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ABSTRACT

A transition from powerful, bulky, and stiff jointed exoskeletons for driving the limbs of para-
lyzed individuals to lightweight, highly backdrivable, partial assist exoskeletons for assisting broad
populations with mild to moderate mobility impairments is well underway. However this transi-
tion cannot be successfully completed without developing and in-vivo testing controllers that are
versatile over multiple activities, clinically intuitive, and easily customizable based on each in-
dividual’s unique needs. This dissertation is focused on providing solutions to this challenging
set of requirements via four aims: 1) improving and later assessing the performance (and limita-
tions) of existing “task-invariant” controllers implemented on various backdrivable exoskeletons,
2) developing a novel bilateral knee controller for broad use cases, 3) performing in-vivo valida-
tion of the novel controller in the fatigue causing lifting-lowering-carrying tasks, and 4) exploring
the customizability of the novel controller for meeting unique needs in highly impaired cases of
post-polio-syndrome (PPS) and multiple sclerosis (MS). Accordingly, this work firstly improved
a potential energy shaping (body weight supporting) controller by blending its stance and swing
torques in multi-support gait phases, by utilizing the vertical ground reaction force signal from a
custom designed foot pressure sensor. Subsequently, this controller and more advanced total en-
ergy shaping controllers underwent in-vivo testing focused on assessing muscle effort reductions.
However, uncovering of shortcomings in customizability and unhelpful behavior outside the nor-
mative kinematics datasets (which these “data-driven” controllers strictly relied on) made them
unsuitable for aims 3 and 4. By using physically inspired torque basis functions that were intu-
itively modified and “task-sensitized” to ultimately behave in a biomimetic fashion for multiple
tasks, aim 2 produced a versatile, clinically intuitive, and “task-invariant” bilateral knee controller
that achieved good in-silico as well as in-vivo results in pilot testing. Aim 3 utilized this novel
controller on a highly backdrivable exoskeleton to achieve holistic, multifaceted (performance,
postural, muscular, and perceptual) benefits in lifting-lowering-carrying over multiple terrain in
both non-fatigued and highly-fatigued physical states. Finally aim 4 produced a clinician-friendly
android app (GUI) that helped customize the novel controller for participants with PPS and MS.
Meaningful improvements were found with the exoskeleton in the primary metrics, i.e., reductions
in the 5xSTS time and stairs ascent time for the participant with PPS; and improvements in leg
clearance and compensatory circumduction for the participant with MS.
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CHAPTER 1

Introduction

Millions of individuals worldwide could benefit through supplementation of their diminished mus-
cular strength—a decline that occurs acutely due to physical fatigue in healthy individuals, or more
chronically as a symptom of an underlying disease or injury. Additionally, a significant number
of individuals could derive benefit by reducing their muscular effort during demanding tasks, in
order to increase endurance, safety, and productivity, or mitigate joint pain associated with high
muscular forces. This dissertation focuses on providing versatile robot-aided assistance in these
broad populations, who retain a considerable amount of voluntary motion. This includes mitigat-
ing or preventing fatigue in healthy construction workers, reducing patelo-femoral joint pain in
knee osteoarthritis (OA), or restoring mobility in populations with neuromuscular weakness such
as multiple sclerosis (MS), post-polio syndrome (PPS), stroke, and sarcopenia.

Until recently, researchers developed lower limb exoskeleton technology to provide complete

assistance to individuals with neuromuscular paralysis (e.g., after spinal cord injury). This mo-
tivated exoskeletons with 1) bulky frames and stiff but powerful actuators that hauled the entire
weight of the paralyzed individuals, and 2) controllers that drove the user’s limbs as per pre-
recorded joint kinematics. This combination of task-specific, kinematic enforcing control schemes
and cumbersome exoskeleton hardware proves unsuitable for individuals who retain various levels
of voluntary motion. These individuals require synergistic partial assistance, via versatile (task-

invariant) controllers that are informed by live motion feedback and exoskeleton hardware that is
lightweight and equipped with low-impedance joints and actuators that minimally hinder remnant
voluntary motion.

Over the span of several years, this dissertation showcases a series of improvements in partial-
assist exoskeleton hardware (Fig. 1.1) and task-invariant controls technology, that build up to a
highly backdrivable (low-impedance), modular, and lightweight bilateral knee exoskeleton, equipped
with a versatile, clinically intuitive, and easily customizable controller. Enabled by these latest de-
velopments, the dissertation culminates with demonstrating holistic benefits to healthy participants
in both non-fatiguing and fatiguing multi-terrain lifting-lowering-carrying tasks, and promising
benefits to impaired individuals with PPS and MS.
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The following section provides a critical literature review of the state–of–the–art in assistive
technologies for common musculoskeleetal disorders (MSDs) of the lower limbs. A brief etiology
of the disorders is given, followed by the relevant robotic assistive technologies implemented to
assist them, and ultimately any shortcomings of the devices are discussed. The last section of this
chapter highlights the contributions of this dissertation in addressing these gaps and provides an
outline of the organization of the work.

Figure 1.1: Improvements in exoskeleton hardware. Left: Comex1 second generation knee ankle
exoskeleton. Middle: Comex2 second generation knee only exoskeleton. Right: M-Blue modular
hip-knee, hip only, and knee only exoskeleton (hip-knee configuration shown).

1.1 State-of-the-art in robotic assistance technology for com-
mon musculoskeletal disorders

One in eight adults in the U.S. has a mobility disability according to the CDC [Courtney-Long
et al., 2015], which limits social activity [Miller et al., 2001], economic productivity [CDC, 2021],
and quality of life [Shafrin et al., 2017]. These disabilities are largely associated with advanced age,
stroke, or musculoskeletal disorders [Bureau, 2014; Vos et al., 2012]. Most of these individuals
have some voluntary control of their lower limbs, and thus require only partial assistance of lower-
limb musculature to overcome weakness during activities of daily living (ADLs). However, no
broadly applicable intervention fits this critical need [Grimmer et al., 2019]. Conventional orthoses
tend to immobilize rather than actively assist joints, causing side-effects including compensations
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[Vistamehr et al., 2014], gait asymmetry [Haight et al., 2015], and overdependence on the brace
[Lairamore et al., 2011]. Passive orthoses, canes, and walkers cannot provide positive mechanical
work to assist the most challenging activities, such as sit-to-stand and stair ascent. We examine the
latest in robotic assistive technologies for common disabilities and MSDs next.

1.1.1 Stroke

Stroke is the second leading cause of acquired disability and has lasting remnant motor deficits
even after extensive rehabilitation [Katan and Luft, 2018; Woolley, 2001]. Stroke rehabilitation
is closely linked to the field of motor learning [Bejarano et al., 2016], which suggests that task-
specific practice is superior to isolated muscle strengthening for enhancing neuroplasticity. How-
ever, due to post-stroke deficits at various joints, task-specific practice is inevitably performed with
various compensations, which then become habitual in the long-term [Beyaert et al., 2015]. In par-
ticular, poststroke deficits at the ankle cause foot drop and reduced push-off power [Kluding et al.,
2013; Verma et al., 2012], and deficits at the knee cause a locked knee gait and reduced foot clear-
ance [Woolley, 2001]. A physical therapist is unable to simultaneously assist multiple joints like
robot-guided training [van Kammen et al., 2020], but robotic therapies have various drawbacks.
Treadmill-based robot-guided training enforces normative joint kinematics resulting in less patient
effort, reduced kinematic variability, and practice on an unnatural (treadmill) surface—all factors
that greatly reduce learning [Dobkin and Duncan, 2012]. While mobile exoskeletons [Buesing
et al., 2015] address the last problem, their reliance on pre-defined joint patterns fails to address
the first two problems. Moreover, the focus of robot-aided gait training on walking neglects the
common ADLs of stair climbing and sit-to-stand, yet rehabilitation of these tasks can reduce fall
risk after stroke [Amira et al., 2015; Jacobs, 2016; Morone et al., 2018]. These challenges can be
addressed by backdrivable, task-invariant powered orthoses with modularity to accommodate the
heterogeneity of the stroke population. In chapters 2 and 3, we perform preliminary able-bodied
validation of a task-invariant controller using our first-gen knee-ankle exoskeleton (Comex 1), as a
precursor to future testing on stroke participants.

1.1.2 Low back pain—lifting-lowering-carrying

LL tasks are common in warehouse, construction, and military settings and are highly associated
with low-back-pain due to their repetitive nature causing overuse injury [Marilyn Sharp et al.,
2006]. The squat lift is recommended to prevent low-back injury, but because it involves lifting
and lowering the body’s center of mas, it is not as energy efficient as the stoop lift. The knee
and ankle produce significantly more torque/power for the squat lift than the stoop lift, which
primarily uses the hips and puts more stress on the lower back [Hwang et al., 2009; Antwi-Afari
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et al., 2017]. The squat lift is more difficult to maintain due to distal muscle fatigue, causing
individuals to eventually transition to the stoop lift [Hsiang et al., 1997; Trafimow et al., 1993].
Currently there is no causal orthotic treatment that prevents poor biomechanics (stooping) due
to weak/fatigued lower-limb muscles [Hsiang et al., 1997]. In contrast, rigid back braces reduce
lumbar loading during stooping but also restrict voluntary motion [Picchiotti et al., 2019]. Other
workplace exoskeletons use a posterior elastic element in the back brace to compliantly assist
lumbar extension [Ulrey and Fathallah, 2013; Lamers et al., 2018, 2020], but this can increase the
activity of trunk flexor muscles [Theurel and Desbrosses, 2019]. Powered workplace exoskeletons
address this problem by using hip actuators to assist trunk extension [Theurel and Desbrosses,
2019]. While these devices can compensate for gravity at the hips [Wei et al., 2020; Huysamen
et al., 2018], they cannot assist the distal joints which are critically involved in squatting. Instead
these designs may encourage stooping.

Moreover, the real working environment involves not just LL, but lifting-lowering-carrying
(LLC) over multi-terrain. The current exoskeleton/controller technologies fall short in fulfilling
this versatile need. Ideally, assistive torques at the knee will target the root cause of poor LL
biomechanics: weak/fatigued distal joint musculature. With this assistance, we would expect to
see less stooping post-fatigue with orthotic assistance. The orthosis should also reduce muscle ef-
fort to delay fatigue, allowing proper lifting biomechanics for longer periods to prevent low-back
injuries in the workplace. Moreover, since quadriceps are stressed during high demand activities
such as stairs and ramp climbing, the ideal orthosis should be versatile enough to provide assis-
tance in multiple tasks. To address these gaps, we first designed a novel bilateral knee controller
that facilitates multi-terrain lifting-lowering-carrying (LLC) in chapter 4, and later performed pre-
clinical validation on eight healthy subjects using the M-BLUE bilateral knee modules in both
fatiguing and non-fatiguing tasks in chapter 5.

1.1.3 Post-polio syndrome and Multiple sclerosis

Post-polio syndrome (PPS) is a neurological disorder that can affect polio survivors decades after
the occurrence of the polio infection [Li Hi Shing et al., 2019]. While the polio vaccine has largely
eradicated polio in the US and other parts of the world, an elderly population of polio survivors still
remains who are at risk of developing PPS. Recent anti-vaccine sentiments fueled by the covid-
19 pandemic may once again make this disease more widespread [Harvard International Review,
2023]. From the perspective of mobility, the polio affected neurons gradually degenerate causing
progressive muscle weakness, fatigue, pain and hamper gait performance. PPS patients are often
exhausted even after little activity. Walking, rising from a chair and stair climbing are a challenge
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as they need balance and co-ordination and aggravate fatigue. PPS symptoms affect functional
mobility and lead to a sedentary lifestyle that may cause further complications such as obesity
and diabetes, causing social isolation and reduce accessibility for patients. Robotic gait assistance
can help alleviate this challenge by supporting affected muscles and reducing strain on the body.
However, a recent study [Yu et al., 2020] that tested a custom powered knee exoskeleton on three
PPS participants demonstrated much worse scores with the powered device on the 10 meter walk
test, and the TUG, compared to a simpler passive brace that prevents knee hyper-extension and
allowed the participants to use their affected leg like a stick in a “pole jump” gait. However this
gait style puts unnaturally high stresses on the pelvis and is not sustainable.

MS is a complex autoimmune disease that affects the central nervous system, and often leads
to impairment of the lower-limb extremities and gait disruptions [Hoang et al., 2014]. Some of
the characteristics of MS are muscle weakness, spasticity, lack of balance and coordination, and
fatigue to perform activities of daily living. Muscle weakness prevents generation of enough force
to support the body in demanding tasks such as sit-stand and stair climbing. Moreover, functional
spasticity in an antagonistic muscle can have a further debilitating effect on the weakened agonist
during gait. Similar to PPS, high demand activities induce additional fatigue that further impairs
gait. An assistive exoskeleton can potentially provide optimal assistance to correct the strength
deficits, which can potentially increase gait performance and improve endurance by delaying fa-
tigue. However, a large randomized clinical trial with a commercial bilateral knee exoskeleton
(Keeogo) showed negative gait performance results, i.e., participants walked significantly slower
with the device [McGibbon et al., 2018, 2023] on the timed up and go (TUG), six minute walk test,
and timed stair test. Moreover this commercial device is touted to use traditional actuation with
high reflected inertia, i.e., it has relatively stiff joints which may hinder voluntary motion.

As both MS and PPS are progressive diseases, the assistive strategies would need to be modified
along with the changing needs of the patient. Additionally MS is peculiar for having “flare ups”
and deficits that change location on a short term basis. Moreover, the presentation of deficits
in both of these diseases is highly individual specific. As such, adaptability and clinician-friendly
customizability of assistance provided by robotic assistance devices is crucial to tailor interventions
according to the needs of each patient. A versatile control strategy can thus help to tackle the
complex task of customization in robotic gait assistive systems. In chapter 6 we make headway
in closing this gap by customizing the controller developed in chapter 4 with the help of a custom
android app, and perform preliminary validation in two case studies (PPS and MS) using M-BLUE
bilateral knees.
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1.1.4 Knee osteoarthritis

Weak lower-limb musculature is a significant contributor to the risk of OA, especially at the knee,
which represents over 80% of the total burden of the disease [Vos et al., 2012]. The medial and
lateral tibiofemoral joint (TFJ) and patella-femoral joint (PFJ) form the three compartments of
the knee (and three potential regions for OA). Several studies support the theory of quadriceps
weakness being a significant contributing risk factor towards knee OA progression in all three
compartments. In [Amin et al., 2009] , it was found that greater quadriceps muscle strength pre-
vented cartilage loss at the PFJ. Additionally these patients presented with less knee pain compared
to controls. A proposed theory is that the medial and lateral quadriceps are uneven in strength and
cause misalignment of the PFJ [Amin et al., 2009], which can increase pain during loading. This
correlation between quadriceps weakness and knee pain was also found for TFJ OA [O’Reilly
et al., 1998]. It is known that the quadriceps act as a shock absorbing mechanism during the gait
cycle [de Oliveira Silva et al., 2015]. Weak quadriceps can therefore lead to knee instability and
greater loading at the articular surfaces, increasing the risk for TFJ OA progression. There is
also growing evidence that hip musculature has influence on the progression of both knee and hip
OA. Preliminary findings show decreased hip extension, external rotation and abduction weakness
in patients with knee OA compared to healthy adults [Deasy et al., 2016]. A similar correlation
between weakened hip muscles and hip OA progression has been found [Amaro et al., 2007]. Im-
portantly, the compensatory mechanisms of unilateral hip OA can lead to contralateral hip OA
[Amaro et al., 2007] as well as contralateral knee OA [Shakoor et al., 2003]. Therefore, modular
orthoses that can provide assistive torques at the knee and hip joints during daily tasks can com-
pensate for weakness in quadriceps and hip musculature and mitigate the symptoms of knee and
possibly hip OA. Instead of assisting musculature, current knee OA orthoses unload the medial or
lateral knee joint space through the mechanical structure of the brace. These knee orthoses have
shown pain reduction and functional improvement [Pollo et al., 2002] but they do not address pain
associated with the patellofemoral joint (PFJ) compartment–most likely because they do not re-
duce patellofemoral loads caused by the action of the quadriceps. To motivate future work with
the latest controller and M-BLUE hardware, we present preliminary results at the end of chapter 6
from a PFJ OA case study performed using a simple quasi-stiffness controller using Comex 2.

1.2 Contributions and organization of the Dissertation

In chapter 2, I improve and assess an existing task-invariant control scheme by implementing a
custom foot pressure sensor for Comex 1 and perform preliminary in-vivo validation. My group’s
prior work [Lv et al., 2018] developed the first version of a partial assistance controller that reduced
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the effect of gravity on the wearer’s joints by way of a nonlinear controls technique of (potential)
energy shaping. In effect it provided virtual body weight support (vBWS). Since this assistance
scheme transcends the need to be pre-programmed for a particular activity/task, it is fundamentally
“task-invariant”. However, vBWS does not consider body weight load distribution between the
two limbs during double support phases, causing excessive assistance torques by assuming all
bodyweight is supported by a single limb (single support). By utilizing the vertical ground reaction
force (vGRF) feedback from a custom designed force sensing foot plate, chapter 2 significantly
improves the vBWS controller for double support phases, and investigates its efficacy on a single
healthy subject for multiple activities of daily living (ADLs) using Comex 1. Experimental results
suggest that vBWS with vGRF is an effective assistance scheme for slow activities such as getting
up from a chair and performing a squat.

Chapter 3 presents human subject experiments that were my contributions to collaborative work
on more advanced task-invariant controllers—specifically, the multi-task optimized energy shap-
ing controller (M-TOES) which crucially utilizes the vGRF in its optimization scheme [Lin et al.,
2022]. M-TOES was tested on 3 healthy subjects for all primary ADLs and achieved promising
but subject dependent muscular effort reductions for tasks with slow as well as fast dynamics with
Comex 1 (equipped with the custom vGRF sensor I developed). Next, the chapter presents the
results of my latest collaboration in the experimental testing (n=8) of an updated version of the M-
TOES controller implemented on our latest M-BLUE exoskeleton (knee and hip modules). Good
matching between controller and normative torques was achieved with these exoskeleton/controller
combinations for all ADLs. However, the vast number of non-intuitive basis functions utilized in
the M-TOES controls approach hindered customizability, and possibly explains the lack of con-
sistent muscular effort reductions that were achieved across tasks. These limitations precluded the
application of M-TOES for LLC and impaired individuals, and paved the way for the subsequent
chapters.

Chapter 4 presents a novel, versatile, clinically intuitive, and easily customizable bilateral knee
controller for application to LLC and impaired individuals. Assisting LLC requires specialized
torques, high in magnitude, fully exploiting the capabilities of the actuator, and not limited by
the need to match the % assistance for each task or relying on a normative dataset. Although
the controllers tested in chapter 3 guaranteed stability, they have no guarantee of producing help-
ful torques especially for the impaired populations who have non-normative kinematics that fall
grossly outside the training dataset. The critical dependence on a training dataset is also a draw-
back of machine learning approaches that aim for task-invariance. In chapter 4 I took a more
fundamental approach to controller development. By studying fundamental clinical gait analysis
literature and using carefully selected, physically inspired torque basis functions, I developed a
task-invariant bilateral knee controller which in addition to achieving good torque matching with
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normative data, is also clinically intuitive and readily customizable.
Chapter 5 presents for the very first time, multifaceted (performance, postural, muscular, and

perceptual) benefits for multi-terrain LLC during both fatigued and non-fatigued states using the
novel controller developed in chapter 4 and the latest M-BLUE bilateral knee modules. While
prior studies have demonstrated exoskeleton benefits for isolated (e.g., squatting, or stair climb-
ing) tasks, their controllers are not task-invariant and hence would be impractical in the workplace
which exhibits a multitude of terrains in which the exoskeleton is expected to adapt in. More-
over, the experimental designs of prior studies do not assess the exoskeletons’ performance during
fatigue—which is highly linked with low-back-pain incidence—and thus lack impetus for work-
place adoption. Moreover, Chapter 5’s results shine a spotlight on “distal” joint assistance for LLC
assistance, which is a shift in focus from the “direct” approach used by back only and hip-back
braces.

In chapter 6, I firstly develop a clinician-friendly android GUI that allows seamless customiza-
tion of the intuitive controller parameters developed in chapter 4. Next, after customizing the
controller to meet unique participant-specific needs and deficits, we demonstrate meaningful im-
provements in the primary metrics of PPS and MS patients via two case studies performed with the
M-BLUE bilateral knee modules. To motivate future work with the novel controller/exoskeleton
combination, chapter 6 additionally presents the pain scale improvements seen in a preliminary
experiment on a patelo-femoral OA patient using a simple quasi-stiffness controller implemented
on Comex 2.

The major contributions of the dissertation are summarized as follows:

• Chapter 2 details the improvements to a potential energy shaping controller by the develop-
ment and implementation of a custom-made vGRF sensor for Comex 1. The sensor facil-
itated correction of the controller torques during multi-support task phases. The improved
controller is subsequently validated on a healthy participant on multiple terrain.

• Chapter 3 details the pre-clinical validation of 2 advanced energy shaping controllers on
Comex 1 (n=3) and the M-BLUE knee and hip modules (n=8) which paves the way for
subsequent controller developments and experiments.

• Chapter 4 details the development of a novel, clinically-intuitive, and easily customizable
energy shaping inspired control scheme for partial-assist knee exoskeletons.

• Chapter 5 details the pre-clinical validation of the novel controller developed in chapter 4 for
the application of lifting-lowering-carrying in both fatigue and non-fatigue states, and for
the first time shows holistic, multifaceted benefits in these tasks.
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• Chapter 6 firstly explores the customizability of the novel controller developed in chapter
4 for individuals with lower limb impairments using a clinician-friendly android app. Sec-
ondly, it presents case studies on participants with PPS and MS using customized versions
of the novel controller developed in chapter 4, achieving promising benefits for both par-
ticipants. Lastly by presenting preliminary results of a simpler (quasi-stiffness) controller
on a knee OA patient using Comex 2, the chapter motivates future testing using the novel
controller developed in chapter 4.
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CHAPTER 2

A Potential Energy Shaping Controller with Ground
Reaction Force Feedback for a Multi-activity

Knee-ankle Exoskeleton

The work in this chapter was published in 2020 at the 8th IEEE RAS/EMBS international con-

ference for biomedical robotics and biomechatronics [Divekar et al., 2020]. Authors: Nikhil V
Divekar, Jianping Lin, Christopher Nesler, Sara Borboa, Robert D Gregg.

2.1 Introduction

Every year more than 800,000 Americans are affected by stroke, out of which 200,000 are affected
by hemiparesis of the lower limb [Ma et al., 2014]. Post-stroke rehabilitation typically involves
gait training [Morone et al., 2017]. The most common, persisting gait deficit is foot-drop [Klud-
ing et al., 2013; Verma et al., 2012], which is associated with weakness in dorsi-flexors and/or
co-contraction of plantar-flexors. Foot-drop in turn affects patients’ foot clearance ability dur-
ing swing, and also results in foot slap after heel contact. Another ankle deficit is plantar-flexor
weakness during push-off, which is usually associated with more proximal compensation strate-
gies to increase gait speed such as hip extension or increased plantar-flexion of the non-paretic leg.
Improving ankle biomechanics is important because gait speed is a determining characteristic of
functional tests [Patterson et al., 2010].

