5). The second and third
validation tasks were 5° incline and then 5° decline walking at the acclimation speed, and 25%
and 50% below the acclimation speed (~0.75 m/s, and ~0.50 m/s, respectively). The incline/decline
angle, based on American Disability Act (ADA) guidelines, was selected because it is likely the

most common ramp angle encountered during daily life. Marker and ground reaction force data
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were recorded for the final 10-15 seconds (a minimum of 10 gait cycles) during each of the two-

minute steady-state walking trials. The fourth and fifth validation tasks were up-stair stepping

(ascent) and down-stair stepping (descent). Wooden steps, isolated from one another, were placed

perpendicular to the treadmill so that we could record individual ground reaction forces for the

bottom step and the transition to/from the bottom step [34]. There was a 0.2 m rise each step.

Assessment of controller accuracy for stair ascent and descent included the gait cycle during the

transition at the bottom of the first step. Participants completed 3 trials leading with each leg (6

trials total) for both ascent and descent. The final validation task was a walking trial that involved

a 90° turn. Participants approached the treadmill from the side, placed their leading limb on the

first treadmill belt, pivoted and placed their trailing limb on the second belt, and then continued

walking in line with the treadmill such that the next step resulted in their leading limb striking the

first treadmill belt again. Participants completed 3 trials leading with each leg (6 trials total) for

both left and right turning.

More than five strides [7] were processed for each condition and participant. For each task,
marker trajectories were recorded at 120 Hz by 10 motion capture cameras (Vicon Motion
Systems, Oxford, UK) and low-pass filtered at 6 Hz. Individual limb ground reaction forces were
recorded at 960 Hz from the force plates under each treadmill belt (Bertec, Columbus, OH) and
low-pass filtered at 12 Hz. Data were recorded and synchronized in Vicon Nexus. A 5V trigger
was used to synchronize the experimental motion capture with the desired and measured

exoskeleton torque.

16



l. 2. 8. Clinical feasibility analysis
A physical exam was completed by a licensed physical therapist prior to involvement from the

4 participants with CP (Table 2). These individuals had mild-to-severe walking impairment, and
gross motor function classification score levels of I-111. Each participant provided written informed
consent.

One individual (CP1) completed all of the validation tasks indicated above, while three
additional individuals with (CP2-4) completed controller validation and steady-state metabolic
testing during 5 °incline and stair walking (StairMaster Sm3 Stepmill), the two main challenging
and energetically expensive ambulatory conditions encountered during daily life. Metabolic data
from a wearable system (Cosmed K5) was collected to evaluate the physiological benefit of the
control strategy during these two conditions to completement our prior level overground walking
results [35]. Net metabolic rate, averaged over the last 2-minutes of each 6-minute trial, was

compared between adaptive assistance and shod walking conditions as in [35].

I.2.9. Data processing

We computed the biological contribution to the ankle joint moment for comparison to the
prescribed exoskeleton torque. First, we scaled a generic OpenSim (Stanford, CA, [36])
musculoskeletal model to each participant using marker positions from the standing calibration
trial. Next, inverse kinematics and inverse dynamics analyses in OpenSim were used to calculate
joint angles and joint moments, respectively, for each trial [31]. The ankle joint moment obtained
from the inverse dynamics analysis included the user’s biological and exoskeleton contributions.

Therefore, the biological contribution (i.e. the joint moment produced by the muscles crossing the
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Figure 6. Closed-loop controller accuracy for each walking condition. Accuracy was calculated
as 100 minus the RMSE between the prescribed torque output and the biological ankle moment.
The blue bars represent the mean accuracy across the 6 unimpaired participants for the main
validation experiment. The gray bars represent the average trial accuracy for the participant
with CP (CP1) that completed all of the validation conditions. Error bars represent + 1 standard
deviation.

ankle) was calculated by subtracting off the measured exoskeleton torque [22], [37]. The short
custom staircase was constructed from isolated steps allowing for independent stair-step reaction
forces to be recorded from the force plates embedded within the instrumented treadmill. The
ground reaction force vector and center of pressure measured from the force plates were
appropriately transformed relative to the global motion capture reference frame for the sloped

walking and stair stepping trials.
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We assessed the accuracy of the proportional joint-moment control scheme by calculating the
average and peak root-mean-squared-error (RMSE) between the prescribed and measured
exoskeleton toque and measured biological ankle moment across the stance phase for every stride;
prescribed and measured exoskeleton torque was normalized by the nominal torque setpoint (tset)
while the biological ankle moment was normalized by the average peak moment during the
calibration. “Prescribed” torque or assistance refers to the controller-specified control signal, while
“measured” torque or assistance refers to the torque delivered to the user as assessed via the torque
sensor at the ankle joint. Accuracy was computed by subtracting the RMSE expressed as percent
of the biological ankle moment from 100%. Our goal was for the control scheme to have an average
accuracy greater than 85%. This was based on the rationale that a 15% error would only result in
a 2.5-3.75% peak difference in applied torque relative to the biological ankle moment during
ambulatory tasks. We also quantified the Pearson’s product moment correlation coefficient (R)
between the normalized biological ankle moment and normalized prescribed exoskeleton torque.
With coefficients greater than 0.9 indicating a very high correlation [38], our goal was to fall at or
above this value, which would indicate that the controller was responding almost completely

directly to ankle muscle output.

I. 2. 10. Simulated open-loop controller comparison

To provide additional context on the importance of the adaptive nature of our closed-loop
estimation scheme for these walking tasks, we completed a post-hoc analysis of a speed and gait-
phase adaptive open-loop (i.e., feed-forward) control signal based on the stance-phase average
estimated ankle moment established at each user’s preferred walking speed. We re-sampled the
moment profile to the time duration of each preceding stance phase prior to computing accuracy.

To account for anticipated changes in the peak biological ankle moment with gait speed for the
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open-loop control signal, we established a speed adjustment factor by taking the ratio between
speed vs. peak biological ankle moment and speed vs. estimated biological ankle moment (M rel)
regression equations for the level, incline, and decline walking trials. This was done to mimic a
reasonable implementation of an open-loop controller that accounts for speed variation during
walking, similar to [7]. We computed the average stance-phase RMSE between the open-loop
control signal and the biological ankle moment across all of the walking conditions, employing
the same normalization technique as described above. A paired two-tailed t-test was used to
determine if the accuracy was significantly different between the adaptive and non-adaptive
prescribed ankle torque. Significance was set at p < 0.05. Lastly, we computed the moment-arm
between the forefoot and ankle joint across all of the validation tasks for one participant to test our

assumption that it was nearly constant across the stance phase.

1.3. Results

l.3. 1. Controller validation with unimpaired

There were no adverse events or falls during walking with the adaptive closed-loop controller.
The force sensor design was effective in eliminating the need for customize sensor placement;
once placed on the exoskeleton footplate, no adjustments were made to the sensor location. The
prescribed and measured exoskeleton torque was responsive to user input and closely matched the
pattern of the stance-phase biological ankle moment across all of the ambulatory conditions
(Figure 6 & 7). The moment arm between the forefoot and ankle joint across the walking
conditions indicated that the distance vaired less than 2.0 + 0.04%, on average, across the stance
phase, and ~2.3 £ 1.6% around the portion of stance phase where the peak ankle moment occurred

(Figure. 8). The average accuracy of prescribed exoskeleton plantar-flexor assistance relative to
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Table 4. POST-HOC COMPARISON BETWEEN OUR CLOSED-LOOP CONTROLLER
AND THE ADAPTIVE OPEN-LOOP (FEED-FORWARD) CONTROLLER

Closed-
Walking Loop Open-Loop
Condition Accuracy
Accuracy (%0)
(%)
Fast 86.7+4.6 82.7x4.1
Level Med 90.4+3.9 83.5+5.0
Slow 89.6+4.3 83.0+4.1
Fast 88.0+2.6 77.6+8.0
Incline Med 87.3+3.7 81.1+6.7
Slow 87.2+5.1 79.9+6.0
Fast 89.0+1.9 78.2+7.9
Decline Med 909+24 78.0+9.0
Slow 90.3+3.6 78.4+6.9
) Ascent 829+5.1 546+7.0
Stepping
Descent 82.6+5.2 62.3+6.5
90° Turn 87.6 +3.9 78.1+35
Average 87.7+27% 76.5+8.8%

Accuracy refers to the prescribed torque accuracy averaged over the stance phase. The
open-loop controller adapted to speed (when applicable) and gait phase.

