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Résumé

Suite & une lésion (ex: blessure médullaire, accident vasculaire cérébral) ou une
maladie neurodégénérative (ex: maladie de Parkinson), le systéme nerveux central
humain peut étre sujet a de multiples déficiences sensori-motrices menant a des

handicaps plus ou moins lourds au cours du temps.

Différentes technologies d’assistance et de suppléance peuvent étre envisagées
pour améliorer la condition des personnes atteintes de telles déficiences, en

facilitant leur vie quotidienne et leur réadaptation.

Les progrés considérables dans le domaine des neurosciences et de 1’ingénierie
biomédicale ont donné lieu & de nombreuses avancées au cours des trente
derniéres années, aboutissant notamment & différentes solutions capables de
restaurer ou d’améliorer les fonctions sensori-motrices basées sur la rééducation

neurologique.

La rééducation mneurologique a pour objectif d’utiliser les structures
neuromusculaires préservées d’un individu avec une atteinte du systéme nerveux
central afin de promouvoir la récupération de ses capacités physiques. Dans la
majorité des cas de déficiences sensori-motrices d’origine neurologique, les sujets
atteints présentent des difficultés a controler leur membres inférieurs, rendant
alors difficile, par exemple, la réalisation d’une marche normale. Dans ce cas de
figure, la rééducation neurologique de la marche pourrait étre envisagée grace a
I’utilisation d’une stimulation électrique des muscles paralysés de la jambe,
finement paramétrée pour délivrer au moment adéquat une série d’impulsions

activant la contraction des muscles visés.

Cependant, en dépit d’importantes avancées technologiques, la rééducation

neurologique appliquée au controle moteur (ex : préhension, déambulation,
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verticalisation...) reste confinée a un usage sporadique comparée a d’autres
domaines d’application de la stimulation tels que les implants cochléaires et les
pacemakers, bénéficiant aujourd’hui d’une notoriété et d’un usage largement
répandu. Malgré la présence d’une technologie performante et d’un savoir faire
suffisant, comment expliquer le faible nombre de personnes atteintes de
déficiences sensori-motrices bénéficiant aujourd’hui d’une telle assistance

fonctionnelle ?

Une déficience sensori-motrice entraine généralement un cycle de
déconditionnement au cours duquel les variables psychologiques et physiques du
sujet se dégradent. La plupart des technologies de rééducation neurologiques
actuelles appliquées au contréle moteur demandent un contréle fin et une
synchronisation précise pour étre efficientes. Cependant elles se révélent pour la
plupart relativement complexes d’utilisation, demandant d’étre opérées par un
utilisateur averti et menant généralement & une surcharge technologique
supplémentaire pour la personne déficiente. Ce constat met en exergue une
probable explication au faible succés de 1’'utilisation de la stimulation électrique
appliquée a la restauration d’une fonction motrice (alias la stimulation électrique
fonctionnelle, SEF). Il parait donc essentiel d’étudier de mnouvelles solutions
innovantes afin de promouvoir 1’utilisabilité et 1’accessibilité de cette technologie
et permettre & un maximum de personnes atteintes de déficiences sensori-motrices
d’améliorer leur qualité de vie quotidienne, tout en assurant un controle fin et

adéquat de 1’assistance apportée.

Motivé par ce paradoxe, ce travail de thése repose sur ’ambition de proposer
de nouvelles voies réalistes de solutions d’assistance basées sur la stimulation
électrique fonctionnelle et 1’utilisation de réseaux de capteurs embarqués face a
plusieurs problématiques cliniques et technologiques visant & la rééducation

neurologique des membres inférieurs.
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Complexifiées par de multiples contraintes intrinséques a 1’étude de solutions
orientées-patients (utilisabilité, fonctionnalité, accessibilité) dans un contexte
ambulatoire et clinique, de nouvelles stratégies de commande et d’analyse du
mouvement ont été étudiées et validées dans le cadre de différentes pathologies
affectant le mouvement des membres inférieurs : ’accident vasculaire cérébral, la

maladie de Parkinson et la paraplégie.

Reposant sur un réseau de capteurs génériques a bas cotlit embarqués sur la
personne, la commande de la stimulation électrique fonctionnelle a demandé un
travail initial important afin d’étre capable d’observer et d’analyser le
mouvement pathologique a assister en temps réel. La connaissance du mouvement
en conditions ambulatoires est nécessaire pour développer un controle efficace et
fin de la stimulation et du mouvement généré. Peu de technologies sont capables
d’offrir une précision suffisante quant a I’évaluation du mouvement en
ambulatoire, les habituels tapis de marche instrumentés et systémes de capture de
mouvement optiques étant inappropriés & ce cas d’usage. Pour ce faire, une
technologie initialement utilisée dans 1’aéronautique a été dérivée et embarquée
sur le sujet porteur d’un handicap : les centrales inertielles. Basés sur cette
technologie, plusieurs algorithmes ont été étudiés et mis au point pour
I’observation et I’analyse du mouvement sain et pathologique et validés au cours

de différents protocoles cliniques expérimentaux.

Fort de cette connaissance, différentes stratégies de commande en boucle
ouverte ou fermée ont été développées et expérimentées comme solutions
d’assistance chez des personnes atteintes d’une déficience sensori-motrice, en
combinant 1’analyse du mouvement a la stimulation électrique fonctionnelle

(SEF) des membres inférieurs.
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Mais qu’est-ce que la SEF ? La SEF est une technique de rééducation
neurologique qui consiste a suppléer artificiellement la commande motrice lésée,
normalement vectrice d’une contraction musculaire volontaire, par 1’envoi
d’impulsions électriques a proximité du nerf ou directement sur la plaque motrice
du muscle visé. Pouvant étre utilisée comme une alternative aux orthéses
mécaniques classiques, la SEF peut donner lieu a différentes utilisations
appliquées a la restauration du mouvement des membres inférieurs. Initialement
développée pour corriger le syndrome du pied tombant (absence de dorsiflexion
pendant la phase de balancement) chez le sujet hémiplégique, elle est aussi
ponctuellement utilisée dans la restauration de la marche chez des blessés
meédullaires (stimulation multicanal) ou encore au travers d’activités de loisirs
telle que 'aviron ou le cyclisme assistés par stimulation électrique des muscles
sous-lésionnels (ex : quadriceps et ischio-jambiers pour la propulsion d’un vélo a
trois roues).

Dans la quasi-totalité des stimulateurs commerciaux, le pilotage de la
stimulation électrique est effectué en boucle ouverte ; un contacteur placé dans le
talon de la chaussure ou un capteur sur le pédalier du vélo fournit I’information
nécessaire au déclenchement et a ’arrét de la stimulation. Si cette approche offre
une certaine utilisabilité au quotidien, elle n’est pas adaptée a un controle
individualisé et efficient de la stimulation et limite considérablement son champ
d’application en ne considérant pas, en outre, une contrainte majeure liée a la
SEF : la fatigue musculaire précoce induite. Les propriétés musculosquelettiques
et leur responsivité a la stimulation ne peuvent étre parfaitement modélisées au
point de négliger la prise en compte réelle du mouvement généré. Dans ce
contexte, une connaissance précise du mouvement (ex : longueur et hauteur de
foulée, angle de dorsiflexion, angle du genou, pourcentage du cycle de marche...)
peut servir plusieurs buts :

- la définition d’un événement précis de stimulation, fonction du mouvement
volontaire,
- une rétro-action pour le controle en boucle fermée,

- un outil objectif d’évaluation pour le clinicien.

12



Mais comment calculer ce mouvement a partir de capteurs embarqués ? Une
centrale inertielle est généralement composée de trois capteurs (accélérométre,
gyrométre, magnétomeétre) mesurant des grandeurs physiques. Le traitement et
I'intégration des wvaleurs brutes mesurées au cours du temps permet de
reconstruire une position, une trajectoire ou une orientation, et ce nécessairement
en trois dimensions pour certaines pathologies. En combinant deux capteurs il est
possible de calculer alors un angle articulaire entre deux segments. Ces principes
de base sont cependant limités par ['apparition d’erreurs intrinséques a
I’intégration numérique, a la conception et l’environnement du capteur, a la
calibration, a la fréquence d’échantillonnage ou & 1’algorithme utilisé. Des
algorithmes de fusion de capteurs permettent une plus grande robustesse de la
mesure au cours du temps mais nécessitent pour la plupart une puissance de

calcul importante.

A travers cette thése, le travail en amont réalisé a partir de centrales
inertielles génériques a permis de valider leur capacité a évaluer : une marche
saine et pathologique (sujets Parkinsoniens, sujets hémiplégiques), un angle de
dorsiflexion (sujets hémiplégiques), un angle de genou (sujets hémiplégiques et
paraplégique) ou encore a détecter 1’apparition de troubles locomoteurs, tels que
le « freezing of gait » chez le sujet Parkinsonien (tremblements entrainant un
blocage de la marche menant parfois a la chute), tout en garantissant une
utilisabilité optimale : minimum de paramétrage et de capteurs, calibration

facilitée, robustesse et tolérance d’utilisation, etc...

Basées sur ce travail, plusieurs stratégies de stimulation en boucle ouverte et
fermée des membres inférieurs ont été développées et expérimentées en
collaboration avec des équipes médicales :

- déclenchement d’un indicage somatosensoriel utilisant une centrale
inertielle localisée sur le pied de sujets atteints de la maladie de Parkinson

pour délivrer une stimulation électrique sensitive de la votite plantaire au

13



décollage du talon (diminution de 1’occurrence du freezing et amélioration
de la vitesse de marche).

- développement et étude d’une solution de pédalage assisté par stimulation
électrique fonctionnelle chez un blessé médullaire (participation au
Cybathlon, Zurich).

- controle embarqué en boucle fermée du genou de sujets atteints

d’hémiplégie pour I’amélioration du report d’appui.

Une solution embarquée générique, évolutive et adaptable a différentes
applications basées sur la SEF et le contréle moteur a été réalisée via le

développement d’une architecture matérielle et logicielle orientée-patient.

Indépendamment de résultats cliniques encourageants, la réussite scientifique
et technique des stratégies d’assistance des membres inférieurs étudiées au cours
de ce travail de thése atteste de la faisabilité et de I’importance de développer des
solutions innovantes orientées-patients. La mise au point de solutions de
rééducation neurologique performantes et accessibles reste cependant
particulierement difficile dans le contexte actuel, malgré un réel besoin exprimé a
la fois par la personne en situation de déficience et les équipes médicales. Les
progrés et avancées technologiques liées a 1’ingénierie des neuroprothéses
implantées laisse présager une future démocratisation de la rééducation
neurologique par des dispositifs implantés. L’usage de la SEF externe comme une
étape intermédiaire vers un dispositif de neurostimulation implantable pourrait
s’avérer alors particuliérement utile & la compréhension préalable du controle
moteur et de son intégration technologique. La combinaison d’actionneurs
mécaniques (ex : exosquelettes) et de capteurs embarqués (ex : centrales
inertielles, électromyographe,...) a4 de la stimulation électrique fonctionnelle
pourraient également ouvrir de nouvelles perspectives d’utilisation vers des

neuroprothéses hybrides.

14



Nomenclature

AHRS: Attitude and Heading Reference System
ASTA: American Spinal Injury Association
BAN: Body Area Network

BMI: Body Mass Index

BMD: Bone Mineral Density

CNS: Central Nervous Disorder

DXA: Dual energy X-ray Absorptiometry
E-FAP: Emory Functional Ambulation Profile
EKF: Extended Kalman Filter

EMG: Electromyography

FES: Functional Electrical Stimulation

FOG: Freezing Of Gait

FNS: Functional Neuromuscular Stimulation
FTP: File Transfer Protocol

IMU: Inertial Measurement Unit

12C: Inter-Integrated Circuit

MEMS: Micro Electro Mechanical Systems
NMES: Neuromuscular Electrical Stimulation
OMCS: Optical Motion Capture System

PCI: Physiological Cost Index

PD: Parkinson’s Disease

SCI: Spinal Cord Injuries / Injured

SSH: Secure Shell

UAV: Unmanned Aerial Vehicles

WBAN: Wireless Body Area Network

ZV'U: Zero Velocity Update
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Chapter 1: Introduction Page 16

1 Introduction

The human central nervous system (CNS) can be subject to multiple
dysfunctions. Potentially due to physical lesions (e.g.: spinal cord injuries,
hemorrhagic or ischemic stroke) or to mneurodegenerative disorders (e.g.:
Parkinson’s disease), these deficiencies often result in major functional
impairments throughout the years, that make even the simplest tasks impossible
to complete.

Various technological assistances could be provided to people suffering from
these kinds of sensorimotor deficiencies, in order to improve their daily life
condition, or to help enhancing rehabilitation process.

Rehabilitation engineering and neuroscience-based research have jointly
received much attention over the last forty years. A lot has been done to improve
health and to restore functions by studying pioneering approaches based on
neurorehabilitation. Originally developed for stroke subjects, neurorehabilitation
ailms at using preserved neuro-muscular structures in an individual with motor
disabilities, to promote recovery of functions following the lesion or disease. For
instance, neurologically impaired subjects have often difficulties to perform lower
limb movements, thereby hardly eliciting natural walking. In this case,
neurorehabilitation of walking could be achieved by integrating electrical
stimulation of the leg muscles, finely timed to drive the appropriate muscular
group.

In contrast, despite a dramatic technological development, the field of motor
control and neurorehabilitation technology for humans with sensorimotor
disabilities has been subject to a very slow acceptance and remains within a
sporadic use compared to other medical devices successes also based on electrical
stimulation, such as cochlear implants or heart pacemakers. Why is this field of

application developing slowly in the presence of both technology and know-how?
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Chapter 1: Introduction Page 17

A sensorimotor disability often triggers a cycle of de-conditioning in which
psychological and physical functioning deteriorate. Most of the existing motor
neurorehabilitation technologies may turn out to be relatively complex for the
users, requiring skilled experts and a technological overload for the subject. This
likely answer highlights the importance of developing user-friendly and accessible
neurorehabilitation tools, not only restricted to a clinical use, to promote their
usability and allow humans with disabilities to enjoy their life again.

Challenged by this paradox, the ambition of this thesis has been motivated by
investigating assistance modalities, keeping in mind the intrinsic constraints
associated to a patient-centered approach: to promote functionality, ease of use,
genericity and affordability. Using functional electrical stimulation (FES) as a
neurorehabilitation of lower limb movements, several approaches and algorithms
were studied through this work and experimentally validated in various clinical
and pathological contexts, fitting the constant and recurring constraints of a
patient-centered solution while providing an accurate control of motion.

To meet this requirement, the choice was made to use wearable sensors in
order to assess pathological motions and be able to design a specific command.

While the first part of this document introduces the general context, the
second chapter presents all the different aspects and investigated algorithms
needed to provide a robust and accurate lower limb pathological motion
assessment based on wearable sensors. Using this information, the third chapter
addresses multiple neurorehabilitation approaches based on wearable sensors to
control motor functions in a clinical and ambulatory context. The final chapter
highlights the different difficulties encountered to go from theory to clinical
protocols, concludes and opens the way to a broad prospective of the field for

future research.
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Chapter 1: Introduction Page 18

1.1 FES: an assistive solution in lower limbs
sensorimotor deficiencies

After central nervous injuries, functional electrical stimulation (FES) of
paralyzed muscles enables to assist individuals in executing functional movement.
Also called neuromuscular electrical stimulation (NMES) or functional neuro-
muscular stimulation (FNS) in literature, the concept aims to either activate
moto neurons to elicit a motor response or to activate reflex pathways by

stimulating sensory nerve fibers.

1.1.1 FES principle

The ultimate goal of using FES on a paralyzed, yet preserved, muscle is to be
able to supplement the deficient CNS command by imitating as close as possible
the “natural” activation occurring in the absence of lesion or disorder.

The CNS command is coded and transmitted as a series of electrical pulses
called action potentials, which represent a brief change in cell electric potential.
The more action potentials occur in a unit of time, the higher the intensity of the
transmitted signal.

In FES systems, the action potentials are artificially elicited by generating
sufficient electrical charges in the vicinity of the nerve. This localized
depolarization of the nerve cells result in the start of action potentials toward
both ends of the axon. Action potentials that propagate towards the muscle
(orthodromic propagation) until reaching the neuromuscular junction cause
muscle fibers to contract and generate muscle force.

The electrical charges can be delivered through the skin via surface electrodes
(external stimulation) or under the skin directly at the muscle or nerve level
(implanted stimulation) via intramuscular, cuff or intrafascicular neural
electrodes. Throughout this thesis, only external stimulation is addressed and

referred to as FES.
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The trains of electrical pulses delivered via the electrodes are usually
characterized by multiple parameters expressed as (Figure 1): the frequency f
(Hz), the amplitude I (generally in mA or in V), and the width of the pulse PW
(standing for pulse width, generally expressed in ps). Modulating either the
amplitude or the pulse width enables to control the number of recruited motor
units and thus the force generated.

By modulating the stimulation frequency, a summation mechanism over time
also affects the force output. A sufficient stimulation firing rate causes a sustained
contraction, also called tetanic contraction, from which the muscular mechanical
response becomes smooth and homogeneous. Needed to avoid muscle tremors, this
tetanic contraction however limits the functionality of the movement and partly
contributes to a major limitation of FES: muscular fatigue.

Artificially induced contraction early fatigues skeletal muscles compared to
volitional contraction. Rapid fatigue during FES results from a recruitment order
which, contrary to volitional contraction, firstly activates the most fatigable
muscular fibers (type II, rapid fibers), always in the same order in regards to
electrode positioning. The fatigability can be limited by, for instance, choosing the
lowest but minimum stimulation needed to obtain a sustained contraction:
between 18 and 25 Hz for the lower limbs [1]. Meanwhile, rapid fatigue can be
worsened by physiological changes intrinsic to a CNS lesion. For instance, in
spinal cord injured (SCI) individuals, muscular atrophy tends to naturally convert

type I fibers (slow fibers) into type II fibers [1].
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Figure 1. Ilustration of a charge-balanced biphasic pulse. FES delivers trains of electrical
pulses to mimic the natural flow of excitation generated by the CNS when non-impaired. Pulses

are defined by their frequency (f), their amplitude (I) and their width (PW).

Two different configurations can be used to deliver FES in multi-channel
stimulation: the monopolar or bipolar configuration. In the first case, active
electrodes are positioned close to the muscles to be stimulated while a single
common electrode is positioned somewhere along the neural pathway to the CNS,
at a certain distance of the active electrodes. In the second case, the bipolar
configuration consists in using two electrodes to close the electrical circuit nearby
the nerve. The monopolar configuration requires a lowered number of electrodes
and can be useful in case of a high number of muscles needs to be stimulated,
while the bipolar configuration enables a better stimulation accuracy but requires
more electrodes. Most of the current commercially available stimulators use a
bipolar configuration.

The pulse waveform is generally rectangular or if not, nonrectangular but with
a rise time sufficiently fast to open the nerve membrane channels.

Most of the FES stimulators modulate the number of recruited fibers by
regulating the quantity of charge delivered, which equals to the integral of
amplitude by the pulse width (Figure 1). The waveform can be monophasic or

biphasic (such as illustrated in Figure 1). Most of the stimulators use biphasic
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pulses. Among many advantages, the stimulation is more comfortable and the
potential risk to damage the tissues is lessened by balancing the electrical charges

going through the skin (Figure 1).

1.1.2 FES: general usage and constraints in lower limb rehabilitation

FES can be used in individuals with stable neurologic lesions and where the
recovery process reached a plateau. It is considered as an effective therapeutic
tool to develop or reactivate injured voluntary functions [2] associated to
paralyzed yet innervated muscles of the corresponding intact Alpha motoneurons.

Neuromuscular stimulation can be used as an alternative to orthoses for
restoring gait. By activating paralyzed muscles, FES is able to supplement the
lost motor command and favor motor learning, thereby limiting neuro-orthopedic
consequences associated to the lesion while enhancing rehabilitation process.
Multiple stimulation strategies have been investigated over the past years to
assist or restore gait. Liberson et al. [3] were the first to introduce the stimulation
of the peroneal nerve in 1961 (original patent) to correct the foot drop syndrome
(absence of voluntary foot dorsiflexion during swing phase) in post stroke
individuals. The first demonstrated application took place 8 years later with an
experimental study performed by Gracanin et al. [4]. However, due to weak
paretic limbs, only stimulating the peroneal nerve in acute strokes and SC injuries
turned out to be not efficient enough to enable gait [5]. The stimulation of a
muscular group targeting a specific joint leads to an isolated action, such as knee
flexion or extension. Using this property, some devices have been investigated to
restore gait in short distances (limited by the quadriceps fatigue) using multiple
stimulation channels [5]. The use of a multi-channel stimulator for helping during
stance and swing phase was firstly investigated in 1978 by Stanic et al [6].
Postans et al. [7] presented a study using two stimulation channels to stimulate
the quadriceps in stance phase and the peroneal nerve in swing phase in SCI
individuals. Stimulation duration was preset according to the duration of swing

and stance phases measured before with an instrumented mat. Yan et al. [8] used
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a multi-channel stimulation delivered on the paretic limb and were able to
stimulate via two stimulators both the quadriceps, hamstrings, tibialis anterior
and medial gastrocnemius (Figure 2) in bedridden post stroke individuals. The
activation sequence was close to the timing of a healthy walk pattern. Results
showed an increase in torque produced by the ankle and a decrease in muscle
spasticity (i.e. unusual stiffness of muscles). Popovic et al. [9] proposed a similar
multichannel stimulation protocol for increasing walking range in post stroke
subjects. Three stimulation channels were wused to stimulate quadriceps,
gastrocnemius and tibialis anterior in order to improve stance phase, to obtain a
better push at the end of the stance phase, a better stability at initial contact and

a higher foot clearance during swing phase.