Knee biomechanics are also affected in the hemiparetic gait [Woolley, 2001]. Quadriceps
weakness more often results in the adoption of a locked-knee gait, i.e., greater than normal ex-
tension or even hyper-extension of the knee during stance. This strategy is understandably used
to avoid the issue of knee buckling upon heel contact. This compensatory mechanism however
reduces gait velocity, and can also increase impact forces on the knee. Hamstring weakness can
decrease the amount of foot clearance achieved during swing, resulting in compensatory mecha-
nisms from proximal joints such as hip circumduction of the paretic leg or plantar-flexion of the
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unaffected leg, e.g., vaulting.
Robot assisted gait training (RAGT) has potential benefits over traditional, therapist-based re-

habilitation [van Kammen et al., 2017]. First, RAGT can drastically increase the number of rep-
etitions. Further, RAGT reduces the burden on the therapists, so more patients can be treated by
a single therapist. Another advantage is that assistive joint torques can be applied in a more con-
trolled and potentially customized manner. However, RAGT has not shown better outcomes com-
pared to traditional therapist-based rehabilitation [Dobkin and others, 2003]. The current RAGT
schemes enforce fixed joint trajectories on a patient, which may not match with a patient’s innate
trajectory before the stroke. Further, patient gait trajectories evolve towards a normative trajectory
throughout the rehabilitation and re-learning process. Therefore, enforcing a particular trajectory
may not be the best strategy to help a patient that may have different levels of impairment across
the muscles. The second problem with this strategy is that it introduces patient complacency and
greatly diminishes the stimulation and level of difficulty, ultimately reducing learning [Bejarano
et al., 2016].

Recently, Goldfarb et al. [Murray et al., 2015] attended to this problem through the design of 1)
a mobile exoskeleton (Indego) with backdrivable actuators to allow voluntary joint motion, and 2)
a walking controller that does not depend on a pre-defined trajectory. The controller was designed
primarily to provide a combination of body-weight compensation and stance stabilization through
the hip and knee actuators, but this exoskeleton did not have ankle actuators. Moreover, the field of
physical therapy supports the notion that the level of impairment on the hemiparetic side increases
from proximal (hip) to distal (ankle), and that distal joint recovery needs to be actively facilitated
[Sheila Lennon, 2001]. Further, this study did not consider other activities of daily living (ADLs)
that are necessary for regaining independence.

RAGT typically focuses on walking, either on a treadmill or level ground. However, stair
climbing is an equally important ADL, and improvements gained in walking ability do not neces-
sarily transfer to stair climbing [Morone et al., 2018]. This requires a different set of biomechanics
and higher quadriceps and ankle involvement. Moreover, falling on stairs poses a disproportion-
ately higher risk of severe injury or death in older adults [Jacobs, 2016]. Sit-to-stand is another
activity that is typically neglected in RAGT. Subjects greatly bias their weight to the non-paretic
side when performing sit to stand, thereby increasing its loading [Amira et al., 2015; Marigold
and Eng, 2006]. In fact, a lack of rehabilitation in sit-to-stand contributes to the increased fall risk
in the post-stroke population [Amira et al., 2015]. Training ADLs with RAGT requires a mobile,
backdrivable exoskeleton with a task-invariant controller that allows the patient to practice their
preferred joint kinematics with proper torque assistance. Although progress has been made in the
design of backdrivable exoskeletons [Zhu et al., 2017; Lv et al., 2018; Wang et al., 2018; Zhu et al.,
2019], their control strategies still tend to be task specific.
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To address these gaps, our prior work [Lv and Gregg, 2018; Lv et al., 2018] developed a
task-invariant exoskeleton control strategy that assists the user’s voluntary movements with ener-
getic control objectives rather than kinematic objectives. This work implemented a control tech-
nique called potential energy shaping in a unilateral knee-ankle exoskeleton (Comex 1) to reduce
the perceived gravity of the user. The control strategy leverages the exoskeleton’s backdrivable,
torque-controlled actuators, which comprise a high-torque motor with a low-ratio transmission
(24:1). This design minimizes the backdrive torques (around 3 Nm) while being capable of out-
put torques up to 60 Nm [Zhu et al., 2017], which is sufficient for rehabilitation of the primary
ADLs post-stroke [Hidler et al., 2007; Ng and Hui-Chan, 2012]. However, the potential energy
shaping approach in [Lv and Gregg, 2018; Lv et al., 2018] relies on a model that assumes the
stance leg is fully loaded with the weight of the user, resulting in excessive plantar-flexor torques
as weight transfers from the assisted leg to the contralateral leg during double support. This exces-
sive plantar-flexion can aggravate the foot-drop problem later in swing, during both walking and
stair climbing. For sit to stand, the controller provides double the required torque, as body weight
should be equally shared between the two legs. During sitting, excessive ankle and knee torques
are applied as most of the weight is supported by the seat. These limitations must be overcome
before this control approach can serve patient populations.

In this study, we improve the potential energy shaping control method in Comex 1 using ground
reaction force (GRF) feedback to taper the torque control output for any activity involving multiple
supports. We demonstrate feasibility with a single healthy subject performing a variety of tasks
(walking, stair climbing, sit-to-stand, and stand-to-sit), resulting in reduced muscular effort when
assisted by the exoskeleton. In Section 2.2.1 we briefly describe the dynamic model and control
law of [Lv and Gregg, 2018], which is improved with a GRF-based torque output tapering strat-
egy. Section 2.2.2 describes the exoskeleton and custom foot force sensor used to implement the
control strategy. Section 2.2.3 presents the methodology for the human subject experiment, which
compares muscle activation between bare, passive, and active modes. Section 2.3 first uses pre-
recorded human subjects data for level-ground walking to show the tapered torque outputs better
match normative joint torques compared to the original control strategy. We then validate the foot
sensor by comparing its measurements with a portable force plate. Moreover, the control strat-
egy is implemented in the exoskeleton for experiments with a single healthy subject performing
ADLs. We conclude the study with a discussion of the results in Section 2.4 and closing remarks
in Section 2.5.
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Figure 2.1: Kinematic model of the human body. COP denotes the Center of Pressure. The solid
links denote the stance leg, the dashed links denote the swing leg. This figure is reproduced from
[Yeatman et al., 2019].

2.2 Methods

This section presents the theoretical framework for potential energy shaping with GRF-based ta-
pering, the design of the exoskeleton and GRF force sensor, and the methods for the multi-task
human subject experiment.

2.2.1 Potential Energy Shaping For Knee-Ankle Exoskeleton

2.2.1.1 Model

The biped model in Fig. 2.1 is restricted to the sagittal plane due to the planar actuation scheme of
the exoskeleton. The masses of the human limb and the exoskeleton are combined together in the
model. For control purposes, the dynamics of the stance and swing legs are modeled separately
with coupled interaction forces. The generalized coordinates of the stance leg are given by qst =

(px, py,φ ,θa,θk)
T ∈ R5×1, where (px, py) represents the Cartesian coordinates of the heel with

respect to the inertial reference frame (IRF). The heel angle φ is defined with respect to the vertical
axis, and θa and θk are the stance ankle and knee angles, respectively.

We use the Euler-Lagrange method to derive the dynamics of the stance leg, where the corre-
sponding Lagrangian L(qst , q̇st) = K(qst , q̇st)−V (qst) is the difference between the kinetic energy
and potential energy [Murray et al., 1994]. The kinetic energy K(qst , q̇st) =

1
2 q̇T

stM(qst)q̇st is based
on the generalized mass/inertia matrix M(qst) ∈ R5×5, and V (qst) ∈ R is the gravitational poten-
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tial energy. V (qst) =
n
∑

i=1
mighi(qst) In the following equations, we omit the arguments qst and q̇st

of the dynamic terms to abbreviate notation. Based on the Euler-Lagrange equation, the human-
exoskeleton stance leg dynamics are given as

d
dt

∂q̇st L−∂qst L+AT
λ = Mq̈st +Cq̇st +N +AT

λ = τ, (2.1)

where C ∈ R5×5 is the Coriolis matrix, N = ∇qstV ∈ R5 is the gravitational forces vector, and
matrix A ∈R3×5 maps the ground reaction forces λ ∈R3 into the dynamics. We denote the torque
inputs as τ = τexo + τhum = Bu+Bv+ JT F , where B = [02×3, I2×2]

T ∈ R5×2 maps the exoskeleton
actuator torques u ∈ R2×1 and human muscle torques v ∈ R2×1 at the knee and ankle into the leg
dynamics. The interaction forces F ∈ R3 between the hip and the swing leg are mapped to the
system by the body Jacobian matrix J [Lv and Gregg, 2018].

For the swing leg model, the generalized coordinates are given as qsw = (hx,hy,θth,θsk,θsa)
T ∈

R5×1, where (hx,hy) are the positions of the hip with respect to the IRF, θth is the angle between the
vertical axis and the swing thigh, and θsk and θsa are the swing knee and ankle angles, respectively.
The swing leg dynamics have the same form as (2.1) except there is no ground contact, i.e., λ = 0.

2.2.1.2 Control

Our controller for the exoskeleton is based on the controlled Lagrangian method [Blankenstein
et al., 2002], which maps the original open-loop system to a desired closed-loop system (i.e.,
feedback system). We wish to achieve a closed-loop system with a modified potential energy Ṽ as

Mq̈st +Cq̇st + Ñ +AT
l λ = Bv+ JT F, (2.2)

where Ñ = ∇qstṼ ∈ R5×1 represents the modified potential forces vector. Based on [Blankenstein
et al., 2002], systems (2.1) and (2.2) match if and only if there exists a full rank left annihilator of
B in the orthogonal projection form, i.e., B⊥B = 0, such that

0 = B⊥(N − Ñ), (2.3)

holds true along all trajectories (qst , q̇st). Equation (2.3) is called the matching condition for po-
tential energy [Lv and Gregg, 2018]. The corresponding feedback control law is explicitly given
by

u = (BT B)−1BT (N − Ñ), (2.4)
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which only depends on the configuration vector qst [Lv et al., 2018].
Given the left annihilator matrix

B⊥ =

[
I3×3 03×2

02×3 02×2

]
,

the matching condition (2.3) suggest the first three rows of the modified Ñ must be equal to those
of N [Lv and Gregg, 2018]. To provide gravity compensation, we define the closed-loop potential
force vector as Ñ = [NT

1:3,µ ·NT
4:5]

T , where Ni: j contains the ith to jth elements of the vector N, and
µ is a constant scaling coefficient. The resulting control law only depends on the foot orientation,
ankle angle, and knee angle. The coefficient µ is selected to be less than one so that the exoskeleton
compensates for a fraction of the gravitational torques at the ankle and knee joints, providing virtual
body-weight support (BWS). The controller for swing period is derived in a similar manner using
the swing leg coordinates [Lv and Gregg, 2018].

Note the model (2.1) does not know the state of the contralateral leg, and it is practically
impossible to measure the interaction forces F between the hip and swing leg. Hence, the potential
energy shaping controller compensates for a fraction of the full body weight during stance, even
when part of the body weight is supported by the other leg or a chair. We attend to these issues
by implementing a GRF-based torque tapering strategy, where a scaling factor ε multiplies the
exoskeleton torque commands from (2.4) during the stance phase. The scaling factor ε is a function
of the vertical ground reaction force measured by a custom force sensor in the Comex 1 foot plate,
which is described next.

2.2.2 Mechanical Design of Exoskeleton and GRF Sensor

The partial-assist device (Comex 1) for which the controller is designed is shown in Fig. 2.2a. The
device can produce 30 Nm continuous torque (60 Nm peak) at the knee and ankle using 200 W
frameless BLDC motors (Emoteq) with a 24:1 transmission ratio. The transmission comprises a
belt stage and a custom planetary gearbox inside the driven sprocket. The motors are driven with
sinusoidal commutation by Elmo Gold Twitter drives (rated to 30 A). The control system includes
the onboard sensors and computation needed to implement torque control laws, including Sunrise
torque sensors for closed-loop torque control running at 800 Hz on a National Instruments myRIO
microcontroller. High-resolution relative encoders measure joint angles/velocities, and a 6-axis
Microstrain IMU measures orientation. The system is powered by an onboard Lithium-Ion battery
pack. The unpowered backdrive torque is about 3 Nm, allowing the user to freely control their
joint kinematics. The device weighs about 4.5 kg and includes safety features such as hard stops
and current limiters at both joints.
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(a) (b)

Figure 2.2: (a) Comex 1 exoskeleton being worn by a healthy user. (b) Top: Sagittal view of
Comex 1 foot plate, showing the rigid structure (gray), insole (black), force sensor plates (blue),
and force-channeling pucks. Bottom: Top section view showing the layout of FSRs (red) within
the force sensor plates (blue).

The foot sensor used in this work was designed to record the wearer’s vertical ground reaction
force with the accuracy of an instrumented force plate, while maintaining the profile and level of
portability necessary to incorporate it into the underfoot region of Comex 1’s footplate - see Fig.
2.2b. This was accomplished using a structure inspired by force plate construction, wherein each
section includes two rigid plates, held apart by circular spacers that each sit atop a FlexiForce
A401 (Tekscan, South Boston, MA) force sensitive resistor (FSR). Due to the gap between the
rigid plates being held open by the spacers, all force applied to the plates’ large surface areas
travels through the spacers and, as a result, the FSRs. A thin layer of compressible foam is placed
above and below the FSRs to ensure sufficient pressure distribution between the spacer and the
lower plate. By funneling the force to the FSRs in this manner, we are able to avoid having large
portions of the foot which do not transmit their force to a sensor due to their lack of surface area
coverage. This is an issue that can also be addressed by using FSR-style sensors with large surface
areas (e.g., Tekscan F-Scan), but high cost and limited durability keep this from being an ideal
solution.

The FSRs from the heel and middle section of the sensor are connected to each other in parallel
and form the total heel resistance. Similarly, the 3 FSRs from the toe section are connected in
parallel, forming the total toe resistance. The change in resistance of the heel and toe (related
to the force being applied at these locations) is sensed and amplified by an operational amplifier
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circuit recommended in the Tekscan data sheet [Tekscan, 2020]. This circuit also has the additional
function of linearizing the non-linear resistance-force relationship. Finally, MyRIO software is
used to calibrate the sensors before each experiment to achieve a final readout normalized to body
weight.

2.2.3 Human Subject Experiment Methodology

The human subject experiment was designed to demonstrate the potential benefit of the knee-ankle
exoskeleton during multiple, common ADLs. These tasks were: sit to stand, stand to sit, treadmill
walking, and stair climbing. The primary aim of the experiment was to show a reduction in effort
of the muscles related to the joints assisted by Comex 1. We assessed activation levels of the
following muscles: vastus medialis oblique (VMO), biceps femoris (BF), tibialis anterior (TA),
and soleus (SOL), which function as a knee extensor, knee flexor, dorsi-flexor, and plantar-flexor
respectively. A single, male human subject (mass: 80 kg, height: 1.78 m) was enrolled for the
study, which was approved by the Institutional Review Board at the University of Texas at Dallas
and the University of Michigan.

The sit to stand, and stand to sit tasks were completed as part of a repetitive sit-stand cycle
which consisted of four phases: sitting, sit to stand, standing, and stand to sit. Each phase lasted
1.5 s (cued using a metronome set to 40 BPM). A total of nine repetitions were carried out for
each of the three modes tested: bare (without exoskeleton), passive (exoskeleton un-powered),
and active (exoskeleton assistance). The level of assistance was set to µ = 0.17 and µ = 0.4 for
stance and swing respectively for the active mode. The subject was instructed to maintain the
same sit-stand technique for all three modes to minimize any bias in the results. The next task
performed was level walking on a treadmill. The walking speed and cadence were kept the same
for all three modes, and were set to the subject’s self selected levels (speed of 2 MPH and cadence
of 75 steps/min). These were determined while the subject walked with Comex 1 on passive mode.
Feedback of the selected cadence was provided using a metronome, and the subject was asked to
comply with it to the best of his ability. A total of 30 gait cycles were collected for each of the
three modes tested. While the subject was allowed to use the treadmill handle bars during practise,
this was disallowed during the trials which were recorded. The last task tested was stair climbing.
An internal staircase of the building housing the laboratory was used for this purpose. Data was
collected in two sets for each mode, where each set consisted of climbing up the full staircase
acquiring four gait cycles. Thus eight gait cycles were collected for each of the three modes. A
metronome set at 40 BPM was provided to help the subject keep the cadence consistent. While this
cadence is lower than the average for healthy subjects, this ensured longer muscle loading times to
better distinguish the effect of Comex 1 assistance, and also is closer to the low cadence of stroke
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patients who are the intended end users of the device.
We used a Delsys system to acquire electromyography (EMG) data from the four muscles

VMO, BF, TA, and SOL of the right limb (the side with Comex 1). The skin was appropriately
prepared to reduce skin-electrode impedance. An inter-electrode distance of 10 mm was used.
All EMG data was sampled at 2000 Hz and smoothed with a low-pass, zero-lag, second-order
Butterworth filter (6 Hz cutoff). All data was normalized with respect to the maximum value of
the mean of the ensemble average of each task for each muscle [Yang and Winter, 1984], i.e., as
a percentage of the maximum voluntary contraction level (%MVC). EMG data corresponding to
each sit to stand, and stand to sit repetition was cropped based on the deflection and return to steady
state of the sagittal femur angle (measured using an accelerometer built into the EMG sensor). The
walking and stairs trials were cropped using spikes in the accelerometer data corresponding to heel
strike. The cropped trials were then integrated with respect to time to represent muscular effort as
%MVC.s.

2.3 Results

2.3.1 Tapering Simulation Using Normative Kinematic Data

In this simulation, we examine the exoskeleton torques provided by inputting normative human
kinematic data during level-ground walking [Embry et al., 2018] into the controller (2.4). We
set the scaling factor ε = sin( f

fbw
· π

2 ), which multiplies the exoskeleton torques during the stance
phase, where f represents the vertical ground reaction force measured by the force plate, and fbw

represents the weight of the human subject. Once f reaches fbw, the scaling factor becomes one,
and the whole body weight acts on the contact foot. The reason for setting ε = sin(·) is to have a
smooth transition when f is around fbw.

Fig. 2.3 compares the simulated exoskeleton joint torques with normative joint torques for
level-ground walking [Embry et al., 2018]. Results show that potential energy shaping with ta-
pering better matches the human torque profiles than without tapering, suggesting the tapering
strategy will deliver more appropriate assistance in the subsequent experiments with ADLs.

2.3.2 Foot Sensor Validation

The foot sensor design was validated by wearing Comex 1 during overground walking, in which
the wearer stepped on a portable force plate (Kistler). The foot sensor (via myRIO) and force plate
recordings were started and stopped at the same time, and sampled at the same rate. The data in
Fig. 2.4 were trimmed to contain just the stance phase of the step on the force plate, and normalized
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Figure 2.3: The torques acting on ankles and knees based on level ground walking on a treadmill
with walking speed 1.0 m/s. The red solid lines represent the averaged human torques (10 subjects)
with variance. PE represents the potential energy shaping method. Positive values represent ankle
dorsiflexion torques and knee extension torques.

using the subject’s body weight. This trial resulted in a correlation coefficient of 0.99 between the
foot sensor and force plate data (taken as gold standard), with a mean square error (MSE) of 0.03
between the two signals. Further analysis of the graph shows that the difference between the peaks
in both signals is negligible, showing the linear behavior of the force sensor.

2.3.3 Experiments with Activities of Daily Living

The primary objective of the human subject experiment was to determine the effect of Comex 1
assistance torques on the muscles related to the knee and ankle joint movements during the four
tested tasks. Fig. 2.5 shows the ensemble average (across repetitions) of time-normalized EMG
for all muscles (VMO, BF, TA, and SOL), tasks (sit to stand, stand to sit, level walking, and stair
climbing), and exoskeleton modes (bare, passive, and active). Also shown are the simultaneously
recorded exoskeleton assistance torques pertaining to the muscles (knee torques are overlayed for
VMO and BF, whereas ankle torques are overlayed for TA and SOL). Generally during active
mode, a reduction in agonist EMG (agonist muscular activation) was observed during periods
of higher torque assistance levels of the related joint compared to bare and passive modes. A
detailed analysis of Fig. 2.5 is given in Section 2.4 where we dissect the EMG patterns found
for the various phases of the tasks and their potential bearing on stroke rehabilitation. We show
quantitative comparisons of mean muscular effort for the various tasks and muscles in Tables 2.1-
2.4.
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Figure 2.4: Comparison of the simultaneously recorded foot sensor and force plate readings for
one stance cycle during level overground walking. Both readings are normalized to body weight,
and temporally normalized to a percentage of the stance phase. A correlation coefficient of 0.99,
and a mean square error of 0.03 was found between the two signals.

Table 2.1: Effort comparisons for Sit to Stand: showing mean (± SD) for muscles (columns) and
modes (rows).

Effort
VMO BF TA SOL

[%MVC.s]
Bare 78.8 (6.2) 86.0 (8.8) 63.2 (15.2) 33.6 (8.2)

Passive 67.6 (7.9) 96.9 (15.3) 54.7 (7.9) 46.4 (10.9)
Active 34.1 (3.9) 61.6 (8.6) 30.0 (4.3) 49.7 (9.7)

Table 2.2: Effort comparisons for Stand to Sit: showing mean (± SD) for muscles (columns) and
modes (rows).

Effort
VMO BF TA SOL

[%MVC.s]
Bare 98.8 (13.6) 93.8 (11.6) 85.2 (13.8) 59.2 (14.1)

Passive 87.4 (7.2) 72.1 (7.4) 85.9 (9.4) 68.4 (16.8)
Active 51.1 (5.2) 47.1 (7.0) 50.0 (10.8) 48.5 (7.5)
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Figure 2.5: Comparisons of ensemble averaged EMG between the three exoskeleton modes tested
(bare, passive, and active), along with the assistance torque for the corresponding joint. The four
activities tested (sit to stand, stand to sit, level walking, and stairs up) are shown column wise,
whereas the four muscles tested (VMO, BF, TA, and SOL) are shown row wise. Rows one and
two represent the muscles primarily responsible for controlling the knee joint and torque provided
by Comex 1 at the knee (KT). Rows three and four represent the muscles primarily responsible for
controlling the ankle joint and the torque provided by Comex 1 at the ankle (AT). Shaded regions
represent the SDs about the mean EMG profiles. A positive KT represents a knee extension torque,
whereas a positive AT represents a dorsi-flexion torque.
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Table 2.3: Effort comparisons for Walking: showing mean (± SD) for muscles (columns) and
modes (rows).