the biological ankle moment was 87.7 + 2.7% across all of the validation conditions. Controller
accuracy was generally similar across level, incline, and decline walking (between 86.7-90.9%,
Figure. 4); changes in accuracy due to variation in walking speed was minimal (< 3.7%). The least
accurate locomotor conditions were stair ascent and descent (82.6 = 5.2%, and 82.9 + 5.1%,
respectively), followed by fast level walking (86.7%). There was a very strong relationship (R =
0.96 + 0.01) between the controller-specified torque and the biological ankle moment across all of
the validation conditions. The low-level motor controller and mechanical system provided reliable

assistance across the testing conditions (Figure 7). The average accuracy of measured exoskeleton
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Figure 7. Time series comparison of biological moment, prescribed torque, and the measured
torque across the validation conditions for one representative participant. The biological ankle
moment was normalized by the average peak moment during calibration, while the exoskeleton

torgue was normalized by the nominal torque setpoint; perfect accuracy would result in complete
overlap of the torque and moment profiles. The stair ascent plot depicts a trial in which the left
leg strikes the ground level, while the stair descent plot depicts a trial in which the right leg
strikes the ground.

plantar-flexor assistance relative to the biological ankle moment was 83.8 + 3.6% across all of the

validation conditions (Table 3). The average torque tracking accuracy was 90.3 + 3.0 %. Torque
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Figure 8. Time series comparison of biological moment, controller-specified torque, and the
measured torque across the validation conditions for the participant with cerebral palsy (CP1)
that completed all of the validation tasks. The biological ankle moment was normalized by the
average peak moment during calibration, while the exoskeleton torque was normalized by the
nominal torque setpoint; perfect accuracy would result in complete overlap of the torque and

moment profiles. The stair ascent plot depicts a trial in which the left leg strikes the ground

level, while the stair descent plot depicts a trial in which the right leg strikes the ground.

tracking accuracy was greatest at the slow steady-state walking speeds (94.1 + 1.3 %), and lowest
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Figure 9. Time series comparison of biological moment, controller-specified torque, and the
measured torque across the validation conditions for the participants with cerebral palsy CP2,
CP 3, and CP 4. The biological ankle moment was normalized by the average peak moment
during calibration, while the exoskeleton torque was normalized by the nominal torque setpoint;
perfect accuracy would result in complete overlap of the torque and moment profiles.

during stair descent (83.5 + 11.6 %). exoskeleton torque.
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Figure 10. The normalized moment arm between the forefoot and the ankle joint center of
rotation across the walking conditions for (A) the unimpaired validation cohort and (B) the
clinical case study. The forefoot moment arm was evaluated to test our analytical model
assumption that the moment arm between the forefoot and ankle is nearly constant across the
stance phase. The values in the legend for each condition indicate the mean + SD of the relative
moment arm across stance phase.

I. 3. 2. Comparison to the simulated open-loop controller
In our post-hoc controller analysis, we found that the simulated speed and gait-phase adaptive
open-loop controller was ~2X less accurate compared to our closed-loop control scheme (23.5 +
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8.8% vs. 12.3 + 2.7% error, p < 0.001, Table 4). Every walking condition had reduced accuracy
for the adaptive open-loop controller relative to our closed-loop controller, with stair ascent (54.6

+ 7.0%) and descent (62.3 = 6.5%) among the least accurate.

l.3.3. Clinical feasibility testing outcomes
Participant CP1 was able to safely complete all validation tasks without hand-held assistance

with the exception of stair descent because they were unable to do so in a controlled, safe manner
(both with and without the exoskeleton). For this participant, the moment arm between the forefoot
and ankle joint across the walking conditions indicated that the distance vaired less than 2.0 £
0.03%, on average, across the stance phase, and ~4 = 2.2% around the portion of stance phase
where the peak ankle moment occurred (Figure. 10B). The average stance-phase accuracy of the
controller-specified torque relative to the biological ankle moment was 85.1 + 4.3% across all of
the validation conditions, and there was a very strong relationship between the controller-specified
torque and the biological ankle moment across all of the validation conditions (R = 0.94 + 0.06).
Similar to the unimpaired participants, controller accuracy relative to the biological ankle moment
was generally similar across level, incline, and decline walking (between 83.4-88.0%, Figure 6),
while the least accurate locomotor conditions were stair ascent (73.0 £ 1.3%), followed by 90°
turning (82.5 £ 8.9%) (Figure 8).

Participants CP2-4 safely completed incline and stair walking controller validation and
metabolic testing. For these participants, the average accuracy of the prescribed and measured

exoskeleton plantar-flexor assistance relative to the biological ankle moment across stair and
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Table 5. CLINICAL FEASIBILITY TESTING RESULTS

Walk_i_ng Q‘gﬁfg/ Cor_re_lation Metabo_lic Cost thzqklij:g
Condition (%) Coefficient (R) Reduction (%) (RMSE, %)
CP2 89.8 + 3.7 0.96 +0.030 13.0 9.14+2.30

Incline CP3 94.3+4.0 0.98 + 0.02 9.6 6.63 +3.78
CP4 87.6+18 0.94 +0.01 29.5 90.88+4.42

CP2 89.8+3.7 0.96 + 0.03 29.5 5.08 +2.75

Stepping  CP3 91.6+2.7 0.97 £0.02 13.0 6.63+2.78
CP4 94.4+2.0 0.98 +0.01 40.9 9.00+7.30

Average 91.6+35 0.97 £0.02 22.6+125 7.75+3.54

incline walking was 91 + 2.7% and 89.6 + 3.8%, respectively. The average improvement in
metabolic cost of transport was 17.4 £ 10.6%. for incline walking and 27.8 + 14.0% for stair

walking (Figure 11, Figure 9, Table 6).
1.4. Discussion
The primary goal of this study was to validate a practical ankle exoskeleton control scheme that
automatically and appropriately adjusts assistance during walking across variable terrain for
unimpaired individuals and impaired individuals with some independent walking capacity. We
believe this to be a critical first step before designing a study to evaluate the performance benefits
of the controller on the variable terrain. Results from our validation experiment indicate that the

controller was responsive to the mechanical output from the user’s neuromuscular control,
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Figure 11. Results from our clinical feasibility tests reporting the change in metabolic cost, averaged
over the final 2 minutes of 6-minute steady-state walking trials with the adaptive closed-loop ankle
exoskeleton controller for three participants with cerebral palsy (CP2-CP4).

providing appropriate assistance for all evaluated modes of ambulation. Across all participants
(unimpaired and CP), we observed high accuracy (87.3%) and a very strong relationship (R =95.4)
between the prescribed plantar-flexor torque and the measured biological ankle moment, achieving
our goal of an average accuracy greater than 75% and an average correlation coefficient within or

above 0.8- 0.9 across the validation tasks. For the unimpaired validation, we achieved our goal of
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accuracies greater than 75% and correlation coefficients greater than 0.9 for all tasks. Our clinical
feasibility testing results in the 4 individuals with CP suggest that the controller can accurately
provide assistance proportional to the biological ankle moment for incline and stair walking, and
that doing so may have a metabolic benefit. The controller accuracy outcomes reported in the
manuscript reflect the intended use case because the moment prediction accuracy was maintained
when torque was actually being provided to the user. Our finding of significantly greater moment
estimation accuracy from the post-hoc assessment of adaptive vs non-adaptive control signals
highlights the benefits of real-time proportional control.

To the best of our knowledge, this is the first study to report on the development or accuracy of
an implemented ankle exoskeleton control strategy across level, sloped, stair, and turn walking in
unimpaired individuals or individuals with impaired walking ability. The lack of studies in the
literature speak to the difficulty of this task. While controller accuracy was generally similar across
all of the conditions, stair ascent and descent were slightly more challenging for the control system
(Figure 6). The steps used in this study had a slightly larger rise (0.2 m) than that of the typical
step rise (0.18 m), so the stepping accuracy results reported here are likely worse than what would
be experienced during normal stair navigation. The individual with CP was not able to safely
descend stairs even without the exoskeleton because hand support was not allowed during the

validation experiments due to the need to accurately measure the ground reaction forces. While
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controller validation data for this task was therefore available, the participant could safely descend

stairs with the presented system with hand support.

The analytical model presented in this paper addressed three primary issues with our prior work.

First, the regression equation in [39] was developed using a different sensor array. In short,

multiple smaller sensors were used across the forefoot. That sensor configuration was time

consuming to place for each user and less accurately captured the ground reaction force, therefore

necessitating the crude “black box” regression equation approach. Second, the regression equation

in [39] was created from a single unimpaired subject walking on level ground, preventing accurate

predictions for individuals with impairment and different walking conditions. Lastly, the

regression equation had a non-zero y-intercept, which caused an erroneous step-like response at

the beginning/end of each stride.

This controller was designed to maximize its practicality for use in real-world scenarios. Over

the course of this validation experiment, we found that the simplicity of the control system made

donning the exoskeleton quick and easy. The embedded foot sensor design did not require custom

placement and was not susceptible to interface degradation or continuity issues — issues that can

affect skin electrodes required for controllers dependent upon muscle activity measurement. Our

validation measurements were completed without sensor re-calibration over the course of roughly

120 minutes per participant. Assessment of controller accuracy between the conditions at the
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beginning and end of the experiment suggest that sensor drift was not an issue over this timer

period.