(a)

(b)

(d)

Figure 2. Illustration of muscles able to be stimulated in FES-based lower limb rehabilitation.
(a) gluteal muscle, (b) hamstrings (biceps femoris), (¢) quadriceps (vastus lateralis), (d)
gastrocnemius, and (e) tibialis anterior. (source: interstices.info)

Most of the few FES systems commercially available for lower limb
rehabilitation have been designed for restoring walking by only stimulating
dorsiflexors. They are mainly used in clinical rehabilitation protocols in post-

stroke individuals.
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One of the simplest stimulator still in use today is the Odstock Foot-drop
Stimulator (ODFS, the Department of Medical Physics and Biomedical
Engineering, Salisbury District Hospital, Salisbury, Wiltshire, UK). It is a single
channel foot-drop stimulator providing electrical stimulation to the tibialis
anterior muscle or to the common peroneal nerve (Figure 3a). The stimulation is
triggered on the affected side using a switch located inside the shoe. The pulses
are sent after the heel rises from the ground until heel strike. The switch can also
be placed under the toes of the contralateral limb if heel contact is inconsistent.
The rise and fall of the stimulation pattern can be adjusted to obtain a smooth

contraction and prevent a premature ending of dorsiflexion.

()

Figure 3. Stimulation of the tibialis anterior muscle or of the common peroneal nerve to

correct the foot-drop syndrome using (a) a Odstock stimulator or (b) a NESS L300 (source:
www.bioness.com) or (c) a WalkAid (source www.walkaide.com)

The NESS 13009 (Bioness, Santa Clarita, USA) relies on the same triggering
modality, except that the heel switch is wireless (Figure 3b). To enhance a user-
friendly approach, the stimulator and the electrodes are self-contained inside a
brace which is placed around the knee, for enabling the user to easily localize the
stimulation sites. The dorsiflexors stimulation can be combined with hamstrings
or quadriceps stimulation by adding a second brace around the thigh (NESS L300
Plus©).

Another self-contained FES system (Walk—Aid©, Innovative Neurotronic,
USA, Figure 3c) was adapted from Dai et al. study [10] using a magneto resistive
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tilt sensor to determine gait phases. The stimulus is turned on when the tilt
signal rises above a threshold corresponding to a forward leg position. It is then
turned off if the tilt falls below a second level or if the total stimulus duration
exceeds a preset maximum period. Despite offering several important advantages
over traditional stimulators controlled by foot switches, the stimulator has been
commercialized but the distribution failed to make it a market success [2|. Based
on a broadly similar approach, a new device (NESS L300 GO©) has been recently
launched on the market. The stimulation can be adjusted between a preset
percentage of the gait cycle time (e.g. stimulation turned on at t=30% of the
mean duration of the last strides) estimated using a 3-axis gyroscope and
accelerometer embedded in the stimulator.

Lower limb stimulation can also elicit motor responses by stimulating sensory
nerve fibers. Multiple studies and technological developments investigated the use
of a different stimulation paradigm, the withdrawal reflex, to induce knee and hip
flexion in SCI and post-stroke gait [11], [12]. Based on a nociceptive stimulus (i.e.
slightly evoking pain), the method consists in stimulating the arch of the foot
thereby eliciting a spinal reflex of the autonomic nervous system to this perceived
threat. Combined with a quadriceps stimulation in stance phase, this specific
stimulation pattern (four trains of five electrical pulses, described in [13]) enables
to facilitate the initiation and to improve knee and hip flexion during swing
phase. It is commonly triggered using a foot switch similar to the other FES drop
foot systems. However, the effectiveness of the stimulation highly depends on the
stimulation site. Some subjects reported too much discomfort and pain.
Nociceptive stimulation also sometimes results in activation of the intrinsic foot
muscles, thereby causing an unwanted flexion of the toes [14].

In addition to restore gait, FES stimulation of lower limb in subjects with
CNS disorders has also been investigated through different studies and
commercialized devices as a recreational and sport activity, included in multiple

rehabilitation programs.
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In SCI subjects, a clinical use of FES to stimulate lower limb muscles has
proven to decrease cardiovascular and other risks related to a prolonged sitting
posture (e.g. the occurrence of pressure sores, atrophy...) by maintaining a
muscular activity [15], [16]. FES assisted cycling and rowing have demonstrated
to be particularly efficient to prevent psychological and physical functions
deterioration by stimulating thigh and glutei muscles to propel a bike or a rowing
machine [17]. While increasing self-esteem and wellness, FES-induced cycling and
rowing positively affect the cardiopulmonary system [18], [19], bone mineral
density [20] and muscle strength [21], [22]. In order to activate the largest possible
muscle mass, the combination of FES-assisted lower-extremity exercise with
upper-extremity exercise enhances training effects and cardiovascular fitness, such

as FES rowing or FES cycling combined with hand propelling [23].

~—A S I [ I RIS ST -

Figure 4. FES assisted cycling and rowing have demonstrated to be particularly efficient to
prevent psychological and physical functions deterioration by stimulating thigh and glutei muscles
to propel a bike (a) or a rowing machine (b). (source: freewheels.inria.fr & fesrowing.com)

Literature on FES cycling is particularly abundant and reflects a growing
interest over the past thirty years [24]. In most of these studies, FES-cycling is
achieved by means of a fixed ergocycle (e.g. RT300, Restorative Therapies,
Baltimore, USA). However, multiple studies demonstrated that adding a
recreational dimension to the exercise could improve the attractiveness of FES-
assisted exercises and increase the psychological wellness of the user. This could
be achieved using instrumented mobile tricycles. Few affordable systems are

commercially available and specifically designed for this use. One of the most
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widespread device is the BerkelBike© trike (Sint-Michielsgestel, Netherlands).
Designed for an outdoor use, the stimulation is alternatively sent to quadriceps,
hamstrings and glutei depending on the crank angle. The user can also propel the

bike with the hands to decrease the effort on the lower limbs.

This state-of-the-art highlights the wide heterogeneity of the different FES
systems able to assist or enhance daily life in people with CNS disorders by
stimulating their lower limbs. The various applications and associated results also
identify the complexity and inherent constraints of such FES solutions and the
need to provide a specific instrumentation and individualized control.

The following sections give a particular focus on how to artificially control
motion via FES systems and introduce the multiple constraints to face when put

into practice.

1.1.3 FES : instrumentation and control
a. In theory

To restore and control motor functions following a CNS injury or disorder,
FES systems are generally made up of multiple associated components needed for
the stimulator to be able to: receive adequate command signals, generate the

pulses and deliver them to the stimulation target via the electrodes [2] (Figure 5).

" DECISION [ h 4 )
. TOMOVE . Interface & Stimulator Electrodes Targeted

(if voluntary | Control Mouscles
\___movement) } \_ J - J
Sensors < Elicited
A Movement
— J \_____

Figure 5. Diagram showing the global instrumentation of a FES system used to restore motor

functions.
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Generally speaking, the control of the musculoskeletal system can be directly
compared to a control applied in automation, thereby describing the system with
state variables and cost functions from control engineering: joint angles, angular
velocities, acceleration, power produced, torque and forces...

The control of one to multiple states can be achieved via actuators (i.e. the
muscles) by applying an appropriate stimulation generated according to the
controller’s command depending on a setpoint (trajectory, joint angle, muscular
force...). Several control strategies requiring different complexity levels can be
considered depending on the assistive aid to provide.

An open-loop stimulation consists in applying pre-computed stimulation
patterns without taking into account potential errors between the desired setpoint
and the actual setpoint obtained by stimulating the muscles. An open-loop

controller only delivers command signals to trigger the stimulation sequences.

sired
Desired Open-loop Stimulation (pw, D Musculoskeletal Actual
Movement >
. Controller System Movement
(setpoint)

Figure 6. Illustration of an open-loop stimulation control strategy.

The use of an open-loop strategy to control lower limb movements may seem
inadequate, as even in the absence of disturbances, musculoskeletal properties and
their responsivity to stimulation cannot be perfectly modeled and pre-computed.
This control strategy is however used to trigger the stimulation in almost all
commercial FES applications introduced in the following sections.

To adapt the stimulation taking into account possible disturbances and errors
due to musculoskeletal properties, it is necessary to use the actual output of the
system (i.e. actual motion) as a feedback, closing the loop by feeding an error-

driven FES controller:
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Figure 7. Illustration of a closed-loop stimulation control strategy.

In practice, numerous additional parameters and constraints (e.g. muscular
fatigue, falls risks, technological and physical latencies...) have to be taken into
account and make particularly complex the control of the lower limbs based on

an FES system.
b. In practice

The different applications introduced in section 1.1.2 reflect the variety of
sensors and control strategies used for restoring lower limb motion. Meanwhile, if
the control and instrumentation of FES systems seems in theory relatively simple,
in practice the design of a FES solution has to face numerous constraints to
maximize efficiency and usability of the proposed approaches while ensuring
safety.

Section 1.1.2 introduced different FES systems to restore gait in SCI and post-
stroke individuals. In the multichannel system designed by Popovic et al. [9], the
stimulation timing was copied from muscle activation phases recorded from able
bodied individuals walking at a low pace. Two major issues arose from this study:

- the activation pattern translated from healthy subjects did not match to
the voluntary muscular activation of post stroke subjects.
- the post stroke participants adapted their muscular activation pattern if

the stimulation was not triggered in phase with the voluntary motion.

In Kojovic et al. study [25], authors compared the recovery caused by
functional electrical therapy based on predefined timing of stimulation used in
Popovic et al. [9] with a sensor-driven therapy in post-stroke gait rehabilitation.

They used machine learning from EMG, accelerometric and force sensing resistor
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data recorded on the non-paretic leg to define IF-THEN rules to trigger the
stimulation on the paretic side. The results suggested greater benefits from the
new stimulation paradigm compared to predefined timing of stimulation. Their
automatic control provided timing of muscle activation synchronized with
required voluntary movements, while the predefined stimulation timings in
Popovic et al. [9] were not synchronized with voluntary efforts.

In the context of the foot-drop syndrome, the Walk-Aid system or the L300
GO aimed at increasing the usability and reliability of the foot-drop stimulator
by adding a magnetoresistive tilt sensor or an inertial sensor for computing gait
phases and triggering the stimulation at an appropriate timing. It has the
advantages of eliminating the footswitch, not fully reliable because of false
triggering and malfunctioning [2] and the external wiring from the sensor to the
stimulator. However the control modality requires to accurately preset several
thresholds and could present errors in detecting step intention in subjects with
limited swinging movements [10].

The section 1.1.2 also introduced the use of lower limb FES systems for
cycling and rowing. These modalities also lead to numerous studies investigating
control strategies. In Wheeler et al. FES rowing study [26], the stimulation of the
quadriceps was manually synchronized with voluntary rowing movements of the
upper limbs via a button pressed by the user when the maximum knee flexion
was reached. FES rowing studies investigated the ability to automatically control
the electrical stimulation of the paralyzed leg muscles using finite state machine
controllers to improve FES efficiency and usability of the device [27], [28].

Regarding FES cycling, the BerkelBike trike was designed to be used by an
inexperienced user. The stimulation is sent to the different muscles depending on
the crank angle and a preset stimulation pattern. However, manually designing
the stimulation pattern and setting the stimulation parameters for each muscular
group require the assistance of a skilled user. Multiple studies investigated the
possibility to use different sensors inputs (EMG [29], inertial sensors [30], oxygen

measurement [31], pedal forces [32]...) to automatically design cycling stimulation
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patterns and enhance usability. The BerkelBike device also makes possible to use
the hands to help the legs to propel the bike in case of fatigue. However the level
of stimulation intensity can only be manually adjusted by the bike driver.
Numerous control strategies (neural network [33], fuzzy logic [34]) have been
investigated to improve the maximum covered distance or force in FES cycling
and complex FES controllers were studied but did not give the best functional
results compared to simple ones [35]. Other works tried to improve the control
strategy by changing the stimulation frequency [36], the recruited muscles [37],
the cadence or the mechanical design [38], [39].

All of these illustrations reflect the global complexity and accuracy of control
needed to be able to obtain the best efficiency of a neuromuscular electrical
stimulation system in lower limb motion rehabilitation. On the contrary, it is
essential to keep in mind that most of these applications are intended for a
clinical or personal use. The potential users are either the medical practitioners or
the patients themselves. If the practitioner can be trained, a patient with
sensorimotor disorders may already be subject to a psychological distress and
physical constraints that cannot be compatible with numerous complex solutions
from literature. How to improve control strategies and stimulation efficiency while

ensuring a maximum ease of use, adaptability and tailored solutions for the user?
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1.2 Prerequisite: motion estimation in a clinical and
ambulatory context

The previous sections identify the need to instrument FES systems with
sensors, in order to determine the actual state of the system and adapt the
stimulation. An accurate knowledge of the elicited motion is essential and can
serve multiple purposes:

- an event to trigger the stimulation (e.g. depending on the voluntary
motion)

- a feedback for closed-loop control of lower limb movements

- an objective assessment tool for the practitioner to follow the effects of the
neurorehabilitation program (e.g. monitoring stride length, gait speed,

max. joint angles...)

But how to obtain the needed knowledge of the actual movement with the
minimum number of embedded sensors and in the particular ambulatory context
of lower limb rehabilitation?

Being able to observe and assess a pathological motion is a recurrent need for
practitioners. After a stroke, individuals are often hampered by walking
difficulties [40]. Step-by-step kinematic and spatio-temporal parameters have been
shown to be clinically relevant markers of impaired walking performances in
individuals with CNS disorders [41]. If the motion’s knowledge is essential, not
every available system are able to provide the same accuracy, ease of use and
affordability. Moreover, mobility of the system plays a key role in the ability to
assess the motion in ecological conditions (i.e. outside-of-the-lab motion analysis).

The use of tape measures and manual goniometers can provide information in
a 2D plane and static conditions. In the context of gait analysis, the use of
instrumented mats such as the GAITRite® (spatial accuracy £0.0127 m, CIR
Systems, Inc., Havertown, PA, USA) is considered as a reference system and has
been widely used and validated in literature [42], [43] to provide 2D spatio-

temporal information. Such instrumented mats can also be combined with force
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platforms (e.g. AMTI Accugait©, Watertown USA or Zebris FDM©, Isny
Germany) or force insoles to additionally give pressure distribution
measurements. Few systems enable the clinician to gain information about
dynamic three-dimensional movements. For this purpose, most of the motion
analysis laboratories are equipped with optical motion capture systems. These
video-based optoelectronic systems use retro-reflective markers visualized by
multiple video cameras and are considered as the gold standard for 3D motion

© system, Oxford UK, with a global accuracy of 0.15mm

analysis (e.g. the Vicon
j44]).

Meanwhile, none of these mentioned systems are able to meet the needs of an
affordable, mobile, accurate and ambulatory device to be used in a FES system.
This brings out a common need of accurately quantifying kinematics in CNS
disorders, whether for assessing gait performance or for artificially controlling
motion. Using low-cost wearable technologies may be considered as a potential
alternative.

Initially designed for aircraft navigation, wearable sensors have been
increasingly explored over the past few years as a mobile gait and motion analysis
solution [45]. Numerous authors have suggested methods involving Inertial
Measurement Units (IMU) sensors in order to estimate gait temporal or spatio-
temporal parameters [46] as well as to compute joint angles during walking [47].
Literature has also reflected the growing interest in using such sensors in FES
systems. Used in upper limbs for quantifying tremors in Parkinson’s Disease and
calibrating Deep Brain Stimulation (DBS) systems [48], this technology has been
also investigated to coordinate upper and lower body during FES-assisted
transfers in SCI individuals [49]. In Wiesener et al. [30], IMUs were used to detect
flexion and extension of the legs to control the stimulation in FES cycling.
Combined with FES, IMUs have been the most widely used for restoring gait in
post-stroke individuals. In Azevedo et al. [50], an IMU was placed on the
unaffected shank and was used to estimate a gait cycle index in order to later

trigger the stimulation of the common peroneal nerve at a specific timing. In

32



Chapter 1: Introduction Page 33

Maleseciv et al. [51], a foot mounted IMU was used to determine the optimal
stimulation site depending on the foot motion via a multipad electrode in drop-
foot syndrome rehabilitation. In Williamson et al. works [52], [53|, IMUs were
investigated to detect gait events and monitor joint angles to be later used to real
time control a lower limb FES system.

Few studies investigated the use of IMUs to feed an FES controller or to
assess motion in a clinical context taking into account all the specific constraints
of a patient-centered solution:

- maximum functionality and minimum technological overload: lowest number
of sensors, ease of use, minimum of tuning, simple calibration...

- affordability and genericity: low-cost sensors, algorithms adapted to any kind
of IMUs and to a wide range of pathologies.

This thesis aims to propose new FES rehabilitation approaches with the
objective of elaborating patient-centered solutions using wearable sensors. The
following chapter presents several preliminary investigated methods in order to

assess motion using IMUs, while respecting these initial constraints and aims.
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2 Observing and analyzing lower limb
motions

The following sections introduce various prerequisites and notions in order to
understand the different algorithms and approaches related to inertial sensors
manipulation. How to correctly represent 3D orientations in the context of human
motion analysis? What is concretely an inertial sensor? What are the different

associated issues and how to correct them?

The results presented in this chapter have been published in the following papers: [54]-[62]
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2.1 Wearable sensors: inertial measurement unit based
motion analysis

2.1.1 Inertial sensors: basic principles
a. Prerequisites

Assessing human motion is commonly done using techniques of rigid body
dynamics. A "rigid body" is usually defined as a body with volume and mass
which has the specificity of having a solid and inelastic shape that cannot be
changed. Using this notion for human motion analysis implies the important
assumption that body segments can be modeled as rigid bodies.

To represent rigid body orientations, it is necessary to conventionally define a
coordinate system attached to an inertial frame and express the rotations relative
to these coordinates. A commonly used frame is the so-called ‘Earth’ frame, or
“North-East-Down” (NED) frame, where the origin is located on the Earth
surface, x pointing to the local north, y to the east and z downwards. The
“Earth” frame constituting a “global” frame, it is also necessary for each rigid
body to define a “local” frame, also called "body fixed" frame, related to the
coordinate system attached to the rigid body. The description of the orientation
of a rigid body expresses the link between these two coordinates systems, the
“global” and the “local” frames.

Three methods are generally used to represent rigid body rotations with
respect to a coordinate system: rotation matrices, Euler angles and quaternions.

Euler angles refer to a sequence of rotations around the axes of a coordinate
system following a predefined order (e.g. z-y-x. x-y-z) The axes may be
orthogonally body-fixed, earth-fixed or gimbal axes.

Commonly used in aircraft navigation, the rotations are named under the
following convention: a rotation around the “north” axis is called “roll” or “bank”
angle, around “east” axis, “pitch” or “attitude” angle and a rotation around
“down” axis is denoted "yaw” or “heading” angle.
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Figure 8. Euler angles and axes expressing “body” and “Earth” frames used to represent rigid
body orientations.

The use of Euler angles to internally represent orientation makes however
possible the occurrence of singularities in some orientations. Indeed, when a rigid
body points straight up or down (e.g. pitch angle = 4+ 90°), roll and yaw gimbal
axes become collinear. Therefore, in this case neither roll or yaw angles are
uniquely defined. This well-known singularity is called “gimbal lock”,
corresponding to the loss of one degree of freedom. Although it may not be an
issue when dealing with 3D rotations, in the different approaches presented in
this thesis, it could have been a serious limitation when tracking lower limb
movements [63], [64].

The use of rotation matrices results in a high computational cost and leads to
an heavy memory usage [65].

Consequently, in order to be able to track any orientation without singularities
and to shorten calculation time compared to the use of rotation matrices, the
choice has been made to mainly deal with quaternion representations.