Effort
VMO BF TA SOL

[%MVC.s]
Bare 10.4 (9.3) 23.8 (11.1) 32.3 (3.6) 42.9 (5.4)

Passive 62.7 (6.1) 25.0 (3.0) 54.4 (4.7) 46.4 (2.8)
Active 71.9 (7.2) 38.8 (6.9) 44.6 (4.7) 26.3 (2.2)

Table 2.4: Effort comparisons for Stairs: showing mean (± SD) for muscles (columns) and modes
(rows).

Effort
VMO BF TA SOL

[%MVC.s]
Bare 73.0 (9.9) 102.3 (15.6) 73.3 (15.9) 96.5 (12.8)

Passive 82.6 (12.8) 137.7 (11.2) 104.9 (10.7) 64.7 (11.9)
Active 50.9 (4.1) 111.4 (10.8) 87.3 (10.6) 56.6 (5.6)

2.4 Discussion

The main objective of this study was to demonstrate the efficacy of a task-invariant controller for
a backdrivable knee-ankle exoskeleton in providing partial assistance to a healthy human subject
during multiple ADLs. Our previous work had established the theoretical basis for using an energy
shaping controller in an exoskeleton [Lv et al., 2018]. In Section 2.2.1 we re-analyzed the po-
tential energy shaping controller and highlighted a solution for multi-support phases of ADLs. In
Section 2.3.1, we showed via simulation that scaling (or tapering) its output with the body weight
normalized vertical ground reaction force better matches it with normative joint moments for level
walking. A similar case can be made for the other ADLs, i.e., sit to stand, stand to sit, and stair
climbing. In Sections 2.2.2 and 2.3.2 we showed the implementation of a FSR-based foot force
sensor for tapering, and demonstrated that its performance closely matches that of a commercial
force plate (correlation coefficient 0.99, and mean square error 0.03).

Using Comex 1 with the improved control scheme and custom force sensor, we presented the
effects of partial-assistance on muscular activation (EMG) across multiple ADLs. While EMG
plots of all muscles tested have been shown for all tasks performed, we discuss the more biome-
chanically meaningful results below. Potential energy shaping (which is a position based control
strategy) is highly suited for assisting in tasks with slower dynamics, such as sit to stand and stand
to sit. These two tasks primarily require knee extension, hip extension, and dorsi-flexion torques
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[Millington et al., 1992]. During sit to stand these occur in the form of concentric contractions,
and during stand to sit, as eccentric contractions. Accordingly, we found large reductions in VMO
(knee extensor), BF (hip extensor), and TA (dorsi-flexor) activations for active mode in both these
tasks when compared to bare and passive modes (see Tables 2.1 and 2.2 for mean effort values).
Accordingly, the reductions in activations were aligned with the period of higher exoskeleton as-
sistance torques as can be seen in Fig. 2.5. The reduction in BF activation is interesting, as no
direct hip assistance torque was provided. However, we attribute this to an indirect effect on hip
moment, possibly due to a change of strategy to a more knee dominant one. Another role of BF
is in creating a knee flexion moment, and its co-contraction along with VMO acts to stabilize the
knee joint. Therefore, another explanation could be the reduced need to stabilize the knee joint
with exoskeleton assistance. Generally, agonist-antagonist co-contraction is higher for a more dif-
ficult task [Pfusterschmied et al., 2013], which was likely reduced due to the decreased difficulty
in active mode.

Stair climbing during stance can be considered to have similar biomechanics to sit to stand,
whereby knee extension, hip extension, and dorsi-flexion torques are required during early to mid
stance to elevate the body’s center of mass (COM) [Nadeau et al., 2003]. Additionally, a plantar-
flexion torque during late stance is used to push off, similar to level walking [Nadeau et al., 2003].
Accordingly, we found reductions in VMO, and TA activations during early to mid stance, and
also SOL activation during late stance (see Table 2.4 for mean effort values for the full stair cycle).
Additionally, Comex 1 provided knee flexion torques during swing to help raise the shank, and is
the likely cause of the reduction seen in BF EMG for active mode during early to mid swing (see
Fig. 2.5). Overall, reductions in muscle activations aligned with the respective assistance torques,
showing the contribution of Comex 1 towards the net joint torques.

Level walking has the fastest dynamics out of the four tasks tested, and a potential energy
shaping control scheme that is based purely on joint angular positions (and not on velocity) would
have reduced benefits compared to the slower tasks e.g., sit to stand. For example, the knee joint
kinematics in early stance change rapidly in response to the impact of heel strike, but the magnitude
of change of the knee angle is relatively small [Mentiplay et al., 2018]. In this case, the quadriceps
primarily work to counteract momentum, rather than the effect of gravity (which a potential energy
shaping controller is designed to counteract). Nevertheless from Fig. 2.5, it can be seen that Comex
1 did provide a mild supportive knee extension torque during early stance. This however did not
translate to a reduction in VMO activation with the particular subject. A possible explanation for
this is that the subject changed his gait to walk with a locked knee during bare mode, leading
to minimal VMO activation. During passive, and active modes, his VMO activation was much
higher than bare. This is likely due to the added weight of Comex 1 significantly increasing the
momentum of the swing leg before heel strike, which needed to be countered by the VMO.
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The assistance torque at the ankle is of a significantly larger magnitude compared to the knee
during walking (Fig. 2.5), and therefore we expected to find beneficial effects for this joint. Indeed
a large reduction in SOL activation was found during pushoff for active mode, which aligns well
with the delivery of the plantar-flexion assistance torque. Interestingly, the assistance dorsi-flexion
torque provided during early stance did not result in a significant reduction in TA activation in this
phase. However, the dorsi-flexion torques provided during swing (to assist with foot clearance), did
translate to a reduction in TA activation for active mode compared to passive mode, but not com-
pared to bare mode. The likely reason for this is that dorsi-flexion assistance torques during swing
are less than 1 Nm in amplitude, which is less than the backdrive torque of 3 Nm; therefore the
difference in activation is likely only found with respect to passive mode. Table 2.3 provides mean
effort values for the walking task, where we see only SOL had an overall mean effort reduction,
when we consider the full gait cycle.

2.5 Conclusion and Future Work

In conclusion, this study demonstrated benefits of a potential energy shaping controller with GRF
feedback when implemented in a backdrivable knee-ankle exoskeleton for assisting multiple ADLs.
The controller provided reductions in muscular activation for tasks with slower dynamics and larger
changes in joint angles, e.g., sit to stand, and significant benefit was apparent in certain phases of
walking tasks, e.g., during push-off. Further testing needs to be done on a larger cohort of subjects
to verify the behavior of the controller on a broader range of gait patterns. Additionally, work
needs to be done to improve the benefit provided in the swing phase during level walking, e.g.,
by taking into consideration backdrive torque when prescribing the torque output. Lastly, we will
validate the total energy shaping controller that accounts for joint velocities [Lin et al., 2019], so
that tasks with faster dynamics can be better supported.
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CHAPTER 3

Efficacy Testing Advanced Energy Shaping
Controllers on Healthy Individuals

This chapter presents work from two studies. Study 1 was published in 2022 in the IEEE Open

Journal of Control Systems [Lin et al., 2022]; authors: Jianping Lin, Nikhil V Divekar, Gray C
Thomas, Robert D Gregg. Study 2 is under review for publication; authors: Jianping Lin, Gray C
Thomas, Nikhil V Divekar, Vamsi Peddinti, Robert D Gregg.

3.1 Introduction

Throughout the course of my dissertation I collaborated on several research studies in the Loco-
lab, by leading the in-vivo efficacy testing of several assistive devices which include (but are not
limited to) the efficacy testing of task-invariant exoskeletons on healthy human subjects. In this
chapter, after providing a brief synopsis, I present the human subject methods and results from
two such collaborative studies. These studies contributed to the rationale for the novel controller
framework and experimental designs I developed in subsequent chapters. Accordingly, at the end
of the chapter I provide a combined discussion of the methods and results of the two collaborative
studies in context of this dissertation.

Specifically, study 1 performed preliminary validation (n=3) of two advanced, data-driven en-
ergy shaping approaches under the collective MTOES framework: 1) with phi (PHI) which in-
corporates the global thigh angle, and 2) without-phi (WOP) which excludes it from the shaping
framework. For human subject experiments, the controllers were implemented on the Comex 1
knee-ankle exoskeleton equipped with the vGRF sensor I developed in chapter 2, which signif-
icantly improved the MTOES optimization results. Study 2 generalized the MTOES framework
to various modular configurations (ankle/knee/hip, unilateral/bilateral) and performed pre-clinical
validation (n=8) using the MBLUE hardware on the knee and hip unilateral and bilateral modules.
The primary hypothesis of both experiments was a holistic reduction in muscular effort (EMG)
with exoskeleton assistance across multiple tasks.
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3.2 Synopsis: Study 1

Study 1 utilized our prior IDA-PBC method [Lin et al., 2021] to include unactuated coordinates
such as leg orientation in a passivity-based, energy-shaping controller for optimal assistance of all
primary activities of daily life. In addition to global orientation, we included the vertical GRF in
the basis functions (that map joint kinematics to joint moments) to address prior problems with ex-
cessive torque as weight transfers from the assisted leg to the (unmodeled) contralateral leg during
double support [Divekar et al., 2020]. Incorporating these additional variables increased the num-
ber of candidate basis functions allowed by the IDA-PBC framework. This thereby improved the
flexibility of the optimization process to fit the outputs of a single control law to normative human
joint torques across all primary activities of daily life: level-ground walking, walking at variable
inclines/declines, stair ascent/descent with variable step heights, and sit-to-stand. We formulated
and solved this optimization problem using convex programming tools. No prior controller had
demonstrated biomimetic assistance for such a wide variety of tasks without switching or adapta-
tion between tasks. We assessed the muscular effort of multiple able-bodied human subjects with
an experimental implementation of this task-invariant control method on a knee-ankle exoskeleton
(Comex 1) to assist the primary activities of daily life (detailed below).

3.3 Human Subject Methods: Study 1

The following study was approved by the Institutional Review Board at the University of Michigan
(HUM00164931). We enrolled five able-bodied human subjects (s1, male, mass: 78 kg, height:
1.78 m; s2, male, mass: 75 kg, height: 1.75 m; s3, female, mass: 50 kg, height: 1.62 m; s4, male,
mass: 83 kg, height: 1.79 m; s5, female, mass: 60 kg, height: 1.75 m) to demonstrate the con-
troller’s ability to assist multiple tasks. Two subjects (s4, s5) were excluded due to failure of a foot
FSR causing unusual control torques, which was noticed after the experiment. The remaining sub-
jects had substantial (s1), moderate (s2), or minimal (s3) experience with Comex 1. We assessed
muscle activation via EMG (Delsys Inc.) of vastus medialis oblique (VMO), rectus femoris (RF),
biceps femoris (BF), tibialis anterior (TA), gastrocnemius (GM), and soleus (SOL), which function
as a knee extensor, knee extensor/hip flexor, knee flexor, dorsiflexor, plantarflexor/knee flexor, and
plantarflexor respectively.

The experiment comprised level treadmill walking at self-selected speed (1 m/s for s1-2, 0.8 m/s
for s3), incline/decline treadmill walking on a ±5.2◦ slope at 0.6 m/s and a ±12.4◦ slope at
0.6 m/s, repetitive sit-stand cycles with a metronome set to 45 beats-per-minute (BPM), and stairs
ascent/descent over 7 inch steps with a 60 BPM metronome. The tasks were repeated for three ex-
oskeleton modes: bare (no exoskeleton), active exoskeleton with φ (PHI), and active exoskeleton
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without φ (WOP). The level of assistance (LOA)% for the active modes was set to 60% for s1 and
50% for other subjects, based on their comfort level during practice trials. We collected at least
30 gait cycles for each treadmill task, 18 gait cycles for each stair task, and 18 sit-stand cycles.
Subjects were instructed not to use the treadmill handrails except to prevent a fall (which never
occurred).

The walking trials were cropped into gait cycles by detecting heelstrike with a heel-mounted
accelerometer. Sit-stand-sit trials were cropped into individual repetitions using a thigh-mounted
accelerometer built into the EMG sensor. Each muscle’s EMG was demeaned, bandpass filtered
(20 - 200 Hz), smoothed with a moving 100 ms window RMS, and then normalized with respect
to the maximum peak of the ensemble averages (across repetitions) of the three exoskeleton modes
[Yang and Winter, 1984]. This was done for each task and muscle separately, resulting in the
signals being converted to a percentage of the maximum voluntary contraction level (%MVC) for
a consistent and fair comparison across subjects. After normalizing the EMG to % MVC, the
integral with respect to time was calculated to represent muscular effort as % MVC.s, similar to
[Divekar et al., 2020] presented in chapter 2.

We performed intra-subject statistics on the EMG effort data. Since these data were not nor-
mally distributed according to the Shapiro Wilk test for normality, we applied non-parametric tests
for checking the statistical significance of the effect of controller mode on EMG effort for each
subject, similar to [Kumar et al., 2020]. We first used the Friedman’s test to check the null hy-
pothesis that muscle effort data corresponding to the three modes came from the same population.
When the null hypothesis was rejected (α = 0.05), we performed post-hoc pairwise comparisons
between modes using the Wilcoxon signed-rank test with the null hypothesis that no median dif-
ference existed between EMG effort from different modes.

For comparing controller torques during the experimental trials to torques from the normative
datasets [Camargo et al., 2021; Laschowski et al., 2021], we used two metrics. The first metric
used was a Cosine Similarity (SIM), which is a judgment of orientation that measures the pattern
of the normalized able-bodied torques. The second metric used was the Variance Accounted For
(VAF) which measures the variability of the data that can be explained by a fitted regression model.
The definitions are

SIM(A,B) =
100 ·A ·B
∥A∥2 ∥B∥2

,

VAF(A,B) = 100
(

1− variance(A−B)
variance(A)

)
.
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Figure 3.1: Comparisons of across-subject averaged normalized command torques (PHI and WOP
methods) and normalized able-bodied human torques for experiment tasks {stair ascent/descent
(7inch), decline (−5.2◦,−12.4◦) and incline (5.2◦,12.4◦), level ground (1 m/s), stand-to-sit}. The
blue solid (PHI method) and green solid (WOP method) lines represent the mean commanded ex-
oskeleton torque (normalized by L2 norm) across all repetitions for the active modes. The red
solid line represents the normative human joint torques (normalized by L2 norm) in [Camargo
et al., 2021; Laschowski et al., 2021]. Positive torques represent ankle dorsiflexion and knee ex-
tension.

3.4 Human Subject Results: Study 1

Fig. 3.1 shows that, even in the experiment with subject kinematics being influenced by the ex-
oskeleton’s mass and joint torque, the averaged command torques (PHI and WOP methods) match
with the normalized able-bodied human torques from [Camargo et al., 2021; Laschowski et al.,
2021] in most tasks with SIM = 81.6± 6.5%,VAF = 60.4± 16.3% for PHI; and SIM = 80.1±
9.0%,VAF = 50.8±19.2% for WOP, where torque trajectories are normalized to the L2 norm and
standard deviations are given over tasks.

The ensemble-averaged VMO, RF, BF, TA, GM, and SOL EMGs for bare and active modes are
shown in Fig. 3.2 for s1, who was the best responding subject to exoskeleton assistance. In general
the task-specific dominant muscles (for the stance phase) had reduced effort and peak EMG for
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Figure 3.2: Subject 1 EMG comparisons between bare and active modes (PHI and WOP methods)
for each muscle (VMO, RF, BF, TA, GM and SOL) and task {Stairs Ascent/Descent (7in step
height), Decline (−5.2◦,−12.4◦) at 0.6 m/s, level ground (1 m/s), Incline (5.2◦,12.4◦) at 0.6 m/s,
and Sit-Stand cycle (45 BPM)}. The red solid (bare), blue solid (PHI method), and green solid
(WOP method) lines represent the time-normalized ensemble averages across all repetitions.
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Figure 3.3: Individual subject comparisons of mean effort across repetitions. Effort is com-
pared between bare, active with PHI method, and active with WOP method for each muscle pair
(VMO, RF, BF, TA, GM and SOL) and task {Stairs Ascent/Descent (7in step height), Decline
(−5.2◦,−12.4◦) at 0.6 m/s, level ground (1 m/s for s1 and s2, 0.8 m/s for s3), Incline (5.2◦,12.4◦)
at 0.6 m/s, and Sit-Stand cycle (45 BPM)}. * represents statistical difference (p < 0.05). ** rep-
resents p <= 0.01. *** represents p <= 0.001.
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the active modes in most tasks—VMO, GM, and SOL for treadmill and stairs tasks, and VMO for
sit-stand. Fig. 3.3 quantifies this trend for EMG effort and provides intra-subject statistics for the
various muscles and tasks.

3.5 Synopsis: Study 2

This study introduced and validated an improved, modular version of the optimized energy-shaping
controller framework developed in study 1 above to cater to the different configurations of M-

BLUE and other exoskeleton designs. First, we introduced a general-purpose, modular, convex-
optimization-based framework for multi-task optimized energy shaping (M-TOES). This frame-
work extended our previous optimization framework (in study 1) by adding certain key features
of modular energy bases, convex penalties on incorrect torque sign, and unification of stance and
swing controllers by use of the vertical GRF. Second, we rigorously analyzed the behavior of the
target energy resulting from these controllers, including all possible power leaks due to practical
relaxations of the matching conditions (criteria that determine the allowable kinematic inputs to
the basis functions) and passivity. Third, we empirically validated the stability, modularity, and
task-invariance of the resulting controllers with N = 8 able-bodied participants performing the pri-
mary activities of daily life with four different configurations of the M-BLUE system: unilateral
hip, bilateral hip, unilateral knee, and bilateral knee. For each modular configuration of the de-
vice, the M-TOES controller is optimized across multiple tasks (including multi-speed walking,
ramps, stairs, start-stop, and sit-to-stand tasks) from able-bodied datasets [Camargo et al., 2021;
Laschowski et al., 2021]. The human subject experiments are detailed below.

3.6 Human Subject Methods: Study 2

In study 2, the M-TOES controller was generalized for different joint modules, and implemented on
the M-BLUE exoskeleton system. The experimental methods for validating different configurations
with healthy human subjects performing multiple ADLs are presented next.

3.6.1 Hardware Implementation: Study 2

The controller was implemented on M-BLUE shown in Fig. 3.4 (see [Nesler et al., 2022] for de-
tails). The unilateral knee and hip modules weigh 2.36 kg and 2.15 kg, respectively, including the
battery. M-BLUE combines commercial off-the-shelf orthoses with a quasi-direct drive actuator—
the T-motor AK80-9 which comprises a high-torque electric motor with an internal 9:1 planetary
gearbox. This actuator is highly backdrivable with less than 0.5 Nm static backdrive torque. It can
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Figure 3.4: M-BLUE hip-only and knee-only exoskeleton configurations worn by a healthy user
(with an unpowered ankle brace in the knee-only configuration to support the mass of the knee
actuator).
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provide 9 Nm continuous torque and 18 Nm peak torque according to the manufacturer, though
we verified up to 30 Nm peak torque using the Dephy FASTER ActPack driver in our own bench-
top calibration [Nesler et al., 2022]. This modular exoskeleton facilitates bilateral/unilateral knee
and/or hip configurations to match different use cases.

The high-level control loop ran at ∼ 200 Hz on an 8 GB RAM Raspberry Pi 4B for each
leg, where bilateral configurations communicated with each other through ZeroMQ, a TCP based
package. Sagittal-plane joint angles and global segment angles were measured by two 6-axis Mi-
crostrain IMUs attached to the brace straps around each limb segment. The joint angles were
obtained by taking the difference between the global angles of adjacent segments, which mostly
bypassed the compliance between the actuator and limb segment to give more accurate joint mea-
surements than the actuator encoders. In fact, soft-tissue and strap compliance caused vibrations
when using the joint encoders, which was avoided by using the IMU-based joint measurements.
M-BLUE was powered by a 24 V, 2 Amp-hour Kobalt powertool battery (∼ 470 g) attached to a
3D printed adapter mounted on the side of each orthosis.

The vGRF was measured by a commercial footwear sensor (IEE Smart Footwear) placed un-
derneath the shoe insole. Similar to zero-order hold, a parallel thread was created to read vGRF
continuously at ∼ 55 Hz, which gave the latest vGRF every 0.02 s and avoided slowing down the
main control loop at 200 Hz. The sensor was calibrated using a predefined calibration procedure
before each use to achieve a final readout normalized to body weight in the same manner as the
vGRFs from the normative dataset used for the controller simulation. An infinite impulse response
(IIR) second-order low-pass filter (50 Hz cutoff frequency) was applied to the vGRF for noise
reduction purposes.

Safety features such as mechanical hard stops, thermal protectors, software program interven-
tions, and current limiters were present at all joints. We also implemented a motor current limiting
policy to prevent overheating the motor windings.

3.6.2 Experimental Protocol: Study 2

The study was approved by the Institutional Review Board at the University of Michigan (HUM00164931).
We enrolled eight able-bodied (AB) human subjects (see Table 3.1) to demonstrate the ability of
M-BLUE with M-TOES to assist multiple tasks. We assessed muscle activation via wireless EMG
(Delsys Inc.) of vastus medialis oblique (VMO), rectus femoris (RF), biceps femoris (BF), and glu-
teus maximus (GLUT), which function as a knee extensor, knee extensor/hip flexor, knee flexor,
hip extensor, respectively. We used low-profile neonatal sensors for VMO, RF, and BF.

Participants performed the same activities of daily life (ADLs) with five exoskeleton condi-
tions: bare (no exoskeleton), active bilateral hip exoskeleton (HipB), active unilateral hip ex-
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Table 3.1: Subject Demographics

Subject AB01 AB02 AB03 AB04 AB05 AB06 AB07 AB08
Sex M M F M F M F F

Mass (kg) 80 80 60 88 63 70 55 58

P1: Stand-Sit Cycle→Incline→Level 

Transition→Down Stairs→Level

P2: Stand-Sit Cycle→Level→Up 

Stairs→Level Transition→Decline

Figure 3.5: AB01 with bilateral knee M-BLUE walked on a circuit. One trial consists of Part 1
(P1) and Part 2 (P2).
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oskeleton (HipU), active bilateral knee exoskeleton (KneeB), and active unilateral knee exoskele-
ton (KneeU). The LOA% for the active modes was set based on the subjects’ comfort level during
practice trials and fixed for the entire experiment. Each trial comprised two parts of an ADL circuit
at a self-selected speed, as shown in Fig. 3.5. Part 1 (P1) includes five sections: stand-sit cycle (SS),
followed by incline walking (II, 12◦), level walking on the platform, stair descent (SD, 6 inch), and
level walking (LL) over ground. Part 2 (P2) reverses the direction and also includes five sections:
stand-sit cycle, followed by level walking over ground, stair ascent (SA, 6 inch), level walking on
the platform, and decline walking (DD, 12◦). All incline/decline and upstairs/downstairs sections
started with the right foot contacting the ramp/stairs first to get the maximum number of strides for
the right leg (not required for level walking). We collected 5 trial repetitions for each exoskeleton
condition, providing a minimum of 20 gait cycles of level walking, 10 gait cycles per stairs task,
10 gait cycles per ramp task, and 10 stand-sit cycles. At least five minutes of acclimation time was
provided for each exoskeleton condition, and a five minute break was provided between conditions.
Subjects were instructed not to use the handrails except to prevent a fall.