This control system likely has applications for augmenting both unimpaired and impaired

walking performance. For unimpaired individuals, this controller may benefit users during

challenging locomotor tasks, like extended walking on challenging terrain. For individuals with

impairment, the controller is not explicitly intended to “fix” or “correct” an abnormal gait pattern,

but rather to support the extensor moment (plantar-flexor moment) during the stance phase (Figure

4A) to reduce the muscular effort and improve walking economy. In a prior study, we

demonstrated that providing assistance proportional to the biological ankle moment can reduce the

metabolic cost of transport for individuals with cerebral palsy as they walked over-ground around

a level oval track. That cohort included individuals with severe walking impairment (Gross Motor

Function Classification System Level I11) [35]. In the present study, our clinical feasibility testing

results showed that improvements in energy cost during incline and stair walking are possible

(Figure. 7). Furthermore, we also qualitatively assessed the mechanical power delivered from the

exoskeleton relative to the biological ankle power for one unimpaired participant (P1) and the

participant with CP (CP1) and found good agreement in application of the exoskeleton’s positive

mechanical power during late stance. This approach may be extendable to proving proportional

exoskeleton assistance to other joints, including the knee [40].
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Figure 12. Pictures of the heel on board (A), toe on board (B) and soft foam (C) experimental pilot tests
of uneven terrain.

A limitation of this study was that we did not focus on swing phase control and additional work
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would be necessary to determine the feasibility of a closed-loop scheme during the swing phase
based on the same principle of providing assistance as a percentage of the biological moment.
However, this controller can function during the swing phase for all of the presented walking
conditions that, at a minimum, mimics the individual’s baseline swing-phase ankle function. For
unimpaired individuals, zero torque during swing phase allows the user to perform the same swing
phase ankle motions as during unassisted walking. For individuals with disabilities, we typically
provide a small, nominal amount of dorsi-flexor assistance to mimic their AFOs. Therefore, this
controller provides the benefit of powered assistance during stance phase and mimics baseline
function during the swing phase. Adaptive swing phase is a focus of future work.

Another limitation of this study was that we assumed the moment arm between the forefoot
and the ankle joint remained constant. While we confirmed this assumption was reasonable for the
activities reported in this manuscript through analysis of the moment arms and resulting model
accuracy, there remains the possibility of reduced accuracy for motions involving both large foot-
ground angles and larger ground reactions forces. Future work will investigate accuracy during
walking on steeper inclines/declines, and the inclusion of foot angle sensing for further
improvements in controller robustness. While preliminary evidence suggests that the carbon fiber
footplate distributes loads to the forefoot sensor and allows for maintained controller accuracy
when walking on uneven surfaces (Figures 12 and 13, Table 6), additional testing may be

necessary.
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Figure 13. Plots depicting the comparison between the prescribed torque and biological ankle
plantarflexor moment for walking over a hard plate with pressure under the midfoot.

1.5. Conclusion

This study demonstrates the ability of our closed-loop ankle exoskeleton controller to accurately
adapt assistance across a wide variety of walking conditions without the need for walking
condition classification or real-time assessment of muscle activity. Our results from the validation

experiment in 6 unimpaired individuals suggest that the foot-sensor-based ankle estimation scheme
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Table 6. UNEVEN TERRAIN TESTING RESULTS

Walk_im Accuracy % C:Cor_re_lation

Condition oefficient (R)
Foot on foam 88.2+25 0.95 +0.02
Heel on board 90.0+7.0 0.95 +0.06
Toe on board 915+25 0.97 £ 0.02

Single subject testing results in participant #3. Results averaged over 3 trials.

was effective for estimating the desired moment during level, 5° incline/decline, stair, and turn
walking. While our clinical feasibility testing demonstrates feasibility of use in individuals with
CP, additional testing is needed to validate this control system on individuals with different
walking disabilities, including those caused by stroke or incomplete spinal cord injury. Future
work should more extensively assess how this closed-loop control scheme affects human
performance during these locomotor conditions and explore the potential of this exoskeleton
controller to facilitate improved real-world mobility for individuals with and without

neuromuscular disorders.
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I1. A Low-Profile Hip Exoskeleton for Pathological Gait Assistance: Design
and Pilot Testing

11.1. Introduction

Lower-limb Robotic hip exoskeletons are primarily designed for improving gait function in
vulnerable populations, such as the elderly or people with neurological disorders, and for
augmenting unimpaired walking or running performance [41]. Many large muscle groups drive
hip movement [42], [43]. By providing assistive torque at the hip joint, hip exoskeletons may prove
useful for improving mobility by reducing the energy cost of walking [44], [45]. Cerebral palsy
(CP), the most common child-onset movement disorder, often leads to excessive hip flexion during
walking, elevated energy cost of transport, and hip disorders [46], [47]. Recently, studies have
investigated the use of wearable robotic devices to improve walking function in individuals with
CP [48], [49], with only one study investigating the use of a hip-only exoskeleton for gait training
[50]. However, for the purpose of improving mobility, we are not aware of any study that has
demonstrated that untethered hip exoskeleton assistance may improve gait biomechanics and
energy cost while walking with the device in this patient population.

When designing hip exoskeletons, device mass, fit and comfort are essential factors that
influence whether a device can provide an energy cost benefit. The mass of existing hip
exoskeletons ranges from 2.8 — 7.6 kg, and some have demonstrated the ability to reduce the
metabolic cost of transport during walking in unimpaired individuals. For example, the hip
exoskeleton’s from HONDA [51] and Samsung Institute of Technology have a mass of 2.8 kg
[52]. The Soft Exosuit, designed by Harvard Biodesign Lab [53], the PH-EXOS [54], and the
Lightweight Active Pelvis Orthosis [55], have masses of 7.57, 3.5, 4.2 kg respectively. A
limitation of existing hip exoskeleton studies is that most included only male participants. The

pelvis geometry is complex and anthropometric gender difference exist, including a wider hip to
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waist ratio that can affect arm swing [56]. Nearly all hip exoskeletons have been designed by, and
tested in, the adult male population [52], [57], [58]; only a small number of female subjects have
been reported in the literature [59], [60]. Therefore, there may be a need for more research on hip
exoskeletons that are designed to work well on female anatomy and in children.

Providing beneficial hip exoskeleton assistance to the user during walking is dependent upon
an effective high-level control strategy. A common approach is the prescription of a predetermined
desired torque trajectory for different tasks, including waking, running, and stair climbing [52],
[54]. Impedance/admittance control is a frequently used hip exoskeleton control strategy in which
the device helps the user to complete a movement by considering the interaction torque between
the wearer and the exoskeleton [59]. Electromyography (EMG) signals have been used to control
hip devices as a link between the exoskeleton and gait cycle phases, and a measurement of user
motion intention [61]. Another approach is oscillator-based control, which utilizes the periodic
nature of walking [55], [62]. Most research on hip exoskeletons has focused on level ground [45].
For the few studies reporting incline or stair walking, different torque patterns were prescribed for
the different grades [63]. Few studies have reported a single control strategy that is adaptive and
effective across different terrains and walking patterns (typical or pathological) [64].

An overarching goal of our research is to design effective wearable robotic solutions to improve
mobility of individuals with CP. The purpose of the present study was to design a novel
autonomous hip exoskeleton with a user-adaptive control strategy capable of reducing the energy
cost of level and incline walking in individuals with and without walking impairment. Our specific
goals were to (1) validate our control strategy by comparing the hip assistance torque profile to the
biological hip moment during level ground and incline walking, (2) demonstrate the ability of our

system to reduce the energy cost of level and incline walking in unimpaired individuals, and (3)
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Figure 14 . Pictures of our hip exoskeleton.

complete a pilot/feasibility experiment of hip exoskeleton assistance during level walking in CP.
The primary contributions of this paper include the (a) design and validation of a novel low-profile
cable-driven hip exoskeleton, (b) demonstrated effectiveness of an adaptive proportional hip joint
moment control strategy across two terrains, and (c) the first initial evidence on the ability of hip

assistance to improve assisted walking performance in CP.
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Figure 15. 3D CAD model of the hip exoskeleton components. Purple arrows show the passive
DOFs and the green arrow shows the active joint

11.2. Methods

1. 2. 1. Electro-Mechanical Design
We designed a lightweight, low-profile, and untethered hip exoskeleton to provide hip flexion

and extension assistance during level and incline walking. The main mechanical design goals were
to create a system that (1) provided a relevant magnitude of assistance in a lightweight package,

(2) minimized the outward protrusion from the pelvis and thigh to allow natural arm swing,
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Table 7. PARTICIPANT INFORMATION

Age Weight Hight Setpoint (Nm) Speed
(yrs) (Kag) (m) Extension Flexion (m/s)

Participant Condition Gender

P1 Unimpaired Female 31 62 168 6 4 1

P2 Unimpaired Female 29 55 155 5 3 0.9

P3 Unimpaired Female 24 51 160 6 4 1.2

P4 Corebral  orale 26 49 121 5 4 0.3
Palsy

particularly in females, and (3) was adjustable and able to accommodate a broad range of
anatomies.