Throughout this document, the quaternion notation q is used as defined in [66]
as four scalar numbers, one real dimension w and an imaginary (or also called
vector) part (x;, Yjs Zk):

q = (W’ Xi,’ yj’Zk) (1)
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Quaternion representation is particularly efficient in the context of rigid body
dynamics as it allows the use of numerous inherent properties.
For instance, let us defined the norm N of a quaternion:
N(@ = VW2+x2+y2+ 22 (2)

A quaternion with a unity norm is called unit quaternion. In the different

algorithms presented through this work, quaternions were systematically

normalized as: quu; = to be able to use the so-called “unit quaternion

N
Norm(q)
properties”. For example, if we note I;q the quaternion describing orientations of
B (e.g. the sensor) relative to F (e.g. the Earth frame), for a united quaternion,
£q equals 2q, with q defined as the quaternion conjugate and computed as:
q = (W, =X, —yj, —Zk) (3)

Using this property, if we defined a unit quaternion gqmg corresponding to the
initial orientation of the sensor in the global frame and gqm the new orientation
of the sensor after a certain rotation in the same global frame. It is possible to
directly compute the quaternion expressing the rotation of the sensor relative to

the starting orientation, as:

Fori _
org — Fq xx Iy (4)
rot porig B1rot

with ** the specific quaternion multiplication, known as Hamilton product

[66].
b. Sensors

In order to understand the multiple issues and choices made in this thesis to
estimate human motion from inertial sensors, it is also necessary to identify what
such a sensor is composed of.

Inertial Measurement Units (IMU), sometimes referred to as MARG
(Magnetic, Angular Rate, and Gravity) units, are usually made up of three types
of sensors (an accelerometer, a magnetometer and a gyrometer), measuring three
physical values: acceleration, magnetic field and angular rate.

Earth generates a force on massive bodies around it, commonly called

“gravity” g and oriented toward its center. This force can also be seen as an
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acceleration, with the relation F=m.a (Force, mass, acceleration) from the
second Newton law. What measures an accelerometer can be compared to what
the inner ear senses: a combination of the gravitational field and the acceleration

due to the movement. An ideal accelerometer sensor should thus record a

magnitude NV of 1g (9.81m.s™2) when lying in static conditions:

N(ace) srqrie = \/ax2 +a2+a?=98ms™ (5)

Earth also generates a geomagnetic field due to the motion of convection
currents of molten iron in the Earth's outer core. This magnetic field can be
locally represented as a constant three dimensional vector. This vector has a
magnitude expressed in Tesla (T) and is related to a declination angle (the angle
between the geographic North and the horizontal component) and an inclination
angle (the angle between the horizontal plane and the magnetic field vector). The
value measured by a magnetometer sensor fluctuates depending on the location
and orientation. In France the geomagnetic field is about 47000 nT and is
oriented towards the ground with an angle of about 60 degrees with the
horizontal. It is essential here to keep in mind that magnetic measurements are
therefore sensitive to magnetic field disturbances.

The third and last sensor to be introduced is the gyrometer. In opposite to the
accelerometers and magnetometers which measure quantities which are not
directly related to the motion, gyrometers measure movement quantity. It is
interesting here to understand how this kind of sensor works, as it will be related
to different issues addressed later in this document.

If the IMUs have become increasingly used in a high variety of devices
(submarines, ships, aircrafts, smartphones, watches, game controllers...) it is
important to highlight the important price, quality and technological ranges
between the widespread low-cost sensors and the ones based on costly
technologies (e.g. laser, fiber-optic, fluid-suspended...).

In most of low-cost IMUs, gyrometers are micromechanical systems (MEMS)
built with a micro-machined mass which is connected to an outer housing by a set

of springs. Any rotation of the system will induce Coriolis acceleration in the
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mass. The Coriolis force is detected by capacitive sense fingers along the mass
housing and the rigid structure. Thus the sensor can detect both the magnitude
and direction of the angular velocities of the system. Depending on the chosen

springs, capacitive fingers and amplifier characteristics, the sensor offers different
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Figure 9. Schematic illustration of a MEMS vibratory gyrometer measuring angular rotation
around its Z axis. The capacity Cy changes relatively to the magnitude (x) of the rotation. The

capacity Cy changes regarding the direction of motion.
c. Known issues

Ideally, a gyrometer as mentioned above would therefore be enough to
compute an orientation by itself. Integrating the angular rates (rad/s) along time
would give the rotation angles (rad) from the initial orientation.

Similarly, by integrating acceleration (m.s_2) measurement from an initial
position would give velocity (m.s'l) and velocity integration would give the
position (m).

Nevertheless, these basic principles cannot be straight forwardly applied due
to different well known issues.

The first and main issue is related to data integration and error accumulation.

Error can be due to different causes. To convert analog data from an
electromechanical system to physical numerical values, a digital analog conversion

results in a discretization and a time sampling. Therefore, regarding the
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integration method used and the sampling rate, an error will keep increasing and

will cause what is commonly called an “integration drift”.
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Figure 10. Illustration of integration error using trapezoid rule integration on an angular rate
signal drawing.

A higher sampling rate and an adequate integration method can minimize
integration error but will not prevent its increase over time. Trapezoidal
integration is the most widespread method used to integrate inertial data,
although some studies demonstrated slightly better results using Simpson or
Romberg integration rules [67].

A second important source of integration error is the commonly called “bias
error”. Defined as - any nonzero sensor output when the input is zero - and partly
due to the electromechanical characteristics of these sensors (e.g. sensitivity to
temperature changes), bias prediction and removal have led to numerous inherent
studies [68] and technological improvements over the past few years.

This sensor feature is a critical aspect of inertial based motion analysis. If not
removed from the measurement, a constant bias in acceleration becomes a linear
error in velocity and a quadratic error in position. Similarly, a constant bias in
angular rate coming from the gyrometer becomes a linear angular error.

The use of magnetometer measurement could provide a reliable and accurate
compass to compute IMU global orientation related to the geomagnetic field and
was shown to be a potential solution to remove bias error [69]. Meanwhile, this

sensor also suffers from measurement error as various studies showed the
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magnetometer could not provide accurate values when located closer than 20 cm
from a metal alloy [70].

Last but not least, integration being performed from an initial position, an
error can also be introduced if the sensor has moved regarding its initial mounting
location, e.g. in case of the sensor is not firmly attached on the limbs, which is

usually the case in gait analysis.
d. Calibration

Different solutions have been investigated through this thesis to be able to
deal with most of the previously explained issues. The first primary and critical
task to achieve efficient algorithms turned out to be the optimization of sensors
calibration.

As previously explained, IMU are partly composed of mass-spring systems. As
a mechanical to numerical conversion, values are subject to distortions,
vibrations, temperature changes... Multiple existing calibration algorithms have
been developed in the past few years with different levels of complexity,
depending also on the available equipment. Some of them are based on highly
accurate external devices, such as optical motion capture systems [71], [72] while
other rely on various physical properties. Accelerometers can for instance be
calibrated using the ‘drop method’. This method is based on the fact that when a
sensor is dropped from a predetermined height, the only acceleration the object
records is supposed to be the acceleration due to gravity. Measuring acceleration
from different predetermined heights enable to calibrate the sensor to fit 9.81
m/ s for any drop height. A second calibration method for accelerometers relies
on a fundamental approach to compute an object’s acceleration which is the
pendulum motion. Used in Choi et al. work [73], it relies on the property that a
pendulum motion implies a gravity force always in the same direction (down) and
always of the same magnitude. With a limited use, this method requires an
accurate measurement system to monitor pendulum motion and be able to
consider acceleration seen by the sensor as a sinusoid. Usually, the sensors are
mounted on an electrodynamic shaker driven by a sinusoidal vibration. The
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results are measured at different frequencies, checking linearity of the response for
various acceleration ranges |74].

With the constant objective of designing a clinical oriented solution in the
previously described contexts, none of the previous calibration solutions were
selected. They were judged inadequate to a user-friendly and low-cost approach.

Based on the most widely used method, called multi-position calibration [75],
a specific calibration process was rather investigated.

This calibration process is based on the previously introduced physical
property that the norm of the acceleration, in static conditions, is equal to gravity
acceleration g

IMU sensor was placed in different random orientations. For each orientation,
the sensor output was recorded while maintaining it in a strictly static state. The
ailm was to fit the gravity measurement in all orientations. Different optimization
methods were tried and the one offering the best performances was the approach
described in Frosio et al [76]. It has the advantages of incorporating not only the
bias and scale factor for each axis but also the cross-axis symmetrical actors
computed through Gauss-Newton nonlinear optimization. Thus, -calibrated

acceleration values A, were systematically expressed as raw acceleration value A,

(4

minus offset O multiplied by the scale factors:

A, =S (A, -0) (6)
with:
Sxx Sxy sz Ox
S = Syx Syy Syz O = Oy (7)
SZX Szy SZZ OZ

Numerous methods have been also investigated in literature regarding
magnetometer sensor calibration. Similarly to accelerometer calibration solutions,
most of them require expensive devices, such as the used of Helmotz coils [77] and
do not seem to fall in line with a user-friendly approach. The compass swinging
procedure [78] could be used instead. It consists in rotating the magnetometer in
a series of known headings and measuring the sensor output. However, this

procedure requires the use of external devices to accurately measure heading.
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Instead, simpler approaches are possible by only using information related to
Earth magnetic field magnitude (also called scalar checking) or inclination angle.
Proposed in [79], [80], the method is based on field magnitude measurement and
a sphere fitting approach. By minimizing algebraic distances between the Earth
magnetic field and calibration data acquired by rotating the sensor in every
orientations, offset and scale factors similar to accelerometer ones are computed.

As previously introduced, a large range of gyrometer sensors are available for
purchase, with a cost highly related to their design quality, accuracy and
sensitivity to dynamical and thermal changes. Multiple methods have been
investigated for reducing offset and drift related to sensor miscalibration [81].
The usual method consists in using optical trackers and making rotate the
gyrometer at different predefined angular speeds [82]. The outputs are then
compared between the reference system and the gyrometer’s data to compute a
scale factor. However, this method requires a mechanical platform combined with
accurate optical sensors that exceed the cost of the sensor by itself and was thus
unsuitable to the desired approach described in this thesis.

For each study presented in the following sections, the only calibration
performed on the gyrometer data was an offset removal. The method consisted in
recording during at least 10 s the gyrometer values in static conditions (ideally
equal to 0 rad/s) and removing the estimated bias to the dynamic measurements.
In clinical conditions (e.g. gait assessment with PD and hemiparetic subjects),
each recording session started by a motionless period where the subject was asked
to stay still. An offset vector was approximated as the mean value of the

gyrometer output during this static recording.
e. Basic filtering

In addition to calibration issues and similarly to many analog sensors, IMUs
recordings are also subject to noise.
As previously introduced, in static condition the sensor 2D orientation could

be ideally computed using only accelerometer magnitude and trigonometry. The
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gravity g pointing downwards, in a 2D representation the tilting angle 0 between
the sensor and the horizontal could easily be expressed as: sinf = aj .

This last statement is true if the accelerometer is not subject to motion. It is
for instance the usual way a smartphone is able to detect its orientation relative
to horizon and flips its screen relative to its tilting angle. However, a simple
frequency domain analysis shows as soon as the accelerometer sensor is subject to
motion, that high frequency noises disturb the accelerometer accuracy [83], in
addition to acceleration disturbances related to motion. A common practice to
reduce the noise consists in filtering accelerometer data with a standard first
order low pass filter [84].

Thus, while these last statements are valid in static conditions, in dynamic
conditions the use of gyrometer data is a crucial factor to compute orientation
combined with information obtained from accelerometer. However, gyrometer
values are also subject to noise.

Previously mentioned, the “bias error” is a constant bias that leads to a linear
angular error once the angular speed integrated. A simple test consists in letting a
gyrometer lying down on a table and integrating it over time. Although the

gyrometer does not move, a significant drift is estimated.
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Figure 11. Static recording of Z-axis gyrometer from HikoB© FOX sampled at 200Hz and
integrated using trapezoid rule. Raw data integration leads to a drift error of more than 120° in

orientation after two minutes, while high pass filter based recording stays nearly constant.

This constant bias can be considered as a very low frequency component [85].

Thus, a usual method consists in high pass filtering gyrometer values. However,
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the problem with this approach is that motions under relatively constant angular
speeds are likely to be filtered out.

In addition, the use of standard frequency filters (e.g. Butterworth) is not a
fully satisfactory solution as it introduces a well-known shift in time, usually
called phase delay. As inertial data based algorithms usually combine data from
multiple sensors and filtered in different ways, a phase distortion between the
sensors data will decrease algorithm performances and accuracy. A possible
solution to overcome this issue is to use linear phase filters or zero phase filters.
The first one implies that all frequency components of the input signal are shifted
in time by the same factor. The second one processes the input data, in both the
forward and reverse directions (also called forward backward filters). Meanwhile,
it introduces a processing delay which may prevent to use this kind of frequency
filter for fast real-time processing. Therefore, more complex methods have been
investigated to provide a robust and accurate processing of inertial data and are

addressed in the following section.

2.1.2 Attitude and Heading Reference System (AHRS) sensor fusion

techniques
a. State-of-the-art and explanations: in theory

Combining information from multiple complementary data (e.g. filtered
accelerometer and gyrometer values) refers to a sensor fusion technique widely
used in inertial sensing based attitude computation and called a “complementary

filter”.
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Figure 12. Example of a basic complementary filter as described in Colton et al. [84] for 2D
balance (tilting) angle estimation. Tilting angle estimated from accelerometer passes through a
low-pass filter, the angular rate from gyrometer passes through a high pass filter and is integrated
to obtain rotational angle. Outputs are then fused (added) to estimate angle from complementary

data.

Literature on this topic is abundant. The most significant contribution is the
works of Mahony et al. [86], [87] in 2005. This work was followed by Colton et al.
in 2007 [84], Premerlani et al. [88] and Starlino et al. [89] in 2009, Madgwick et
al. [90] in 2010 and more recently Valenti el al. [91] in 2015, with different
updates and improvement attempts.

A particular focus was given to Mahony and Madgwick complementary filters,
as they have become standards and are now widely used by the community,
especially with low-cost MEMS IMU.

Mahony’s original idea was to correct the input w, the angular rate vector
coming from gyroscope, by a correction vector e provided via a P (Proportional)
controller. Part of a global transfer function expressing estimated orientation, the
error vector is expressed as a mean difference between previous estimated
orientation and the one measured from accelerometer vector [86]. In a later work,
the author facilitated gyrometer drift estimation by using a PI (Proportional

Integral) controller [92]|. Inspired by Mahony’s work, in Madgwick et al. [93] the
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authors also proposed a gyroscope drift compensation based on a PI controller.
The major differences lie in the use of a quaternion representation of orientation,
the use of a gradient descent method to improve algorithm performance and a
magnetic distortion compensation algorithm. Indeed, in addition to previously
introduced advantages of using quaternions (no singularity, a fastest computation
time, etc...), their mathematical properties allowed the authors to use data in an
analytically derived and optimised gradient steepest descent algorithm, in order
to compute the direction of the error as a quaternion derivative. According to the
authors, this last method shows advantages, such as being less sensitive to low
sample rate, but the use of a gradient technique is prone to lead to multiple
solutions depending on the noise generated by the sensors. Thus, another fusion
sensor approach has been widely used over the past few years and is able to take
into account noises from sensors and more parameters: Kalman filters [94].
Indeed, in opposition to the previously stated deterministic algorithms, the use
of Kalman filters as a stochastic method to fuse sensors data, enables to create an
estimator via mathematical models of the sensors to estimate the state of the
system, depending on previous measurements and inner parameters. Orientation
filters based on a Kalman approach have become increasingly studied in literature
[95]-[98] and represent the scientific basis upon most of the most accurate
commercialized devices such as XSens© [99], Bosch©, VectorNav [100], InterSense
[101], PNI [102] or Yost [103] rely on. Meanwhile, the numerous works available
in literature reflect the complexity and the multiple possibilities related to an
estimator based sensor fusion approach [97], [98], [104]-[106]. The use of a
Kalman process implies linear regression iterations and demands high sampling
rates, way higher than human motion bandwidth. Where arm motion leads to
frequencies from 100 Hz up to 200 Hz, gait around 25 Hz [107], Kalman based
algorithms need sampling frequencies between 10 KHz [108] to 30 KHz [109].
Moreover, for describing tridimensionnal rotational states, the use of large state
vectors and Extended Kalman Filters (EKF) are therefore required [98], [104],

[110]. This stochastic estimation technique no longer requires proving its accuracy
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and performance when properly tuned. It represents by far the most widely used
approach, essentially inside aerospace engineering community [111]. However, as
said earlier, the numerous parameters to choose make it particularly complex to
use. Most of all, the high computational load inherent to EKF requires powerful
processors, which cannot be an issue when dealing with inertial systems in
submarines, ships, aircraft or unmanned aerial vehicles (UAV), but which is a
major obstacle in low-cost embedded devices, characterised by low-resolution
signals subject to high noise levels and limited processing power.

For many of ambulatory low-cost applications, the algorithms need to run on
embedded processors with a substantially less processing power than those
available in most of the commercialized inertial navigation systems. Different
studies have tried to deal with an efficient alternative to extended stochastic
linear estimation techniques able to take into account both acceleration and
magnetic disturbances and gyrometer biases [112]-[114]. The main principle is
based on combining deterministic complementary filters, such as the one
previously described from Mahony et al. [86], with non-linear observers. One of
the most advanced work on this design technique is Martin et al. [115] study. The
global principle is to build a state observer (i.e. a mathematical structure for
estimating the inertial system output) relying on the fact that the state of our
system (i.e. the inertial sensor) is supposed to be invariant by a rotation in the
body-fixed frame and a translation on the gyrometer bias. The aim is to converge
towards the lowest error between the observer estimated output and the output
from the complementary filter. Martin et al. algorithm design guarantees that the
error converges to zero, at least locally and the behaviour in the face of
acceleration disturbances should stay consistent. The second advantage is that
the magnetic measurement is used to estimate only the yaw angle, so that a
magnetic disturbance does not affect the estimated pitch angle. The method is
also able to indirectly deal with noise through the tuning of the observer gains.
Last but not least, in order to demonstrate the computational simplicity of their

work, Martin et al. implemented and tested it on a low-power 8-bit

48



Chapter 2: Observing and analyzing lower limb motions Page 49

microcontroller unable to run an EKF implementation. The aim was to check if
they could obtain a correct estimation at a 50Hz update rate. They compared
their results to a commercial device running an EKF and a complex observer
running offline on Matlab-Simulink. Both estimations were very similar and

satisfactory.
b. Implementation and validation: in practice

From the three main attitude and heading estimation approaches previously
presented (Complementary filters, EKF and Martin’s observer), a logical and
easy solution could have been to directly buy a commercialized device equipped
with on-board processors and EKF algorithms, such as the previously stated
systems (e.g. XSens® MTi 100) to assess human motion and feed an FES
controller. Most of recent works use these type of “plug and play” devices for
motion analysis [116], where quaternions are directly given by the sensors through
a “black box” unknown to the operator. However, a different choice was initially
made, taking into account the initial constraints introduced in this thesis.

One of the different challenges related to this work was to investigate solutions
able to be the most generic, scalable and affordable in order to be later
implemented inside assistive devices for rehabilitation. Moreover, most of the
commercial devices available were not “opened” to programming and already
dedicated to one specific task, which made difficult the study of new algorithms
and innovative assistive solutions.

Therefore, a decision was made to use generic low-cost inertial sensors. Based
on the state of the art, Martin et al. algorithm seemed to be the best compromise
for implementation on low-power devices for fusing data. However, to ensure the
most adequate method was chosen among the different AHRS methods previously
presented, three approaches were initially programmed and experimentally
validated in clinical environments [56]: Mahony et al. [86], Madgwick et al. [117]
and Martin et al. [118].

A generic and low-cost inertial sensor (Fox HikoB© Villeurbanne) featuring a
3-axis accelerometer, a 3-axis magnetometer (ST© LSM303DLHC), a 3-axis
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gyrometer (ST© L3G4200DH) and a 32-bit micro-controller was bought and used
to record raw data on post-stroke individuals. Mounted on the feet, the IMU was
strapped on a rigid support together with 4 reflective markers tracked by an
optical motion capture system (OMCS, Vicon(C) Bonita MX). Foot angle relative
to the floor was monitored on a 5-meter path. Inertial data were recorded offline
and post-processed for fusing. Vicon markers and the IMU were affixed onto a
rigid mount which had the advantage of ensuring both systems measured the
exact same motion, in order to get rid of a possible bias due to sensor
displacement regarding the initial location. Mean drift was measured at t=20s
and on 30 repetitions. In addition to best fitting with the reference signal
dynamic, Martin et al. was indeed the method with the lowest drift (<6°)
compared to Mahony (<20°) and Madgwick (<25°). The results validated the
state of the art.
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Figure 13. Foot angle relative to the floor (i.e. tilt angle) while walking on a 5-meter path,
computed through three sensor fusion algorithms (Mahony et al. [86], Madgwick et al. [117] and

Martin et al. [118]) from literature and compared to a motion capture system (Vicon).