The walking trials were separated into different tasks using a stopwatch and VICON video,
and cropped into gait cycles by detecting heelstrike with a heel-mounted accelerometer. Stand-sit
cycles were cropped into individual repetitions using a thigh-mounted accelerometer built into the
EMG sensor. Each muscle’s EMG was demeaned, bandpass filtered (20 - 200 Hz), smoothed with
a moving 100 ms window RMS, and then normalized with respect to the maximum peak of the
ensemble averages (across repetitions) of all the active modes [Yang and Winter, 1984]. This was
done for each task and muscle separately, resulting in the signals being converted to a percentage
of the maximum voluntary contraction level (%MVC) for consistent comparison across subjects.

3.6.3 Statistical Analysis: Study 2

The subject-wise muscular efforts analysis involved a linear mixed model (LMM) in MATLAB

with restricted maximum likelihood estimation of parameters. Data from eight subjects were tab-
ulated with information consisting of muscle effort change, exoskeleton condition (Bare, HipB,
HipU, KneeB, KneeU), weight, LOA, and gender. We quantified muscular effort (%MVC.s) by
integrating normalized EMG over time from the beginning to the end of five repeat trials for each
exoskeleton condition [Divekar et al., 2020]. We subtracted the %MVC.s of active conditions by
the %MVC.s of the bare condition to determine the effort change. We defined exoskeleton condi-
tions as categorical variables and fit a LMM, where the condition, weight, LOA, and gender are
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fixed effects:

Effort Change ∼ Controller+Weight+Gender

+(1|Muscle)+(1|Task)+(1|Subject),

where (1|·) represents random effects. Statistical significance of each fixed effect parameter was
determined by a two-tailed t-test. As a secondary analysis, a LMM without the random effects of
task and muscle,

Effort Change ∼ Controller+Weight+Gender

+(1|Subject),

was applied to each muscle and task separately.

3.7 Experimental Results: Study 2

This section presents the experimental outcomes of our study on the eight able-bodied participants.
The bilateral knee condition of participants AB02 and AB03 were excluded due to a failure in the
synchronization between the left and right Raspberry Pi units. Moreover, the BF muscle’s EMG
data for participant AB04 were excluded because of a sensor failure, which was detected after the
completion of the experiment.

Both of the unilateral configurations (KneeU and HipU) significantly reduced the muscu-
lar effort required to complete the ADL circuit, with statistically significant fixed effects in our
primary LMM (p < 0.001, Fig. 3.6). The HipU configuration reduced effort by an average of
2.71 %MVC.s, 95% CI [1.16, 4.27], and the KneeU configuration by 3.40 %MVC.s, 95% CI
[1.85, 4.95]. There was also a significant gender effect, a penalty of 3.00 %MVC.s, 95% CI
[0.46,5.55] for women in all exoskeleton–bare comparisons (p = 0.021). This penalty is compara-
ble in magnitude to the benefits from the unilateral controllers. Thus, there was only a net benefit
for male subjects. A correlation was observed between weight and muscular effort, leading to an
average reduction of 0.02 ·mass %MVC.s, 95% CI [−0.02, 0.06]. However, this correlation was
not statistically significant, indicating that gender and weight were distinct effects.

The two bilateral configurations (KneeB and HipB) had a statistically null effect on muscular
effort (p > 0.05). Considering the gender effect, this amounts to a net penalty for women. No
significant effect was found for subject mass (p > 0.05).

The across-subject muscle activation results for each task, configuration, and muscle offer a
very detailed analysis of the controller’s effect (Table 3.2). Muscle effort comparisons were made
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Figure 3.6: Across-subject comparisons of total muscle effort during five repetitions. Muscle
effort is compared between the bare mode and different exoskeleton configurations for combined
muscles. A positive value represents the total muscle effort increment with respect to the bare
mode. * represents statistical difference (p < 0.05), ** represents p <= 0.01, *** represents
p <= 0.001.

between the bare mode and various exoskeleton configurations, where a positive value represents
each muscle pair’s effort increment (%MVC) with respect to the bare mode. These results can
be interpreted through the measured control torques and ensemble-averaged VMO, RF, BF, and
GLUT EMGs for subject AB01 in Fig. 3.7 and Fig. 3.8.

3.8 Discussion

The results of study 1 are promising but are subject and task specific. Subject 1 exhibited more
holistic muscular benefits in most tasks, with minimal muscle-task combinations in which the ex-
oskeleton proved to be a hindrance. Comparatively, subject 2 and subject 3 exhibit no pattern in
benefits or hindrances across muscles or tasks. Study 2 is larger (n=8) and allows the assessment
of results via more powerful group statistics, rather than having to perform individual assessments
like in study 1. Furthermore, the MBLUE exoskeleton used in study 2 is much lighter (by a factor
of 2) and seven times more backdrivable (24:1 gear ratio of Comex 1, vs. 9:1 gear ratio of MBLUE)
than the Comex 1 exoskeleton used in study 1. However, study 2’s results similarly show a lack
of consistency in muscular effort reductions across muscles, tasks, and modular configurations.
While the unilateral modules achieved significant reductions in muscular effort in males, the bilat-
eral modules demonstrated a non-significant increase. I discuss some possible reasons behind the
inconsistent results below.

Being data-driven, the M-TOES controllers tested in these studies produce stable torques, well
matched to normative joint moments when normative kinematics are provided in feedback. How-
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Table 3.2: Across-subject comparisons of muscle effort change (mean ± standard deviation in
%MVC.s) over different tasks, configurations, and muscles.

SA SD DD LL II SS

VMO

KneeB -3.3(15.0) 0.2(10.8) -2.0(8.9) 4.6(2.8) *** -3.0(9.7) -16.9(26.7)
KneeU -6.4(10.9) -4.3(6.2) -3.9(7) 2.1(2.3) * -4.6(6.1) -20.7(18.7) **
HipB 1(6.1) 1.5(6.2) 2.4(4.8) 2.2(2.3) * -0.1(7.0) 6.2(18)
HipU -3.4(6.5) -3.58(3.4) -1.1(4.7) 0.2(2.5) -3.47(6.6) -7.2(17.4)

RF

KneeB -1.3(7.7) 2.8(6.4) -1.8(4.1) 4.0(3.2) ** -1.6(5.9) -16.6(10.2)
KneeU -6.4(6.0) * -6.6(4.6) ** -5.3(3.7) *** 1.1(1.1) -5.0(5.1) * -18.9(9.9) **
HipB -2.0(5.4) -2.5(4.9) 0.1(4.0) 1.5(2.5) -1.4(4.4) 1.1(18.1)
HipU -4.7(9.1) -5.4(3.7) * -2.6(3.2) 0.2(2.4) -2.4(4.35) -1.5(25.5)

BF

KneeB 4.2(10.4) 6.7(5.5) ** 0.2(4.7) 2.2(9.4) 1.1(12.0) -5.8(10.8)
KneeU -0.5(9.4) -0.2(5.1) -1.1(3.6) -1.9(4.8) -6.0(8.1) * -10.7(12.0) *
HipB 1.5(7.1) 4.1(4.1) * 1.5(3.4) 1.4(2.4) -1.4(10.6) 1.4(16.6)
HipU -1.5(8.4) 0.7(3.6) -0.5(3.1) 1.0(1.5) -7.6(7.0) * -7.5(18.4)

GLUT

KneeB 17.7(7.5) *** 9.1(7.9) *** 3.8(3.5) ** 5.4(3.7) ** 10.2(5.5) *** 1.2(12.7)
KneeU 3.2(6.5) 2.5(3.6) 1.4(2.3) 4.8(7.1) ** 3.1(5.0) -0.4(10.3)
HipB 1.3(7.1) 0.5(3.7) -0.8(2.6) 0.6(2.8) 0.4(7.3) -2.1(13.7)
HipU -3.2(5.1) -0.5(2.4) -1.3(2.5) -0.8(1.5) -3.5(4.1) -5.7(10.8)

A positive value represents the total muscle effort increment with respect to the bare mode. * represents statistical
difference (p < 0.05), ** represents p <= 0.01, *** represents p <= 0.001.

ever, on conduction of initial pilot testing, we realized they are capable of producing unhelpful
torques for edge case kinematics (i.e., kinematics that fall outside of the training dataset), likely
due to over-fitting and use of hundreds of sinusoidal torque basis functions in the optimization
(much like a Fourier series expansion). As an example: if a participant squatted lower than the
deepest squat in the dataset, a torque sign flip occurred at the normative kinematic boundary. Thus,
while the elaborate mathematical modeling and derivations guarantee stability (bounded torques),
and passivity for continuous dynamics (bounded net energy injection by the exoskeleton provided
no impact dynamics present), they cannot guarantee “assistance” especially for kinematics that
fall outside the multi-dimensional volume of the training dataset (as in the case for the impaired
populations). Nevertheless, these issues can be worked-around using saturation limits on the feed-
back kinematics to contain them within normative ranges—this was eventually implemented in the
studies. However, this assistance scheme is also susceptible to slight offsets (errors) in the dataset.

Moreover, rather than differences in absolute amplitudes, humans seem highly sensitive to the
% difference in exoskeleton torques vs. their own joint moments, particularly if the % difference
is negative, i.e., the biological and exoskeleton torques are of opposite signs. This issue became
apparent when our pilot subjects complained of hindrance in their late stance—where the subjects
preferred a mild knee flexion torque, and the controller (as per the dataset) was providing a mild
extension torque, inhibiting the free transition to early swing. The effect of this can be observed
in the high BF activations with exoskeleton assistance in Fig. 3.2. In general, the process of fixing
such small localized errors in torque magnitude (customization) is very cumbersome in the M-
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TOES framework and sometimes ends up in a compromise in peak torque for the sake of subject
comfort (Fig. 3.8).

Overall, while study 2 showed the potential benefits of the modular, and highly-backdrivable
MBLUE exoskeleton by assisting in unilateral configurations, the M-TOES framework was not
suitable for the application to LLC and impaired populations. LLC requires a bilateral knee con-
figuration, for which the M-TOES could not assist in, and the unique requirements of impaired
populations require a clinically intuitive controller that is easily customizable and robust to patho-
logical kinematics that fall grossly outside the training dataset. These limitations paved the way
for the novel controller I develop in the next chapter.

40



CHAPTER 4

Development of a Versatile, Clinically Intuitive and
Easily Customizable Bilateral Knee Controller

The work in this chapter is under review for publication; authors: Nikhil Divekar, Gray Thomas,
Avani Yerva, Hannah Frame, Robert Gregg.

4.1 Introduction

The behavior of a majority of controllers targeting “task-invariance” (including those developed in
our prior work) is limited by and restricted to a normative dataset that informs their crucial data-
driven optimization processes [Lin et al., 2022; Molinaro et al., 2022; Medrano et al., 2023]. In
summary, the optimization aims to find optimal coefficients for a large set of torque basis func-
tions (parameterized by normative kinematics and GRF) to achieve the corresponding normative
torques (joint moments) in the dataset. This approach has a few drawbacks that may hinder the
translation of excellent in-silico results to meaningful in-vivo benefits. The first is the problem of
“over-fitting”. When in-vivo kinematics fall outside of the training dataset, the resultant torque
can deviate significantly from biomimetic behavior. Further, errors/offsets in the training dataset
can manifest into unhelpful torques during in-vivo use. Moreover, correcting such localized un-
desirable behaviors may require setting manual “kinematic thresholds” on feedback signals and/or
manually adjusting the dataset and re-optimizing across all tasks before re-validating the behavior
in-vivo—overall a cumbersome cyclical process which may culminate in compromised assistance
torque magnitudes at the critical phases of tasks.

The proceeding sections develop an intuitive physically inspired controller that is aimed to
tackle these limitations. While I show the results of a data-driven optimization as a proof of concept
of the multi-task torque tracking ability of the carefully chosen and curated torque basis functions,
the controller is not by any means bound by these results. In fact, the optimization results only
provide an initial starting point for the important basis function coefficients, enabling a second in-
vivo optimization process that “fine-tunes” the controller as per the desired application. Therefore,
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while the controller developed here was for multi-terrain lifting-lowering-carrying (LLC) tasks, it
can be generalized to all common activities of daily living (ADLs) by making appropriate adjust-
ments to the lifting-lowering spring to suit the sit-stand-sit task in the ADLs. Accordingly, this
readily customizable controller was used for assisting LLC in chapter 5 and for assisting impaired
individuals in chapter 6.

4.2 Controller design

The objective of our control law is to approximate the biological knee moment (torque) across
common LLC tasks using kinematic and GRF feedback (Fig. 4.1). To make the controller stable
and predictable, we take inspiration from the energy-shaping framework that our group previously
used to design energetically passive controllers within the stance or swing phase [Lv et al., 2018].
This style of controller alters the dynamics of the user’s legs in an assistive manner without time-
based trajectories or explicit classification of locomotion type. A theoretical guarantee of passivity
provides certainty that the total energy of the human user’s leg remains under human control. How-
ever, such strict energetic passivity only allows energy injection when switching between stance
and swing controllers, which precludes continuous energy injection throughout the stride. We
therefore relax the passivity requirement in our controller design to permit both small continuous
injections and large event-based injections of energy as in [Lin et al., 2022]. As an example of the
former, we use a gravity compensation term at the knee that depends on the global angle of the
shank during phases of underactuation [Lin et al., 2022]. As an example of the latter, a pre-loaded
ascent spring activates when the foot touches down in order to propel the user up stairs or ramps,
where the amount of energy injection is a predictable function of the initial knee flexion angle.

Unfortunately, the approach in [Lin et al., 2022] relies on data-driven optimization to choose
dozens of unintuitive controller parameters, which are difficult to adjust for different use cases like
LLC. To build an intuitive and customizable controller (depicted in Fig. 4.2), we begin with a short
list of basic physical components that obey the assumptions of [Lin et al., 2022]. These compo-
nents include springs, dampers, inertia compensation, and gravity compensation, and since each
one maps from measurable quantities to torque, they can serve as basis functions to parameterize
the control law. We then deviate from the energy shaping framework [Lin et al., 2022] by heuris-
tically modulating these core torque bases into specialized task- and phase-specific behaviors. We
obtain task-specific stance torque bases (e.g., ascent spring) that are suitable for specific task cate-
gories (e.g., incline walking), and general swing torque bases (e.g., modified gravity compensation)
that are universally helpful in swing. A part of this specialization involves “phase sensitization”
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by using a robust phase variable (the leg angle)—this, for example, suppresses the ascent spring in
late stance where it would hinder the transition to swing.

Next, the process of “task sensitization” modulates the specialized stance torque basis func-
tions to accommodate differences between activities and variations within activities. For example,
the aforementioned ascent spring injects net positive energy only for incline or upstairs tasks (with
higher energy injected for steeper inclines), and a non-ascent spring-damper absorbs energy only
for decline, downstairs, and level walking tasks. Essentially, task sensitization involves scaling the
specialized basis functions by smooth functions of task-sensitive signals (e.g., by the height differ-
ential between the two ankle joint centers at heel-strike is sensitive to terrain incline). Summing
the task-sensitized stance basis functions gives the task-invariant stance torque function which is
parameterized fully by kinematic and GRF feedback (similarly for the task-invariant swing torque
function, Fig. 4.2). Finally, the convex combination of the task-invariant stance and swing torque
functions (weighted based on GRF feedback) provides the final task-invariant knee torque. The
next sections provide a detailed description of the controller and its data-driven and in-vivo opti-
mizations.
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Figure 4.1: System diagram. Diagram shows biomimetic controller, human exo system and sensor
feedback.

4.2.0.1 Biomimetic stance basis functions

For ramp/stairs ascent tasks, the knee primarily produces net positive work and is actively
involved in driving the body through the gait in stance phase. The ascent spring was designed
as a virtual unidirectional torsion spring located at the knee joint. This spring has a fixed neutral
point at 0 degrees knee flexion, and is unlatched for hyperextension angles. This spring is virtually
pre-loaded “free of cost” in the swing phase, and then injects energy at heelstrike depending on the
amount of knee flexion at heelstrike. The ascent spring torque has the form

τa = ka ·θk ·σ(θla,mθla,dθla) (4.1)
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Figure 4.2: Control diagram. Diagram shows process of creating biomimetic functions using
core energy shaping functions and modifying them heuristically. Solid arrows represent scalar
functions, whereas double arrows represent sets of scalar functions.

where ka is the ascent spring constant and θk is the knee angle. The sigmoid function σ is generally
defined as

σ(θ ,m,d) =
1

1+ e−m·(θ+d)
, (4.2)

mapping θ from (− inf, inf) 7→ (0,1) given sigmoid slope m and offset d. In this case, θla is the
so called “leg angle” [Villarreal and Gregg, 2014], i.e., the angle of the line between the hip joint
center and the ankle joint center with respect to vertical. The sigmoid slope mθla and offset dθla

were chosen such that the sigmoid function of the “leg angle” acts to inhibit the effect of the ascent
spring in late stance.

For non-ascent tasks—level-walking, stairs descent, and ramp descent—the knee primarily
produces net negative work and is involved in absorbing impact at heelstrike and subsequently
lowering the body smoothly. The non-ascent spring is a virtual unidirectional torsion spring at the
knee with a variable neutral point, which is set as the angle of the knee at heelstrike. The spring
absorbs energy by loading itself along with the knee flexion after heelstrike. Since the spring is
unidirectional, it does not apply any torque for knee flexion angles less than the angle at heelstrike.
A special energy absorption limiting feature was added based on subject feedback, which acts
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as a taper in torque for large knee flexion angles beyond the angle at heelstrike and allows for a
smoother transition to mid-stance. This was implemented by allowing the virtual spring to undergo
“plastic deformation”, i.e., a decrease in stiffness for strains beyond the elastic limit. To provide
damping for impact absorption, a unidirectional virtual damper was added parallel to the spring—
the damper provides no resistance for knee extension velocities. The spring damper has the form

τna = [Kna(θ
max
kd

) ·θkd + cna · θ̇k · step(θ̇k)] · step(θkd) ·σ(θla,mθla,dθla), (4.3)

where Kna(θ
max
kd

) is the non-ascent spring stiffness function based on θ max
kd

, the maximum knee
flexion (spring deflection) angle achieved for the current gait cycle, where θkd = θk−θkhs for knee
angle θk and its value at heel strike θkhs . In particular, Kna(θ

max
kd

) = kna ·σ(θ max
kd

,mna,dna) where
kna is the stiffness of the non-deformed non-ascent spring; the sigmoid function tapers this spring
stiffness to emulate the plastic deformation process beyond the elastic region. Additionally, cna

is the damping coefficient for knee velocity θ̇k. Unit step functions step(·) are used to make the
spring and damper unidirectional so they only apply knee extension torques and only for knee flex-
ion angles more than the spring neutral point (θkhs). Similarly to the ascent spring, the “leg angle”
inhibits the activation of the non-ascent spring in late stance via the last sigmoid function.

At the core, the LL spring is a standard virtual torsion spring at the knee with a fixed neutral
point of 0 degrees knee flexion. The spring stiffness is however tapered in a nonlinear fashion
dependent on knee angular velocity and knee angle itself. At a high level, the spring was designed
to become more compliant with higher magnitudes of knee flexion angular velocity, such that it
minimally impedes the intentional lowering (knee flexion) portion of LL but also provides a strong
boost for the intentional lifting (knee extension) portion. Further, we modified the angular velocity
dependence by the depth of the squat, i.e., the amount of knee flexion angle. For deeper squats
the spring stiffness is less sensitive to knee flexion angular velocity. This feature helped to provide
a bracing effect at the bottom of the squat (a biomechanically compromised position) as the knee
flexion velocity decreased. The LL spring has the form

τLL = kLL ·θk ·σ(θ̇k,mLL1,x1 ·σ(θk,mLL2,dLL)+ x2) ·F ipsi
GRF (4.4)

where kLL is the spring constant of the LL spring, x1, x2 ∈ R scale and shift the knee angle-
modulating sigmoid respectively, and F ipsi

GRF is the GRF normal to the ipsilateral foot normalized by
body weight.
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The basis function for partial gravity compensation during stance has the form

τgravst = gst · sin(θth) ·F ipsi
GRF · step(θth) (4.5)

where gst scales the magnitude of gravity compensation for stance, and θth is the global thigh
segment angle. The unit step function restricts the torque to only flexion torques which were found
to be helpful in propelling the body forward in late stance and allow a smooth transition to the
flexion torque required for foot clearance in early swing.

4.2.0.2 Task sensitization

We scaled the task-specific stance torque bases by task functions, i.e., sigmoid functions pa-
rameterized by important “task variables” to make their amplitudes sensitive to the current task.
To modulate the torque basis functions based on terrain incline (and implicitly distinguish between
ascent and non-ascent tasks), we made use of the height (y-coordinate) of the ankle joint center
(AJC) of the leading leg relative to the trailing leg’s AJC at the latest heel-strike. We denote this
task variable here as δAJCy . We assumed a subject height of 1.8 m with thigh and shank lengths
of 0.468 m and 0.446 m, respectively. To modulate the gait vs. non-gait (LL) basis functions, we
made use of four task variables: the distance between the AJCs of the two legs, i.e., δAJCdist , the
GRF at the ipsilateral and contralateral heels normalized by body weight (F ipsi

heel and Fcontra
heel ), and

the GRF at the contralateral foot denoted Fcontra
GRF . Prior to operating on the torque basis functions,

all task variables are transformed to a number in the range [0,1] by intuitively constructed sigmoid
functions, such that they only work to scale down the torque of the torque basis functions they
act on, and thereby preserve boundedness of torque. The modulated (task sensitive) stance basis
functions are presented next.

The modulated LL torque basis is

τ
mod
LL = τLL ·σ(F ipsi

heel,−mF,dF) ·σ(Fcontra
heel ,−mF,dF) ·σ(δAJCdist,mAJCdist,dAJCdist).

Note that our bipedal model is co-planar with a common hip joint center (HJC), such that zero
distance between the two AJCs represents perfect symmetry of the bilateral joint configuration
(assuming either knee cannot be hyper-extended). We assumed this case implies a squatting pos-
ture. We also assumed both heels will be in contact with the ground when squatting assistance is
required as per the recommendation of “driving though the heels,” although this assumption can
be relaxed (via the modulating sigmoid) for users not able to keep their heels on the ground during
squatting.
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The modulated ascent spring torque basis is

τ
mod
a = τa ·σ(δAJCy ,m

a
AJCy

,da
AJCy

) ·σ(δAJCdist,−mAJCdist ,dAJCdist).