Our design, presented here, included a motor assembly, pelvic braces, Bowden cable
transmission, and thigh assemblies (Figure 14). To provide active flexion-extension assistance,
DC motors actuated cables connected to a bi-directional pulley located at each hip center of
rotation. The design also included two additional passive degrees of freedom in the form of
abduction/adduction hinges, one below and one above the hip joint, to accommodate out of plane
lower-limb motion during walking, including hip adduction, abduction, and circumduction. The
total mass of our hip exoskeleton was 2.1 kg, including the 910 mAh battery capable of providing
up to 45 minutes of assistance. The majority of the added mass was centered on the low back near
the whole-body center of mass to minimize the energetic burden of load carriage [25] (Table I).
The pelvic brace, thigh cuffs, and uprights were made of carbon fiber to reduce weight while
adding structural rigidity.

The waist assembly consisted of two carbon fiber pelvic braces attached to a horizontal slider
to enable hip circumference adjustability. The hip joint assembly and the thigh cuffs were
connected to the exoskeleton with vertical adjustability to accommodate different pelvis and thigh
lengths. The maximum sagittal plane outward protrusion of the device from the side of the pelvis,

hip, or thigh was 5 cm.
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Figure 16. Schematics of our hip exoskeleton control strategy.

The motor assembly included an electrical module with custom printed circuit board,
microcontroller (Teensy 3.6), a Bluetooth module, motor drivers, signal conditioners; two
brushless DC motors (Maxon EC-4pole, 24 V, 90 W, 89:1 gearbox); and interchangeable lithium
polymer battery (E-Flite 22.2 V, 910 mAh). Each motor’s output shaft connected to a chain and
sprocket that subsequently interfaced with the Bowden cables that terminated at the hip joint
pulley. The transmission system gear reduction was 3:1, which, combined with the 89:1 planetary
gear box, resulted in a total system reduction of 267:1. This gear reduction allowed for a maximum
static torque of 12 Nm. A custom torque sensor was used at the hip joint for closed-loop low-level

motor control.
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1. 2. 2. Control Overview and Theory
We designed a high-level control system to provide autonomous hip flexion and extension

assistance. The main controller design goals were to create a system that was able to respond to
user intention and automatically adapt to normal and pathological gait patterns and different
terrains. Our approach was to provide assistance proportional to the biological hip joint moment
that was estimated in real-time. We utilized embedded heel and fore-foot sensors to estimate the
biological hip joint moment during stance phase (Figure 16). During swing phase and the stance-
swing transition, we developed equations to match the biological moment as a function of the
stance phase moment and time. A low-level proportional-derivative (PD) torque-feedback

controller was used to track the high-level desired torque signal.

Operation of the controller involved establishing flexion and extension setpoints for each user
based on their body mass and walking speed, and a 5-stride baseline walking period to calibrate
the sensors. The user-adaptive input into the controller was based on the relative measurement of

force sensitive resistors (FSRs) placed under the forefoot and heel, as in

fs(FSR) = FSRforefoot,relative -4 X FSR heel,relative (1)

where FSR forefoot, relative a0 FSR heel, relative Was the real time FSR reading divided by its maximum
value during the baseline walking calibration. The FSR readings were also used to inform a finite

state machine that dictated the desired torque signal.

State 1—Stance
During early stance, which started when the heel was on the ground and ended when fs was

negative and the derivative of fs became positive, the exoskeleton provided extension assistance

starting from 60% of the extension setpoint, as in
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fs(FSR) = 0.6 X Setpointexiension + 0.4 X Setpointriexion X fs (2

where 751 was the desired torque in state 1. Setpoint extension and Setpoint extension Were the
extension and flexion setpoints, respectively.
While fs was negative, the exoskeleton provided extension assistance as in Equation (3), and

when fs was positive, the exoskeleton provided flexion assistance, as in Equation (4)

Ts1 = Setpointeytension X fs »f:e <0 (3)

7,1 = 0.5 X Setpointsiexion X fs =0 4)

State 2—Stance-Swing Transition
State 2 designated the stance to swing transition. This state included late stance, which started

when fs was positive and the derivative of fs transitioned from positive to negative and ended at
30% of the moving average of the swing phase duration. The desired torque in this state was
governed by the parabolic function defined in Equation (5).

751 == (0.5+ 0.5 X (a(t2 —t)/(t — B))) X Setpointsiexion (5)

where o and 3 are tuning variables and t is the amount of time in the state 2 divided by the
previous average of state 2 total time. The desired torque in this state started at 50% of the flexion
setpoint, reached the full flexion setpoint at the peak of the parabolic equation, and then reduced

to 50% of the flexion setpoint at the end of the state.

State 3—Late Swing
State 3 was the remaining 70% of the swing phase. The desired torque during this phase was in

the shape of a linear transition starting from 50% of the flexion setpoint and ending at 60% of the

extension setpoint.
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1. 2. 3. High-Level Controller Validation
We sought to validate the ability of our high-level exoskeleton controller to prescribe hip torque

that was proportional to the biological hip joint moment. Validation was completed in 3
unimpaired female participants (Table 8) during level and 5° incline walking on a force-measuring
treadmill (Bertec). An 8-camera motion capture system (Vicon) was used to record marker
trajectories simultaneously with the ground reaction forces. The study was approved by the

Institutional Review Board of Northern Arizona University (NAU) under protocol #986744.

1. 2. 4. Low-Level Controller Validation

To evaluate the performance of our low-level PD controller and mechanical rigidity of the hip
joint assembly, and pelvis and thigh attachments, we completed a separate torque tracking
experiment with Participant 1 walking at 0.75 m/s, 1 m/s, and 1.25 m/cs. We tested the ability of
our hip exoskeleton to provide 8 Nm of extension assistance and 5 Nm of flexion assistance
(Figure. 3). These setpoints were selected based on prior reports of relevant torque magnitudes

during [55].

I. 2. 5. Unimpaired Walking Performance Validation

Utilizing the same participants from the controller validation experiment, we validated the
relevance of our proportional hip moment controller by measuring the metabolic cost of transport
during walking with and without the exoskeleton on the treadmill (level and 5° incline) at each
participant’s preferred speed. Oxygen and carbon dioxide levels were recorded using a wearable
metabolic system (Cosmed K5). Prior to the walking trials, we recorded standing rested basal
metabolic rate for 2 minutes. Each walking trial lasted for 5-minutes. Net metabolic rate was

computed and compared between shod (no device) and exoskeleton-assisted walking as in [49].

44



—Desired Torque
—Measured Torque

1.25 m/s, NRMSE = 0.14

~

E. o A

z £
=

O 2

=

=1 =3

)

= =

= Z

= 2|

= ]

T

Figure 17 . Desired torque and torque sensor data of one unimpaired participant in real time
during walking over treadmill at different speeds with 8 Nm extension and 5 Nm flexion

I1. 2. 6. Unimpaired Walking Performance Validation
We performed clinical feasibility testing of our hip exoskeleton with a 24-year-old female with

significant walking impairment from CP (Gross Motor Function Classification System (GFMCS)
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Figure 18 . Desired torque and torque sensor data of three unimpaired participants in real
time during walking level ground.

Level I11). Following a 5-minute acclimation session, the participant completed treadmill walking
trials at her preferred speed with and without the hip exoskeleton. During these trials, we recorded

EMG of the Rectus Femoris and Semitendinosus muscles, ground reaction forces, marker
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-1 7

trajectories, and metabolic energy consumption as reported above in the unimpaired walking
methods section.
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Figure 20. Average metabolic energy consumption reduction of 3 unimpaired subjects during
level and incline walking at their preferred speed.

1. 2.7. Data Processing

After scaling a musculoskeletal model to the anthropometrics of each participant in OpenSim
3.3, we computed joint angles and biological moments during each assisted walking trial using
OpenSim’s Inverse Kinematics and Inverse Dynamics analyses, respectively. We computed Root
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Table 8. HIGH-LEVEL CONTROLLER ACCURACY

Participant RMSE (%) i VAE
Level Incline Level Incline Level Incline
P1 32 20 0.77 0.90 0.74 0.89
P2 32 34 0.70 0.70 0.68 0.67
P3 17 27 0.92 0.83 0.92 0.83
CP 25 - 0.85 - 0.84 -

Mean 267  27+7 0.81+0.09 0.81+0.10 0.80+0.11 0.80+0.11

Root Mean Square Error (RSME), coefficient of determination (R2), and Variance Accounted
For (VAF) between biological hip moment and desired torque of the hip Exoskeleton.