2.1.3 From IMU generic principles to lower limbs motion analysis

The previous paragraphs exposed all the basic and generic principles related to
the use of inertial sensors in a general context, how to deal with rotations, how to
improve accuracy of the sensor or how to fuse raw data to compute the
orientation of a sensor in a global frame. But how to use them in the context of
assessing human motion? How to transpose theory initially designed for aerospace
engineering to record pathological motion? How to convert a sensor orientation to
estimate a joint angle or to compute a paretic foot trajectory? Through the next

sections, different approaches investigated in this thesis are presented and
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highlight the additional constraints and solutions to face when dealing with lower
limbs motion assessment in different sensorimotor deficiencies. While some
specificities related to these use cases will prove to be useful (e.g. “zero velocity
update” combined with gait segmentation to limit drift error) the following
paragraphs will also highlight the difficulty to design algorithms robust enough to
be later considered as an input for an assistive control of motion based on FES,
while keeping in mind to investigate a convenient and evolutionary patient
centered approach.

The first and main problematic addressed in this work is gait rehabilitation.
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2.2 Healthy and Parkinsonian gait: a 2D approach

Among multiple gait parameters, stride length is frequently observed for
rehabilitation and diagnostic purposes. Applied to neurological diseases, it
represents an extremely helpful marker for practitioners to analyze pathological
effects on gait and therapy efficiency.

Numerous works showed the complexity and the diversity of accurately
analyzing gait parameters in clinical applications, using wearable and non-
wearable systems [119]. Most of the existing works on IMU-based stride length
estimation only provide an average stride length (ex: RehaWatch(©) device).
Usually based on the estimation of the distance covered in a fixed time interval,
the stride is computed from the whole recording trial [120]. Other works
performed stride length calculation with at least two IMUs [121], [122], or using
motion pattern identification [123], thereby requiring either a technological
overload or a prior knowledge of the subject's biomechanical model. While
increasing installation time and complexity to properly tune the system, these
solutions were not considered here because not adapted to a closed-loop control
approach addressed in following sections. An averaged stride length is not
satisfactory as an input to control an FES device, this kind of approach requiring

an instantaneous knowledge of the monitored variable for an immediate feedback.

2.2.1 2D stride length estimation

A first algorithm was then investigated, set with the strongest constraints and
the worst hypothesis but applied on subjects with either a normal walk or with a
slightly altered gait pattern (people with Parkinson’s disease). Keeping in mind
the initial challenge of conceiving a light and noninvasive patient-centered
solution, quickly implementable and easy to put ON and OFF, the objective was
to demonstrate the feasibility of computing each individual stride length from a

maximum of one IMU per leg, located either on the shank or on the foot. In
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addition, the algorithm had to be developed if possible without using the
magnetometer data, in order to prevent the estimation to be disturbed in
presence of ferromagnetic materials. Finally, a minimum of prior knowledge had
to be requested to ease the installation.

Only two accurate enough (error <10%) solutions based on one IMU without
using magnetometer values were available in the literature to our knowledge at
the time. The study of Kose et al. [124] is able to provide the instantaneous stride
length calculated from an inertial sensor located on the pelvis of able-bodied
subjects. Meanwhile, due to an algorithm based on acceleration patterns
identification and pelvis displacement estimation, the authors exposed some
limitations regarding pathological gait that could have been problematic if used in
hemiparetic gait for instance. The second one is the solution proposed by Mariani
et al. [125], which presents a 3D gait assessment method validated on both young
and elderly valid subjects. Using a foot-worn inertial sensor, it uses a complex de-
drifting method based on sigmoid-like curve subtraction modeled from a p-chip
interpolation function [126].

In the following paragraphs, a first simple clinical use designed solution is
presented and compared to the state of the art. Results have been validated using

©

a reference system: a GAITRite™ instrumented mat.

a. Gait segmentation and ZVU introduction

In order to understand the following algorithms, the first main notions to be
introduced are the gait cycle and its specific resulting properties when addressed
with IMUs.

Human gait is divided into gait phases. The locomotion is basically divided
into two main components: the stance and the swing phases. Each phase can be
associated to one limb and divided into different sub-phases or gait events. The
stance phase can be described by five sub-phases:

- the Initial Contact (IC), or also called Heel Strike (HS) or Heel On
(HO): the first contact to the ground (usually the heel in case of a
healthy walk).
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- the Loading Response (LR): following IC, when the weight shift occurs
due to the lift of contralateral limb.

- the Mid-Stance (MS): when both the heel and forefoot start to touch
the ground.

- the Terminal Stance (TS): when the heel starts taking off and only the
forefoot touches the ground.

- the Pre-Swing (PS): just prior to the lift from the ground and toe-off
(TO).

The swing phase is divided into three sub-phases:
- the Initial Swing (IS) or Foot Off (FO): begins at toe off and continues

until maximum knee flexion occurs.
- the Mid-Swing (MS): from maximum knee flexion until the tibia is
vertical to the ground.

- the Terminal Swing (TS): where the tibia is vertical, ends at initial

contact.
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Figure 14. Gait cycle, from 0% to 100%, divided into two main parts: the stance and the

swing phases. One stride corresponds to a complete gait cycle.

A stride corresponds to a full gait cycle. It can also be defined as two
consecutive initial contacts (IC) of the same foot. One stride is equivalent to two
steps, defined as two consecutive IC by different feet.

A high number of studies proposed different approaches to segment gait using

wearable and non-wearable sensors [127|. Among wearable sensors, footswitches
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and foot pressure insoles are usually considered as the gold standard. However,
they suffer of multiple inherent limitations. The footswitch is generally located
inside the shoe, right under the heel and relies on a technology based on force
sensing resistors (FSR). It has two major disadvantages when used to segment
pathological gait: weak ICs and toe-walks are not correctly detected and
segmented and directly depend on the footswitch location inside the shoe. The
FSR technology also suffers from multiple inner issues leading to inaccurate
measurements (hysteresis, temperature sensitivity...)[128]. Based on a similar
technology and thereby suffering from the same disadvantages than the
footswitches, the foot pressure insoles do not either constitute an adequate
solution for gait cycle segmentation. Despite their ease-of-use, the existing devices
(e.g. Tekscan©, Pedar©...) are relatively costly and often require possessing every
appropriate shoe size. They could be also unsuitable with a certain type of shoes.
This partly explains the growing interest in the use of IMUs for gait
segmentation.

Many different approaches have been investigated over the past few years to
partition gait from IMUs data, able to provide different levels of spatio-temporal
granularity. To evaluate gait recovery status in patients after rehabilitation [129],
to classify daily life activities [130] or to distinguish between normal and
pathological gaits [131], the state-of-the-art of the different gait partitioning
algorithms is as various as the numerous possible applications.

The use of accelerometers tends to be the most widespread solution to segment
gait phases, with different combinations and placements. Selles et al. [132]
proposed an automated accelerometry-based system for estimating initial contact
(IC) and terminal contact (TC) from accelerometers located on the shank of
fifteen healthy adult subjects and ten unilateral transtibial adult amputees. The
first local minimum in the longitudinal low-pass filtered acceleration represented
the start of the stance, and the second one was the end of the stance phase.
Williamson et al. used Rough Sets (RS) and Adaptive Logic Networks (ALN)

induction algorithms applied on data coming from an accelerometer attached to

25



Chapter 2: Observing and analyzing lower limb motions Page 56

the shank of able bodied subjects [52] and were able to detect five gait subphases
to an overall accuracy of 82-89% and 86-91%, respectively. Using footswitch
signals as reference, Rueterbories et al. [133] designed an algorithm able to detect
curve features of the vectorial sum of radial and tangential accelerations from an
accelerometer attached to the foot and to map those to discrete gait states. They
obtained an accuracy of about 95% on healthy and hemiplegic subjects. Most of
the previously presented methods’ accuracy is however directly related to the
sensitive axis chosen to monitor acceleration and implies a precise sensor
localization. While complex machine-learning algorithms have been used to detect
gait phases, literature also shows that both longitudinal and antero-posterior
linear acceleration specific peaks at the start and end of the stance phase could
finally be sufficient to easily detect gait phases, by means of a threshold algorithm
in able bodied subjects [134]. Despite some studies investigated gait partitioning
from IMU located on the trunk, regardless the methodology used the sagittal
acceleration of the foot was found to be the best choice to obtain optimal results
[134]. Meanwhile, the use of accelerometers implies critical issues already
addressed in part 2.1.1.c that partly explain an equally high number of gait
partitioning methods based on gyrometers.

Indeed, to use angular velocity coming from gyrometers presents three major
advantages compared to accelerometers: the measurement is neither impacted by
the gravity nor by the vibrations occurring at heel strike (HS)[135] and the sensor
does not require to be accurately placed [136]. The angular velocity recorded in
the sagittal plane presents multiple features that make relatively easy to partition
healthy gaits directly from the waveform profile. Most of the existing algorithms
rely on the detection of four main events that can be robustly identified with
simple peak detection algorithms or thresholds: the swing phase peak, the IC and
FO events and the “zero velocity” event. One of the easiest features to detect is
the maximum peak in angular velocity. It corresponds to the middle of the swing
phase. Around this swing phase peak, two negative minimum in the shank or foot

angular velocity signal can be robustly identified. The negative minimum
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preceding the swing phase peak equates to the FO event. The negative minimum
following the swing phase peak corresponds to the IC event [137]. Between IC and
FO, the angular velocity reaches a plateau around zero, which is equivalent to the
middle of the stance phase.

This last event is particularly interesting when dealing with IMU and gait
assessment and is commonly called the “zero velocity” event. This feature
represents the moment when the foot is supposed to lie flat on the floor and the
shank to be vertical, parallel to the direction of gravity [138]. Addressed in
different ways through this thesis, the fact of using this typical event to reset
accumulated error over time is commonly called in literature ZUPT or ZVU,
standing for: Zero Velocity Update [139]. By simply zeroing the velocity during
each detected stance phase enables to limit drift error integration accumulation
described in 2.1.1.c when the user is walking. This typical event also provides
useful information to update actual sensor state (e.g. parallel to the gravity, with
no velocity, lying flat on the floor,..).

Thus, partitioning gait phases using accelerometers or gyrometers enables to
use gait events for 1) bounding gait cycle and integration of motion and for 2)
updating the estimated sensor state depending on its actual physical state, in
order to reduce error accumulation.

Meanwhile, despite being essential to most of IMU based lower limb motion
assessment algorithms, in some cases partitioning gait cycle is not as
straightforward as previously explained, especially when dealing with pathological
gait patterns. While some studies merged IMU and footswitches or foot pressure
insoles to overcome limitations of each technology and design robust gait
partitioning algorithms [140], different approaches will be addressed through this
thesis using only IMUs, to minimize the number of sensors thereby providing a
simple and practical patient centered solution.

In the study presented in this section, gait cycle was segmented using angular
velocity recorded in the sagittal plane. A simple automatized detection was

performed as shown in Figure 15:
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Figure 15. Illustration of the angular velocity based gait partitioning method on four strides
(the first and last strides are not considered) applied on gyrometer data from an able bodied

subject.
b. Calibration and Filtering

The algorithm presented in this section used data from one 3D gyrometer and
one 3D accelerometer embedded in a previously introduced Fox HikoB© MU
strapped to the leg (Figure 16). The acquisition frequencies were 200Hz for both
sensors, data were post-processed offline.

As introduced in section 2.1.1.d, calibration and filtering of raw inertial data
are prerequisites to any IMU based algorithms in order to ensure the best
computation accuracy. Accelerometer data were filtered with a forward-backward
lowpass Butterworth filter (order 1, Feuorf = 5 Hz). Gyrometer data were filtered
via a forward-backward highpass Butterworth filter (order 1, Feuorr = 0.001 Hz)
for reducing integration drift. As already described in the same section,
accelerometer data were calibrated using Frosio et al. [76] model and each
recording session started by a five-second motionless period to compensate an
eventual existing gyrometer offset. No AHRS algorithms were initially used, in

order to first try to design the simplest method to implement.
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c. 2D stride length: algorithm

The principle of stride length estimation is to calculate the horizontal
movement of the inertial sensor during one stride cycle in the sagittal plane.
Inspired by the algorithm originally proposed by Li et al. [141] and improved later
by Laudanski et al. [138] which computes the walking speed from a shank-
mounted IMU, we adapted it for calculating the stride length, by correcting and
integrating the linear velocity along the stride duration, thereby obtaining the
length of each stride. A simplification of the original algorithm was performed, as
only the horizontal velocity was needed. As an effort to provide an easy-to-
implement solution, the hypothesis that the sensor is initially set in the sagittal
plane and does not move during the experiment was made, thereby working in a
2D frame.

To begin, the sensor orientation 6(t) has to be computed by integrating the
measured angular velocity w(t) on a stride cycle (from t = 0 to t = tend, the
initial tilt at the beginning of the cycle 6(0) = 0, assuming the sensor is aligned
to the limb):

Figure 16. Frame schema: the IMU is located on the shank side, in sagittal plane. The angular
velocity w is clockwise positive. D is the distance between the sensor and the ankle joint

(malleolus) and 6 is the sensor orientation.

99



Chapter 2: Observing and analyzing lower limb motions Page 60

ten
o(t) = jo Yet)dt (8)
The horizontal component acceleration anor(t) in the world coordinate system

has to be calculated from the measured raw accelerations, a/(t) and a.(t):
Bor(1) = COSA() 3, (1) - SINA() a, (1) (9)
The integration of the horizontal acceleration provides the horizontal velocity

Vhor :

Voor (0 = [0 (D + Y, (0) (10)

Where v ,_., (0) is the initial horizontal speed computed from gyrometer data
at the start of the cycle:
Vhor-gyr (0) = €0SB(0) Vi4(0) (11)
with v ,,,(0):
Viang(0) = —a(0) D (12)
and D the distance between the IMU and the ankle joint.

A velocity drift correction (ZVU) is then performed at the end of each cycle.
The linear trend difference between the calculated velocity Vior (tena) and the

gyrometer based velocity Vhor—gyr (tena) at the stride end is added:

Vhor—gyr (tend) - vhor (tend) t
t

Vhor—corrected(t) = Vhor (t) + (13)

end

Once Vior —corrected computed, a simple trapezoidal integration provides the

horizontal displacement during a stride cycle:

StridELen(y'l = J-;en hor—corrected(t)dt (14)

d. 2D stride length: experimental validation

10 able bodied subjects, (5 male, 5 female; Age range: 23 to 61 years; Height

range: 1.55 to 1.89 m) and 12 participants suffering from Parkinson’s disease (9
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male, 3 female; Age range : 63 to 82 years) participated to an experimental
protocol to validate this first approach. The protocol was approved by the local
ethical committee (international identification number NCT02317289).
Participants were recruited at the Neurology (Chauliac Hospital) and
Gerontology (Balmes Center) departments of Montpellier hospital (CHU
Montpellier). Subjects walked continuously for approximately 7 m along the
GAITRite(©) electronic walkway with two Fox HikoB© IMU respectively
strapped to the foot and the shank of each leg, as illustrated in Figure 17.

(a) (b)

Figure 17. IMUs (a) were strapped to the foot and the shank of each participants' leg (b). The
distance D between the IMU and the ankle joint was systematically measured.

The distance D between the IMU and the ankle joint was systematically
measured once the subject equipped. Each subject from the healthy group
performed two iterations of the walk at self-selected walking speeds (‘normal’ and
‘fast’). Subjects from PD group only walked at their comfort speed. The IMU
acquisition was remotely triggered. The sensors were synchronized each other via
a radio beacon (phase shift <100 ps) and the data were logged on micro SD cards
inside each IMU. The GAITRite device provided a +5V trigger output for

synchronizing data acquisition with the HikoB inertial sensors.
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e. 2D stride length: experimental results

For each subject in the two groups (Healthy / PD), data from inertial sensors
were automatically segmented into stride cycles and the length of each stride was
estimated. Each estimated stride length was compared to the corresponding stride
length value computed from GAITRite (Figure 18). For each subject and for each
of the 4 IMUs (shank and foot on each leg), we calculated the mean error and the
standard deviation between considered IMU-based stride length estimation and

corresponding stride length extracted from GAITRite (Table 1 and Table 2).

&0 —o—Gaitrite
-~ MU

75

70

45

4 1 1 1 1 1 1 1
" 2 3 4 5 6 7 8 9

Stride #
Figure 18. Error estimated between GAITRite data (blue line) and IMU-based stride length

computation (green line) for each of the 9 strides of a considered trial.

399 stride lengths (229 in comfort walking, 170 in fast walking) from able
bodied subjects were computed and compared to the reference system. For the
shank mounted IMUs, mean errors of 5.9% for the 'normal’ walk and 5.4% for
the ’fast’ one have been obtained. Standard deviation was lower than 10 cm in
average. A slight difference between the foot and the shank location (the results

are 3.2% better for shank mounted IMU) was observed.
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. . . Error using IMU Error using IMU located on
. Gait CATRIME Jifetielor located ongthe foot tr?e shank
Subject Type Nb of Stride length
1D (Normal | Strides | Speed| Cadence Mean | STD Mean | Mean | STD | Mean | Mean STD (cm)
/ Fast) (cm/s) | (step/min) cm) | (cm) (%) (cm) | (cm) (%) (cm)

1 N 20 129.2 110 143.2 3.2 4 5.7 2.p 4.2 6.1 3.5
F 15 203.8 142 174 4 3.4 3.9 6.9 17 4, 7|2 3.9

2 N 20 143.8 116 150.1 5.4 3 4.6 3.0 5 7.5 4.4
F 17 243.7 159 182.9 8.9 2.8 5.1 34 54 9|8 3.2

3 N 20 125.1 107 141.5 3.8 6.2 8.9 3.0 4.p ¢ 3.7
F 13 240.9 145 198.7 10.6 5.7 114 5[0 412 8,3 5.3

4 N 24 115.5 106 131.3 7.1 6.4 8.3 2.pb 6.3 83 4.3
F 15 242.6 159 189 11.6 3.7 7.0 2.9 8.1l 15.3 7.2

5 N 20 150 110 164 8.7 4.8 7.8 3.2 2.4 4 2.5
F 15 227.3 138 199.6 7.2 3.8 7.5 41 16 3|3 3.4

6 N 17 163.9 114 173.1 4.7 6.7 11.7 34 6.4 11.1 5
F 15 230.7 142 195.5 7.4 5.6 11.p 5/9 6.8 13.3 6.2

7 N 30 79.2 85 112.6 2.8 9.7 11.0 4.y 10)1 11.4 7.7
F 20 148.9 111 162 .4 7.4 7.3 11.8 38 8/9 14.4 5.9

8 N 25 127.5 117 131.1 4 18.2 23.9 4.6 6.8 82 3.8
F 20 199.1 151 159 4.3 16.7 26.b 383 6.7 10.7 3.3

9 N 28 126.4 123 122.7 7.3 6.3] 7.9 2.B 5.p 68 3.8
F 25 160.9 138 140.1 3.4 6 8.4 3. 4.6 6.5 3.3

10 N 25 97.9 94 126 6.3 13.4 16.9 6.0 8.5 10.8 10.5
F 15 182.7 129 171.4 5.6 15.2 26.1 3[2 3)2 55 2.8

Table 1. Experimental results from able bodied subjects.

The stride lengths tended to be particularly variable over the subjects.

"Normal’ strides going from 113 to 173 cm and from 140 to 200 cm for the ’fast’

ones were recorded. Despite a huge speed increase between the two types of walks

in some subjects (ex: subject 4, from 116 to 243 cm/s), the mean error remained

under 10% in worst cases with a mean error of 5.6% (0.09 m) on both ’fast’ and

‘normal’ walk using the shank mounted IMUs.
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Figure 19
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. Stride lengths and mean errors for normal and fast gait from

10 able bodied

In the Parkinson’s Disease group, despite of consequently smaller and slower

strides, a mean error of 9.5% for both legs using the shank mounted IMUs (Table
2) (8.6% for the left leg, and 10.3% for the right one) has been obtained.

Standard deviation was lower than 5 cm in average.

Right leg Left leg
GAITRITE R . GAITRITE A .
. . . . Estimation error using IMU . . 5 Estimation error using IMU
Subject information stride s o (e shgnk information stride s o (e shgnk

ID length length

Mean STD Mean Mean STD Mean STD Mean Mean STD

(cm) (cm) (cm) (%) (cm) (cm) (cm) (cm) (%) (cm)
1 58.6 6.7 6.8 11.7 4.2 58.6 6.3 3.6 6.3 2.4
2 37.5 5.0 3.8 10.2 2.8 37.8 4.5 4.2 11.1 3.4
3 102.3 6.2 6.12 5.98 2.9 102.7 5.8 4.2 4.2 2.9
4 95.7 7.0 8.2 8.6 5.2 95.9 7.4 8.0 8.3 5.9
5 92.1 7.6 6.5 7.0 5.4 93.2 7.1 4.6 4.9 3.1
6 42.7 6.7 6.9 16.1 4.9 42.1 5.1 5.7 13.9 5.4
7 112.6 8.7 8.5 7.4 4.2 112.1 9.9 10.5 9.4 5.6
8 107.8 6.0 14.9 13.8 6.1 107.5 5.8 7.5 7.1 55
9 101.9 5.7 8.5 8.3 5.4 102.1 5.5 7.6 7.5 4.6
10 99.8 7.1 5.8 5.9 3.8 100.3 5.2 8.5 8.5 5.1
11 91.3 5.2 17.05 18.67 6.9 91.4 4.7 10.2 11.2 6.6
12 79.4 9.8 8.1 10.4 4.1 79.5 10.1 9.2 11.8 3.