The first sigmoid modulates the torque based on height of the leading leg’s AJC relative to the trail-
ing leg’s AJC, both measured at the latest heelstrike to obtain a constant value throughout the gait
cycle. This mimics a higher support torque and corresponding higher energy injection for climb-
ing steeper inclines (stairs or ramps). The last sigmoid prevents activation of the ascent spring for
symmetric (squatting) postures.

The modulated non-ascent spring torque basis is

τ
mod
na = τna ·σ(δAJCy ,m

na
AJCy

,dna
AJCy

) ·σ(Fcontra
heel ,mF,dF)·

σ([σ(δAJCdist ,−mAJCdist,dAJCdist)+σ(Fcontra
GRF ,mF,dF)],msat1,dsat1).

The first sigmoid serves a similar purpose as it does for the ascent spring with the difference being
that energy is absorbed rather than injected in the first half of the stance cycle. The second sigmoid
down-modulates the spring torque when significant weight transfer to the leading leg is unlikely,
i.e., when the trailing heel is on the ground (contralateral heel GRF is high). The third sigmoid
ensures the non-ascent spring remains inactive during LL (low AJC distance at latest heelstrike),
but transitions to an active state as the contralateral foot is lifted off (low contralateral GRF)—this
enables LL to carrying transitions.

The modulated stance gravity compensation torque basis is

τ
mod
gravst

= τgravst ·σ(δAJCdist,−mAJCdist,dAJCdist) ·σ(Fcontra
heel ,mF,dF).

Both sigmoids ensure the gravity compensation sigmoid is not active during non-gait tasks (LL).

Finally the stance torque is simply the sum of the modulated basis functions, i.e.,

τst = τ
mod
LL + τ

mod
a + τ

mod
na + τ

mod
gravst

. (4.6)

4.2.0.3 Swing basis functions

For the swing phase of the gait cycle, we provide angular velocity-modulated gravity compen-
sation, inertial compensation, and a unidirectional virtual spring/damper for all tasks. The purpose
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of the gravity compensation is to provide assistance to lift the shank in early swing for leg clear-
ance. To prevent the gravity compensation from hindering the free pendular downswing in mid-
swing, it is modulated by angular velocity. The angular velocity-modulated gravity compensation
basis function has the form

τgravsw = gsw · sin(θsh) ·σ(θ̇k,mgravsw,dgravsw), (4.7)

where gsw scales the magnitude of gravity compensation for swing, and θsh is the global shank
angle.

The purpose of inertial compensation is to provide additional assistance to accelerate the shank
forward in mid-swing. The inertial compensation basis function has the form

τinertialsw = asw · [1− e−x3·θ̈k] · step(−θsh) · step(−θ̈k), (4.8)

where asw is the maximum inertial compensation torque, x3 modifies the sensitivity of the torque
to knee angular acceleration θ̈k, and the step functions ensure the inertial compensation torque is
zero for angular acceleration in flexion and for shank orientation anterior to vertical.

The virtual spring/damper prevents knee hyperextension and provides bracing at small knee
flexion angles in late swing to mimic the flexion torque pulse seen in normative gait. The spring/damper
has the form

τsdsw = [ksw · eθk−θ
eq
k + csw · θ̇k · step · (θ̇k)] · step(θk −θ

eq
k ), (4.9)

where ksw is the spring constant, θ
eq
k is the constant spring neutral angle, and csw is the damping

coefficient. The step functions make the spring and damper unidirectional, such that they only
apply knee flexion torques and only for knee flexion angles less than the spring neutral point.

The swing torque is simply the sum of the swing basis functions:

τsw = τgravsw + τinertialsw + τsdsw. (4.10)

4.2.0.4 Task-invariant knee torque function

The final control torque is a convex combination of the stance and swing torques parameterized by
the ipsilateral GRF as follows:

ucontroller = α · τst +[1−α] · τsw (4.11)
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where α = σ(F ipsi
GRF,mGRFu,dGRFu). For comfort purposes, especially at heel-strike during ascent

tasks, the rate of torque increase in the extension direction (slew rate) was limited to 200 Nm · s−1.

4.3 In-silico optimization results

The coefficients for the springs and dampers, gravity compensation gains, and slopes and offsets of
important sigmoids were optimized within physically sensible bounds, using FMINCON in MAT-
LAB to minimize the L2 norm of error between the corresponding control torques and normative
human torques (scaled to provide 25% assistance for a 80 kg male subject of 1.8 m height) for
multiple tasks: level walking at 0.5 m · s−1 and 1.5 m · s−1 (LW 0.5 and LW 1.5); incline (I 5.2,
I 11) and decline (D 5.2, D 11) walking with two slopes 5.2◦ and 11◦; stairs ascent (SA 4, SA 7)
and descent (SD 4, SD 7) with two step heights 4 in and 7 in; and Lifting-lowering (LL) for a fast
speed. Fig. 4.3 shows the fitting results, and Table 4.1 shows the variation accounted for percentage
(VAF%) metric for assessing the fitting goodness for each task.
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Figure 4.3: In-silico controller validation: normative vs optimized controller torques for multi-
ple tasks. For each task, the red lines represent simulated controller torques given normative
kinematic and GRF inputs, whereas the blue lines represent normative human torques from an
able-bodied dataset [Camargo et al., 2021]. The dotted lines represent the faster or steeper tasks.
The level walking task is optimized with two speeds (0.5 m · s−1 and 1.5 m · s−1). The incline and
decline walking tasks are optimized with two slopes 5.2◦ and 11◦. The stairs ascent and descent
tasks are optimized at two step heights 4 in and 7 in. Lifting-lowering is optimized for a fast speed.
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Table 4.1: VAF% between optimized control torques and normative torques for multiple tasks.

Task LW 0.5 LW 1.5 D 5.2 D 11 I 5.2 I 11 SD 4 SD 7 SA 4 SA 7 LL
VAF (%) 67 77 86 83 84 91 88 95 89 87 94

4.4 Discussion

In this chapter we took a more fundamental controller development approach to overcome the
limitations of prior task-invariant controllers. Mainly, the limitations were a lack of intuitive
customization capability and although stable, no predictability on the helpfulness of torques for
kinematics that fall grossly outside the normative dataset as for impaired individuals. We firstly
studied the clinical gait analysis literature to gain both a qualitative and causal understanding of the
high torque exhibiting regions of the knee joint torque profiles in the different categories of tasks
encountered in LLC., e.g., ascent vs descent tasks, or gait vs non-gait tasks. This allowed us to
carefully select a minimal set of physically inspired (inherently passive and predictable) torque ba-
sis functions (springs, dampers, gravity compensation, inertial compensation) and biomimetically
modify them to produce the general torque profiles for each task category. By then scaling them
with task and phase sensitive signals, such as the leg angle (a robust pseudo-phase variable), and
the height differential between the leading vs. trailing ankle joint centers at heelstrike (sensitive
to terrain incline), we ensured the torques are smoothly down-modulated in the low or negative
torque phases of the respective task, and the entirety of other tasks. This process produced an intu-
itive and readily customizable “task-invariant” basis function set that was not strictly dependent on
the outcome of a data-driven optimization process. Although we indeed performed a data-driven
optimization (see Fig. 4.3) and achieved a good match with the normative torques (Table 4.1), the
torque basis coefficients were not bound to its results allowing a second phase of in-vivo subjective
feedback based manual optimization for LLC (in chapter 5) and impaired individuals (in chapter 6)
to produce the most helpful and biomimetic torques in all tasks.
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CHAPTER 5

A Backdrivable Knee Exoskeleton Mitigates Fatigue
During Lifting, Lowering, and Carrying Over

Terrains

The work in this chapter is under review for publication; authors: Nikhil Divekar, Gray Thomas,
Avani Yerva, Hannah Frame, Robert Gregg.

5.1 Introduction

Fatigue is inevitable and detrimental in physically demanding jobs. According to the National
Safety Council (USA), 69% of workers across the construction, manufacturing, transportation,
and utility industries get fatigued, increasing the risk of injuries and incidents on the job [National
Safety Council, 2018]. Fatigue causes a decrease in workers’ cognitive and physical function (per-
formance) in their assigned tasks [Zhang et al., 2015; Enoka and Duchateau, 2016]. This fatigue-
induced performance decline becomes crucially deleterious (injurious) when there is a minimum
performance level constraint imposed by factors outside the workers’ control, e.g., rate of lifting
and placing determined by the speed of a conveyor belt [CCOHS, 2019]. More than a million peo-
ple in the USA suffered a non-fatal work-related musculoskeletal disorder in 2022 [BLS, 2022],
most commonly low back pain (LBP) [Wami et al., 2019], costing employers millions of dollars ev-
ery year in worker compensation [Bone and joint initiative USA, 2018]. Repeated lifting-lowering
(LL) activities are highly associated with overexertion and LBP incidence [Wang et al., 2015], and
significant research effort has been put into investigating the effect of LL techniques on LBP.

There are two common lifting techniques: stooping—lifting with the back and a flexed lumbar
spine—and squatting—lifting with the legs while maintaining a neutral lumbar spine [Straker,
2003]. Compared to squat, the stoop technique consumes less energy [Welbergen et al., 1991]
and is associated with less perceived lower-limb exertion and fatigue [Hagen and Harms-Ringdahl,
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1994; Hagen et al., 1993]. On the other hand, the squat is associated with less lumbar shear
forces and reduced lumbar passive tissue stress compared to stoop [Bazrgari et al., 2007; Potvin
et al., 1991]. Further, the squat technique is favored over stooping by people who have previously
incurred low back injuries [Damkot et al., 1984; Straker and Duncan, 2000]. This could be an
instinctual self-protective choice that prioritizes the safety of the ligaments and discs of the lumbar
spine, which are stressed during stooping, over the muscles of the lower limbs, which are stressed
during squatting [Potvin et al., 1991; van der Have et al., 2019]. Moreover, the national workplace
labor guidelines [NIOSH, 2007], military manual lifting guidelines [Marilyn Sharp et al., 2006; US
ARMY, 2000], and physical therapists [Nolan et al., 2018] recommend the squat lifting technique
to prevent LBP, especially for lifting weights that can be placed between the feet. Overall, squatting
is often considered safer but is more energetically demanding and fatiguing on the lower limbs,
especially the quadriceps.

Indeed a significant correlation exists between quadriceps muscle activation and the metabolic
cost of squatting [Jeong et al., 2023]. Quadriceps fatigue has been shown to influence lifting tech-
nique, causing a transition from squatting to stooping as quadriceps fatigue progresses [Trafimow
et al., 1993]. Consequently, high quadriceps fatigue is associated with higher effort of the lower
back extensor muscles during repeated LL [Sasaki et al., 2008], which could increase the chance
of overuse injuries. Quadriceps fatigue can also lead to a diminished capacity to handle perturba-
tions while squatting [Ballantyne and Shields, 2010], and a loss of balance during lifting can result
in unnatural, risky loads on the lower back. In addition to LL, quadriceps are critically involved
in carrying tasks over stairs and ramps, which are demanding activities that further contribute to
quadriceps fatigue and consequent balance loss [Givoni et al., 2007]. Fatigue could potentially
be mitigated through the use of orthotic devices (i.e., exoskeletons) that assist the wearer during
lifting-lowering-carrying (LLC) activities over multiple terrains, which has recently motivated a
field of research and development [Ali et al., 2021].

The majority of orthoses developed for the purpose of mitigating LBP directly support the lum-
bar spine rather than the quadriceps [Theurel and Desbrosses, 2019; Kermavnar et al., 2021]. A
low back belt or back support are basic examples of this intervention approach, but the National
Institute for Occupational Safety and Health does not recommend back belts due to the lack of sup-
portive evidence for their effectiveness [NIOSH, 2020; Azadinia et al., 2017]. More sophisticated
passive hip-back orthoses [Bosch et al., 2016] reduce lumbar moments during forward bending
tasks but hinder active hip flexion or lumbar flexion in walking [Baltrusch et al., 2019]. Newer
commercial devices like HeroWear circumvent this issue with a clutch that allows manually dis-
engaging the device when unrestricted lumbar flexion and/or hip flexion is desired [Goršič et al.,
2021]. Powered (active) hip-back orthoses can modulate their assistance with software (i.e., the
control strategy) rather than a mechanical clutch as the task changes [Koopman et al., 2019; Heo
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et al., 2020]. However, designing a versatile control strategy is challenging: while LL was facili-
tated, walking was hindered by the active hip-back exoskeleton in [Poliero et al., 2020]. A subse-
quent study [Poliero et al., 2021] overcame this limitation but relied on explicit task classification
and electromyography sensing which is cumbersome to setup and calibrate. Moreover, the lumbar
(back only) and hip-back devices (passive and powered alike) do not directly support the quadri-
ceps muscles that are critically involved in both squatting and load carrying. On the other hand,
a powered ankle exoskeleton induced indirect reductions in quadriceps activation during squatting
in [Kantharaju et al., 2022; Jeong et al., 2023]. These surprising findings were attributed to the
closed-chain dynamics of squatting, where assistive torques at the ankle induced helpful reaction
torques at the knee [Kim and Yoo, 2017]. However, this dynamics phenomenon cannot be lever-
aged for open-chain tasks like carrying. To most effectively assist the quadriceps in multi-terrain
LLC, assistance torque needs to be directly applied to the knee via a knee orthosis/exoskeleton.

Knee orthoses must be highly versatile to handle the multi-terrain LLC that is performed in
many work environments [NIOSH, 2007; Orr et al., 2021; Chung et al., 2005; Work Fit, 2023;
HC Chung and MJJ Wang, 2001]. The knee joint kinetics and kinematics vastly vary between
the various activities that fall under general LLC such as squatting, level walking, and stairs and
ramp ascent and descent [Chan et al., 2022; Camargo et al., 2021]. Numerous knee orthoses, both
passive and active, have been developed for various applications [Zhang et al., 2020]. State-of-
the-art passive knee orthoses naturally fall short of the versatility required for the LLC application,
as a fixed spring (even with an elaborate mechanical clutch) simply cannot recreate biomimetic
assistance over a variety of tasks. Such devices have therefore been limited to supporting only
squatting at best [Ranaweera et al., 2018; Hidayah et al., 2021]. Active knee orthoses on the other
hand have the potential to provide versatile assistance for multi-terrain LLC. Traditionally, the
development of active orthoses has favored rigid (highly geared) actuators that track predefined
kinematics to assist severely impaired individuals [Zeilig et al., 2012; Harib et al., 2018]. However
these orthoses are not suitable for the LLC application as the combination of rigid actuators and
kinematic control hinders the voluntary motion of healthy individuals. The commercial pneumatic
knee exoskeleton ROAM Forge, for example, needs to be manually turned off for dynamic gait
(non-squatting) tasks since it impedes knee flexion during the swing phase [WIRED, 2021]. Only
recently has there been a paradigm shift towards lightweight orthoses fitted with low-impedance
(highly-backdrivable) actuators [Laschowski and McPhee, 2023], however their control strategies
still lack the versatility to seamlessly support all tasks involved in multi-terrain LLC.

The overall goal of a partial assistance controller for an application like LLC is to use readily
measurable signals (lower-limb segment and joint angles/velocities, foot pressure, etc.) to com-
mand a biomimetic assistance torque over a wide range of tasks. A direct approach is to use inverse
dynamics to estimate joint torque from measured ground reaction forces (GRFs), but this has only
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been successfully applied to the ankle [Gasparri et al., 2019]—the first major joint in the kinematic
chain from the ground up. Dynamic modeling errors, sensor noise, and missing GRF components
present significant issues for more proximal joints, which can instead be controlled via explicit rep-
resentations of gait phase and task that parameterize a biomimetic torque model. Machine learning
methods are commonly used to classify between distinct activity modes (e.g., for a hip exoskeleton
in [Kang et al., 2022]), but this discretization of activities does not allow seamless adaptation to
continuous variations in the environment or user behavior. A Kalman filter-based approach enabled
biomimetic ankle torque adaptation based on continuous estimates of gait phase, ground incline,
and walking speed [Medrano et al., 2023], but this approach did not consider stair or LL tasks.
Using a combination of activity classification and user torque estimation via a dual Kalman filter, a
hip-knee-ankle exoskeleton reduced quadriceps and plantar-flexor muscle activation during LL and
walking [Sado et al., 2019]. However, this approach similarly lacked key activities like stairs and
ramps and further did not test the efficacy of the exoskeleton in fatigued conditions. Recently, an
implicit task representation was proposed to directly predict human hip torques using deep learn-
ing with a multi-activity able-bodied dataset [Molinaro et al., 2022]. Although promising results
were achieved offline without the need for explicit task recognition, this black-box method does
not provide formal safety guarantees, lacks a biomechanically intuitive means of customization for
LLC tasks, and has not been generalized to more complicated joint kinetics like that of the knee.

Our group has investigated another implicit task representation based on the nonlinear control
method of energy shaping, which alters the dynamics (potential forces, Coriolis forces, etc.) of
the human-exoskeleton system in closed loop by applying joint torques as functions of the sys-
tem states (joint and segment angles/velocities) [Lin et al., 2019, 2022]. The solutions to partial
differential equations called the “matching conditions” determine the realizable alterations to the
dynamics of an underactuated system, which can be used to define a set of admissible torque basis
functions that parameterize the controller. Based on the spring-loaded inverted pendulum (SLIP)
walking model, our early work [Lin et al., 2019] utilized a minimal basis set (including gravity
compensation and virtual springs and dampers at the actuated joints) to provide assistive knee
and ankle torques for incline, decline, and level walking. Though intuitive, this controller could
only handle limited walking tasks, and the controller torque was not biomimetic especially in late
stance. Our latest work [Lin et al., 2022] used a data-driven approach to find the optimal coeffi-
cients for a large set of torque bases to closely predict normative human torques [Camargo et al.,
2021] given normative kinematic inputs over the primary activities of daily life. The drawbacks of
this approach were: 1) a non-intuitive combination of hundreds of torque basis functions making
manual controller customization for LLC very difficult, 2) susceptibility to “overfitting” resulting
in unhelpful torques for input kinematics that grossly deviated from the training dataset, and 3)
experimental results demonstrating inconsistent reductions in muscle effort across tasks.
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In summary, a crucial gap exists in state-of-the-art exoskeletons for LLC, which involves repet-
itive, high-stress, and fatiguing tasks. Although effective assistance has been demonstrated for
specific use cases such as stooping, no exoskeleton has thus far demonstrated versatile and effec-
tive assistance during multi-terrain LLC, including (but not limited to) the clinically recommended
squat technique. These activities critically involve the quadriceps muscles, but assisting the knee
joint over a wide range of activities presents significant challenges in actuation and control. This
chapter addresses these challenges by implementing the novel energy-based control strategy de-
veloped in chapter 4 on a highly-backdrivable, bilateral knee exoskeleton (M-BLUE) to provide
assistance and mitigate fatigue during multi-terrain LLC. Briefly, the implemented control strategy
draws inspiration from 1) our prior work based on the SLIP model [Lin et al., 2019] and 2) fun-
damental concepts of clinical gait analysis to develop a biomechanically intuitive and minimal set
of torque basis functions that holistically assist multi-terrain LLC. The quasi-direct drive actuators
of the M-BLUE knee exoskeleton [Nesler et al., 2022] enables the controller to augment volun-
tary motion with meaningful torque assistance yet minimal backdrive torques. Experiments with
eight healthy participants tested our hypothesis that aiding the quadriceps with this versatile knee
exoskeleton would induce 1) performance benefits during repetitive LL when squatting posture is
enforced in a highly-fatigued state, and 2) muscular benefits during multi-terrain LLC in a non-
fatigued state. The results suggest this exoskeleton can be applied to mitigate quadriceps fatigue
in real-world workplace conditions in which low back injuries tend to occur.

5.2 Materials and methods

5.2.1 Experimental Protocol

The controller was implemented on an improved, bilateral version of our M-BLUE knee ex-
oskeleton module [Nesler et al., 2022] as shown in Fig. 5.1. Each module has a highly-backdrivable
commercial actuator (T-Motor AK80-9), comprising a high-torque motor and an internal 9:1 plan-
etary gearset. The motor is driven by the FASTER motor controller by Dephy, Inc with custom
firmware to bypass the default thermal limits. We implemented a thermal model-based torque lim-
iter that smoothly tapers the actuator torque based on estimated coil temperature, allowing short
(1-2 s) bursts of much higher peak torques (limited to 25 Nm) than the default setting. We also im-
plemented a ground reaction force sensor (IEE Sense) based on a matrix of force sensitive resistors
(FSRs). Finally, we improved comfort and practicality by attaching the Raspberry Pi computation
unit on-board, implemented waist-mounted “plug-and-play” power tool batteries for better famil-
iarity with construction workers, and included a waist suspension strap to prevent exoskeleton
slipping/sliding.
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We sought to study the effects of the novel controller/exoskeleton on performance, posture,
muscle activity, and user perception during assisted multi-terrain LLC in fatigued and non-fatigued
conditions. The study was approved by the Institutional Review Board at the University of Michi-
gan (HUM00164931). Eight (n=8) able-bodied healthy participants (4 males, 4 females, age 25
± 1 years) who had prior knowledge and experience of the squat lifting technique completed this
study. The experiment was divided into two sessions: 1) fatiguing session and 2) non-fatiguing
session, which were completed on two separate days at least 1 week apart to provide adequate
recovery time.

Before starting session 1 participants underwent exoskeleton acclimation for approximately
15 minutes in which they traversed the multi-terrain circuit until they felt comfortably attuned to
the behavior of the exoskeleton. For the ascent tasks, the experimenter explained the intuitive con-
cept of utilizing a pre-loaded spring (likened to a spring loaded toy car). For descent and level
walking tasks, we explained the concept of a bracing knee spring that prevents knee buckling.
Finally for the LL task, the concept of a velocity dependent torsion spring was explained by liken-
ing it to intent detection. For the lowering (negative work) portion, we explained that the knee
spring will resist their downward motion less if it detects a stronger intention to lower (faster knee
bending). For the lifting portion, since the direction of velocity and spring torque is the same, we
explained the controller would feel similar to a conventional torsion spring.

After the acclimation with the exoskeleton, we acquired important gait parameters of each
participant in the bare condition for each portion of the circuit except level walking. For ascent
tasks (ramp and stairs) we acquired their maximum knee extension velocity in stance, and similarly
for descent tasks we acquired their maximum knee flexion velocity in stance. For LL we acquired
the maximum knee extension velocity of the lifting portion. These parameters later served as
experimental controls in session 2.