Mean Square Error (RMSE), coefficient of determination (R2), and Variance Accounted For
(VAF) between the normalized biological moment and the desired torque (Table 111). Kinematic,
kinetic, and EMG data were segmented, normalized to percent gait cycle and averaged. Metabolic

data were averaged over last 2 minutes of walking.

11.3. Results

All of our participants safely completed each walking trial without any adverse events.

1. 3. 1. High-Level Controller Validation
The mean RMSE between the estimated hip moment (i.e., the desired torque signal) and the

biological hip moment computed from inverse dynamics for all participants was 26% for level
walking and 27% for incline walking (Table 7). The mean coefficient of determination (R?) and
variance accounted for (VAF) between the estimated hip moment and the measured biological hip

moment for all participants were 0.81 and 0.80, respectively, for both level and incline walking.

1. 3. 2. Low-Level Controller Validation
The mean RSME between the desired torque and the torque measured from the torque sensor

at the exoskeleton’s hip joint was less than 2 Nm across the three walking speeds and tested
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Figure 21. Data of one CP subject at her preferred speed during level walking: A) Biological

moment, desired torque and torgque sensor data average versus percent gait. B) Average of hip
joint angle.

setpoints (Table 8). The average Normalized Root Mean Square Error (NRSME) for an extension

setpoint of 8 Nm and flexion setpoint of 5 Nm across the different speeds was 0.13.
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1. 3. 3. Walking Performance Outcomes
Our hip exoskeleton reduced the metabolic cost of transport during level and incline walking

by 24 + 5% and 13 + 5%, respectively, for unimpaired individuals compared to walking without
the device (Figure 20). The hip exoskeleton reduced the metabolic cost of transport for the
individual with CP by 15% compared to walking without the device (Figure 21 and 22). Hip
exoskeleton assistance reduced excessive hip flexion in the participant with CP by 14° compared
to walking without the device; rectus femoris muscle activity decreased by 23%, while

semitendinosus muscle activity decreased by 46%.

11.4. Discussion

The overarching objective of this work was to design and test a low-profile and adaptable hip
exoskeleton for improving mobility in individuals with and without walking impairment. Our
prototype exoskeleton fulfilled our design goals by reliably providing 5-8 Nm of flexion-extension
assistance while adding just 2.1 kg to the user. We confirmed that our low-profile pulley and cable
transmission system (<5 cm of outward protrusion from the pelvis and thigh) allowed for natural
arm swing, even in females. Built-in adjustability accommodated a range of anatomies. A mean
NRSME of 0.13 between the desired and measured torque, assessed across the typical range of
walking speeds (0.75-1 m/s), provided confidence in the electromechanical performance of the
system. We are unable to compare our torque tracking results to other devices because we were

unable to locate any prior study in the literature reporting this measure.

We fulfilled our first goal of validating an adaptive proportional hip moment control strategy
by demonstrating that the hip assistance torque profile closely followed the biological hip moment
during level ground and incline walking. Our high-level control strategy was able to predict the

real-time biological hip moment across all participants (unimpaired and CP) with 27% error and
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Figure 22. normalized EMG of rectus femoris and semitendinosus of one CP subject at her
preferred speed during level walking

high relationship (R? = 0.81, and VAF = 0.80) on both level and incline terrains. While our results
should be interpreted with caution because our sample size was very small, we fulfilled our second
goal by demonstrating the ability of our system to reduce the energy cost of level and incline

walking in unimpaired individuals. Adaptive hip extension and flexion assistance resulted in a
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Figure 23. metabolic energy consumption of one CP subject at her preferred speed during
level walking on 10 gait cycles with and without hip exoskeleton.

24% reduction in energy cost of level walking and a 13% reduction in energy cost of incline
walking. For level walking our results were similar to the greatest previously reported reduction
from a hip exoskeleton (19.8% [45]). Again, however, while we observed consistent improvement
across both terrains, our results need confirmation in a larger cohort. One potential explanation for
the observed reduced effectiveness of hip assistance during incline walking is that incline walking

may decrease demand placed on the hip joint and increase the demand placed on the ankle joint.
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We fulfilled our third goal of completing a pilot feasibility experiment of hip exoskeleton
assistance during level walking in CP. Hip assistance helped our participant with CP walk in a
more upright pattern, and reduced hip flexor and extensor muscle activity by 23% and 46%,
respectively. This culminated in a 15% improvement in the energy cost of level walking for this
participant. To the best of our knowledge, this study is the first to report findings on the potential
for improved walking performance while using an untethered robotic exoskeleton in CP. While
much additional research is needed, our findings suggest that hip exoskeleton assistance may be a

beneficial mobility aid for this patient population.
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ITI. Developing a Synergistic Control Strategy for Knee and Ankle
Exoskeleton Assistance

I11.1. Introduction

Many studies have been conducted to design exoskeletons in order to assist impaired walking
[65], [49]. However, no viable options are available for individuals with moderate-to-severe
neuromuscular impairment, like from cerebral palsy (CP), but who are able to walk in some
capacity [66]. Commercial full-body exoskeletons, like the EksoGT from Ekso Bionics, are likely
too big, bulky, and slow to help a child with some walking ability. At the same time, light-duty,
single joint exoskeletons may not provide enough assistance for patients with severe CP to walk
independently. Therefore, our goal is to design a device that fits in the middle: a lightweight multi-

joint exoskeleton where each joint works in coordination with one other.

Given the fact that human locomotion is a complicated task [67], analyzing the biomechanics
of lower extremity joints and estimating the joint moment during human walking is challenging.
One of the critical needs of estimating real-time joint moments is in designing and controlling
assistive devices for unpaired individuals and individuals with impaired mobility. Powered
assistive devices with complex control strategies and multiple input variables make the system
vulnerable to uncertainties of input variables [68]. However, Existing methods require multiple
sensors to provide an accurate joint moment estimation and are too complex to be incorporated in

the control system of an assistive device.

Human joint moment can be predicted using artificial intelligence by proposing joint
moment prediction models based on prior knowledge about biomechanics of human joints and
response data from experiments [69]-[72]. The forward dynamics approach, which applies

measured real-time muscle activity to a musculoskeletal model, is also a common way to estimate
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joint moments during locomotion [73]-[76]. However, these methods are limited when applying
to assistive devices for people with impaired function because the users do not have a normal
muscle activation pattern, which is often required to calculate the desired assistance needed for a
specific movement. Reducing the noise of the muscle EMG signal and improving measurement

accuracy is another challenge, making these approaches less optimal for assistive devices.

The inverse dynamics method, which requires motion and force information of a movement, is
another approach to calculate joint moments during an activity. Although this approach does not
require EMG processing, it requires a lot of calculation, making real-time application difficult
[71]. Another limitation is the measurement of ground reaction force (GRF) - the most common
way of measuring GRF using stationary force plates especially limits the application of this
approach because such stationary devices restrict the application of this method. Liu and his
colleagues proposed a mobile force plate that uses three triaxial gyroscopes, accelerometers, and
force sensors under the ball of the foot and under the heel [77]. They used 18 sensors (9 for each
foot) to estimate vertical and horizontal ground reaction forces using complicated mathematical
calculations with 10.6% and 13.5% errors. Another study estimated GRF using pressure insoles
under the foot. Despite the fact that the portable system allows for more activities, calculating GRF

in that study is computationally expensive [78], [79].

Our first objective was to develop a simple real-time knee as well as ankle joint moment
prediction model and verify our model by comparing the predicted joint moment with that of
estimated by Opensim®. Our second objective was to use the model to create an adaptive control
strategy capable of providing synergistic ankle and knee assistance based on real-time joint

moment estimation. We validated our coordinated controller by comparing the metabolic cost of
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transportation and ankle as well as knee joint angles with a reference controller by testing on an

unimpaired individual.

111.2. Method

We developed a strategy to control a light ankle-knee exoskeleton based on the calculated
biomechanical moment of the respective joints. We used Force Sensitive Resistors (FSRS) to
estimate ground reaction forces. The ankle and knee joint moments were calculated using inverse

dynamics equations.

1. 2. 1. Ground Reaction Forces

There are two regions under the foot that are contacting the ground: the ball of the foot and heel.
The mid-foot is not touching any surface because of the arch [14], [15]. Therefore, we calculate

the vertical ground reaction force as follow:
Gy = Nforefoot + Npeer 1)

Where Nforefoor aNd Npeep are the normal force applying to the forefoot and heel from the
ground. Assuming the foot is not slipping during stance but rolling on ground, the ground reaction

force in the x direction (G,) is a function of G,, and rolling friction coefficient (f,.) [80], [81].