Table 2. Experimental results from subjects with Parkinson's Disease.

The mean stride lengths were also very variable between each subject, going

from 38 to 113 cm. In the worst case (subject 11) the mean error was 11.2%

(0.102 m).
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Figure 20. Stride lengths and mean errors from 12 participants with Parkinson's Disease.
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Figure 21. Box plots presenting all the errors (%) between all the trials and subjects, from

both shank IMUs, for valid and Parkinson’s disease gait.

The results emphasized the reliability of this first algorithm in the gait
assessment of healthy volunteers, with variable lengths (113 to 200 cm) and
speeds (79 to 244 cm/s) but also on patients suffering from Parkinson's disease,
with consistently smaller stride lengths (38 to 113 cm). Gait partitioning and
stride length estimation were accurate and robust enough to fit different
morphology and type of gait patterns, with a mean error less than 9%.

The distance D between the sensor and the ankle joint has been systematically
measured during the experiments and has been taken into account in the
algorithm. However, the accuracy of this measure seemed to have a negligible

impact on the performance of the results and could be approximately (+2cm)
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provided by the user. Two different sensors location were investigated. The
results showed that the error was slightly increased (=3%) for the foot mounted
IMU. Indeed, at the mid-stance shank vertical event, the angular velocity reached
a local maximum. At faster walking speeds, the impact of this estimated initial
velocity based on the angular velocity becomes more important on the accuracy
of the stride length computation. Because the shank IMU has a greater angular
velocity than the foot one, the speed estimation is slightly underestimated. For
some isolated cases, an important maximum error (=30 cm) generally due to a
bad stride cycle detection (not properly detected because the gait pattern is too
distorted). In most of the cases, PD gait presented a pattern similar to healthy
gait. Nevertheless, some individuals showed huge difficulties to walk (outlier in
Figure 20), thereby creating a hardly automatically and reliably segmentable
pattern, which does not look as a step anymore. This underlines the influence of
the gait partitioning process on the results. In the following sections, a more
robust method will be presented to improve gait partitioning in these cases. The
raw signals filtering also turned to be critical. Compared to other studies where a
simple high pass filtering of the raw values is performed, using a zero-phase
filtering enabled to keep a zero-phase distortion between accelerometer and
gyrometer values.

Two different numerical integration methods were used for improving the
results: the Simpson’s and the trapezoidal one. The best compromise between
efficiency and computational cost was obtained with the classical trapezoidal rule.
Indeed, as the signals were integrated on single stride duration, the numerical
drift due to the trapezoidal rule was not significant.

This first approach was designed for an offline processing. An online processing
would require additional constraints, such as the filtering delay, the real-time gait
partitioning (in this approach the algorithm would have a one stride delay
because the current gait cycle has to be ended for being segmented) or the
hardware limited real-time sampling rate (below 100 Hz an undersampled

acceleration signal was found to cause major deterioration of the results).
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Despite of an offline post-processing, being able to provide to the practitioner
an accurate stride length measurement proves to be particularly useful in various
contexts and clinical applications. The following section illustrates through a

concrete example the use of such an algorithm in Parkinson’s Disease assessment.

2.2.2 Application : FOGC criterion computation for FOG detection in

Parkinson’s Disease deficiency

Parkinson’s Disease is often associated to gait impairment and high risk of
falls [142]. The small and variable stride lengths are typical characteristics of
Parkinsonian gait. Their fluctuations can be directly associated with levodopa
therapy efficacy, which already represents a major information for the
practitioner [143] to follow the subject’s recovery. Meanwhile, people suffering
from this kind of disorder can also be subject to a more or less frequent and
disabling event in their everyday life, difficult to assess in an ambulatory context
and not always related to the dopamine level: the Freezing of Gait (FOG). This
event is defined in literature as “an episodic inability (lasting seconds) to generate
effective stepping in the absence of any known cause other than Parkinsonism or
high-level gait disorders” [144]. This brief absence or marked reduction of forward
progression of the feet despite the intention to walk can occur during initiation of
the first step, turning phases [145], dual tasks, walking through narrow spaces,
reaching destinations or passing through doorways [146]. FOG episodes are more
often brief (1-2 s), but can also last 10 s. They are reported by the patient as a
subjective feeling of “the feet being glued to the ground”.

Among other symptoms related to Parkinson’s Disease, festination while
walking, is defined clinically as a tendency to move forward with increasingly
rapid, but ever smaller steps, associated with the center of gravity falling forward
over the stepping feet [147]. If the relation between festination and FOG is an
important issue, it is not always well described in the literature and is often

merged as a subtype of FOG.
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Ambulatory monitoring FOG could significantly improve clinical management
and quality of life of people with PD. Moore et al. have proposed a technique to
identify FOG episodes [148| based on the frequency properties of leg vertical
accelerations recorded via an IMU located on the shank. The approach is based
on the hypothesis that FOG occurrences are associated to trembling motion,
which affect limb acceleration signal. They have introduced the so-called freeze
index (FI): the ratio between the signal (limb acceleration) power in the “freeze”
band and the signal power in the “locomotor” band. The FI method was validated
using one to seven accelerometers mounted on patients with satisfactory detection
results. However, the FI method is not able to detect all the different FOG
expressions, particularly the festination. In order to later propose an assistive
solution based on FOG assessment, it was necessary to detect in a robust way
every kind of FOG and related disorders. Taking advantage of the shank-
mounted IMU sensor used by Moore et al., a complementary index was
investigated as an illustration of the previously explained stride length estimation
algorithm.

According to the festination definition and the continuous evaluation of two
gait parameters: cadence and stride length, a criterion was proposed, based on the
hypothesis that the cadence should increase whereas the stride length decreases
when a FOG related to a festination should appear. The criterion called FOGC

was defined as:

FOGC Cor Lini (15)
ne CmaX- (Ln + Lmin)

With for each detected stride n, its frequency (cadence) denoted Cp, its length

L, and Cmax and Lmin the expected maximal value for the cadence and minimal
value for the length of strides. A minimum step length of Lm» = 5 cm was
observed in the study presented in the previous section. Thus, in order to
normalize the criterion to 1 when stride length tends to 0, the maximum cadence
has been fixed to Cmax = 5 strides/s. The gait cycle segmentation used did not

detect strides below 1/Cmax duration. A high value of the FOGC is associated to
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a freezing of gait event. An increase in criterion value should indicate an
imminent FOG episode.

Equipped with the same HikoB© Fox IMU synchronized to a video camera,
7 patients, (6 males, 1 female, 704+ 5 years old) participated to an experimental
study (#NCT02317289, Gui de Chauliac University Hospital, Montpellier,
France) where subjects were asked to walk along a 20 m corridor performing
several dual tasks to maximize the number of FOG occurrences. The subjects’
gait was analyzed offline based on the video recordings using a software
(MovieFOG, see section 4.2.4) developed in this thesis. A practitioner spotted
FOG events and classified them as follows: (1) slight modification of the gait -
with no falling risk (green); (2) main gait modification with falling risk (orange);
(3) FOG - gait is blocked with or without festination (red).

A total amount of 97 min of gait was recorded and analyzed. The neurologist
identified and labelled 50 events (Table 3). IMU sensor data was processed in
order to compute FI and FOGC indexes (Figure 22). The FI method detected 32
of these episodes and the FOGC method detected 41 of these episodes.
Concerning the 31 main FOG events (labelled red and orange), FI “missed” 11
FOG events and FOGC missed only 5 of them.

FOG intensity Video FI FOGC
Green 19 10 14
Orange 12 6 10
Red 19 16 17
False Positives 0 18 14

Table 3. FOG events labelled from video analysis and detected using FI and FOGC

computation.
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Figure 22. Example of detection performances wusing FI and FOGC computation.
Around t = 16 s, an important FOG event with tremors (Red) preceded by festination (Green) is
detected by FOGC (Top). The FI increases beyond its threshold and detects also the FOG with

tremors, but not the festination part (Bottom).

These preliminary results emphasized the FOG heterogeneous characteristics
and the complementarity of monitoring both vertical acceleration frequencies
(FOG with tremors) and stride lengths and cadence (FOG with festination). It
also illustrated the advantages of using IMU in gait disorder assessment in a
specific pathological context. In the next chapter, solutions will be presented to
not only assess gait deficiency but to assist in real-time the subject with actuators

(auditory and electrical stimuli) during his walk.
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2.3 Pathological gait: a 3D approach

While the previous paragraphs highlighted the importance and the relevance
of assessing lower limb motion in a particular clinical context, the algorithms
were only applied on subjects with in most of the cases either a normal walk or
with a slightly altered gait pattern (people suffering from PD).

However, this thesis aimed at addressing multiple kinds of lower limbs
sensorimotor deficiencies, to propose assistive control strategies, including severely
altered gait pattern (hemiplegia, cerebral palsy...).

Simple approaches previously presented suffered from various limitations in
presence of impaired walk and required to go further by studying more complex
solutions for assessing heavily impaired motion.

The following paragraphs will thus present different investigated approaches to
provide a maximum of information (foot trajectory, joint angle...) coming from a
body area network of IMUs, in order to be able to later specifically adapt the

assistive solution in a maximum of pathological contexts.

All people with Parkinson’s Disease, post-stroke individuals and people
suffering from cerebral palsy show huge difficulties to walk, thereby compensating
by a hardly automatically and reliably partitionable gait pattern, which
sometimes does not look as a step anymore. In some cases, even through the use
of data from the GAITRite instrumented mat does not allow to accurately

recognize and identify stride cycles (Figure 23).
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Figure 23. Gait patterns (normal, Parkinson's Disease and hemiparetic) from experimental
data recorded through a GAITRite instrumented mat. The GAITRite software is not able to
automatically segment hemiparetic gait. A manual identification (green lines) is not trivial and

can lead to errors.

In these cases, a simple gait segmentation based on the sagittal angular speed
as previously presented was not providing a sufficient accuracy and reliability.

In addition to a hardly partitionable gait pattern, post-stroke individuals often
adapt compensatory strategies that lead to a direction of motion in swing phase
which is no longer sagittal. Typical of cerebrovascular accident or any form of
brain injury, this swing phase adaptation is called circumduction gait and is
defined in literature as: “a gait in which the leg is stiff, without flexion at knee
and ankle, and with each step is rotated away from the body, then towards it,
forming a semicircle.” Leaning towards the unaffected side to create sufficient hip
height on the affected side, the individual moves his/her foot through an arc,
away from the body.
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This leads to multiple major issues, particularly when segmenting gait based

on a minimum number of IMUs located on lower limbs:

- the swing phase peak is sometimes missing because without any hip or
knee flexion the angular velocity of the shank and/or the foot stay low
(Figure 24).

- the gait pattern does not look as a cyclic or identifiable waveform

anymore.
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Figure 24. Sagittal angular velocity recorded from a gyrometer located on the shank of an
hemiparetic individual. While on the valid side the swing phase peak can be easily identified, so as
the IC and FO peaks, on the paretic side the gait pattern is considerably impaired.

Based on these observations, a new gait partitioning approach has been
considered. As introduced in part 2.2.1.a, multiple existing algorithms also use
acceleration data to segment gait cycle. Inspired by Moore et al. [143] work, a
new partitioning method was proposed by combining angular velocity
measurement with acceleration data to increase gait cycle detection robustness

(Figure 25).
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Figure 25. Example of the gait partitioning algorithm applied on data recorded from an
hemiparetic gait. When gait pattern is too altered, swing phase angular velocity peak is no longer
correctly detected or no peak is present because of a too slow motion. However, using the norm of
the acceleration makes possible to discriminate between motion (swing) and no motion (stance).
The pink curve (ACC Motion) represents the boolean result (i.e. norm of the acceleration above a
preset threshold or not).

The magnitude of the accelerometer measured on the three axes (X-Y-Z) was
combined with waveform initial detection from angular velocity in the sagittal
plane. When the subject had a weak swing phase (e.g. circumduction gait, crouch
gait in CP) and the gyrometer was not able to record any rotation, a simple
threshold on acceleration magnitude was added to help increase partitioning
accuracy.

In the previous parts, an important assumption was made considering the
hypothesis that the lower limbs motion was assessed in a 2D plane (i.e. the
sagittal plane or the heading direction plane). However, a quick observation in
the field of a hemiparetic or CP individual gait highlights the strong limitation of
this hypothesis. By definition, a circumduction gait leads to a 3D trajectory of the
foot, for instance. This observation was a major and additional issue to gait
partitioning problems when dealing with pathological motion assessment. While

the first presented algorithm for stride length computation only used acceleration
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and angular velocity, in the following paragraphs a novel method is described
using an AHRS sensor fusion algorithm.

As previously introduced, not only step-by-step spatio-temporal (e.g. length,
duration, clearance...) but also kinematic parameters have been shown to be
clinically relevant markers of impaired walking performances [41]. Using AHRS
sensor fusion algorithms could not only enable to accurately estimate sensor
orientation for cancelling gravity and compute trajectory, but also to provide
additional kinematics measurements, such as joint angles, for later artificially

controlling motion.

In the following paragraphs, a novel approach is described to 1) compute 3D
trajectory for each individual gait cycle and 2) compute joint angle (dorsiflexion
angle) using two IMUs.

Experimentally validated in 26 participants with post-stroke hemiplegia (RCB
2015-A00572-47), the investigated method integrates three aspects:

- using a robust gait partitioning modality based on angular rate and
acceleration combination.

- estimating the paretic foot attitude and heading in global frame based on
an AHRS algorithm, for cancelling gravity and being able to integrate
trajectory on each partitioned gait cycle (3D trajectory) and compute
spatio-temporal parameters.

- using the same AHRS algorithm to estimate pathological joint angles (3D

goniometer) to provide kinematics at different instants of the gait cycle.

2.3.1 Attitude based 3D Trajectory

FEach quaternion representing the 3D orientation in global coordinate system
was computed from 200 Hz sampled magneto-inertial data using Martin et al.
[118] observer introduced in part 2.1.2. and calibrated using the same technique

introduced in part 2.1.1.d.
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Let us define $p and $v, the position and linear velocity of the feet sensors,
respectively calculated by integrating twice and once the recorded acceleration
without gravity g. Given q% and unit quaternion properties:

Q2. = (0,02, a2, a) (16)
we defined the following formula to rotate acceleration vector (Figure 26a) and
remove gravity g (Figure 26b), once the raw acceleration data filtered with a

lowpass Butterworth filter (order 1, Feytorr = 5 Hz):

dace = (0,af,a5,a5) = q ** qGec ** G5 (17)

with ** the specific quaternion multiplication, known as Hamilton product [66]
introduced in section 1.2.

Not only based on sagittal angular rate but also taking into account
acceleration measurements, the gait partitioning method previously described was
used to detect initial contact (IC).

To compute foot linear velocity, it is necessary to integrate linear accelerations

on each gait cycle:

theet on(1) (18)
V(D) = (ag —g) dt

theel on(n—1)

where ag = (a§,a$,a5)

A ZVU (Zero Velocity Update) is then performed at each gait cycle to remove
drift by adding a linear trend based on the difference between the end and the
beginning of the gait cycle, making the hypothesis the linear velocity at these

instants are supposed to be similar, and close to zero (Figure 26d):

(gv(t)end - gv(t)start) ¢ (19)
N .

gv(t)corrected = gv(t) +

Therefore, to compute foot trajectory on each strides n (Figure 26e):

theel on(n) (20)
gp(t) = f gv(t)correcteddt

theel on(n—1)
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Stride length was then defined as the distance between two consecutive 1C,

computed in the transverse plane (Figure 26f):

(Px [tho (n— 1)]_ Px [tho (n)])z (21)

= 4 ultnon — 1= pltro D)
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Figure 26. Processing of raw inertial data to compute 3D trajectory from a pathological gait.
Tllustration based on experimental data recorded from a foot mounted IMU. Raw acceleration is
filtered (a). By using quaternion estimation providing the global attitude and heading of the
sensor in the Earth frame (b), gravity is removed to obtain linear acceleration(c). Linear velocity
is obtained by integrating the linear acceleration, and is corrected with a ZVU approach (d). By
integrating linear velocity on each gait cycle, foot 3D trajectory can be estimated on each gait

cycle (e,f).
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2.3.2 3D Goniometer

By adding a second IMU and using the same quaternion estimation method,
an algorithm to compute joint angles was designed and applied in the context of

dorsiflexion angle computation (angle between the foot and the shank).
Let us defined qSGh aneand q?om the orientation of the shank and foot sensors in

the global (i.e. ground) reference frame. The dorsiflexion angle corresponds to

S

Y hank—foor’ the quaternion expressing rotations from shank to foot relative to the

shank frame Sr and computed using the following formula, based on quaternion
unit properties:

S — — &G G
qsiI;ank—foot = ldors = Yshank ** Qfoot (22)

Sg

qshank—foot

— =G wx 0
= Yshank qfoot

G qfoot

Figure 27. Dorsiflexion angle computation. The Hamilton product of the shank unit conjugate
quaternion in global (Earth) frame by the quaternion of the foot also expressed in global frame

gives the quaternion corresponding to the rotation of the foot relative to the shank.

2.3.3 Application: stroke and cerebral palsy

The two preceding methods have been validated by estimating 4 gait
parameters initially defined as relevant by the practitioner to monitor
rehabilitation progresses and to later adapt stimulation parameters: dorsiflexion

angle at initial contact and at mid-swing instants, stride length and gait velocity.
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Results were experimentally validated on 29 subjects (mean 58.5 + 10.4 years
old; 9 females) after supratentorial ischaemic or hemorrhagic stroke, presenting a
foot-drop, able to walk 10 meters without human help, with or without a walking
stick. The protocol was approved by a national ethical committee (CPP) and by
the local ethical committee of the University Hospital (CHU Nimes, France, RCB
2015-A00572-47), all subjects provided informed consent prior to the experiment.

Subjects were equipped with 2 IMUs (Fox Hik0B©) on each leg strapped on a
rigid support together with 4 reflective markers (Figure 28a) tracked by an

optical motion capture system (OMCS, Vicon© Bonita MX) which cameras were

installed along a GAITRite(C) walkway system (Figure 28b).
L ® ’

: L

(b)

Figure 28. Each subject is equipped with IMUs strapped on rigid support together with 4

reflective markers (a) tracked by an optical motion capture system (Vicon©). Subject is instructed
to stand still for 5 seconds and then walk five meters on an instrumented walkway mat
(GAITRite©), turn at the end of the carpet and walk back to initial position (b). The reflective
markers on the back were used for visualization only.

In order to facilitate walking and elicit measurable dorsiflexion angles, subjects
were also equipped with a classical “foot drop” stimulator (Odstock(©) ODFS III)
configured at the beginning of the experiment. Stimulation was triggered at heel
off using a heel switch inside the shoe. Two electrodes of 23 cm? delivered the
stimulation either to the peroneal nerve or directly to the tibialis muscles of the
affected side.

In order to best match Emory Functional Ambulation Profile (E-FAP) test

[149], participants were asked to walk 5 m at a comfortable self-selected speed on
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the gait mat, to turn at the end of the carpet and walk back to their initial
position. At the beginning of each trial, subjects were asked to stand still during
5 s for getting rid of potential biases while defining zeros between IMU system
and VICON system and for enabling Martin et al. algorithm to converge to an
initial attitude and heading.

In case of technical issues or data losses, each trial was repeated three times to
record at least one set of data by subject. IMUs, OMCS and gait carpet were
synchronized at a hardware level via a trigger sent by the GATITRite© to all the
acquisition systems.

3 subjects were finally too weak to perform any trial. Therefore the analysis
and results refer to 26 subjects. A total of 930 strides (457 on paretic side and 473
on healthy side) were recorded. For each stride, the spatio-temporal (stride length
and velocity) parameters were computed from IMUs and compared to parameters
estimated from gold standard devices. Dorsiflexion angles were compared between
IMUs and Vicon(©) at mid-swing and heel-on, based on gait events instants
extracted from GAITRite(©). Table 4 shows the results for all the analyzed
strides: a Root Mean Square (RMS) error between OMCS and IMUs estimations
of dorsiflexion of 5.51° at initial contact and 5.01° at mid-swing and a Mean
Absolute (MA) error of respectively 3.39° and 3.74°. The average dorsiflexion
angle in all participants was 8.76° at initial contact and 9.32° at mid-swing. We
observed a RMS error of 12.64 cm and a MA error of 9.84 cm regarding stride
length estimations between GAITRite(© and IMUs, and a RMS error of 6.17
cm/s and MA error of 5,06 cm/s for gait speed computation. The average stride

length in all participants was 57.49 cm and the average gait speed 30.36 cm/s.
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RMSE E\J/l_ré[E)) RMSE gég)

Dorsiflexion at heel on (initial contact) Stride legth (cm)

All (S=930) 5.51° (3333?;) 12.64 ( 197._8;1)
Paretic side (S=457) 4.89° (iglf;) 12.61 ( i97'§867)
Healthy side (S=473) |  6.06° (3'36.32;) 1267 | i98..8012)

Dorsiflexion at mid-swin Speed (cm/s)

All (S=930) 5.01° (13_"37_3;) 6.17 ( i53;9465)
Paretic side (S=457) 4.89° (537;)’;) 6.22 ( i53'9487)
Healthy side (S=473) |  6.10° (3'37;;) 6.11 ( 153;9463)

Table 4. Dorsiflexion angles RMS (root mean square) and MA (mean absolute) errors at heel
on and mid-swing, between IMU computation and Vicon. Spatio-temporal parameters compared
between GAITRite and IMUs computation.