5.2.1.1 Session 1 (fatiguing) protocol

The purpose of session 1 was to assess the effect of the exoskeleton on post-fatigue LL per-
formance when enforcing the squat form, and to acquire a subjective assessment of its effective-
ness on post-fatigue multi-terrain LLC. Accordingly, participants performed continuous squat LL
repetitions with a 9 kg kettlebell until “failure” with no pausing allowed between repetitions. Par-
ticipants were instructed to verbally declare failure when they felt they could no longer complete
the next repetition with proper squat form without needing a pause. Declaring fatigue initiated a
time trial of 10 fatigued LL repetitions in which participants were permitted to pause long enough
after repetitions to complete the next repetition with perceived good squat form. The participants
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Figure 5.1: M-BLUE bilateral knee exoskeleton. Diagram shows the highly-backdrivable actu-
ator (T-Motor AK80-9 with Dephy motor driver), Raspberry Pi for computation, 24V power tool
battery, force sensitive resistor (FSR) system, retrofitted onto a commercial BREG knee brace.

were oblivious to the timed nature of the trial and were instructed to focus their attention on their
posture. This process was repeated without the exoskeleton (bare) and with the exoskeleton. The
order of conditions was alternated between participants, and a minimum break of 15 minutes (or
longer if the participant desired) was enforced between conditions. For the exoskeleton condition,
the fatiguing repetitions were performed with the exoskeleton in passive mode, for which the ex-
oskeleton has an imperceptible ∼ 1 Nm backdrive torque for the joint accelerations encountered
during LL [Nesler et al., 2022]. With the use of a wireless push button, the researcher changed the
exoskeleton to active mode immediately after “fatigued” was declared by the participants, provid-
ing them with assistance during the post-fatigue repetitions.

Immediately after completing the 10 post-fatigue LL repetitions, the participants walked over
a multi-terrain circuit while carrying the 9 kg mass. The circuit comprised a 3.7 m ramp inclined
at 15◦, a short level platform of 2 m, and a 5 step staircase with 18 cm step height. The circuit was
traversed in a continuous, “freestyle” fashion in both directions and included a squat LL repetition
on both ends of the circuit to emulate a workplace multi-terrain LLC scenario. Two roundtrip laps
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of the circuit were completed for each condition. After completing the circuit with the second
condition, participants rated the effectiveness of the exoskeleton assistance over the multi-terrain
circuit by filling out a modified QUEST questionnaire (see Tab. 5.1 for the list of questions). The
questionnaire gathered discretized ratings of 1-5 (not satisfied at all, not very satisfied, somewhat
satisfied, quite satisfied, and very satisfied, respectively) for all steady-state portions of the circuit
(ramp and stairs ascent/descent, level walking, LL). The participants only considered the effective-
ness of the exoskeleton during the post-fatigue circuit traversal.

Table 5.1: Modified QUEST list of questions for participants

How satisfied were you with the device assistance during:
• Lifting and Lowering
• Ramp Ascent
• Stairs Ascent
• Ramp Descent
• Stairs Descent
• Level Walking

The table lists the questions asked in the modifed QUEST questionnaire. The assessment was to
be given on a discretized scale of 1-5 (not satisfied at all, not very satisfied, somewhat satisfied,

quite satisfied, and very satisfied respectively).

5.2.1.2 Session 2 (non-fatiguing) protocol

The purpose of this session was to assess the effect of the exoskeleton on quadriceps effort
in six tasks (ramp ascent/descent, stairs ascent/descent, level walking, and squat LL) in a non-
fatigued state. Accordingly, participants traversed each portion of the circuit (stairs ascent/descent,
ramp ascent/descent, LL) and a 10 m level walkway multiple times until we collected at least 10
gait/task cycles for each task in which the corresponding maximum velocities in stance were within
±10% of their baseline values collected during acclimation. Since level walking is relatively more
common and natural than the other tasks, we did not enforce a velocity constraint and instead asked
participants to walk at their natural “self-selected” speed. The tasks were repeated with both bare
and exo conditions, with the order of the conditions alternated between subsequent participants.
For the stairs and ramp descent tasks, participants were reminded to carefully walk and lower
themselves down, and not skip or hop down in order to emulate safe carrying etiquette. Since a
variety of stair ascent styles exist: knee dominant (most common), hip dominant, ankle dominant,
etc., it was plausible for newly acclimated participants to change their climbing style in response to
the assistive knee torques, potentially confounding the EMG comparisons between conditions. We
thus encouraged the participants to use the most common knee dominant style for both conditions
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(during both acclimation and data collection trials), which turned out to be the natural style for all
participants.

5.2.2 Data Collection

5.2.2.1 Post-fatigue LL performance

Post-fatigue LL performance was evaluated by the time to complete 10 LL repetitions after
the participant exclaimed “fatigued.” A LL repetition started with the participant standing in the
upright posture without the weight, followed by lifting the weight from the ground attaining the
upright standing posture, and lastly lowering the weight back to the ground, and standing upright
once again without the weight. It was common for the participants to declare fatigue mid-way
during a repetition, and therefore the time measurement was started from the instance the last
fatiguing repetition was fully completed. Since pausing between repetitions was allowed in the 10
post-fatigued repetitions, most participants took a 2 -3 s pause right after declaring fatigue—this
time was included in the time to complete metric. The time to complete analysis was performed
offline using the sagittal plane 2D video recordings of the LL task.

5.2.2.2 Post-fatigue LL posture

Although squatting posture was an experimental control in session 1, we performed an ex-
ploratory analysis of lifting posture (peak thorax lean) to see if the exo helped participants maintain
a better squat form. A Vicon motion capture system (Oxford Metrics, Oxford, UK) was used to
collect three-dimensional marker trajectories for session 1’s LL trials. Retro-reflective markers on
the torso were placed at C7, T10, CLAV, and STRN to define the thorax segment [Vicon Motion
Systems, 2023]. Three additional “backup” markers were placed on the shoulders and lower back
to aid in post-process “gap filling”. After appropriate data cleanup, gap filling, and filtering, we
calculated the sagittal plane global thorax angle with respect to upright standing (zero degrees)
[Vicon Motion Systems, 1997]. The peak global thorax angle was found for each post-fatigue
lifting and lowering squat (20 post-fatigue squats total), and averaged across repetitions to get the
thorax lean (stooping) angle for each subject and condition.

5.2.2.3 Multi-terrain Quadriceps Effort

In session 2, after appropriate skin preparation, we secured five electromyography (EMG)
electrodes (Trigno Avanti and Snap, Delsys, Massachusetts, USA) onto the subject’s right vas-
tus medialis oblique (VM), vastus lateralis (VL), rectus femoris (RF), biceps femoris (BF), and
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semitendinosus (ST) to assess muscle activation. Participants performed a maximum voluntary
contraction (MVC) procedure comprising explosive jump squats (eliciting maximal dynamic con-
traction) and maximal isometric contraction against manual resistance, which enabled EMG data
to be normalized to %MVC.

To assess muscular effort we calculated the mean of the MVC-normalized RMS signal for each
gait/task cycle. The RMS signal provided by the Delsys EMG acquisition software was used for
this purpose (RMS window length: 125 ms, 122 ms overlap). The muscle recruitment pattern
of the individual quadriceps muscles varies both intra- and inter-participant, but the force exerted
by these muscles is similar for the same level of neural activation (due to similar cross-sectional
areas). Since we were interested in gross quadriceps effort, and to reduce the number of degrees
of freedom in our statistical analysis, we averaged the muscle efforts of the 3 quadriceps muscles
that we recorded to get a gross quadriceps effort metric.

5.2.3 Statistical Analysis

We first confirmed normality of our data using QQ-plots. Muscular effort was analyzed using
a linear mixed model (LMM) in MATLAB with restricted maximum likelihood estimation of pa-
rameters. Data from our eight subjects were tabulated with information consisting of quadriceps
muscle effort, condition (bare, exoskeleton), and gender (male, female). We defined exoskeleton
conditions and gender as categorical variables and fit a separate LMM for each task, where the
condition and gender are fixed effects and subject is a random effect:

Effort ∼ Condition+Gender+(1|Subject).

The LMM provided the effect sizes and uncorrected p-values for the fixed factors. We corrected
the p-values for multiple comparisons (six tasks) using the Holm Bonferroni correction. For the
post-fatigue performance and posture metrics, a similar LMM included additional fixed effects
of order (bare vs. exo condition) and pre-fatigue workload (number of LL repetitions required to
fatigue), without having to correct for multiple comparisons. Quadriceps effort and post-fatigue
performance were log-transformed prior to analysis. Although our power analysis resulted in a
participant sample size of 10, we decided to stop our study early because of a strong trend seen in
our primary metrics of performance and effort reduction, and considering the risk to participants
of this high-fatigue protocol. The criteria for early stoppage demands a further correction to the
p-value as per the Pocock boundary, which we applied to all our metrics.
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5.3 Results

In chapter 4 we designed a multi-terrain LLC controller based on heuristic modification and mod-
ulation of several torque basis functions that modify the closed-loop human-exoskeleton dynamics
according to the method of energy shaping. Briefly, the coefficients of the basis functions were
first chosen using data-driven optimization to match controller torques (given normative kine-
matic/GRF inputs) to normative human torques over multiple tasks as done in [Lin et al., 2022].
Fig. 4.3 shows the simulation results based on an optimization pipeline in Matlab using fmincon.
The controller and human torques match well overall, demonstrating that the controller can pro-
vide assistive torques to the critical phases of stance and swing across the various tasks (without
explicit task classification). The optimized controller was then implemented on an improved, bi-
lateral version of our highly-backdrivable M-BLUE knee exoskeleton (9:1 gear ratio, 25 Nm peak
output torque, <2 Nm peak backdrive torque) shown in Fig. 5.1 and detailed in the Methods. This
provided a starting point for a manual coefficient tuning process based on subjective feedback in
pilot testing. After a satisfactory controller was obtained, the same set of coefficients were used
for all participants (n=8) in this study.

The study comprised two sessions: fatiguing and non-fatiguing. Fatigue is inevitable and
causes deleterious symptoms of reduced performance and increased risk of injury [National Safety
Council, 2018; Zhang et al., 2015; CCOHS, 2019]. Accordingly, performance on a time trial is
one of the classical measures of fatigue [Enoka and Duchateau, 2016]. Session 1 tested the hy-
pothesis that the exoskeleton improves fatigued LL performance (time trial of 10 fatigued LL reps)
compared to no exoskeleton (bare), when squatting posture is enforced. Participants performed
repeated squat LL until fatigue-induced failure (without power in the exoskeleton condition), im-
mediately followed by 10 timed squat LL cycles (with power in the exoskeleton condition). Partici-
pants were instructed to take the minimum required pause between repetitions in order to complete
the next repetition with good squat posture, emulating a typical time trial while ensuring safe pos-
ture. Although squatting posture was an experimental control, we performed an exploratory anal-
ysis of peak thorax lean to see if the exoskeleton helped participants maintain a better squat form.
Session 1 also gathered qualitative subjective feedback of exoskeleton effectiveness in post-fatigue
multi-terrain LLC. At least one week later, session 2 tested the hypothesis that the exoskeleton
reduces quadriceps effort during multi-terrain LLC in a non-fatigued state. A recent study simi-
larly investigated back exoskeleton-induced improvements in worker performance with time trials
of various activities [Luger et al., 2023], along with assessing muscular, postural, and perceptual
benefits.
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For all metrics, we used linear mixed models (LMMs) with condition (bare, exo) and gender
(male, female) being fixed effects and participant being treated as a random effect. For post-
fatigue performance and posture metrics, we included additional effects of order (for the bare
vs. exo condition) and pre-fatigue workload (number of pre-fatigue LL repetitions required to
reach fatigue). Although our power analysis originally called for ten participants, we concluded
our study early after completing eight participants due to 1) the unavoidable risk and discomfort
of the fatiguing protocol, and 2) the strong trends observed in our primary metric. The p-values
of all metrics tested were therefore corrected as per the early stoppage criteria (Pocock boundary)
by scaling by a factor of 1.7. We also corrected for multiple testing (six tasks) for the quadriceps
effort metric using the Holm Bonferroni method. Gender, order, and workload were found to be
non-significant factors in all statistical tests reported below.

5.3.1 Performance and postural benefits in post-fatigue lifting-lowering

The results confirmed our hypothesis that the knee exoskeleton improves post-fatigue LL com-
pletion time. Compared to bare, the bilateral knee exoskeleton induced a significant (p<0.001)
33% reduction, 95% CI [21%, 43%], in the time to complete 10 LL repetitions post-fatigue, corre-
sponding to raw un-adjusted averages of 50 seconds (bare) and 35 seconds (exo). Fig. 5.2 shows the
completion time distributions, and Fig. 5.3 shows the ensemble averaged durations for 10 LL repe-
titions before and after fatigue was declared. We also found that the pre-fatigue workload (number
of pre-fatigue LL repetitions performed in exo condition as a percentage of bare condition) was
uncorrelated (r =−0.11) with the post-fatigue completion time (exo condition as a percentage of
bare condition, Fig. 5.4). Hence, although the exo condition required fewer repetitions to reach
fatigue than bare, this did not bias the post-fatigue results.

Compared to bare, the bilateral knee exoskeleton also induced a non-significant 3◦ reduction,
95% CI [−2◦,8◦], in peak thorax lean during post-fatigue LL, corresponding to raw un-adjusted av-
erages of 54◦ (bare) and 49◦ (exo). See Fig. 5.5 for the peak thorax lean distributions, and Fig. 5.6
for the ensemble averaged deviations in peak thorax lean from the minimum peak thorax lean for
each participant. Fig. 5.8 shows individual data points for the post-fatigue LL completion time and
thorax lean metrics, and Fig. 5.7 shows the ensemble averaged thorax lean (sagittal thorax angle)
profiles.

The average subject feedback rating for effectiveness of exoskeleton assistance in traversing
the various tasks in post-fatigue LLC was 4.5 out of 5 on the modified QUEST questionnaire. The
individual task averages were 4.8 for LL, 4.8 for stairs ascent (SA), 4.8 for stairs descent (SD), 4.3
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for ramp ascent (RA), 4.4 for ramp descent (RD), and 3.8 for level walking (LW). See Fig. 5.9 for
the distribution of ratings for the tasks.

Figure 5.2: Completion times for post-fatigue LL . The box plots show the distributions of the
time taken to complete 10 repetitions of LL post-fatigue, for bare and exo conditions. The blue
line connects the mean values for each condition. * represents statistical difference (p < 0.05), **
represents p <= 0.01, *** represents p <= 0.001.
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Figure 5.3: Repetition durations for Pre- and post-fatigue LL. The ensemble averaged plots depict
the pre- and post-fatigue LL repetition durations for bare and exo conditions. Repetition 0 is de-
fined as the point when fatigue was announced, beyond which exoskeleton assistance was activated
for the exo mode.

5.3.2 Muscular effort in non-fatigued lifting-lowering-carrying

We estimated quadriceps effort during six different LLC tasks for bare and exoskeleton-assisted
conditions in a non-fatigued state. Muscle effort was calculated as the mean RMS EMG over the
gait/task cycle. Quadriceps effort was estimated by taking the mean of the efforts of the vastus
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Figure 5.4: Pre-fatigue workload change vs. post-fatigue performance change in LL . The figure
shows the correlation between the number of LL repetitions performed in pre-fatigue exo condi-
tion as a percentage of bare condition, vs. post-fatigue 10 repetition completion time for the exo
condition as a percentage of the bare condition.

medialis oblique (VMO), vastus lateralis (VL), and rectus femoris (RF). The results confirmed our
hypothesis that the knee exoskeleton reduces quadriceps effort during non-fatigued, multi-terrain
LLC, with the caveat of LW having a non-significant reduction. Compared to bare, the exoskeleton
significantly reduced mean quadriceps effort by 28% [21,34]% for LL (p<0.001), 16% [10,21]%
for RA (p<0.01), 27% [16,36]% for SA (p<0.01), 13% [5,20]% for RD (p<0.05), 13% [6,20]%
for SD (p<0.05), and 5% [-14,20]% for LW (n.s.). Fig. 5.10 shows the distributions of quadriceps
effort for the conditions and tasks tested.

A good qualitative match can be observed between the ensemble-averaged quadriceps EMG
profiles and the exoskeleton torque profiles in Fig. 5.11, demonstrating appropriate timing and
magnitude of the assistance torque. Because our prior work found that a different exoskele-
ton/controller caused high hamstrings activation in late stance [Divekar et al., 2020; Lin et al.,
2022], we also examine hamstrings EMG profiles in Fig. 5.12 by taking the mean of the biceps
femoris (BF) and semitendinosus (ST) recordings. It can be qualitatively seen that the current
exoskeleton/controller do not cause any noticeable increase in hamstrings activation compared to
bare.
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Figure 5.5: Peak thorax lean for post-fatigue LL. The box plots show the distributions of the peak
thorax lean associated with post-fatigue LL, for bare and exo conditions. The blue line connects the
mean values of each condition.* represents statistical difference (p < 0.05), ** represents p <=
0.01, *** represents p <= 0.001.

5.4 Discussion

State-of-the-art exoskeletons fall short on providing versatile assistance to the critically-involved
quadriceps during multi-terrain LLC, which comprise varied tasks including high-torque closed-
chain squat lifting as well as open-chain gait tasks such as level walking, ramps, and stairs. In par-
ticular, prior LLC studies have not demonstrated holistic (multi-terrain) and multifaceted (perfor-
mance, muscular, perceptual, and postural) exoskeleton benefits, especially in high-fatigue phys-
ical states which are correlated with LBP incidence. This chapter addresses these gaps with the
following major contributions. We implemented the novel versatile energy-based control strategy
developed in chapter 4 on a highly-backdrivable, bilateral knee exoskeleton to provide assistance
and mitigate fatigue during multi-terrain LLC. The resulting control torques are well matched
to biological torques in-silico (Fig. 4.3) and to quadriceps activations in-vivo (Fig. 5.11) for all
tasks in multi-terrain LLC. The other major contribution is the first experimental demonstration
of a versatile knee exoskeleton that provides 1) significant performance benefits to squat LL in
a highly-fatigued condition (Fig. 5.2), and 2) holistic muscle effort reductions (Fig. 5.10) during
multi-terrain LLC in non-fatigued conditions. These results suggest the presented exoskeleton can
be applied to mitigate fatigue in real-world workplace conditions in which low back injuries tend
to occur.

5.4.1 Biomimetic quadriceps assistance improves performance and posture
in post-fatigue LL

Fatigue is inevitable in physically demanding jobs and is a causal factor for work-related mus-
culoskeletal disorders [National Safety Council, 2018]. Our results primarily demonstrate that the
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Figure 5.6: Peak thorax lean deviations for pre- and post-fatigue LL. The ensemble averaged
plots depict the deviations in peak thorax lean for bare and exo conditions. The deviations are
calculated from the minimum peak thorax lean observed for each participant in the exo and bare
conditions combined. Repetition 0 is defined as the point when fatigue was announced, beyond
which exoskeleton assistance was activated for the exo mode.

exoskeleton can mitigate the deleterious effects of fatigue on LL performance [Zhang et al., 2015],
which also has implications on injury risk. Specifically, when minimum performance requirements
are not able to be met by workers due to fatigue, they may adopt a compromised posture (stoop)
resulting in injury [CCOHS, 2019]. Therefore, by improving performance in a fatigued state, the
exoskeleton not only improves worker productivity, but also potentially mitigates the associated
risk of injury.

Neuromuscular fatigue can be quantified by the decrease in the muscle’s peak force produc-
tion ability (or peak torque/moment of the corresponding joint). The peak knee torque for a fast
squat is about 1.4 Nm · kg−1 [Chan et al., 2022], or about 100 Nm for an average person. Dur-
ing the fast LL squats performed in our study, the peak knee torque is required at the bottom of
the squat to redirect the body’s downward momentum upwards. The bottom of the squat is also
where we observed the peak in post-fatigue thorax lean (Fig. 5.7), a likely consequence of partici-
pants trying to reduce the moment arm on the knee (and stress on the fatigued quadriceps) in this
biomechanically compromised position. The peak of 25 Nm in our exoskeleton assistance torque
(about 25% of the normative squat torque) was indeed well aligned with this high-torque squat
phase, resulting in good alignment with the quadriceps EMG peaks in the non-fatiguing LL task
(Fig. 5.11). Accordingly we found a 28% reduction in mean quadriceps effort and a 33% decrease
in peak activation for non-fatigued LL with exoskeleton assistance. To compare, a 60% reduction
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Figure 5.7: Pre- and post-fatigue thorax lean profiles for LL in bare vs. exo conditions. The figure
shows the across subject ensemble averaged thorax lean (sagittal thorax angle) profiles normalized
to the peak value in the pre-fatigue bare condition. The prefat (pre-fatigue) plots consider the 10
LL repetitions before fatigue was declared, and similarly the postfat (post-fatigue) plots consider
the 10 LL repetitions after fatigue declaration. The lifting and lowering repetitions are combined
and time normalized from 0 to 100% of the squat cycle. The shaded regions show the SD about
the mean.

in quadriceps activation was found with just 16 Nm peak assistance torque in a recent squat-only
exoskeleton study [Arefeen and Xiang, 2023]. However, the posture of the subjects in [Arefeen
and Xiang, 2023] was highly bent-over during the squat lifts, suggesting a much lower net knee
extension torque was required for their task (for which 16 Nm is a higher percentage).

A fatiguing squat study reported a 25% decline in maximal quadriceps force after fatiguing
exercises [Longpré et al., 2015], but we did not measure maximal quadriceps forces pre- and post-
fatigue in our study. If we make relatively broad assumptions of a linear relationship between EMG
and force [Staudenmann et al., 2010], and consider fast LL as a maximal activity for the quadri-
ceps, the 33% savings in peak quadriceps force afforded by the exoskeleton was likely sufficient
to fully overcome the supposed 25% deficit in force from the induced fatigue. This could explain
how the exoskeleton assistance enabled the subjects to significantly reduce their time to complete
10 LL repetitions post-fatigue by 33% and with better posture (3 degrees decrease in global tho-
rax angle), see Fig. 5.5. In fact, the exoskeleton assistance practically maintained the pre-fatigue
LL duration levels in post-fatigue (Fig. 5.3), suggesting a full replenishment of the post-fatigue
quadriceps force deficit. On the other hand, the LL durations in the bare condition increased with
post-fatigue repetitions, indicating an increasing trend in fatigue. The mean LL repetition dura-
tions prior to declaring fatigue have quite similar magnitudes for both conditions, suggesting the
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similarity in bare and passive-exo conditions. After participants declared fatigue, both conditions
had a peak LL duration at the 1st repetition because they were allowed to pause just enough to
recover and continue. The exo condition likely had a smaller pause because participants had more
confidence continuing after fatigue when assistance was expected. The post-fatigue LL feedback
rating is also the highest amongst the tasks—almost a perfect 4.8/5—supporting the effectiveness
of the exoskeleton assistance at a perceptual level.