Gy = Gy X fr 2
By rearranging equation 2, we estimated £, by dividing the G, by G,, from the force plate. Based

on £, and the direction of body force on the ground (Figure 24). To simplify our estimation, we

assume f,. as a constant number, with a sign change almost in the mid-stance, we have:

Gy = (Nforefoot — Npeet) X fr (3)
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Figure 24. Rolling friction coefficient of unimpaired individual during level walking with
preferred speed on 5 gait cycles.

To calculate Nyrefoor aNd Npeor We placed two FlexiForce™ A502 force sensitive resistors
(FSRs) under the foot: one (FSRforeroot,) Under the ball of the foot, and another under the heel

(FSRpeer)- To calibrate the FSRs we compare the reading of FSRs with subject’s weigh, during a

standing baseline, and the correction factor will be multiplied to FSR reading.
Therefore, the estimated vertical and horizontal ground reaction forces are estimated as follow:

Gy = FSRforefoot + FSRheel (4)

Gy = fr(FSRforefoot - FSRheel) (%)

Where the FSRforeroor aNd FSRy,e; are the FSR reading times correction factor related to the

FSR sensor under the forefoot and heel.

58



20 r
~ 0 —_—
% 20 — Total biological
= A
= 40 7o
g 60 = “T1Gx
= - ATMaSS

-80

-100

_120 ] ] ] ] I

0 20 40 60 80 100

Percent Gait Cycle (%)

Figure 25. Ccontribution of mass, horizontal, and vertical ground reaction force to the ankle
moment.

. 2. 2. Ankle Moment Estimation

Based on inverse dynamics equations, ankle joint torque is estimated using the following

equation:
Ay = I — (Gx X MAAGx) - (Gy x MAAGy) (6)

Where I, is the moment of inertia of the foot and y is the angular acceleration of the foot.

MAAcx and MAAGy are the ankle joint moment arm of G, and G,,, or vertical and horizontal distance

between the foot Center of Pressure (COP) and the ankle joint.

By analyzing the gait biomechanics data of 9 unimpaired individuals, we evaluated the
contribution of each term to the resultant ankle moment and found that the Ir and G, contributed
<0.001% and < 3% to the ankle moment, respectively (Figure 25), and are neglectable Vertical

ground reaction force plays the most significant role in ankle plantar flexion torque, 97.27+0.59%.

59



Forefoot Force Heel Force

Figure 26. Schematic of ground reaction force and foot force to the ground during level
ground walking.

As stated, the vertical ground reaction force mainly applies to the heel and the forefoot. When

the heel is over the ground, the ankle moment arm of vertical ground reaction force, MAy, eer is

negative, as a result, ankle torque, A, is positive which means the ankle should provide
dorsiflexion to reach equilibrium. When the forefoot is over the ground, moment arm of vertical

ground reaction force, MAAy Forefoot’ is positive, therefore, A, is negative, and the ankle should

provide plantar flexion to reach equilibrium (Figure 26). Hence, the ankle plantarflexion moment

can be estimated by the following equation:
AT.P = _Nforefoot X MAAGy,forefoot (7)

To estimate the relative ankle moment, real-time ankle moment estimation was divided by its

maximum value during baseline:
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_NforefOOtXMAAGy,forefoot

A = )
T,p,rel
p _Nforefoot,maxXMAAGy,forefoot,max
o )
MA, Gy forefoot changes about 5% during the stance phase. As a result, we assumed
MAAGy,forefoot . . .
is close to 1. To estimate the normal found reaction force to the forefoot, we
MAAGy,forefoot,max

placed a FSR under the forefoot of the subject. The following equation shows the final estimation

of relative ankle plantar flexion:

FSR ¢
A — forefoo 9
tprel FSRforefootmax ©
. 2. 3. Knee Moment Estimation

In this study, We focused on knee extension moment versus knee flexion moment because
gravity will cause knee flexion, as a result of knee joint structure, during walking. In order to
support the body weight of an impaired user, the assistive device should provide knee extension
assistance during the stance phase. Here we proposed a simple model to estimate knee extension
during the stance phase.

Similar to the ankle joint, three sources contribute to sagittal plane knee moment, and they are

(1) horizontal ground reaction force, K,Gx, (2) vertical ground reaction force, KTGy, and (3) the

shank segment mass and mass of inertia, K, ... The contribution of each source is calculated

using the following equations:

Keg. = Gy (LsSin + MAs, ) = Gy x MAg, (10)
Keg, = Gy (Is cos0 + My ) = Gy x MAg,, (11)
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Figure 27. Ccontribution of mass, horizontal, and vertical ground reaction force to the knee
moment.

Kipass = Isé + mslsc [Sin@(ls - lsc)(é sin@ + QZCOSQ) — cosO (g + (I, —
Is.)(0 cosO — ézsine))] (12)

which [gis the length of the shank, [ _ is the distance between knee joint and shank center of

mass, O is the shank angle relative to the ground, m, and [ are the mass and length of the shank

segment, respectively. Contribution of K, in the knee joint moment is neglectable (1.12

mass
+SD%). Figure 27 shows the moment contribution of each source in the knee moment during
unimpaired walking. As it is shown in the figure 3-A, the moment caused by G, has a similar

pattern to the biological knee moment. Based on this analysis, we proposed that the knee extension

moment, K, ., during stance phase can be estimated as follow:

K‘L’ = Gx X MAKGx (13)
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Figure 28. Scatter plot of knee moment versus G, x MAg..

Figure 28 shows the correlation coefficient of this model is 0.63. Relative knee moment can be

estimated by dividing real-time knee moment estimation by its maximum during baseline:

GxX MAK G,

Kr,rel = (14)

Gx,maxX MAKGx,max

Figure 29 also shows that MAKGx is almost constant during stance phase, about 4 mm change

during stance, that means in order to estimate the relative knee extension moment, Kie .

yXMAKGx . . .
is close to 1. Using equation (5), we have
#XMAKGx,max

FSRheel_FSRforefoot (15)

K =
T,rel (Ftheel—FSngrefoot)

max

To estimate relative flexion knee moment, we only used the positive element of equation 15,

as follow:

FSR
Krf rel = heek (16)
e FSRpeelmax
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Figure 29. MAy ;_over gait cycle during level ground walking.

1. 2. 4. Experiment Design
Our design, presented here, included a motor assembly, Bowden cable transmission, thigh cuffs,

shank cuffs, and foot assemblies (Figure 30) shows the ankle-knee exoskeleton designed in the
biomechatronics lab at NAU. Motor assembly was worn on the torso, close to the wearer's body
center of mass, to reduce the effect of its weight on the energy consumption of the wearer. Knee
extension and ankle plantarflexion torque were transferred from four brushless DC motors through
Bowden cables to pulleys mounted on ankle and knee assemblies. The ankle and knee joints of the
exoskeleton operated as sagittal-plane revolute joints allowing ankle plantar flextion and

dorsiflexion as well as knee flexion/extension.

1. 2. 5. Experiment Design

The magnitude of the desired moment was set based on the user’s preference. An unimpaired
subject was asked to walk over a treadmill while wearing our ankle-knee exoskeleton with (1) zero
assistance, (2) the reference controller, and (3) the coordinated controller. The reference controller

was on-off assistance, providing knee assistance during the stance phase and ankle assistance
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Figure 30. The schematic of our biomechanical model of foot-shank, the control strategy based
on this model, and the ankle-knee exoskeleton designed in NAU Biomechatronic Lab.

during the mid-late stance phase. The coordinated controller is the ankle-knee controller in which
the desired torque of ankle and knee joints was based on the estimated relative ankle plantar flexion
and knee extension moments, using equations (9) and (15).

The motor assembly includes a custom printed circuit board, Bluetooth module, microcontroller

(Teensy 3.6), four motor drivers, four brushless DC motors (Maxon EC-4pole, 24 V, 90 W, 89:1
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Figure 31. Normalized ankle joint moment estimated by Opensim in compare to the coordinated
controller and a reference controller during stance phase.

gearbox), one interchangeable lithium polymer battery, and four torque sensors at the knee and

ankle joints. The low-level controller for both reference and coordinated controller was the PID

controller.

I11.1. Results and Discussion

The one participant of the study safely completed each walking trial without any adverse events.
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Figure 32. Normalized knee joint moment estimated by Opensim in compare to the coordinated
controller and a reference controller during stance phase.

Statistical indices (R? of 0.91 and 0.45, as well as root mean square of 0.10 and 0.24 for ankle and
knee, respectively) show that our model could predict the ankle plantarflexion moment and stance
phase knee moment with reasonable accuracy (Table 9).