The initial aim was to analyse the reliability and accuracy of using IMUs to
analyse motion, for later considering them as FES-based assistive control inputs.
The last sections showed how assessing pathological motion could be different
from an healthy motion and challenging. It has required multiple non-optimal
choices from the data collection to the algorithm design. In this last experimental
protocol, OMCS data acquisition suffered from many data losses and artefacts
due to VICON marker occultation by cane or markers breakage. As a result, we
had to use rigid objects instead of a complete set of markers. Using a simple
single strap, they were approximately positioned in sagittal plane, in order to
improve visibility and ensure an eased installation time for the patient. An
important advantage of the proposed approach was also the absence of specific
procedure and preparation to locate sensors and use them. Except of a 5s static
posture at the beginning of each trial, no specific calibration motions [47] were
requested from the participants and no manual measurements of body dimensions
had to be done nor individual adaptation. To estimate stride length and velocity
for each step in each trial, feet trajectories had to be computed in a global frame.

Usually, literature present solutions that consist in double integrating 2D linear
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acceleration in sagittal plane with an angular rate based gait cycle segmentation
and an angular rate integration to estimate orientation needed to gravity
removal. In our approach, pathological gait was often associated to compensatory
strategies (e.g. circumduction walk) and slow motions. As previously said, these
existing methods were not applicable to assess the gait of post-stroke subjects
with a complex forward swing. Therefore, we had to adapt algorithms to segment
impaired gait cycle and to take advantage of Martin et al. quaternion
computation to accurately remove gravity and compute joint angles. Only a few
studies have been conducted in hemiplegic participants in the literature [122],
thus we mainly compared our results with publications on healthy individuals
[120]. They seem in accordance with a MA error less than 4° for the dorsiflexion
angle and less than 10 cm for stride length estimation.

One challenge of this last study was also to estimate very small dorsiflexion
angles (about 10° in all participants) in particularly constrained comparison
conditions. Three different systems outputs (IMU, GAITRite(©) and Vicon(C))
were compared at different sampling rates but at a similar time mark (e.g. mid-
swing). Synchronization had to be accurately done not to introduce additional
error.

Computing dorsiflexion angle with an error of 4° has enabled to detect the
dorsiflexion tendency to decrease in the presence of muscle fatigue and opens the
way to adapt FES parameters for counteracting fatigue effects.

Even though the previous algorithms were applied offline for post-processing
raw data, they have been designed to be straight forward implemented for online
use, as intended to be used for FES control. To shorten calculation time and be
able to track any orientations without singularities, the choice has been made to
use a quaternion representation computed from a low-cost observer-based attitude
and heading reference system in a patient-centered solution.

The results of this last study break new grounds towards adaptive online
control of the dorsiflexion in post-stroke gait, such as adapting stimulation to

fatigue based on dorsiflexion angle estimation. During this study, the subjects
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were also asked to cross obstacles (Figure 29a). The complete knowledge of the
trajectory (Figure 29b) has enabled to detect the crossed obstacles and estimate
the foot clearance. These results could lead to a possible modulation of the
stimulation parameters depending on the foot clearance, thereby helping the

subjects to cross obstacles while limiting the compensatory strategies.

Figure 29. The participants were also asked to cross obstacles (a). The complete knowledge of

the foot trajectory (b) could also enable to adapt the stimulation to obstacles and foot clearance.

Illustration from experimental protocol.

The same algorithms were also applied on a set of data recorded as part of a
collaboration with the Motion & Gait Analysis laboratory in Lucile Packard
Children’s Hospital in Stanford. Using the same sensors, different patterns
characterizing the gait of children with cerebral palsy (toe walking, stiff knee gait,
crouch knee gait, circumduction gait...) were assessed, in order to validate the

feasibility of using the same approach on a different patient population.
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The results presented through this thesis chapter aimed to investigate the
ability of using IMUs to 1) observe and analyse pathological lower limb motions
(joint angle, stride length, foot clearance, gait speed, FOG detection, etc...) 2) in
order to use them as inputs to control an FES system, in a clinical context or for
a personal use, considering only patient-centered solutions.

Several compromises had to be made between accessibility, usability and
accuracy needed to go further into the achievement of efficient neurorehabilitation

solutions.

In the following chapter, using the knowledge and algorithms performed on
motion analysis, a particular focus is given to fulfill the main and initial goal of
this thesis work: to offer adaptable, accessible and user-friendly FES-based
assistive solutions in different pathologies affecting lower limb motions, based on

a network of generic sensors and stimulators.
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3 Controlling and acting on the motion

As introduced in section 1.1.3, FES systems need to provide a tailored but
easy-to-use solution to efficiently restore motor functions following a CNS injury
or disorder in lower limb neurorehabilitation. To ensure an appropriate control,
these systems are often associated with different technologies in order to adapt
the stimulation to the elicited action. Inertial sensors could offer a promising
solution to answer to the different associated constraints (accuracy, portability,
ease of use, cost...). Initially designed for aircraft navigation, to be able to use this
technology in a clinical context, keeping in mind the different associated
constraints of a patient-centered solution has required multiple studies. Addressed
as an objective assessment tool in the previous chapter, the knowledge of ongoing
lower limb motion can also be used as a feedback for closed-loop control or as an
event to trigger the stimulation depending, for instance, on the voluntary motion.

This chapter presents the work done through this thesis around three patient
populations (PD, SCI and post-stroke), combining with FES the knowledge and
algorithms previously presented, from open-loop sensitive electrical stimulation to

closed-loop motor stimulation of lower limbs.

The results presented in this chapter have been published in the following papers: [61], [150],
[159], [151]-[158].
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3.1 Open-loop control in Parkinson’s Disease:
triggering sensitive electrical stimulation at heel off

As previously introduced in part 2.2.2, the FOG (Freezing Of Gait) represents
a major issue strongly affecting life quality of people suffering from Parkinson’s
Disease (PD).

Meanwhile, multiple existing solutions could be used to assist the gait of
people with PD and some were investigated in this thesis, using IMUs to
individually adapt the assistive approach.

Previous studies have shown that visual (e.g. rolling walker or cane with a
laser beam visual cue on the floor) or auditory stimuli (e.g. using a metronome
beeping at the gait pace) can help individuals with PD to reduce the occurrence
and duration of FOG events [160]-[162] thereby improving their gait [163]|. In a
meta-analysis, Spaulding et al. [164] reviewed the numerous studies on visual and
auditory cueing by comparing their efficacy on gait. They concluded to a benefit
of auditory cueing on velocity, stride length and cadence; while visual cueing only
resulted in stride length changes. Nevertheless, auditory and visual cueing
modalities appear to be effective only in experimental and controlled conditions
[165]. It has been also shown that variability in beat perception between subjects
could differently affect gait when synchronizing footsteps to music or metronome
cues [166].

The effects of sensorimotor cueing are not clearly established because this
stimulation modality has received little attention comparatively to other ones.
Numerous studies confirmed that Parkinson’s disease motor deficits are associated
with proprioceptive impairments. Vaugoyeau et al. [167] analyzed the postural
adjustments of PD subjects standing on a platform executing small angular
sinusoidal oscillations. Subjects were asked to maintain a vertical posture. In the
absence of visual cues, subjects were clearly unable to use proprioceptive

information as feedback to control their body verticality and stabilize their body
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segments, resulting in blocking head and shoulders segments. The same strategies
have been observed during gait [168]. The authors concluded that sensorimotor
integration deficits partly account for the postural and locomotion impairments
observed in PD. Other studies have shown that gait in PD patients could be
improved by increasing somatosensory information from the plantar surface of the
feet using textured insoles [169]. Rhythmic somatosensory cueing (RSC) has also
been investigated [165] ; authors used a miniature-vibrating cylinder attached to
the wrist as a cueing device in 17 patients. RSC improved the gait with lower
stride frequencies and larger step lengths, while maintaining walking speed. This
study showed that patients with PD could dynamically modify their stepping
pattern to adapt to an external stimulus using somatosensory pathways. RSC
seems to have a robust effect in gait pattern and to be resistant to visual
interferences. Authors suggested that this technique could be a viable alternative
to auditory or visual cueing.

Using muscle vibration during voluntary dorsiflexion movements of the ankle
joint, Khudados et al. [170] showed that proprioceptive regulation of voluntary
movement is disturbed in PD. El-Tamawy et al. [171] used augmented
proprioceptive cues during gait on thirty levodopa-dependent PD subjects. They
applied vibratory stimuli to the feet plantar surfaces (below the heel and forefoot)
through miniature hidden vibrating devices that sent rhythmic vibrations to the
skin in synchronization with the step at the push off-phase of the gait. Results
demonstrated a significant improvement in gait kinematics and angular excursion
of lower limb joints. Similarly, Kleiner et al. [172] applied mechanical stimulation
(AMPS: Automated Mechanical Peripheral Stimulation Treatment) on four
specific target areas in patient’s feet while they were laying down and reported a
15% improvement in gait velocity after treatment.

To our knowledge, only three studies involving cutaneous electrical stimulation
(ES) applied on patients with PD have been published. Mann et al. [173] studied
the feasibility of functional electrical stimulation (FES) to assist gait in PD.

During eight weeks they performed walking sessions under electrical stimulation
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of the common peroneal nerve of the more affected leg in 6 subjects. Stimulation
was triggered by a pressure-sensitive switch in the shoe and set to gain effective
dorsiflexion and eversion of the foot during walking similarly to a drop foot
stimulation modality. An immediate improvement was demonstrated with FES on
distance and average stride length during a 3-min walk but not on the number of
steps and walking speed. Fewer episodes of FOG occurred during the treatment
period. Similarly, Popa et al. [174] used FES to assist dorsiflexion on 11 PD
subjects during two weeks. They noticed a slight increase in step length and
cadence. In the third study [175|, the same motor stimulation approach was
applied on 9 PD patients. Results showed a decreased duration of double support
phase and variability of stride duration and stride length with FES. Two subjects
did not experience FOG in a few situations where they previously experienced
some. All of these protocols used the electrical stimulation (ES) at a motor level
with a modality similar to the one used for correcting the foot-drop syndrome in
post-stroke individuals (i.e. common peroneal nerve stimulation). To our
knowledge, no protocol has investigated yet the use of ES at a sensory level in
this context.

From these previous statements, we decided to design a protocol based on

assessing the effects of somatosensory cueing by sensitive electrical stimulation.

3.1.1 Electrical Stimulation

Inspired by Spaich work on hemiparetic gait [11], we stimulated the arch
of the foot as shown in Figure 31. A self-adhesive electrode (2.6 cm?) was placed
as the cathode on the arch of the foot and a large common anode (45 cm2) was
placed on the dorsum of the foot (Figure 31). The stimulation pattern consisted
in five 500 ps/phase charge-balanced biphasic pulses delivered at 200 Hz, repeated
4 times at 10 Hz.
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1/ 200 Hz 1/10 Hz 500 ps
- — *

Figure 30. Nociceptive stimulation pattern consisted in five 500 us/phase charge balanced
biphasic pulses delivered at 200 Hz, repeated 4 times at 10 Hz.

Current amplitude was adjusted in order for the subject to feel the
stimulation without any discomfort (7 < I(mA) < 60). Our initial hypothesis was
to use a nociceptive stimulus to trigger a withdrawal reflex for helping to elicit
gait at heel off. However the needed stimulation levels for enabling the reflex were
too high and even at high intensities no withdrawal could be successfully
triggered in some patients, thereby leading us to stay at a lower stimulation level.
Subjects were equipped with one inertial measurement unit (Fox Hikob) strapped
to the foot and a wirelessly programmable electro-stimulator (Phenix(C) Neo Usb,

Montpellier, France) strapped around the shank (Figure 33).

Anode

l )

Cathode

Figure 31. Electrodes and IMU locations. To deliver the stimulation, a self-adhesive electrode
is placed as the cathode on the arch of the foot and a common anode is placed on the dorsum of

the foot.
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3.1.2 IMU based triggering

The stimulation was triggered thanks to the inertial information recorded from
an IMU strapped to the foot. Compared to the previous sections, in this study the
IMU data were processed online on a computer wirelessly collecting accelerometer
and gyrometer data at a 100 Hz sampling rate.

The strategy was to determine the feasibility of using one inertial sensor as a
heel switch alternative in order to trigger stimulation.

In addition to the advantages presented in section 2.2.1.a compared to a
classical heel switch inside the shoe, the use of an IMU was motivated by the
potential information available from the sensor to online modulate the
stimulation depending on various parameters: FOG detection based on the
methods presented in section 2.2.2, U-turn detection, gait cadence, obstacle
detection, etc... The same sensor may also be used to monitor gait spatio-
temporal parameters to assess functional improvement, based on the different
algorithms presented in chapter 2.

While few studies investigated offline gait partitioning using IMUs in PD
[143], [176], the challenge here has been to adapt the approach presented in
section 2.3 and validated offline on able-bodied post-stroke and PD subjects, for
an online use.

The triggering modality aimed at detecting stance and motion periods from
the foot mounted IMU combining accelerometer and gyrometer measurements. In
order to be the most sensitive and responsive to heel off velocity, the choice was
made to attach the IMU under the lateral malleolus. For defining the lowest
sensibility thresholds, acceleration and angular velocity raw data were firstly
filtered with a low-pass filter to get rid of high frequency noises.

As the latency was a crucial parameter, we chose to use an Exponential
Moving Average (EMA, low pass, Infinite Impulse Response - IIR) filter instead
of the zero phase filters used in chapter 2. At any time, the output of the filter
9Xrue was a weighted sum of the new sensor value gX,q, and the old filter output

9Xfiit,,,- Filter coefficient a controlled the filtering effects:
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9Xrue = 1 — ). gXfue,,, + - 9Xraw (23)
with o € [0,1].

The best filtering parameters were found to be an attenuation of 3 dB at a
cutoff frequency of 5 Hz using o = 0.1367 with only one sample late. From
gyrometer angular profile, we determined a magnitude threshold, which was the
limit between foot flat phase and heel off phase (gyry, = 30 deg/s).

Combining accelerometer and gyrometer 3D norms of filtered data, we were
able to successfully detect non-stationary periods on every PD subject. A
maximum stimulation duration and a minimum successive stride time duration
were also defined.

Based on the following equation, stimulation was triggered when a non-
stationary period was detected.

norm(accﬁlt) < accyy
if and = stationary/stance state (24)
norm(gyrsie) < gyren

To validate this approach on people suffering from PD, a preliminary offline
analysis of experimental data recorded online from a foot mounted IMU was
performed. The Start/End times of the stationary period as detected online
through the previous equation were assessed. As an example, in Figure 32 is
plotted the foot angular speed and the Start/Stop stimulation events triggered by
the non-stationary period detection algorithm. Recorded from a real-time trial, it
illustrates relatively to Terminal Stance (TS) sub-phase and Swing phase (Figure
14) that stimulation was actually initiated during TS and terminated during
swing phase (depending on the preset stimulation duration), which was close

enough of the sought stimulation event.
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Figure 32. Example of real-time stimulation triggering based on accelerometer and gyrometer
3D norms of filtered data from an experimental record on PD individuals. Green and red lines are
respectively the start and stop stimulation events triggered by the IMU-based detection algorithm.
Terminal Stance (TS) sub-phase and swing (SW) phases were manually added to the figure for

reference.

3.1.3 Experimental protocol

Most of the published studies have assessed the effect of cueing only during
straight walking, in experimental conditions and with severe dopamine deficiency.
However, FOG occurs in a random manner, in different environments, depending
from the dopaminergic and emotional status.

In both ON and OFF conditions (under medication or not), turning phase has
been demonstrated as the most frequent trigger of freezing of gait in Parkinson’s
disease. In their study, Schaafsma et al [177] found that FOG was mainly elicited
by turns (63%), first step (23%), walking through narrow spaces (12%) and
reaching destinations (9%). We also observed this predominance in some of our
previous experiments [55]. Plotnik et al. tried to explain this occurrence by the
asymmetric nature of these tasks, which would increase interlimb synchronization
difficulties [178]. Crenna et al. showed this could possibly be related to a head
rotation control. Indeed, patients in the early stage of the disease initiate head

rotation later than controls while turning [179]. Nieuwboer et al. [145] chose to
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focus their work on functional turning performance with different cueing
modalities and observed it improved the turning speed in all subjects.

In order to increase FOG occurrence during experimentations and to be close
to the daily life situations, we designed an experimental path including thus a
maximum of turning phases.

13 subjects with Parkinson’s disease (10 male, 3 female; Age range: 60 to 82
years) participated to the study (Table 5).

*MDS-
UPDRS
DISEASE AGE 3.11: Freezing
ID AGE DURATION ?JQ%E OF FREEZING (Occasional (';";‘RI‘;‘ *MoCA
(years) ONSET /3.10: / Frequent)
WALK /
GLOBAL
PART Il
1 71 5 2 66 1/1/28 o) N 26
2 63 7 3 56 1/1/28 F Y 30
3 71 18 3 53 2/2/40 F Y 30
4 74 22 3 52 1/2/23 F Y 25
5 72 7 3 65 21228 F Y 27
6 74 8 3 48 3/3/na F Y 12
7 60 13 3 47 3/2/29 F Y 25
8 66 3 4 63 2/1/30 F Y 23
9 76 7 3 69 1/1/32 F N 23
10 74 10 3 64 2/3/35 F N 21
11 66 14 4 52 414166 F Y na
12 74 13 3 61 2/2/41 F Y 25
13 82 15 3 67 1/3/47 F Y 26

Table 5. Clinical data of patients included in the study.

*MDS-UPDRS: Movement Disorder Society-Unified Paskin's Disease Rating Scale, from 0(normal) toatyility)
*MoCA: MOntreal Cognitive Assessment, the maximseore is 30 points; a score of 26 or above is m@red normal.

The protocol has been approved by local ethical committee (international
identification number NCT02317289). Participants were recruited at the
Neurology (Gui de Chauliac Hospital) and Gerontology (Balmes Center)
departments of Montpellier hospital (CHU Montpellier). All subjects gave their
informed written consent and were under the care of a neurologist also in charge
of collecting clinical data.

The experimental protocol was divided into two parts: A) The first part
consisted in recording the time needed for the subject to stand up, to walk three

meters, to do a U-turn, to come back and to sit down. This task is also known as
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‘Timed Up and Go’ (TUG) and described for the first time in Podsiadlo [180].
TUG task was repeated twice by the subjects. All trials were video-recorded.
Using a software developed in this thesis (MovieFOG, see section 4.2.4) each
event was manually labelled and timed. Part A was designed to evaluate TUG as
a possible tool for measuring FOG occurrence, gait performances and motor
disorders. The aim was to better characterize subject’s profile regarding
responsivity to part B): this second and main part of the protocol consisted in
assessing the use of electrical stimulation as a cueing method on the same

population.
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A

Figure 33. The participant is equipped with an inertial measurement unit (a) and a
programmable stimulator (b) wirelessly connected through a PC.

Participants started from standing in the middle of a gait carpet. After a short
familiarization to walk under stimulation, subjects were instructed to walk until
reaching a line drawn on the ground, then do a U-turn, walk 5 meters, walk
around a cone and keep walking to the start-stop line in the middle of the carpet
(Figure 34). The test was repeated five times under the following conditions: no
cueing pre-condition (CO0), stimulation cueing (Cl), no cueing post-condition
(CObis). CO is considered as the baseline. For eliminating learning bias, we asked
the participants to perform a 10 min ecological path without stimulation (random
walk in the hospital) between C1 and CObis conditions, to ensure in case of
improvement in C1 that the performances went back to baseline level in CObis.

In each condition (5 trials per condition) of the stimulation protocol, we

analyzed the last three trials. Each FOG event, U-turn execution time, 5-meter
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execution time and time to walk-around the cone were assessed from the video

recording.

Figure 34. Five meters experimentation path. The subject starts in the middle of the walkway,

walks 2,5 m, performs a U-turn at the line, goes back 5 m, walks around a cone, walks back 2,5 m

then stops where he started.