The exoskeleton’s replenishment of the diminished quadriceps force in post-fatigue LL ex-
plains the observed reduction (although statistically non-significant) in peak thorax lean for the
exo condition compared to bare. Fig. 5.6 depicts ensemble averaged deviations in peak thorax lean
from the minimum thorax lean observed for each participant in both conditions before and after
fatigue. Both conditions have similar magnitudes before declaring fatigue (repetition 0), indicating
the bare and passive-exo conditions had a similar influence on peak thorax lean as expected. Simi-
lar to the trend in LL repetition durations, the deviation in peak thorax lean is noticeably higher for
the bare condition after fatigue. Without exoskeleton assistance, the participants likely offloaded
their highly-fatigued quadriceps by leaning more forward and thus reducing the moment arm on
their knees. This was likely a subconscious behavior because participants were reminded to main-
tain proper squat posture at all times and take a longer pause if they perceived a compromised
posture. This observation agrees with a classic study showing quadriceps fatigue leads to a com-
pensatory change in posture (more stooping) [Trafimow et al., 1993]. Importantly, our study is the
first to show a trend towards the reversal of this compensatory change with exoskeleton assistance.
This intervention addresses the root cause of postural changes (fatigued quadriceps) rather than
simply alerting the user by means of a vibrator as in [Picchiotti et al., 2019].

5.4.2 Biomimetic knee assistance reduces quadriceps effort in multi-terrain
carrying

We also found a holistic decrease in quadriceps effort for all carrying tasks in the non-fatigued
session (Fig. 5.11 and Fig. 5.10). To the authors’ knowledge, this is the first knee exoskeleton
study to demonstrate consistent reductions in quadriceps muscle effort (without negatively affect-
ing the antagonistic hamstrings) in all the common gait tasks (level walking, stairs and ramp as-
cent/descent). One of the main factors in these consistent findings could be our mixed in-silico
and in-vivo approach to the controller development, whereas prior “task-invariant” controllers (in-
cluding our prior work) were limited by and restricted to a normative dataset that informed their
data-driven optimization/learning processes [Lin et al., 2022; Medrano et al., 2023; Molinaro et al.,
2022]. We firstly studied the clinical gait analysis literature to gain both a qualitative and causal
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understanding of the high torque exhibiting regions of the knee joint torque profiles in the different
categories of tasks encountered in LLC, e.g., ascent vs. descent tasks, or gait vs. non-gait tasks.
This allowed us to carefully select a minimal set of physically inspired (inherently passive and pre-
dictable) torque basis functions (springs, dampers, gravity compensation, inertial compensation)
and biomimetically modify them to produce the general torque profiles for each task category.
By then scaling them with task- and phase-sensitive signals, we ensured the torques are smoothly
down-modulated in the low or negative torque phases of the respective task, and the entirety of
other tasks. This process produced an intuitive “task-invariant” set of basis functions that could
be readily customized after an initial data-driven optimization process (see Fig. 4.3). In-vivo man-
ual customization based on subjective feedback was crucial to producing the most helpful and
biomimetic torques in all tasks. This final controller was identical between the participants en-
rolled in this study, i.e., no user-specific tuning was needed.

The peaks in assistive torques are well aligned with the peaks in quadriceps activations across
tasks in Fig. 5.11, explaining the significant reductions in quadriceps effort in the exo condition.
It should be noted that human muscles are much more efficient in performing negative work (as
required in descent tasks) compared to positive (required in ascent tasks). It is therefore under-
standable that participants found the assistive torques the most helpful (according to subjective
feedback) in the tasks requiring high positive work. Indeed, LL, stairs ascent, and ramp ascent
(in order) had the highest reductions in quadriceps effort. The ramp and stairs descent muscle
activation profiles exhibit a double peak: the first absorbs the initial impact of landing and the sec-
ond smoothly lowers down the body. After initially optimizing the controller to match this double
peak (Fig. 4.3), pilot tests revealed that assistive control torques in the second peak slightly hin-
dered some subjects during the transition to late stance and swing. We therefore adjusted the leg
angle-based sigmoid to down-modulate the non-ascent spring’s torques earlier in phase, as can be
seen in Fig. 5.11. Finally, level walking exhibited the lowest knee moments out of all tasks, and
accordingly received the lowest assistance torque magnitude compared to other tasks. Although
the assistive torque was well aligned to the quadriceps activation profile, this task got the lowest
effectiveness rating in post-fatigue (3.8/5)—the most common feedback was that the exoskeleton
did not help in level walking as much as the other tasks. In line with this finding, level walking
was also the only task which had a non-significant reduction in quadriceps effort. We suspect that
soft-tissue compliance precludes effective exoskeleton torque transfer during such a minimal and
fast knee range of motion, and the knee simply does not need much assistance in level walking.
Regardless, compared to our prior studies [Divekar et al., 2020; Lin et al., 2022], the presented
controller/exoskeleton satisfactorily eliminated the problem of high peaks in hamstrings activation
profiles in late stance in level walking (see Fig. 5.12). This is likely the result of 1) adding knee
flexion torques via gravity compensation to aid the hamstrings in late stance, and 2) the use of a
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significantly lighter exoskeleton.

5.4.3 Study limitations

The main limitation of this study was relying on participants’ perception of their point of fail-
ure to control the level of fatigue between bare and exo conditions. Participants were reminded to
declare fatigue in the second condition at the same level experienced in the first condition, where
order was randomized. Fig. 5.3 shows the pre-fatigue repetition durations of both conditions were
similar (bare having marginally higher durations). Since repetition duration is a classical indicator
of fatigue [Enoka and Duchateau, 2016], we believe any discrepancy in fatigue level at time trial
initiation (repetition 0 in Fig. 5.3) was negligible compared to the large difference in durations
between conditions during the time trial (repetitions 1-10 in Fig. 5.3). While EMG could have
potentially provided an estimate of neuromuscular fatigue, we chose not to encumber the subjects
with EMG sensors to avoid discomfort and consequently affect the time trial. We were also wary
of using EMG during the fatiguing trials because EMG RMS amplitudes during fatigue are unreli-
able and the ability to predict fatigue with the median frequency slope is highly subject-dependent
[Lamers et al., 2020]. Nevertheless we expect the exoskeleton provided a similar reduction in
quadriceps effort and peak activation during the fatiguing LL trial as it did in the non-fatiguing
trials in session 2 when we did measure EMG.

Ideally, the condition leading up to fatigue would be the same (e.g., bare). However, substantial
recovery from such acute exercise-induced fatigue happens in a matter of a few minutes [Larson
and Potteiger, 1997], and therefore it was practically impossible to don the exoskeleton fast enough
to capture the effect of fatigue. We therefore settled for the best compromise by having the par-
ticipants perform the pre-fatigue LL repetitions in as close a condition to bare as feasible with
the exoskeleton in passive mode. Fortunately, in this mode the exoskeleton applies a negligible
backdrive torque (< 1 Nm [Nesler et al., 2022]) and weighs only 4.6 kg total across both legs. We
took two steps to test the effect of this possible confound on the post-fatigue performance. First,
we performed a correlation analysis between the % change in repetitions to reach fatigue and the
% change in time to complete 10 LL repetitions post-fatigue (Fig. 5.4). We found no significant
correlation between these two variables indicating that the effect of exoskeleton assistance on post-
fatigue performance was not related to the potential difference in pre-fatigue workload (number of
LL repetitions until failure). Second, we incorporated the effect of pre-fatigue workload in the
LMM design and found it is non-significant in explaining the post-fatigue performance outcome.

Additionally, the two fatiguing conditions (bare and exo) were performed on the same day
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(session 1), potentially causing greater fatigue for the second condition. This study design was
intended to make it easier for participants to declare fatigue at a similar perceived point of failure.
To minimize the possible confound, we gave participants ample time to rest between conditions
and alternated the order of conditions between participants. Moreover, we incorporated the effect
of order in the LMM and found it was non-significant in explaining the post-fatigue performance
outcome. This protocol is similar to a recent study on the effect of exoskeleton assistance on LL
endurance (lift-lower till failure), in which both bare (control) and exo conditions were tested on
the same day with a short break between conditions [Rodzak et al., 2023].

Lastly, we did not directly test the exoskeleton’s ability to delay LL fatigue, e.g., with an
endurance test till failure. However, the significant reduction in quadriceps EMG during non-
fatigued LL in session 2 suggests the exoskeleton could have this effect. Endurance testing with
the exoskeleton is left to future work.

5.4.4 Future work

For loads/objects that cannot be placed between the feet, some amount of forward bending is
inevitable which will create a non-negligible moment arm about the critical L5/S1 joint and in-
crease the chance of injury. In the workplace, LLC loads come in a variety of shapes and sizes
and hence it may become necessary to directly offload the lower back with a back or hip-back
brace. The inherently modular nature of the knee exoskeleton presented in this study allows it to
be readily interfaced with a hip-back exo to provide versatile assistance for LLC with the squatting
technique shown in this chapter as well as stooping in future work. In fact we presented a modular
knee-hip combination of our exoskeleton in prior work—albeit only performing a single LL task
with a simple gravity shaping controller [Nesler et al., 2022]. In future work we hope to extend
the control approach to the hip-back module and test the knee-hip-back configuration’s efficacy in
LLC with various types of loads.

Finally, the customizable “task-invariant” controller implemented in this chapter for LLC can
easily be adapted for general purpose assistance for mobility impairments or augmenting healthy
individuals by modifying the LL spring for sit-stand tasks (see chapter 6). The coefficients for
the three types of springs and gravity compensation can be safely and independently tuned, en-
abling future customization to unique patient needs (see chapter 6). This control approach is also
amenable to automation via human in the loop optimization that requires a small set of tunable
parameters [Slade et al., 2022].
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Figure 5.8: Individual post-fatigue completion times and thorax lean. The left figure shows
the individual completion times averaged over the 10 post-fatigue LL repetitions. The right figure
shows the individual peak thorax lean averaged over the 10 post-fatigue LL repetitions. Data points
for all eight subjects (s1-s8) enrolled in this study are shown.
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Figure 5.9: Modified Quest Summary. Box and whiskers plot showing the results of the modified
QUEST for post-fatigue tasks of lifting-lowering (LL), ramp ascent (RA), stairs ascent (SA), ramp
descent (RD), stairs descent (SD), and level walking (LW). Ratings are: 1 - not satisfied at all, 2 -
not very satisfied, 3 - more or less satisfied, 4 - quite satisfied, and 5 - very satisfied.
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Figure 5.10: Quadriceps effort. The box plots show the distributions of the quadriceps effort,
for bare and exo conditions and for all tasks (LL - lifting-lowering, RA - ramp ascent, SA - stairs
ascent, RD - ramp descent, SD - stairs descent, LW - level walking). * represents statistical differ-
ence (p < 0.05), ** represents p <= 0.01, *** represents p <= 0.001.
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Figure 5.11: Quadriceps EMG and exoskeleton knee torque. The figure shows the ensemble-
averaged quadriceps EMG profiles and the torque profiles of the exoskeleton for all tasks tested.
Torques are positive in the extension direction.
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Figure 5.12: Hamstrings EMG and exoskeleton knee torque. The figure shows the ensemble
averaged hamstrings EMG profiles and the torque profiles of the exoskeleton for all tasks tested.
Torques are positive in the extension direction.
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CHAPTER 6

Customizability and Preliminary Validation of a
Versatile Bilateral Knee Exoskeleton for Assisting

Impaired Individuals

6.1 Introduction

Individuals with impairments present a difficult challenge for task-invariant controllers. Specifi-
cally, controllers that are trained on normative datasets may prove overly generic to cater to the
unique deficits present in impaired individuals. Moreover these controllers require a secondary
optimization process (e.g., reinforcement learning, human in the loop optimization) which then
tries to update the algorithm by incorporating the individual’s personalized gait data. However this
optimization process can take several hours of cyclical data collection and re-tuning, especially if
the number of basis functions (control parameters) is large. While this may be doable for healthy
individuals, it is highly burdensome and impractical for impaired individuals who usually have a
small reserve of energy before fatiguing, e.g., individuals with multiple sclerosis (MS) and post-
polio syndrome (PPS). Moreover, the clinician (physical therapist) is completely sidelined in this
methodology, preventing them from contributing their expert knowledge. Patients may also prefer
their therapist’s involvement.

This chapter focuses on addressing these challenges with the novel bilateral knee controller
developed in chapter 4, and the latest M-BLUE exoskeleton shown in chapter 5. First we go
through the development of a clinician friendly android app (GUI) that facilitates wireless, live
modification of the coefficients of the task sensitized torque bases and also displays live control
torques from the exoskeleton for both legs. Next we present the individual case studies focusing
on customizing the controller to suit each participant’s highly unique gait deficits, and assessing
the corresponding functional and biomechanical improvements with exoskeleton assistance.

We investigated two highly impaired cases of MS and PPS. The manual muscle test (MMT)
and clinician assessment of the PPS patient revealed that he had a highly impaired (atrophied) right
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leg from the hip down, and quadriceps weakness in his left side. Accordingly, discussion with the
patient and on-site clinician highlighted the need to assist knee extension especially during sit-
stand-sit and stairs ascent which the patient found the most challenging. Performance assessments
during sit-stand and stair ascent were therefore our primary metrics. We hypothesized that after
appropriate controller customization for the PPS patient, our novel bilateral exoskeleton would
improve the results of the five times sit to stand (5xSTS) test, and time to ascend a 5-step staircase.

The MMT and clinician assessment of the MS patient revealed he had reduced knee flexion
strength (greatly exacerbated by quadriceps spasticity) and severely hampered hip flexion capa-
bility. Functionally, his prominent deficit was leg clearance (worse on the left side) leading to
compensatory circumduction. Accordingly, our primary metrics were sagittal knee and frontal
shank kinematics. We hypothesized that after appropriate controller customization, exoskeleton
assistance would increase the MS patient’s peak knee flexion angle (assessing leg clearance), and
reduce peak shank abduction angle (assessing circumduction).

For both patients, we performed a battery of assessments to explore the effects of exoskeleton
assistance for a wide array of tasks (including exploratory assessments beyond the primary out-
comes described above). We performed two common gait tests: the timed up and go (TUG) test
and six meter walk test (6MWT). We also assessed the times to ascend and descend a staircase and
ramp. Finally we acquired subjective feedback on exoskeleton effectiveness for the various tasks
completed using a modified QUEST questionnaire.

6.2 Methodology

6.2.1 Clinician-friendly android app (GUI) interface development

I designed an android app, or graphical user interface (GUI) in Android Studio using the Java
language. This work involved two main aspects: 1) designing the front panel (or what the user sees
and how they interact), and the background interface which provides the functionality of the GUI.
We wished the front panel to be user friendly to the clinician who will ideally leverage the intuitive
customizability of the controller to provide the appropriate assistance levels for each category of
task or task phase to the patient based on their unique deficits. Four customization options were
provided: as can be seen in Fig. 6.2, i.e., the ability to modulate the assistance for - 1) aiding in
upward propulsion in ascent tasks, aiding bracing (energy absorption) in descent tasks, 3) aiding
the strength of upward propulsion for sit-stand (or more generally closed chain squatting) tasks,
and 4) leg clearance in general swing. With intuitive graphics, the on-site clinician was easily able
to control the behavior of the controller. The GUI also provides a secondary feedback panel which
receives data from the bilateral exoskeleton modules and displays them as live bar graphs. In this
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case we displayed live commanded torques (normalized to the saturation torque of 25 Nm). This
feature allows the clinician to monitor the behavior of the controller and can determine if more
assistance may be needed in certain difficult tasks or task phases. Buttons on the bottom right of
the screen are provided to easily switch back and forth between the two front panels.

The background process development is quite an involved one, mainly consisting of using
multi-threading to coherently and cohesively run the various networking, GUI, and live graphing
processes. Upon startup, the network thread automatically initializes and tries to establish connec-
tions with the bilateral exoskeletons (equipped with Raspberry Pi’s which perform their computing
and networking). For this version of the app, the ip addresses and ports of the exoskeletons are
hard-coded, as they are always the same being on an independent router. Similarly, the ip ad-
dress and port of the android device is hard-coded on the exoskeletons’ Raspberry Pis. Fig. 6.1
shows the full network setup implemented for our experiments. The android app is configured to
continuously send the desired assistance levels to the exoskeletons, using the faster UDP protocol
(vs. TCP which has packet receipt checks making it slower). Since we are not interested in a par-

ticular packet, but rather the speed of packets, UDP was the preferred choice over TCP. Pressing
the “SEND” button on the GUI updates the assistance variables in memory with the levels seen on
the GUI thus updating what gets sent. The “STOP” button acts as a soft toggle in case the clinician
quickly wants to disable the assistance - this updates the assistance variables in memory to zero
values. To resume assistance, “SEND” is pressed. The stop and resume feature proved very helpful
during patient acclimation to the clinician and engineer alike especially to assess the effect of the
exoskeleton by changing it to passive mode with “STOP”. Moreover the GUI facilitated patient
acclimation and controller customization by enabling a gradual increase in assistance of each of
the four available categories to a level that was effective as well as comfortable for the patient.

6.2.2 Experimental protocol

The experiments with the impaired participants were approved by the IRB, and both (PPS and
MS) participants provided their consent for the same. Both participants also met our inclusion
criteria which required them to not have major balance issues (or any uncontrolled cardiovascular
conditions), and be able to walk for 10 minutes with/without their assistance aid. The experimental
protocol for both participants was spread out over 3 sessions completed on separate days. In
session 1 we first completed the manual muscle test (MMT) and range of motion test (ROM). Next
we collected their baseline gait metrics by performing the standard timed up and go (TUG), 6
meter walk test (6MWT), and 5 times sit-stand (5xSTS) tests. We additionally performed our own
custom battery of tests which measured the participants’ competency (time to complete) in ramp
and stairs ascent/descent on the lab’s multi-terrain circuit—see chapter 5 for specifics of the circuit.
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Figure 6.1: M-BLUE wireless networking setup. The figure shows the wireless communication
between the different devices involved in the experimental setup. The two M-BLUE knee modules
are configured in a paired TCP mode to establish an easy interface to exchange feedback sensor
data which is critical in the bilateral controller framework. The experimental laptop communicates
with each M-BLUE module, also via TCP. The push button is configured in broadcast UDP mode
and is used to soft-toggle the exo power. The android GUI subscribes to and publishes to the two
M-BLUE modules via UDP, and is used to update controller coefficients and display exoskeleton
related information to the user (see Fig. 6.2).

If time permitted, session 1 ended with a short acclimation to the bilateral knee exoskeleton. In
the case of the MS patient, this was initially limited to just observing one of the examiners using
the exoskeleton on various parts of the circuit and listening to a concurrent verbal explanation of
the assistance. Session 2 primarily consisted of acclimation with the exoskeleton. Firstly, with
the help of our on-site clinician collaborator we carefully donned the bilateral knee exoskeleton
on the participants. For the PPS participant this was a particularly unique challenge since he had
a heavily atrophied right leg. Supplementary foam padding and careful strapping adjustments
aided in this process. Next we used the android GUI to gradually introduce assistance torques
to the participants as they traversed various parts of the circuit trying various tasks. This is also
where I performed the custom modifications to the controller based on each subject’s unique gait
characteristics and deficits (detailed in the subject specific sections below). We concluded session
2 after the participants were able to successfully complete a few repetitions of all tasks in the
experiment, i.e., level walking, STS, and ramp and stairs ascent/descent. The session 3 protocol
was a repeat of session 1’s with the exoskeleton. At the end of session 3 we collected subject
feedback on the effectiveness of the exoskeleton according to our modified QUEST questionnaire
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(see Table 6.1 for the list of questions). Each session lasted approximately 3 hours. During the
baseline (bare) testing in session 1, we secured IMU sensors and foot pressure sensors on the
participants in order to measure key gait signals. These same set of sensors were also present on
the exoskeleton in the exo condition in session 3.

Table 6.1: Modified QUEST list of questions for impaired participants

How satisfied were you with the device assistance during:
• Sit-stand
• Ramp Ascent
• Stairs Ascent
• Ramp Descent
• Stairs Descent
• Level Walking

The table lists the questions asked in the modified QUEST questionnaire for impaired
participants. The assessment was to be given on a discretized scale of 1-5 (not satisfied at all, not

very satisfied, somewhat satisfied, quite satisfied, and very satisfied respectively).

6.3 Controller customization, results, and interpretation

6.3.1 Post-polio syndrome

Our PPS participant was male, aged 58 yrs, and weighed 73 kg. His manual muscle test (MMT)
results and range of motion results are shown in Table 6.2 and Table 6.3 respectively. As can
be seen from the MMT results, his right limb from the hip downward was heavily atrophied and
practically had no power. Moreover, this leg is used as a “walking stick” to quote the participant.
It could also be likened to a passive prosthesis.

We made a few adjustments to the controller to accommodate this asymmetry and still provide
meaningful torques in a task invariant fashion—see Fig. 6.3 for the exoskeleton torque and knee
angle profiles measured during the multi-terrain experiments. Firstly, the non-ascent spring damper
dynamics can accommodate a wide range of leg masses, however the heavy atrophy on the right leg
meant that the mass-spring-damper system became marginally unstable for any meaningful spring
stiffness values. We therefore fully down-modulated this torque basis—since the current version of
the GUI is setup to uniformly adjust the task- and/or phase-specific assistance levels of both legs,
this change had to be hard-coded. Secondly, we had to modify the task-sensitization of the LL
spring. The LL spring, which assists in symmetric closed-chain squatting or STS tasks, is scaled
by the GRF of the ipsilateral leg to provide assistance proportional to the amount of loading on
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Table 6.2: Manual muscle test (MMT) results for PPS participant

Right Left
DF 0/5 5/5
PF 1/5 5/5
KF 0/5 5/5
KE 0/5 3+/5
HF 0/5 4-/5

the respective leg and down-modulate when the participant is seated (see chapter 2 for a detailed
explanation of vGRF tapering). This spring is also scaled by the ipsilateral and contralateral heel
FSR signals to prevent it from activating when the user is not stably planted on the ground, i.e.,
both heels are required to at least impart 0.1 BWs of force on the ground for a meaningful activation
level. With the heavy atrophy on the right leg, the participant was unable to apply any significant
pressure to the ground to activate the LL spring, however, it was desirable to assist this leg. Since
he retained good control of his better left leg, we scaled the LL spring of his highly atrophied leg by
the GRF of the better contralateral leg. This was a welcome change as the participant was now able
to control assistance to both legs using his better leg. This resulted in an impressive improvement
in his 5xSTS test time which was the first of the two primary metrics (see Table 6.4). Accordingly,
he rated the STS task highly (see Table 6.5).

The exoskeleton induced a marginal reduction in the time to complete stairs ascent (second
primary metric), stairs descent, and ramp descent; while there was a marginal increase in the time
to complete ramp ascent with the exoskeleton (see Table 6.4). Accordingly, the participant rated
the stairs ascent task highly in Table 6.5 (same as STS) likely due to the assistance received to his
weakened quadriceps in helping them perform positive work in these demanding tasks.