The assistance provided by our coordinated control strategy reduced the metabolic cost of
walking 11.6%, while the reference controller only reduced it by 1.1% relative to zero moment

assistance.
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Figure 33. Maximum (za plantarflexion ankle and (b) knee extension angle during stance
phase for zero moment, reference controller and coordinated controller assistance.

Our novel control strategy increased the ankle plantar flexion and knee extension angle of the
unimpaired subject during the stance about 7.6% and 0.7%, respectively, which is less than the
increased angles in the case of walking with the reference controller (11.6% and 1.1%). It means
that our coordinated controller decreased the unimpaired individual’s cost of walking without

affecting remarkably on her walking pattern.

Table 9. COORDINATED CONTROLLER ACCURACY

RMSE R?2 VAF
Ankle Plantarflexion  0.12 0.86 0.73
Knee Extension 0.14 0.61 0.23

Root Mean Square Error (RSME), coefficient of determination (R?), and Variance Accp_unted For
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Figure 34. Metabolic cost of walking for zero moment, reference controller and coordinated
controller assistance.

There have been many studies on control strategies for exoskeletons for patients with CP to
overcome their walking restriction, but there is a dearth of research on an exoskeletons adaptive-
coordinated control strategy for individuals with severe CP, and therefore much research is needed

in this area. The ultimate goal of this research is to design a coordinated control strategy suitable

for assisting individuals with severe CP.
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IV. Simulating Ankle Torque during Walking Using a new Bioinspired
Muscle Model with Application for Controlling a Powered Exoskeleton
IVV.1. Introduction

Human-like motion is a primary goal for many robotic assistive devices. Emulating the strategy
of the human neuromuscular system may aid the control of such powered devices, yet many
challenges remain. The ankle joint plays an important role in human walking and locomotion [82],
and the ankle plantar flexors contribute to gait performance by providing vertical support and
forward progression of the body [83], [84]. Many active and passive ankle exoskeletons have been
developed over the last five decades with good results, but they face many challenges that limit
general use and commercialization [82]. Requirements for lower weight and affordability of
passive ankle prostheses are not the only limitations. The complexity of control and electronics
has also limited the manufacture of exoskeletons with active ankle actuation [85]. As a result, no
powered ankle orthoses are currently available for purchase. Commercialized exoskeletons have
only passive ankles. The passive orthoses and prostheses can emulate the behavior of the human
ankle during low-speed walking, but in normal and high-speed walking, they cannot provide
additional energy for powered plantar flexion [86].

Control strategies of the ankle joint of assistive devices that have been studied over the last
decades can be organized into five groups: (1) control based on following a path (trajectory-
tracking controller) [87]-[90], (2) control using lumped models (variable impedance control) [91]-
[93], (3) muscle-model-oriented control [94]-[96], (4) control based on biosignals [97]-[100] or
human-robot interaction data [101]-[103], (5) other strategies like functional electrical stimulation
[104], [105], on-off control [106] etc. Emulating the strategy of the human neuromuscular system,

group (3), may aid the control of robotic assistive devices, yet many challenges remain. Muscle-

70



NSOOONNNS NN SNNSN SN SNSNSSNSNSANSANANNY

"% Moo B

Xy

Figure 35. Schematic of the Winding Filament Muscle (WFM) model. The contractile element
(CE) represents the myosin cross-bridges, the actin filament is represented by a pulley, the titin
protein is represented by a spring-damper element, and the tendon is represented by a spring in

series with the pulley.

model-oriented control of powered assistive devices helps these devices mimic human
musculoskeletal system behaviors.

Among all muscle models, Hill type models are the most commonly used for controlling
assistive devices [107]. The Hill muscle model represents muscle function through two simple
elements, and often fails to accurately predict muscle force in different situations [108]. Nishikawa
et al. developed a novel “winding filament” hypothesis for muscle contraction (Figure 35) that
incorporates a role for the giant titin protein in active muscle [109]. In this study, we investigated
the potential for using the winding filament model (WFM) of muscle to predict the net muscle
moment of the ankle. The long-term goal is to use this model to improve ankle control of a

commercial powered exoskeleton.

1\VV.2. Method

As biological tissues, muscle and tendon exhibit time dependent properties. However, Hill-type

muscle models do not contain any time-dependent properties, suggesting that Hill models cannot
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Figure 36. The bio-inspired WFH algorithm uses a pair of antagonistic virtual muscles (m,=
anterior muscles and mp= posterior muscle) to control ankle torque. Lm, and Lm, represent
the lengths of the anterior and posterior muscles, respectively.
accurately predict muscle function when time-dependent properties of muscle play a significant

role in motion. In contrast, the winding filament hypothesis incorporates time-dependent tissue

behavior and may be more capable of capturing human-like actuation [110].

V. 2. 1. The Winding Filament Muscle Model

Many previous studies have used muscle models to emulate musculoskeletal behavior during

various tasks in order to develop a control strategy for prosthetic devices [95], [96], [107], [111].
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Figure 37. (A) Translational Balance, (B) Rotational Balance.

Most of those studies used the Hill muscle model that does not take into account the history
dependent properties of muscle, and more importantly, relies on muscle activation—evaluated by
EMG—data which, in most cases, are missing for persons with spinal cord injury. Thus, Hill-type
muscle models are typically incapable of being used to control exoskeleton devices for patients
with high-level disabilities.

To address these problems associated with controllers based on Hill-type muscle models, we
used the Winding Filament Model (WFM) of muscle. The WFM (Figure 35) uses springs and
dampers arranged around a pulley representing the actin filaments to describe the activation-
dependent material properties of muscle. Activation rotates the pulley in the counter-clockwise
direction, whereas imposed forces translate the pulley. Forces on each side of the pulley are
balanced in each time step, so that pulley rotation and translation are not completely independent

in order to emulate the history dependent properties of muscle.

The WFM contains 6 elements: two spring, two dampers, one pulley and one contractile
element. The contractile element (CE) represents myosin crossbridges, and the damper parallel to

the myosin (Cp) represents the muscle force-velocity relationship. The damper and spring in
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parallel yields an element representing the viscoelastic behavior of the titin protein. The pulley
represents actin filaments, and it can rotate freely. There is also a spring in series with the pulley
that represents the elasticity of tendon and other series elastic elements. Although the damping
coefficients and spring stiffness of different elements of the model may not be constant [10], this
simplifying assumption is required to reduce the calculation processes for the algorithm.

The WFM produces an acceptable prediction of muscle force using either square-wave [112] or
simple bell-shaped activation, which shows that it is proposed in a way that could predict muscle
behavior mostly based on muscle length and not muscle activation [112]. These important results
show that the WFM makes it possible to use a muscle-model-based control strategy to control

exoskeletons for totally disabled patients, without requiring their missing muscle activation data.
The force generated by the titin protein consists of a spring force (F;s) and a damper force (F;4):
Fis + Frqg = Ke X X () + Ce X X, (t) = F, 1)
Fis + Fra = K X X, () + Ce X X (t) = F, 2

X, is the titin position with respect to the resting position of the titin protein. The net force of

titin will be:
Fos+ Frg = K, X X, (8) + C X X, (£) = F, (3)

The CE generates force, which is defined as maximum isometric force (P,) multiplied by
muscle activation (Act) at certain percent gait (PG). The net force produced by the contractile

element and the parallel damper is:
Py X Act(PG(t)) + Cee X X () = Fye (4)

The net force of titin will be:
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Fis+ Frg = K X X (8) + C, x X, () = F, ()

Based on the static assumption, the forces around the pulley are in equilibrium at every instant

in time. Based on the rotational balance about the pulley we have:
F; = F. ©)
By making Equation (3) equal to Equation (4), the X, and X, will be:

Xe(©)XCp+ Xt (O)XKe—Fee

Xeo (8) = ™

Xce(t)XCee+Fre— X XKy

. ®)

Xy () =
Based on translational balance, we have:

Fe+ Fro = Koo X (X () = X,(8)) ©)
By making Equation (3) equal to Equation (4), the X, and X, will be:

(Xm(©)=Xp (6) ) xKs—X XK= X XCr=Fee
Cce

Xcen(t) = (10)

(Xm(t)—Xp(t))XKS_XtXKt_XceXCce_Fce
Ce

thl(t) = (11)

Based on superposition of rotational balance and translational balance (Figure 26), X., and X,

are defined as:

(Xm(t)—Xp(t))sz—ZFce

Cce

Xee(t) = (12)

(Xm(t)—Xp(t))xKS—ZthKt

Xt(t) = c

(13)

Using Equation (12) and Equation (13), the velocity of the pulley center of mass will be:
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Table 10. WFM MODE PARAMETERS, USING PARTICLE SWARM OPTIMIZATION

Parameters Symbol Value Unit Source
p,_Al 1484.03 N PSO?®, [112], [113]*
Peak isometric force
P,_P? 2344.77 N PSO, [112], [113]
_ _ K A 1999.99 N/cm PSO, [112], [113]
Series spring constant
K_P 650.07 N/cm PSO, [112], [113]
N ) K;_A 129.66 N/cm PSO, [112]
Titin spring constant
K;_P 456.26 N/cm PSO, [112]
- C:. A 10.26 N.s/cm PSO
Titin damper coefficient
C._P 937.51 N.s/cm PSO
o Cee A 498.55 N.s/cm PSO, [112]
CE damper coefficient
Cce P 230.67 N.s/cm PSO, [112]
SAL_A 29.00 cm [113]
Shank Attachment Length
SAL_P 33.00 cm [113]
FAL_A 4.00 cm [119]
Foot Attachment Length
FAL_P 5.50 cm [114]

A: anterior muscle, P: Posterior muscle, Particle Swarm Optimization, “Range of
parameters was set based on literature.