3.1.4 Functional results and discussion

During the “Timed Up and Go” test, we assessed through video recording the
total duration needed for the participants to accomplish the whole path, their
cadence, average speed, and the FOG occurrences and durations (Table 6). Four
participants over the 13 did not experience any FOG event during the TUG task.
Twenty-six FOG events have been identified over the 2 TUG trials of these 13
participants (Figure 35).
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TUG 1 TUG 2

ID | T.UG. FOG AVG. | T.UG. FOG AVG.

ol | o DU“QZ)}TON sepiminy | SPEED | DUR. | #FOG DU“QZ)}TON tepiminy | SPEED
1] 101] o0 &\\\\\\\\\\% 105 2.2 112 | 0 %\\\\\\\\\\\§ 110 2.0
2 142 | 1 3.1 60 1.5 191 | 1 7.1 65 11
3] 167 | 1 23 | 60 14 | 131 | 1 22 | 90 1.7
4216 0 &\\\\\\\\\\\: 65 1.0 192 | 0 &\\\\\\\\\\\: 65 11
5| 155 | 0 x\\\\\\\\\\\\\ 60 1.4 101 | 0 x\\\\\\\\\\\\\ 60 2.2
6 | 173 | 0 &\\\\\\\\\\\\ 65 1.3 142 | 0 &\\\\\\\\\\\ 60 1.5
7] 131 | 2 2.6 65 1.7 126 | 2 2.5 60 1.8
8 | 350 ]| 2 8.2 48 06 | 254 | 2 10.1 45 0.9
9 | 222 | 1 3.4 50 10 | 218 | 1 3.2 48 1.0
10| 403 | 2 10.6 75 05 | 267 | 1 5.7 110 0.8
11| 306 | 2 1.2 80 0.7 222 | 3 3.4 100 1.0
12| 132 | 1 1.1 920 1.7 130 | 0 96 1.7
13| 701 | 3 3.3 72 0.3

Table 6. Timed Up and Go (TUG): Freezing Of Gait occurrence and gait performances

In the study presented in part 2.2.2 of this thesis, we observed that people
with Parkinson’s Disease scored with a high FOG-Q in daily life were not
necessarily those who were prone to experience FOG during clinical experimental
protocols. In Table 5, we can see that subjects ID 2, 3 and 4 reported as frequent
freezers in their daily life did not freeze in CO and only once during the TUG task
for the patient ID2. Thus we chose to classify the studied population in two

groups, whether subjects experienced FOG in CO or not.
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Figure 35. Number of Freezing of Gait events in baseline (C0), stimulation (C1) and control

baseline (CObis) on all subjects (n = 13).

In the “freezers group” (n=9), we observed that cueing globally decreased of

12% FOG occurrence compared to baseline without cueing. Table 7 shows

cueing’s effects in relation to baselines for all the participants and in each

subgroup during the different experimental path phases. Cueing improved gait

performances in all the participants. A reduction of 15% in turning time, 14% in

5-m covering duration and 19% in time needed to walk-around the cone was

observed. In “freezers group”, turning time was improved by 21%, time to walk-

around the cone was reduced by 25% and the duration needed to cover the 5-m

walk decreased by 18%. The entire path was completed 19% shorter than

baseline.
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All Non Freezers Freezers
(N=13) (n=4) (n=9)
U-Turn Time (s)

Baseline 1 (CO) 3.0(1.6) 1.9 (0.6) 4.1 (3.0)
Stimulation (C1) 2.6 (1.1) 1.8 (0.6) 3.4 (2.7)
Baseline 2 (CObis) 3.2 (1.3) 2.2 (0.9) 4.1 (3.0)

Walk Around Time (s)

Baseline 1 (CO) 4.7 (3.5) 2.2 (0.3) 7.2 (3.5)
Stimulation (C1) 3.8(2.3) 2.1 (0.4) 5.4 (4.1)
Baseline 2 (CObis) 4.7 (3.5) 2.2 (0.3) 7.2 (6.5)

5m Time (S)

Baseline 1 (CO) 6.7 (1.8) 5.4 (1.3) 7.9 (4.2)
Stimulation (C1) 5.8 (1.3) 4.9 (1.6) 6.7 (2.1)
Baseline 2 (CObis) 6.6 (1.6) 5.4 (0.8) 7.7 (3.3)

Table 7 Durations (standard deviation) of u-turn, 5-meters and Walk-around phases compared

between baseline 1 (C0), stimulation (C1) and baseline 2 (CObis) in all the subjects (n=13) and in

the subgroups (freezers and non-freezers in C0).

FOG repartition on all trials was four times more frequent during turning

phases than when walking in a straight line, and two patients who did not freeze

doing TUG task, actually froze in CO (Figure 36).
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Figure 36. FOG events repartition between “Timed Up and Go” protocol and CO condition

(stimulation protocol baseline).

Two subjects (ID 7 and 13) showed a strong responsivity to the stimulation

protocol and required to go further in analysing their results (Figure 37), subject

ID13 was one of the slowest participants as he needed more than 13 s to perform
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the 5 m path. This was reduced to 8 s with electrical stimulation based cueing in
C1. Without stimulation he froze systematically doing the turning phase while he
did not freeze at all in C1. Subject ID7 froze seven times during CO protocol.
With stimulation he froze only twice and the mean duration of his FOG events
decreased from 5.5 s to 2.4 s. However, the time to perform the 5 m path
remained unchanged in both conditions.

According to the preceding protocol presented in section 2.2, we considered as
significant a change in stride length greater than or equal to 20 %. Using the
stride length estimation algorithm presented in the same section, we computed
the stride length and cadence of subjects ID7 and ID13 from IMU. While there
were no significant changes in stride length (<10 % increase) for both

participants, the cadence of subject ID13 increased of 41 % in C1 condition.
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Figure 37. Subjects ID13 and ID7: FOG occurrence, FOG duration and time needed to walk 5
m. Comparison between CO (baseline) and C1 (electrical stimulation)

Through this study, we investigated the feasibility of using electrical
stimulation as a somatosensory cueing method of walking in Parkinson’s disease.
The aim was to investigate the capability of this cueing modality to prevent or at
least reduce FOG events and to improve gait performances in this CNS disorder.

As partly related to environmental triggers, assessing freezing of gait during a
clinical protocol was challenging. In accordance with other studies, our

comparative results showed that there is some discrepancy between patient’s self-
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assessment and walking task measurements, which highlights the use of wearable
sensors to better assess FOG in ecological conditions. The occurrence of freezing
episodes is highly variable in mild freezers and depends on the emotional context
and on the tasks repetitions. For instance, we noticed that some subjects could
freeze repeatedly from the waiting room to the laboratory and rarely during the
experiment. It has been hypothesized that people with PD use attentional
strategies to compensate for their gait impairment. This cognitive engagement
could be insufficient in a cognitive dual task but could be helpful in a challenging
condition, like a research experiment. In the latter case, the participant (ID13)
initially showing a strong responsivity to the stimulation protocol was asked to
perform the same protocol one year later. During this past year, the participant
had developed himself a strategy consisting in focusing on planning his walk
trajectory and imagining each of his initiation step is done as if he was in a stair.
At this point, neither the stimulation protocol or an auditory cueing triggered at
HO could significantly improve his condition. This discrepancy raises questions
about the specificities that would need each cueing method. The effect of auditory
rhythm on gait would seem to be directly correlated to stimuli properties. It
would be superior when using non isosynchronous rhythm [181]. When louder,
auditory stimuli could improve force [182]. Rythmic auditory cueing seems also to
be effective on improving perceptual and motor timing [183] and can be used as a
gait rehabilitation method in people with PD [184]. The meta-analysis done by
Spaulding et al. [164] conclude that auditory cueing is more effective that visual
cueing. The former improved stride velocity while visual cueing only significantly
improved stride length (Hedge g=.554; 95% CI, .072-1.036). However there is no
gold standard for evaluating the effect of interventions on FOG, which limits
considerably comparative studies.

Based on previous observations and literature, we designed a protocol with
turning phases in order to increase FOG events occurrence. This hypothesis has

been validated as FOG repartition on all trials was four times more frequent
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during turning phases than when walking in a straight line and two patients who
did not freeze doing TUG, actually froze in CO (Figure 36).

Our results show a global positive effect on gait performances, as the time
needed to achieve the protocol was considerably shorter with stimulation cueing.
“Freezer” patients tend to be more responsive to cueing, with a turning time
improved by 21%. We also observe a 12% decrease in FOG occurrence compared
to baseline. However, the size of the studied population was too small for showing
a statistically significant effect. Extra experiments should be done to include more
participants.

None of the participants reported uncomfortable sensations induced by
electrical stimulation. Some of them expressed an interest in such a possibility to
be helped while walking in their daily-life and seemed to accept the additional
technological equipment arising from it. In common with auditory and visual
stimuli in other studies, sensitivity to the electrical cueing differs among the
patients. We noticed that the electrical stimulation threshold needed for feeling
the stimulus was highly variable between patients. Two of our 13 participants
have been clearly improved by the stimulation (respectively 85% of FOG events
reduction and a 5-m path 42% shorter compared to baseline for one), while it did
not affect at all some others. In any cases, stimulation cueing never worsen
performances or FOG occurrence.

In this protocol, the use of an inertial sensor based trigger did not offer much
more functionality than a basic heel switch, except an eased installation on the
subject and the ability to later assess motion with the practitioner. However,
having access to gait kinematics data [58], [185] and to path information from
only one sensor could be useful to real-time adapt cueing, when for example a
turning phase or a FOG event [55], [186] is detected by the sensor. We could also
modulate stimulation or dynamically change the trigger timing regarding walking
rhythm or external events. Many other triggering strategies could be investigated
to synchronize the stimulation with voluntary motion. Some technical aspects

also need to be improved for getting rid of some latency problems experienced
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during the trials (e.g. wireless data losses and radio disturbances, see section 4.2).
Another approach could also consist in eliciting different responses by testing
various electrode locations under the foot [187].

Due to technical constraints, only one leg of each subject was equipped. We
asked them which direction of rotation was the most difficult for them and the
most problematic limb was equipped. Considering the stimulation side may affect
the observed effects in asymmetric tasks, upcoming experiments should also

involve bilateral stimulation.

Through this study and this thesis section, the feasibility of using an IMU to
trigger and adapt electrical stimulation in Parkinson’s disease was investigated.
While no closed-loop control have been performed yet, the command issued by
the IMU-based algorithm provided an assistive aid by eliciting motion at HO.

This experimental protocol also validated the use of only one IMU, with no
individual thresholds and no prior procedure, not only to trigger online electrical
stimulation but to assess a pathological gait while designing a patient-centered
solution.

The functional aim was to investigate the capability of this cueing modality to
prevent or at least reduce FOG events and to improve gait performances, which
was partly reached in some participants.

Meanwhile, the stimulation was sent at a sensory level of intensity and was
based on a nociceptive approach. In the next section, a first step toward closed-
loop control is presented through the use of FES at a motor level of intensity for

cycling.
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3.2 Open-loop control in SCI subjects: FES cycling

As briefly introduced in section 1.1.2, mobile and stationary cycling using FES
have been widely investigated since the 1980s through many studies [17], [188]-
[192]. Tt has been shown that FES-cycling of subjects with SCI results in
physiological and psychological positive effects such as cardiovascular training,
decrease in pressure sores occurrence and self-esteem improvements [16], [193],
[194]. However, the use of this technology has often remained restricted to indoor
and stationary ergometers in clinical contexts, partly due to the small amount
(1025 W) of power produced [36], [195], the requirement of experimented users
and the lack of commonly available affordable FES outdoor bikes. The state-of-
the-art highlights the need of improving the control strategies to increase the
usability, the power output and the maximum covered distance [196]. In order to
promote the research around this topic and more broadly the development of
assistive technology for people with physical disabilities, the first Cybathlon event
was launched by ETH Zurich in October 2016 [197]. Among six different
disciplines (Brain computer interfaces, exoskeleton, instrumented wheelchairs,
etc...) the FES-bike discipline consisted of a series of races between two spinal
cord injured (SCI) participants propelling a cycling device by means of their lower
limb muscular contractions elicited by FES. The participants had to face an
endurance challenge by covering a 750 meters distance in less than 8 minutes,

starting from a 10 degrees descending ramp (Figure 38).
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Figure 38. Race track (a) and starting ramp (b) used in FES-bike discipline (source:
http://www.cybathlon.ethz.ch)

This section aims to present the upstream work and investigation done as
part of this thesis to be able to participate in this competition with a SCI
individual and above all to open the way to further control of FES in this specific

context.

3.2.1 Participation to the Cybathlon: a longitudinal study

Participating to such a project within the framework of this thesis was an
opportunity to study through a one-year longitudinal follow-up of a SCI
individual, both technological and functional improvements needed for this lower
limb neurorehabilitation approach.

Despite more than 14 years investigating on FES applications and more
broadly in the field of neuroprostheses, using FES for cycling was a first for
our research team and the opportunity to start developing a FES cycling solution
from scratch.

Different objectives resulted in this protocol. From a clinical point of view, the
objective of the study was to assess the physical, psychological and functional
feasibility of training a paraplegic subject on a FES-assisted recumbent bike
during one year and to assess the impact of this type of training on pain,
cardiorespiratory function, muscle atrophy, body composition and bone
metabolism. On the other side, to be able to reach the competition goal (750

meters in less than 8 minutes) has required multiple studies and improvements
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aimed at enhancing the pedalling efficiency while keeping in mind the patient-

centered approach described in this thesis.

The study was conducted in accordance with the principles of the Declaration
of Helsinki and approved by the local Ethics Committee (CPP Dijon, RCB
#2016-A00279-42), including the participant selection, physical preparation,
training and participation into Cybathlon. One subject was included, the so-called

pilot.
a. Inclusion and exclusion criteria

The Cybathlon competition rules constrained the participant to present an
ASTA (American Spinal Injury Association) A or B spinal cord injury score, with
a complete loss of motor function. The following inclusion criteria were
furthermore defined: age > 18 years and < 65 years, complete traumatic lesion >
12 months, neurological level T2 to T12, stable medical status, stimulable
sublesional muscles and passive joint movement in the lower limbs. Exclusion
criteria were defined as follows: BMI (body mass index) > 30, pressure ulcer,
thrombophlebitis, neurogenic paraosteoarthropathy, cardiovascular disease,
muscle disease, DXA (Dual energy X-ray Absorptiometry) T-score (for measuring
the bone mineral density) < -2.5, hip or knee arthroplasty, epilepsy, hypotension,
lower limb fracture within the past 12 months, a pacemaker or other implant, and

pregnancy. No beta-blocker treatment was authorized during the experiment.
b. Pilot profile

The pilot was selected in respect with the inclusion criteria listed in the
previous section. He was 47 years old at the time of inclusion and presented a
spinal cord lesion T3 (ASIA motor score = 50 and ASIA sensory score = 20)
following a vertebro-medullary trauma in 1995.

A musculocutaneous flap was taken from the gluteus maximus as a treatment

of a sacral pressure ulcer. This prevented us to consider this muscle group as a
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candidate to electrical stimulation, whereas classically used in other FES cycling
studies.

He presented spasms in the lower limbs spreading to the abdomen. He took no
medication, did not verticalize, and did not follow any outpatient physiotherapy
program. His BMI was estimated at 23. A prior venous Doppler ultrasound of the
lower limbs was normal. The initial T-score with DXA was estimated to be -1.6.

The participant was practicing handbike at a competition level for several

years before participating to the protocol.
c. Tricycle description

Two distinct cycling devices were used during the study (Figure 39).

- the Berkelbike Pro©, previously introduced in section 1.1.2 and lended by
BerkelBike company.

- the FreeWheels (team name) trike, an instrumented recumbent cycle

adapted from a commercial device, the ICE Trike Adventure© designed for

Figure 39. Comparison of the two recumbent trike used during the initial training program (on
the left, the Berkelbike Pro) and for the final training program and at the competition (on the
right, the FreeWheels trike).

The Berkelbike Pro was chosen to allow the pilot to train before the
FreeWheels competition device was finalized (3 months before the competition).
No modification was done on the device.

The choice of the competition tricycle was based on several considerations.
The first requirement concerned accessibility allowing for safe wheelchair/trike
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transfers. In order to later facilitate diffusion of the approach we also wanted the
device to be affordable, foldable and sufficiently light for transportation. We have
selected the ICE Adventure 26 model (cost €3000, foldable steel frame, overall
weight of 17.5 Kg and 2 m length). This product has a mesh seat, designed to
provide an optimum back support and comfort. The tension in the back could be
adjusted. The cover features is made on a breathable fabrics to maximize airflow.
A VICAIR©—type pressure relief cushion was chosen by the team occupational

© pedals

and physiotherapists and then fixed on the seat to avoid sliding. Hase
with calf support were adapted to ensure a sufficient lateral locking of the legs
while holding the ankle joint at 90 °.

The ICE trike was initially equipped with a 26 ” rear wheel, we changed for a
24 7 one to tilt the bike and elevate the crank relatively to the pilot’s position
(Figure 40). Low rolling resistance tires (Schwalbe© Kojak 24 x 1.35 ”) were also

mounted instead of the original tires.

Figure 40. FreeWheels pilot during the Cybathlon final race.

A few weeks before Cybathlon competition we decided to modify the rear
wheel transmission, initially a freewheel, to a fixed-gear. This decision was made
in consequences of difficulties to pass the “dead points” during cycling phase (0°
and 180°, full extension/full flexion). Our pilot could not succeed to complete the
pedaling cycle once fatigue appeared and sometimes from the beginning of

training. Furthermore, the co-contraction balance between hamstrings and
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quadriceps muscle activations has a critical influence at these particular dead
points and with time the equilibrium initially tuned is becoming less optimal
(fatigue, movements on the seat...). The fixed-gear wheel was also supported by
Szecsi 2007 et al. [196] results, where the force smoothing introduced by the use of
a fixed-gear improved endurance.

The gear ratio was set to be equal to 1.22 (number of rear wheel spins for one
complete crank spin, or ratio between the chainring and the rear sprocket).
Calculated with the 24” rear wheel, we chose this ratio in order to best match
between the optimal literature cadence [196] and the speed needed to reach 750
meters in 8 minutes, i.e. about 47RPM (5.6km/h).

As previously introduced, the classical approach of FES cycling is to predefine
muscular activation patterns regarding the crank angle needed for the timing of
the stimulation. The Berkelbike Pro is equipped with such a crank sensor that
can be connected to a stimulator commercialized by the company. A similar
crank angle encoder (Baumer MDFKO08) has been adapted on the crank axis of
the FreeWheels trike in order to provide pedaling angle as an input to the
stimulator.

In addition, the device was instrumented with different kind of sensors used to
monitor the performances. Two speedometers were set, one with the screen
oriented towards the pilot and a second one oriented to be visible to a person
walking aside the trike.

Finally, an ANT+ heart rate strap monitor was added to follow cardiac

rhythm in response to effort.
d. Electrical stimulation information

During this study, the Berkelbike FES-Box stimulator, an 8-channel battery
powered stimulator was used. In cycling mode, a pre-programmed pattern based
on crank angle, triggered the stimulation on and off cycles (Figure 41a). Electrical
stimulation was sent to each leg via three stimulation channels through three

pairs of platinum stimulating electrodes, size 4.5 x 10 cm, respectively located
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along the rectus femori/vastus lateralis muscles, the vastus medialis and the
hamstrings (Figure 41b).

The stimulation pattern was designed with individualized quadriceps. On each
leg, the first channel dedicated to the rectus femori/vastus lateralis muscles was
set to be effective during the pushing phase (full flexion to vertical crank),
meanwhile the second channel was meant to later activate the vastus medialis,
from the time where the pedal was vertical to the full extension position.
Hamstrings were respectively activated just before full extension and until the
dead point was passed.

Each training sessions were initiated with a warm-up phase, either set on a
home trainer or rolling on a flat surface, before proceeding to the endurance race.
During the warm-up phase, stimulation frequency was set to a lower level (20 Hz)
than during the race (30 Hz). In both cases, we used a rectangular charge-
balanced biphasic pulse stimulation with a pulse width of 400 pS per phase, an
interpulse of 200 pS and a maximum intensity set to 150 mA.

The pilot controlled the stimulation intensity based on the speedometer
information in order to fit the desired cadence of 47 RPM. By pressing a button
on the stimulator, he could gradually increase the level of stimulation on the
quadriceps channels by 4.5 mA steps (2.4 mA for the hamstrings) when the speed
tended to go below 5.6 km/h (see Figure 43).
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Figure 41. Stimulation pattern (a) designed with individualized quadriceps and hamstrings.

On each leg (b), one channel is dedicated to the rectus femori/vastus lateralis muscles, a second

channel

to the vastus medialis and a third one to the hamstrings.

e. Longitudinal study

A one year (12 mo.) training program was followed by the pilot, the program

was divided into two stages preceding the competition:

from months M1 to M6: home based, two to three times a week,
stimulation program of the lower limb muscles during 30 minutes using
CEFAR® Physio 4 stimulator and the following stimulation parameters:
rectangular charge-balanced biphasic pulse stimulation with a pulse width
of 300 pS per phase and a ramp up, sent at 30 Hz during 10 s followed by
3 s of rest. At the start of each month, a mapping determined the intensity
of stimulation needed to obtain contraction of the electro-stimulated
muscle and the intensity needed to reach a 4/5 score on the MRC (Medical
Research Council) scale.

from M7 to M11: FES-cycling training program, two to three times a week,
on an instrumented trike. Either set on a home trainer or rolling outdoor
and indoor on a flat surface. Stimulations parameters were adjusted on the

basis of progress.
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From the beginning of the training, psychological and functional variables
were also continuously monitored.