From Table 6.4 it can be seen that the participant was noticeably slower for the level walking
tests (TUG and 6MWT) with the exoskeleton. This finding is in line with a recent study which
tested a custom unilateral knee exoskeleton on three PPS participants and found drastically slower
TUG and 10MWT times with the powered device compared to a simplistic passive brace [Yu et al.,
2020]. The primary drivers in level walking are the hips and ankles, with the knee taking a minor
passive role. The added mass/inertia of the exoskeleton were the likely reasons for our participant
slowing down slightly in tasks which involved level walking.

6.3.2 Multiple sclerosis

Our MS participant was male, 60 yrs, and weighed 82 kg. The MMT (Table 6.6) and ROM
(Table 6.7) tests and visual (functional) gait assessments conducted by the collaborating clinician
revealed that the participant had a severe weakness of his left hip flexors. Furthermore, spasticity
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Table 6.3: Range of motion (ROM) results for PPS participant

Right Left
DF 15° 5°
PF 40° 56°
KF 150° 125°
KE 5° 0°

Table 6.4: Gait test results for PPS participant

Test Bare (s) Exo (s)
5xSTS 18.9 11.8
TUG 13.0 15.2
6MWT 6.2 8.6
SA 8.3 8.1
SD 9.1 8.5
RA 8.2 8.4
RD 14.8 14.6

Table 6.5: Modified QUEST ratings for PPS participant

Task Rating (out of 5)
STS 4
Level walking 2
Stairs ascent 4
Stairs descent 3
Ramp ascent 3
Ramp descent 2

81



in his quadriceps, combined with weak knee flexors, severely impaired his foot clearance. The
participant compensated by circumducting his left leg. Moreover, his bare gait tests in Table 6.8
reveal the debilitating effect of his condition on his walking speed and also completion time of
other gait tasks such as stairs and ramp climbing. Since he had intact quadriceps strength on
both legs (Table 6.6), his sit-stand ability was unaffected as far as power was concerned, however
balance was an issue (as with all tasks).

Like for the PPS patient, we performed controller customizations according to the MS patient’s
unique gait deficits to provide helpful torques in all tasks wherever possible with the bilateral knee
exoskeleton (see Fig. 6.4). We first made a significant addition to the controller’s swing basis set
to provide meaningful knee flexion torque to address this participant’s leg clearance issue. The
original swing controller relies on gravity compensation to provide an anti-gravity swing torque,
but the torque due to gravity on the knee is zero when the shank is vertical. Due to his severe
impairment, the MS participant’s left knee hardly exhibited 10° ROM during level walking (see
Fig. 6.7), and therefore his shank did not appreciably rotate posterior to vertical. This resulted in an
insignificant assistance torque from the gravity compensation basis function, so we implemented
an additional specialized torque basis function to boost his leg clearance. To the final swing torque,
we added

τth = gth · sin(θth −θ
offset
th ) · step(θth −θ

offset
th ) (6.1)

where gth scales the magnitude of torque boost, θth and θ offset
th are the global thigh angle (sagittal)

and its offset respectively, and the step function ensures the basis function is off for anterior global
thigh rotation angles higher than the offset value. See Fig. 6.5 for a simulation of control torques
with and without the additional basis function for boosting leg clearance. This basis function
was inspired by our group’s complimentary work in the prosthetics field, where the global thigh
angle plays an important role as a robust phase variable especially for walking tasks [Villarreal and
Gregg, 2014]. Since the participant retained a reasonable amount of strength in his hip extensors,
he could intuitively modulate the assistance from this new boost function by using the more intact
proximal joint (hip) to control the highly impaired distal joint (knee). The global thigh angle offset
was carefully chosen such that the participant would receive knee flexion assistance at a vertical
global thigh angle, i.e., during mid-swing. The GUI, among other parameters, allows scaling the
overall swing torque using the bottom-right icon and button set on the main panel (see Fig. 6.2). As
a safety feature, coefficient updates by the GUI are limited to a reasonable amount. However, after
initial acclimation trials, and consultation with the on-site clinician, we increased the hard-coded
coefficient such that an average peak torque of 21 Nm was provided in swing for this participant.
This magnitude of assistance in swing falls drastically outside any normative dataset, as it is more
in line with the assistance fraction we provide in stance. However, this participant needed such high
assistance torque during swing, and the high customizability of the controller made this change
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possible. Fig. 6.6 shows controller simulations (including the swing boost basis function) with
various swing assistance levels that can be set by the GUI—swing assistance level 4 was chosen
for the MS participant.

The swing boost function induced marked improvements in the MS participant’s primary
metrics—substantial improvements in his leg clearance (tracked by the sagittal knee angle) and
associated compensatory circumduction (tracked by the frontal global shank angle) as can be seen
in Fig. 6.7 and Fig. 6.8 respectively. Receiving the greatly needed swing assistance was likely the
reason he rated the exoskeleton assistance in level walking highly (see Table 6.9).

The second change we made was to remove the scaling of the STS (LL) torque relative to
AJCdist. Ideally, this ensures the activation of the STS torque only when the user attains a sym-
metrical starting posture. However during acclimation we realized the participant stands in a non-
symmetrical posture. Since this was a precautionary task function, and given the very slow gait
speed of the participant, its removal did not have any negative effect on the overall controller be-
havior outside of STS, and greatly improved the reliability of STS assistance. Similar to the PPS
participant, we also removed the scaling with respect to the heel-FSR for his left (high impaired)
leg for STS, allowing his better right leg’s heel to control the behavior. These changes resulted in
a marginal improvement in his 5xSTS speed shown in Table 6.8.

While we were able to drastically improve his leg clearance with the bilateral knee exoskeleton,
the added mass and inertia of the exoskeleton proved to be burdensome on his already weakened
hip flexors. For all gait tests (apart from 5xSTS) the participant slowed down in the exo condition
compared to bare (see Table 6.8). This finding is in line with a large randomized clinical trial on
the Keeogo (a commercial bilateral knee exoskeleton which claims to support multiple tasks) in
which the exoskeleton significantly slowed down the MS participants in all gait performance tests.,
the TUG, 6 minute walk test, and timed stair test [McGibbon et al., 2018, 2023]. Interestingly, the
Keeogo study carefully excluded participants who had trouble initiating walking movements with
their hip flexors (i.e., an identical issue exhibited by our case study participant). We had no such
exclusion criteria in our IRB approved protocol.

For level walking, the knee is primarily passive, while the ankle and mainly the hips are the
primary drivers of the task. Since our knee module did not address his hip flexor weakness (and
in fact added to the problem due to the added mass/inertia), the negative results of the 6MWT
and TUG are expected. For stair and ramp climbing the same kinematic bottleneck of the weak
hip flexors is present and hinders the initiation of the swing phase, especially for the ascent tasks.
From the video analysis, it is quite obvious that the participant struggled to lift his leg to the
level of the step in stair ascent, and the added mass of the exoskeleton makes this more difficult.
While our exoskeleton did provide knee extension torque in stance to propel the body upwards and
forwards on the stairs, our participant’s quadriceps did not have deficit to begin with and therefore
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Table 6.6: Manual muscle test (MMT) results for MS participant

Right Left
DF 4/5 3+/5
PF 4+/5 5/5
INV 1/5 2-/5
EV 1/5 2-/5
KF 3/5 4-/5
KE 5/5 5/5
HF 3-/5 2-/5
HE

Table 6.7: Range of motion (ROM) results for MS participant

Right Left
DF 5° -5°
PF 35° 40°
KF 135° 135°
KE 0° 0°
HF
HE

this assistance was likely unnecessary at the cost of further hindering his hip flexors. Accordingly,
our MS participant slowed down less with the exo in the descent tasks (compared to ascent), since
he could use gravity to aid his hip flexors to swing his leg through.

6.4 Discussion

In this chapter we successfully designed a clinician friendly android GUI that proved very helpful
to our on-site clinician and also to the experimenters. We also successfully customized the bilateral

Table 6.8: Gait test results for MS participant

Test Bare (s) Exo (s)
5xSTS 20.3 18.4
TUG 27.5 46.8
6MWT 15.9 29.6
SA 19.7 26.2
SD 12.8 15.6
RA 17.4 27.2
RD 14.3 19.4
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Table 6.9: Modified QUEST ratings for MS participant

Task Rating (out of 5)
STS 3
Level walking 4
Stairs ascent 3
Stairs descent 4
Ramp ascent 3
Ramp descent 4

knee controller developed in chapter 4 to best assist each participant’s unique deficits related to the
knee joint. Fig. 6.3 and Fig. 6.4 show the exoskeleton torques and knee angles measured during the
various tasks performed in our experiments for the PPS and MS participants respectively. From a
biomechanics standpoint, the customized controller behavior was near ideal considering the partic-
ular deficits and compensatory gait adoptions of each participant. The participants predominantly
adopted a “step-to” gait pattern due to one of their legs being substantially more impaired than
the other. The PPS participant’s right leg was heavily atrophied and impaired, and the MS partic-
ipant’s left leg was more severely affected. A common trend seen in Fig. 6.3 and Fig. 6.4 is the
controller applying minimal torques to the more affected leg during stance in the gait tasks. This is
reasonable as the participants used the more affected leg in a passive manner and preferred to keep
the knee locked (or even hyper-extended) for greater stability against knee-buckling, resembling
the adaptations in hemiparetic gait [Woolley, 2001]. In this posture, very little assistance torque is
needed for the knee joint. On the other hand, the knee joint of the less affected leg is more actively
involved in the tasks and thereby receives more assistance torque. For example, in stairs ascent,
the controller provided a strong knee extension torque to the less affected leg in early stance to
aid in driving the center of mass forwards and upwards. Similarly for descent tasks, the controller
provided more bracing (extension torque) during stance to the less affected knee to help it absorb
potential energy during the eccentric phase; in contrast, the knee of the more impaired side was
maintained in a locked state and accordingly received practically no bracing assistance. The swing
torques for the MS participant differed from this trend because they could be volitionally controlled
using the unaffected hip extensors. Specifically, the MS patient utilized the hip angle based swing
basis function to extract more knee flexion assistance for his more impaired (left) side. Finally for
sit-stand, both knees received similarly high extension torques as desired.

Overall, the novel bilateral exoskeleton/controller induced marked improvements in all primary
metrics we had set forth for both participants. The PPS participant had a drastic improvement in
5xSTS time and a notable improvement in stairs ascent time, and greatly appreciated the exoskele-
ton’s assistance for his weakened quadriceps of his better (left) leg—note his right leg was heavily
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atrophied and scored 0 on almost all categories of the MMT. The MS participant on the other
hand had intact but spastic quadriceps, weak hamstrings, and highly weakened hip flexors. The
exoskeleton provided a substantial benefit to leg clearance (greatly improved peak knee flexion
in swing) and mitigated the compensatory circumduction (greatly reduced peak shank abduction
angle) exhibited by the MS participant.

In exploratory analyses, we found that the exoskeleton slowed down the participants in level
walking (PPS marginally, and MS significantly). This suggests that using the knee module in
isolation may not be suitable for highly impaired individuals especially if there exists an additional
major impairment at a different joint (the hip for our MS participant). Overall, the selection of the
joint modules (ankle/knee/hip, unilateral/bilateral) is critical for holistic benefits with a lower limb
exoskeleton. In hindsight, a unilateral knee module on the better leg for the PPS participant and
a bilateral hip-knee module for the MS participant would have been ideal choices, which likely
would have resulted in more generalized benefits. However, the scope of this chapter was limited
to testing the customizability and performance of the knee module through these case studies.
Considering this scope, the knee controller demonstrated high versatility and customizability to
help these individuals with unique deficits where it could.

In addition to lifting-lowering-carrying in chapter 5, we believe an ideal use case for these
bilateral knee modules would be knee osteoarthritis (OA) or general knee pain populations (patel-
lar tendonitis, post-op etc.). See Tab. 6.10 for the pain and difficulty rating (modified WOMAC
questionnaire) results of applying a simple quasi-stiffness controller (implemented on Comex 2)
on a participant with patelo-femoral joint OA. The pain in this disorder is caused by forces on
the patelo-femoral joint, which in turn is related to quadriceps forces. By reducing the quadriceps
forces with exoskeleton assistance, the participant reported promising reductions in pain scale rat-
ings for most tasks. However, the exoskeleton/controller combination increased the difficulty level
for walking, which is not surprising with a simplistic controller. This further motivates similar
research with our latest bilateral knee controller and M-BLUE exoskeleton.
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Table 6.10: Modified WOMAC pain and difficulty ratings for patelo-femoral OA participant, 0 =
None, 1 = Slight, 2 = Moderate, 3 = Very, 4 = Extremely

Task Pain rating Difficult rating
Bare Exo Bare Exo

Level Walking 0 0 0 1
Decline 0 0 1.5 2
Incline 0.5 0 1 1
Sit to stand 1 0.5 1 1
Stand to sit 1 0 0 0
Stairs ascent 1 1 1 1
Stairs descent 2 1 2 1
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Figure 6.2: Clinician friendly android GUI for controller customization and visual feedback. On
the left is the main panel of the GUI which allows the user to update key controller coefficients
(assistance levels) for the corresponding tasks depicted with pictures. The main screen can also
soft-stop the exo and switch to the next panel shown on the right. On the right is the secondary
panel responsible for displaying live commanded torque values from the two (left and right) actu-
ators of the bilateral M-BLUE knee module.
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Figure 6.5: Controller simulation with and without swing boost basis. The graph shows the ensem-
ble averaged simulated controller torques based on bare kinematics of MS participant. The blue
line shows torque without the swing boost basis, and red curve is with. The shaded regions show
the standard deviations about the mean. Positive torques represent extension.
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Figure 6.6: Controller simulation with different GUI assistance levels. The graph shows the ensem-
ble averaged simulated controller torques based on bare kinematics of MS participant for various
swing assistance levels that can be set by the GUI. The GUI levels range from 0 (no swing assis-
tance) to 5 (maximum swing assistance). Positive torques represent extension.

91



0 20 40 60 80 100
Level walking gait cycle (%)

-30

-25

-20

-15

-10

-5

0

5

S
ag

itt
al

 k
ne

e 
an

gl
e 

(o )

-14

-12

-10

-8

-6

-4

-2

0

2

E
xo

 to
rq

ue
 (

N
m

)

Bare
Exo

Normative (0.5 m/s-1)
Exo torque

Figure 6.7: MS sagittal knee angles for bare and exo conditions. The figure shows the ensemble
averaged sagittal knee angle profiles for bare and exo conditions (extension angles are positive),
along with the exoskeleton torque (extension torque is positive) for the left (highly impaired) leg.
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Figure 6.8: MS frontal global shank angles for bare and exo conditions. The figure shows the
ensemble averaged frontal plane global shank angle profiles for bare and exo conditions (adduction
angles are positive) for the left (highly impaired) leg.
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CHAPTER 7

Conclusions and Future Work

The focus of this dissertation is on the control and pre-clinical validation of lower-limb partial
assist exoskeletons, i.e., developing and assessing assistance schemes applicable to improving mo-
bility in broad populations that retain a certain level of voluntary motion. More specifically, the
dissertation’s goal was twofold and constituted: 1) designing an intuitive, and customizable “task-
invariant” controller for lower limb backdrivable exoskeletons to assist both healthy and impaired
users over multiple terrain in multiple activities; and 2) performing pre-clinical in-vivo experi-
ments designed to investigate the effect of this partial assistance scheme on critical, multifaceted
human variables.

The primary justification for this goal arose from both mechanical, and controls related gaps
in the state-of-the-art lower limb robotic assistance technologies for individuals with remnant vol-
untary ability. Mainly, this group of individuals requires control schemes that command assistive
torques based on live kinematic feedback of their limbs; and thereby require a mechanical actuation
system that least impedes this voluntary motion. However, at the start of my dissertation several
years ago, partial assistance exoskeleton technology was in an early transition phase from a dis-
tinctly different exoskeleton class—bulky, powerful exoskeletons with highly geared (and thereby
stiff) actuators for “driving” the limbs of paralyzed individuals with negligible voluntary force pro-
duction capability [van Kammen et al., 2020]. Accordingly, my research lab progressed through
three major versions of exoskeletons (Comex 1, Comex 2, and MBLUE), with each subsequent
version being lighter and more backdrivable. In order to address the first part of the goal, it was
important to firstly assess the existing partial assist controllers on available hardware (related to
the second part of the goal).

My first work in chapter 2 therefore involves mechanical improvements to an existing knee-
ankle exoskeleton (Comex 1) and related control improvements to a potential energy shaping con-
troller (a novel “task-invariant” controller developed by my group at the time [Lv et al., 2018]).
Specifically, by developing and implementing a custom foot pressure sensor on Comex 1, I ad-
dressed a gap preventing the translation of in-silico modeling results to in-vivo usability. Mainly,
the unilateral lower-limb potential energy shaping controller was based on two discrete models, 1)
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single support stance and 2) swing. For practical implementation purposes this presented a chal-
lenge for any double (multiple) support phases., e.g., double support in gait, or multiple support
in sitting on a chair. Since the controller inevitably treated these states as single stance, it heavily
over-estimated the assistance torques causing problems such as hyper-plantarflexion in late stance,
and undesirably high assistance torques while sitting down (a task that ideally needs zero assis-
tance). By scaling the command torques with sin(vGRF), where vGRF is the vertical ground
reaction force estimate from the foot pressure sensor normalized to body weight, I successfully
and smoothly blended the stance and swing models for practical use in multi support phases. The
vGRF signal had a high correlation (0.99) and negligible error (0.03 BWs) with respect to the si-
multaneously recorded “gold-standard” force plate data. Removing this practical hurdle enabled
subsequent preliminary validation on a single healthy subject in multiple activities of daily living
(level walking, stairs and sit-stand-sit). Meaningful reductions in both ankle and knee joint mus-
culature were found for high torque task phases with relatively slow dynamics (e.g., sit-stand-sit
or initial stance in stair ascent). However, the exoskeleton was counterproductive for swifter tasks
such as level walking.

In chapter 3, I show and interpret the results from a couple of human subject studies I performed
as part of collaborative work to test the efficacy of more advanced, data-driven, total energy shap-
ing controllers (M-TOES) implemented on Comex 1 [Lin et al., 2022] and later on the MBLUE.
While the earlier study yielded promising results for one subject, the remaining two subjects did
not respond consistently to the exoskeleton assistance. The latter study demonstrated the poten-
tial of the MBLUE exoskeleton in reducing muscular effort for multiple tasks but this benefit was
limited to only the unilateral configurations. Moreover, the bilateral knee and hip configurations
demonstrated a non-significant increase in muscle effort. Moreover, the M-TOES framework does
not: 1) provide guarantees on the helpfulness of the assistance torques for feedback kinematics
that fall outside the training dataset, and 2) readily allow localized changes to the controller be-
havior for certain tasks/task phases. These drawbacks (discussed in detail in chapter 3) made the
M-TOES controller unsuitable for application to LLC and impaired populations. LLC requires a
bilateral knee configuration which the M-TOES was unable to assist with, and impaired popula-
tions with pathological (non-normative) kinematics require easily customizable controllers to suit
their highly unique needs. These experiences motivated the development of my own clinically
intuitive, bilateral knee controller (chapter 4).

In my opinion, the novel bilateral knee controller (chapter 4) and the subsequent multi-terrain
LLC study in which it was implemented on MBLUE to perform pre-clinical in-vivo experiments
(chapter 5) are the highlights of this dissertation. Experiments with eight healthy participants
showed that the novel exoskeleton holistically assisted the quadriceps in multi-terrain LLC in both
a non-fatigued state and highly-fatigued state which is critically linked with LBP incidence in
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the workplace. Consequently our exoskeleton provided meaningful improvements in performance
(significant) and posture (n.s.) in post-fatigue LL, and garnered very satisfactory subjective feed-
back on its effectiveness in post-fatigue multi-terrain LLC tasks. To my group’s knowledge, this
combination of multifaceted benefits in multi-terrain LLC tasks by a bilateral knee exoskeleton is
unmatched by any current or past research works. Moreover, we tackled three key gaps in LLC
literature to date. Firstly, while the highly fatiguing and physically demanding squat lifting tech-
nique is recommended for promoting safety in the workplace [NIOSH, 2007; Marilyn Sharp et al.,
2006; US ARMY, 2000; Nolan et al., 2018], especially for lifting loads that can be placed between
the feet, prior studies did not successfully assist it in tandem with the multiple activities (ramps
and stair climbing, level walking) encountered in load carrying that further tire the quadriceps (the
prime movers in squatting). Secondly, while the connection between quadriceps fatigue and resul-
tant subconscious change in posture from squatting to the riskier stooping has been known since
decades [Trafimow et al., 1993], no prior works before ours had shown a corrective restoration
of this compensatory change with biomimetic robotic assistance. Thirdly, while research groups
biased their focus on directly assisting the affected lower back structures in LBP with back or
hip-back exoskeletons that primarily support the muscles for stooping, we presented a compli-
mentary and versatile distal (knee) joint supporting device that supports the muscles for the safer,
but energetically inefficient squatting (a mainstay justification for energy injecting exoskeletons).
Note that our work does not support strictly using the squat technique over the stoop: the stoop is
helpful for picking up light loads. Further, high moment arms on the low back are inevitable for
reaching out for loads that cannot be placed between the feet, thus requiring direct assistance with
a hip-back brace or exoskeleton. Therefore, in future work we wish to leverage the modularity of
the MBLUE and our recent results with the bilateral knee configuration, to test the efficacy of a bi-
lateral knee-hip configuration in a hybrid squatting and stooping experiment consisting of various
load types.

Subsequent to its use in the LLC study, the novel bilateral knee controller was readily cus-
tomized for participants in the PPS and MS case studies (chapter 6). Some high level customiza-
tions which involved mere tweaks to the level of assistance in certain task categories were facil-
itated by my newly developed, clinician friendly android app (GUI). While we were not able to
achieve improvements in the exploratory gait performance metrics (TUG and 6MWT) we demon-
strated drastic improvements in the primary metrics for both participants. Moreover, we assisted
the weakened left quadriceps and highly atrophied right quadriceps (0/5 MMT result) of the PPS
participant to nearly double his 5xSTS speed. Further, after incorporating an additional thigh-
angle (pseudo-phase) based torque basis function to assist leg clearance (knee flexion), we were
able to restore the MS participant’s knee ROM to normative levels for slow walking speeds, and
consequently substantially improve his compensatory circumduction motion. To note, the negative
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results found for the gait metrics are not unique to our study. and are in line with latest results
with a custom knee exoskeleton [Yu et al., 2020] for PPS, and a commercial one studied in a large
randomized clinical trial for MS [McGibbon et al., 2018, 2023]. Moreover, our mixed results high-
light the importance of carefully matching the modular exo configuration to the primary deficits of
the patient. In our case, the primary deficit of our MS patient was his weak hip flexors and hence
he would have likely benefited much more from a hip-knee configuration which is left to future
work. Lastly, the promising pain scale rating results of a patelo-femoral OA patient assisted with a
simple quasi-stiffness controller using Comex 2, motivate a future knee OA study using the more
sophisticated bilateral knee controller developed in this dissertation.
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