X, (t) = X (®) + X, () (14)

X, can be calculated as the derivative of Xp. X, IS the position of the end of the muscle,

calculated from the geometry and ankle angle. Finally, the muscle force, F,,, will be:
Fu(®) = Ks X (X — X)) (15)

The mass of the muscle and non-conservative forces are neglected in the derivations.

V. 2. 2. Model Configuration and Implementation
The WFM control algorithm incorporates a pair of virtual muscles (Figure 35) that emulate the

human shank muscles: a tibialis anterior muscle (Lmy) contracts to produce ankle dorsiflexion,
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Table 11. THE ROOT MEAN SQUARE ERROR BETWEEN BIOLOGICAL MOMENT AND
WFM.

Type of data Train Train Train Train Test  Test  Test  Test
Subject number  1-F*  2-F 3-M*  4-M 1-F 2-F 3-M 4-F
RMSE 118.95 167.23 213.85 119.08 102.16 110.88 163.59 139.67

*F stands for Female subject, and M stands for Male subject.
and a posterior muscle (Lmp), based on the soleus and gastrocnemius, contracts to produce ankle

plantarflexion.

The parameters of the WFM for each virtual muscle were found using Particle Swarm
Optimization (PSO) in MATLAB® 2018. The shank attachment length and foot moment arm were
estimated based on literature [113], [114]. The lower and upper bounds of the unknowns were
estimated based on the literature: the peak isometric force (P,) [113], [115], [116], series spring
constant (Kj), titin spring constant and damper coefficient (K, and C;) [113] [117], and CE damper
coefficient (C..) [112]. The model parameters were found by optimizing the calculated ankle joint
torque over training data from 4 healthy subjects during walking over treadmill at a speed of 1.2
m/s. The data were from Lerner’s study [118]. The WFM model parameters are presented in Table
10. The optimization was done using the walking data of four healthy subjects (two male and two
female) as training data, and then we test the results of optimization on another four subjects (one

male and three female). The walking speed of all the subjects were 125 (m/s).

1VV.3. Result and Discussion

The control of an exoskeleton should be designed generally for all populations, so the activation
of muscles should be defined generally too. In this case, we designed a general shape for activation
that is a function of gait cycle time. The result of the optimization shows that the best activation

curve that fits for the training walking data of four subjects has the maximum activation of 0.05
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for anterior virtual muscle, and 0.1 for posterior one. Based on the result of optimization, the
maximum force of the muscle was calculated 5 times of subject’s body weight in kilogram. The
RMSE between WFM torque and Inverse Dynamics in OpenSim for test and train data are
presented in Table 11.

The purpose of this study was evaluating two general activation curves that best fit the torque
output of WFM model to the ID in OpenSim. It is expected that the RMSE of the WFM modeling
be large, since it is a general model that should work for every different person with different
pattern of walking. The important result of this study is that the test data have the same amount of
RSME as the train data—the mean of RSME for train subject is 154.78, and for test subject 129.07.
Comparing the RMSE of test and train data indicates that our model can predict the ankle joint

torque of all populations with the same amount of error, which is acceptable for an exoskeleton.
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V. Conclusions and Future Work

We sought to design and evaluate four adaptive control strategies for a lightweight ankle
exoskeleton, a lightweight hip exoskeleton, a unilateral ankle-knee exoskeleton, and the ankle of
a commercialized exoskeleton based on various biomechanical and biological methods. We also
sought to enhance our understanding of the effect of adaptive assistance strategies on improving
the gait of unimpaired individuals and individuals with impaired mobilities. In the first three
studies, the goal was to design control strategies that were adaptive to different terrains and non-
pathological and pathological walking patterns with the ultimate goal of improving the mobility
of impaired individuals with some independent walking capacity. In the final study, we sought to
design a bio-inspired control strategy for the ankle joint of a commercially-available exoskeleton

for individuals without independent walking capacity.

In chapter one of this dissertation, we presented the development of an adaptive control system
of an ankle exoskeleton. Additionally, our study evaluated the ability of the proposed control
strategy to accurately adapt to level, incline, and decline walking, each at multiple speeds; stair
ascent; stair descent; and 90° turning while walking over-ground. Validation experiments on Six
unimpaired individuals and four individuals with CP are presented in this chapter to confirm the
ability of the proposed control strategy to accurately estimate the biological ankle moment in real-
time. The results indicated that the proposed control strategies were able to assist unimpaired and
impaired individuals during walking on different terrains and improved the metabolic cost of
walking. Results from the validation experiment showed that the suggested approach effectively
estimated the desired moment during walking over various terrains. Future investigation on
evaluating the performance of our ankle-moment adaptive estimation scheme on real-world

mobility for individuals with and without neuromuscular disorders is required.
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Chapter two presented the design and test of a low-profile hip exoskeleton and validation of the
high-level controller during waling on level ground and incline to evaluate its effect on improving
mobility of unimpaired and impaired individuals. The validation of the presented control strategy
was demonstrated by comparing the hip assistance torque profile with the biological hip moment.
The results of the clinical feasibility test indicated the effectiveness of our hip assistance on energy
consumption during walking for individuals with and without walking impairments. Future work
on this project will consist of further studies on clinical participants with larger sample sizes to
further assess the presented study's practical benefits and confirm the generalizability of the current
findings.

Chapter three discussed the development and initial evaluation of a coordinated control strategy
of a unilateral ankle-knee exoskeleton based on biomechanics and inverse dynamics of human
walking over level ground. Initially, efforts to obtain a simplified model of ankle and knee joint
moment online estimation were presented. A pilot experiment was then conducted to evaluate the
feasibility of the proposed control strategy in improving metabolic cost and kinematics of walking
of an unimpaired subject. The proposed coordinated control strategy improves the primary
outcomes compared to both on-off assistance and no assistance. Future research will consist of
conducting experiments with larger sample sizes and on individuals with pathological gait.
Additionally, evaluating the proposed control strategy on more varied terrain remains as future
work.

Chapter four examined the potential for a bio-inspired model to predict ankle joint and improve
ankle control of a commercial powered exoskeleton. First, the real-time ankle moment estimation
model is developed, and optimization is conducted using MATLAB particle swarm optimization

toolbox to evaluate the model's parameters. The proposed model was evaluated on walking data
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of four subjects, and the results showed the model could predict ankle moment accurately. Future
work will include implementing an ankle control strategy based on the proposed model on a
commercialized exoskeleton for further evaluation of the benefits of this research.

In conclusion, the overarching goal was to design exoskeleton assistance strategies that were
(1) able to adapt to different walking patterns and real-world terrains without classification or
prescription, and (2) practical for use in real-world settings. We developed and validated ankle and
hip assistive control strategies on unimpaired and impaired individuals with CP to evaluate the
adaptivity of the assistive strategy on different patterns of walking and different impairment levels.
We also examined the adaptive ankle exoskeleton controller on across many different terrains to
evaluate the adaptivity of our generalized proportional ankle moment assistive strategy . The hip
exoskeleton controller was evaluated over incline and level ground to examine adaptivity over
these conditions; further evaluation is needed on other common terrains encountered during daily-
life activities, such as stair ascent/descent and incline. Similarly, the ankle-knee exoskeleton
controller described in chapter two needs further evaluation on the adaptivity of the proposed
coordinated ankle-knee assistance strategy on different terrains and walking patterns. Chapter four
of this dissertation proposed a novel bio-inspired control strategy for the ankle joint of a full-body
exoskeleton intending to assist individuals with no independent walking ability. One of the
advantages of the proposed assistance strategy was that it did not acquire EMG input, unlike
conventional muscle model control strategies, which may make this approach suitable for
individuals deficient muscle activity patterns. Evaluating adaptivity on different walking speeds
and terrains requires further evaluation and experiment. Future work will involve larger cohorts to
address the limitation of small sample sizes. Further evaluation of a variety of terrains is considered

a future study for both unilateral ankle-knee exoskeleton and hip exoskeleton.
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