At M13, the pilot performed an endurance test in order to determine the
maximum distance he was able to cover one month after the Cybathlon
competition.

At M32, the pilot came back to the laboratory, more than one year and a half
after having completely stopped the FES training protocol, and performed again

an endurance test. The results are presented in the following section.

f. Performances and results

Our cyclist reached his best performance only one week before Cybathlon,
when he succeeded to achieve a distance of 1820 m on the ICE trike in stationary

mode and 760 m rolling outdoor on a flat surface (Figure 42).
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Figure 42. Maximum covered distance during the training sessions, from M9 to M13 (from
week 11th to week 29th of the FES-cycling program)

Overcoming some technical issues, the functional performances dramatically
and continuously increased starting from the last month before competition
(Figure 42). Speed and endurance goals were successfully reached for the
Cybathlon.

FES-bike race was divided into two main steps, a qualification race and a final

race.
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Our pilot was successfully qualified after a first race (670m in 430s, Figure 43)
and could take part in the final race. The average speed during the final race was

of 5.71km/h where he reached a maximal speed of 6.26km/h. He finished 6th out

of 12, accomplishing the whole race in 467s.
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Figure 43. Average speed (km/h) computed on each lap (from L1 to L10) during the
Cybathlon qualification (left) and final (right) races

At M13 his performances kept evolving as he was able to perform 1080 m in

14 min rolling on a flat floor (Figure 44).

—— Speed (kmh)
sl S e NP PR . et mm e +_ltensiy step

~ I I I I I
ar \ . N\ il ¥ -1
1. \A / . T A |
0 I I I I I N AN
100 200 300 400 500 600 700 800
= Total distance (m)
000~ ——— Total power (W)
1000 -
0 - i 1 L ! L L
100 200 200 400 $00 600 700 800

Figure 44. Data overview collected during a final evaluation race at M13.

112



Chapter 3: Controlling and acting on the motion Page 113

At M32, he was successfully able to instantly cycle again and reached a
maximum distance of more than 2500 m pedaling on the home trainer.

Our participation into this human adventure was a team success. Despite
numerous practical issues the initial goal was reached.

Our pilot demonstrated a global acceptance of the participation into this 1
year protocol and an improvement along the experience of psychological variables
such as life quality and self-esteem could be observed. Taking part in a
competition as the final aim of the training program demonstrated a real benefit

on training constraints tolerance.

3.2.2 Towards IMU based closed-loop control

Due to time and technological constraints, the work done through the
Cybathlon participation and presented through the previous section did not use
inertial sensors as an input to control the movement, but used a crank encoder
installed on a generic recumbent bike. The solution has the advantage to be easily
duplicated and the total cost of the device including the tricycle and the
stimulator is estimated to €7650 (€4500 for the stimulator, €3000 for the tricycle,
and the rest for mechanical adaptations).

However, the choices made on its adaptation were driven by the Cybathlon
objective: to cover 750 m in less than 8 minutes. The stimulation patterns were
designed through an individual manual tuning, making the procedure, at this
stage, far from optimal and hardly feasible by an inexperienced user outside of a
clinical environment. Moreover, the Cybathlon race conditions did not reflect
outdoor reality as the track was completely flat with a low rolling resistance.

These conclusions highlight the need for a simpler automated stimulation
pattern generator, able to adapt the stimulation to the environment, to the
muscle fatigue or to the individual (e.g. position on the bike, number of
stimulable muscles, etc...).

In order to further investigate control solutions, we first needed to be able to

accurately quantify the influence of each parameter preliminarily used
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(stimulation pattern, stimulation parameters, fixed-wheel or free-wheel,
individualized quadriceps, pilot position, etc...) on power produced and endurance
and observe if other variables could be used as an input instead of the crank

angle.
a. Quantifying the FES system output

The results presented at M13 in Figure 44 were recorded using power pedals
(Powertap P1©) initially designed for able bodied cyclists and adapted on the calf
supports of the FreeWheels trike. Combined with IMUs located on the rear wheel

and the crank, we were able to monitor speed, cadence, crank angle, distance and

power (Figure 45).

Figure 45. Cycling instrumentation: power pedals and IMUs were mounted on the trike for
monitoring the pilot's performances.

Meanwhile, no commercially available device could be successfully adapted to
accurately measure the power produced by a SCI subject in this specific context
at an affordable cost (e.g. SmartFit© and Sensix© pedal sensors > €10 000). The
power pedals initially used have been intended to record powers higher than
250 W (e.g. an able bodied cyclist standing on the pedals) so as the instrumented
home trainers commonly available-for-sale and were not accurate enough. As
mentioned earlier, according to the literature the estimated power produced by a
SCI subject should be between 10 and 25 W [36], [195]. Therefore, the decision
was made to develop an instrumented home trainer specifically designed to record
a weak power (<200 W) while ensuring a minimum accuracy of 0.5 %: a rotating

torquemeter (Scaime© TSR 2300) was installed between the rear wheel and a
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flywheel (Figure 46) thanks to a mechanical assembly built in collaboration with

the National Engineering School of Saint-Etienne (ENISE, Loire, France).

Figure 46. The SCI participant is equipped with IMUs, surface electrodes, EMG sensors and a
heart rate arm band monitor. The power produced is recorded at the rear wheel via a rotating
torquemeter.

The different parameters modified during the Cybathlon protocol were then
tested to accurately evaluate the influence of each change. EMG sensors (Delsys
Trigno©) were additionally installed on the legs of the participant to monitor the
quadriceps stimulation.

With the bike configured in fixed-wheel mode and using the Cybathlon
stimulation pattern, first experimental trials were recorded to study the influence
of the stimulation frequency. The 20 Hz warm-up, the usual 30 Hz stimulation
and a trial at 40 Hz did not show any significant difference on power produced

during a short 2-min recording (Figure 47).
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Figure 47. Power produced at the rear wheel by our SCI pilot over a crank revolution with the
fixed-gear configuration. Recorded during an experimental trial using the Cybathlon stimulation
pattern (individualized quadriceps plus hamstrings) via a rotating torquemeter.

The power produced was also compared between a stimulation pattern with
individualized quadriceps (rectus femori/vastus during half of the pushing phase,
then the vastus medialis is stimulated until reaching the full extension position)
or with the entire quadriceps muscle group stimulated at the same time. No
differences could be observed on short duration. Due to fatigue during the
experimental protocol, the influence of this parameter could not be evaluated on a
long duration recording.

During the Cybathlon competition, some pilots did not use hamstrings to
propel the bike. In order to understand the influence of these muscles on the
performances, this modality was also evaluated using the instrumented home
trainer (Figure 48). The results obtained showed no difference in power produced
with or without the hamstrings, with a similar power distribution over a crank

revolution (green curve in Figure 48).
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Figure 48. Knee angles, crank angle, power produced and EMG recording electrical activity of
the quadriceps over one crank cycle with the fixed-gear configuration. Data recorded on a SCI
participant without stimulating the hamstrings muscles.

As previously mentioned, one of the major issue associated to FES-assisted
cycling on SCI subjects is the difficulty to pass the “dead points” during cycling
phase (0° and 180°, full extension/full flexion). At these specific points, a traction
effort has to be produced by the participant to be able to complete the pedalling
cycle. This effort should be produced by the hamstrings. However, in our case no
appropriate stimulation timing of the hamstrings could be found to successfully
complete the cycle and the hamstrings stimulation did not seem to bring a
noticeable help. This last presented result confirms and underlines the poor
influence of this muscle group on the power produced or the difficulty to

accurately time the stimulation in order to produce an efficient contraction.
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The fixed-gear wheel solution enabled our SCI subject to pass the “dead
points” and competes to the Cybathlon. Szecsi 2007 et al. [196] proposed this
approach to smooth the forces over a crank revolution thereby improving overall
endurance on long duration FES-induced cycling. By mechanically bonding the
bike inertia to the participant’s legs, this solution facilitates the design of the
stimulation pattern by using the bike inertia to smooth the forces produced.
However, smoothing the forces does not guarantee an optimal stimulation pattern
and could hide an inadequate timing of the stimulation.

Using the instrumented home trainer, a further analysis was realized on the

Cybathlon stimulation pattern. The fixed-gear wheel was removed and the power

analyzed (Figure 49).
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Figure 49. Power produced over a crank revolution without the fixed-gear wheel. The power is
mainly produced by the quadriceps during the pushing phase.

Comparing Figure 48 (fixed-gear wheel) and Figure 49 (free wheel) power
curves clearly highlights the distribution of the pushing forces due to the bike
inertia enabling to pass the “dead points”. The results obtained highlight that on

a complete crank revolution, most of the power is produced during the pushing

118



Chapter 3: Controlling and acting on the motion Page 119

phase by the vastus medialis muscle. This allows to also offer this rehabilitation
approach on SCI subjects with no stimulable hamstrings and glutei.

These different results confirm the important influence of the stimulation
timing on the global effort produced and support the need to investigate
innovative control strategies. By optimizing the pushing phase stimulation, a

better efficiency and endurance could be achieved.
b. Future closed-loop control solutions

The different figures illustrating speed during training and races (Figure 43
and Figure 44) show that the manual control of intensity level regarding cycling
speed was really close to an automated control. The speed setpoint given to the
pilot was to keep an average speed of 5.6 km/h. The actual average speed
recorded during final race was of 5.71 km/h. This result shows the control of the
stimulation amplitude over time does not require a complex control strategy, in
opposite to other studies mentioned in section 1.1.3. A particular focus should be
rather given to the study of the stimulation pattern which tends to play a key
role in pedaling efficiency, usability and above all, fatigability.

Two original ideas emerged from the previous results as an alternative to the
crank angle input. A simple automated process to finely tune the stimulation
pattern could have been to accurately fit the stimulation timing to the power
produced. We observed the quadriceps muscle, more specifically the vastus
medialis activation, would provide most of the force produced over a crank
revolution. In the initial stimulation pattern used through this study, this muscle
was activated when the pedal crank is supposed to be vertical. This crank
position is supposed to mechanically optimize the pushing effort. Meanwhile the
actual muscle contraction and muscle response could happen earlier or later than
this position. To monitor the actual power produced and adapt the associated
stimulation timing could be a solution but would need to be able to accurately
measure in real-time the power, which was a blocking point along the Cybathlon
study and which does not seem an appropriate solution for an affordable and
patient-centered solution.
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Instead of using the crank angle, undergoing researches have also investigated
the ability of using inertial sensors to automatically design a stimulation pattern
on the bike depending on the knee angles [198]. Based on the joint angle
computation presented in section 2.3.2 and experimentally validated, a similar
control modality should have been studied and implemented to participate to the
Cybathlon. However, due to technological limitations the strategy could not be
tested on time. This approach could increase usability and genericity as no crank
angle encoder or other instrumentation is required to be installed on the trike. It
would also allow to adapt the pattern to the actual position of the pilot by using
the knowledge of the knee angles.

In Wiesener et al. [198], the authors used a two-dimensional geometric model
for the lower limbs, the knee and hip absolute angles were estimated from the
IMUs and then transformed to a normalized range [0;1]. Instead of using the
crank angle based stimulation pattern, a cycling percentage (CP) was used to
define the stimulation pattern for each leg. The CP defines two ranges easily
identifiable from the knee angles: flexion and extension. Depending on these two
phases, different muscles contributions were activated to produce a positive
torque. However, the method proposed in this work relies on a geometric model of
the lower limbs and crank to estimate the real pedal position. Sliding in seat
position and IMU placement could then disturb the output and no more
guarantee a correct estimation even though several solutions have been
investigated by the authors. A different method could be proposed and will be
tested in further studies using the online peak knee flexion (PKF) algorithm
presented in the section 3.3.2.a to continuously detect this event, in order to
trigger the quadriceps stimulation at the beginning of the pushing phase. This
would enable to take into account a possible sliding in seat position without
requiring an accurate placement of the IMUs or a geometrical model of the
individual. A study has been initiated with the University of Brasilia (UnB,
District Federal, Brasil) to explore advanced control approaches [159]. A clinical

protocol including several SCI individuals has been accepted. It will enable to
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experimentally validate our different assumptions and will be realized in
collaboration with the University of Brasilia in the coming months (autumn

2018).

The Cybathlon experience broke new grounds to innovative and generic FES-
cycling based training programs for an important range of SCI subjects.

However, the constraints and the reality behind people with SCI daily lives are
far from the Cybathlon FES bike context and require numerous improvements
and further investigations to enable a safe recreational use of this activity in
complete autonomy.

FES-induced cycling in the context of this thesis work has enabled to study
the different aspects of a lower limb neurorehabilitation system based on a motor
activation of preserved sublesionnal muscles. A complete FES cycling solution
was developed from scratch and has enabled our research team to gain experience
in this research field and to successfully reach the Cybathlon objectives.

Despite technological constraints did not allow to further investigate on time a
closed-loop control strategy, several results have been transposed to another lower

limb neurorehabilitation approach: gait restoration.
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3.3 Closing the loop: online FES knee control in central
neurological pathologies for stance phase improvement

As introduced in section 1.1.2, numerous stimulation strategies have been
investigated over the past thirty years to assist or restore gait. The studies using
FES to restore gait have been mostly conducted in post-stroke individuals and
focused on correcting the drop foot syndrome by supplementing the absence of
dorsiflexion. The state-of-the-art reflects a real lack of interest in using FES to
improve the paretic knee rehabilitation, which however plays a key role in post-
stroke gait recovery. In post stroke individuals, using FES on a stiff knee
decreases spasticity of the knee flexors and extensors and increases their range of
motion [199]. A preliminary evidence of a positive therapeutic effect on balance
and mobility was observed using FES based knee control in early stroke
rehabilitation [25], [200].

Multiple studies suggested that preventing hyperextension (genu recurvatum)
and enabling a small knee flexion of the paretic limb during the stance phase
would be helpful to improve gait recovery. In able bodied individuals, the knee
flexion during the stance phase is lower than 10° when walking at a slow gait
pace, similar to an FES assisted walk (< 0.5 m/s) [201]. Meanwhile, in diplegic
gait the individuals walk with their knee considerably flexed. This crouch gait
(Figure 50) leads to an important joint overload. Perry et al. [202] showed that a
knee flexed at an angle of 30° required to the quadriceps a force to stabilize the
knee equals to 210 % of the load on the femoral head, while a flexion of 15 °
decreased the force to 75 % of the load.
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Figure 50. Crouch gait leading to an important joint overload in children with cerebral palsy.
(source: thebiomechanist.wordpress.com)

Chantraine et al. [203] proposed to extend the timing of the common peroneal
nerve stimulation during the stance phase in order to tilt the tibia forward and
limit the knee hyperextension.

On the other hand, to prematurely stimulate the quadriceps just after IC
(Initial Contact) leads to a knee hyperextension that would prevent shock
absorption by a too early joint locking [204].

During mid-stance, stiff limb restricted to the sagittal plane by the use of a
knee orthosis creates a compass type gait causing excessive vertical center of mass
motion and requiring excessive effort to carry the body over the stance limb [204].

A stiff knee at the end of the stance phase prevents to easily go forward in
swing phase. Reinbolt et al. study [205] showed a late deactivation of the knee
extensors decreases the maximum knee flexion angle in swing phase. Meanwhile,
in absence of voluntary control Kobetic et al. [204] observed that a premature
deactivation of the knee extensors at the end of the stance phase before the leg is
fully unloaded can lead to collapse.

These different results reflect the importance and the need of an appropriate
and accurate timing to control the knee stimulation in stance phase while
ensuring a safe and efficient support. These studies also highlight the need to
accurately monitor the knee angle in both swing and stance phase to adapt the

assistive control to multiple patient profiles. Different thigh muscle activations
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can be used on individuals with a CNS disorder to correct an identified knee

problem throughout the gait cycle [206]:

Crouch gait (increased knee flexion during the stance phase): quadriceps
stimulation from 87 % of the first gait cycle to 50 % of the next gait cycle.

Reduced knee extension during the swing and stance phase:
quadriceps stimulation from 87 % of the first gait cycle to 12 % of the next
gait cycle.

Reduced knee flexion during the swing phase: hamstrings
stimulation from 50 % to 70 % of the gait cycle.

Stiff knee gait (excessive knee extension throughout the gait cycle):
hamstrings stimulation from 95 % of the first gait cycle to 70 % of the next
gait cycle.

Genu recurvatum (knee hyper-extension during the stance phase):
hamstrings stimulation from 95 % of the first gait cycle to 55 % of the next
gait cycle.

This previous information highlights, in addition to an accurate timing and

knee angle monitoring, the need of studying a solution able to provide an

individualized and specific control of the stimulation depending on the patient’s

gait features. Based on promising preliminary evidences from literature, the

potential of this neurorehabilitation paradigm motivated to further investigate

assistive closed-loop control of the knee in post-stroke subjects. The use of inertial

measurement units and of the knowledge previously addressed in this thesis has

enabled to go further and to face the multiple constraints of an online closed-loop

stimulation protocol in this specific context.
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3.3.1 Experimental Protocol

An experimental protocol (#RCB 2017-A03611-52, CRF La Chataigneraie,
Menucourt, France) was then designed with the main purpose of proposing a
novel approach using a FES-based control of knee joint to reduce stance phase
asymmetry and study the feasibility of using such FES systems in clinical
rehabilitation, compared to classical knee orthosis. Secondary objectives aimed at
improving gait quality, walking range and comfortable speed using the same
modality.

The main hypothesis was to prove that using FES to real-time control the
knee angle could reduce the time needed to recover a normal balance while
providing a secure stance phase. To monitor weight bearing and stance time
asymmetry the participants were equipped with Bluetooth instrumented insoles
(FeetMe©, Versailles, France) able to monitor at a 100 Hz sampling rate the
pressure distribution through 70 sensors located inside the device. A collaboration
with the FeetMe© company enabled to develop a specific software to access the
pressure data in real-time. The subjects were also equipped with 2 inertial
measurement units (IMU Bosch®© BNOO055) located on the thigh and the tibia,
wired to a Raspberry Pi3©. Each IMU embedded a high speed ARM Cortex-M0
based processor and a Kalman Filter directly providing quaternion estimation
needed to compute knee angles at a 100 Hz sampling rate, using the goniometer
computation explained in section 2.3.2. One IMU (Fox HikoB©) was installed in
the back of the participants at the second sacral vertebra level to estimate
vertical trunk displacement. Stimulation was sent via a two-channel wireless
stimulator (Phenix Ne0©) to the quadriceps (channel #1) and hamstrings
(channel #2) via surface electrodes (Figure 51). A further description of the
hardware architecture specifically developed for this protocol is given in section

4.2.
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Figure 51. Experimental setup diagram (a) and picture (b). The participants are equipped

with Bluetooth pressure insoles, 2 wired IMU on the leg and 1 wireless IMU in the back. A
Raspberry records and processes the sensors data to send an approriate command to a wireless

stimulator to stimulate the quadriceps and hamstrings via surface electrodes
a. Evaluation criteria

Main and secondary evaluation criteria were defined with the practitioner.
The first main criterion was computed following the method described in
Patterson et al. [207] as the symmetry ratio of stance time between paretic and
non-paretic limbs. The second main criterion was computed as described in
Mizrahi et al. [208] as the asymmetry in weight bearing during the stance phase,
expressed in percentage of the total weight. These two main criteria aimed at
quantifying both in time and magnitude the gait asymmetry using the foot
pressure insoles. The secondary criteria aimed at measuring the comfortable
walking speed and quantifying gait quality and physiological cost through a series
of different markers:

- Perceived exertion of walking using a Borg scale [209] from 6 (no

exertion) to 20 (maximum exertion).
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- Physiological Cost Index (PCI): calculated as the ratio of the
difference in working and resting mean heart rates (bpm) and the self-
selected (comfort) walking speed (m/min). The PCI value reflects the
increased heart rate required for walking and is expressed as heartbeats per

meter by formula:

PCI = HRwork - HRrest (25)
Walkspeed

In order to accurately and automatically compute the PCI between each
experimental trial, two infrared systems were installed at the beginning
and at the end of a 10-meters experimental path and synchronized with a
heart rate monitor armband.

- Vertical displacement of the center of mass: several studies
demonstrated the correlation between the vertical displacement of the
trunk during gait and the associated physiological cost in able bodied and
SCI individuals [210]. Enomoto et al. [211] showed the vertical movement
of an inertial sensor mounted on sacrum is equivalent to the vertical
movement of the center of mass. For this protocol, the vertical
displacement of the center of mass was then computed by double
integrating filtered acceleration recorded on the vertical axis of the IMU
located in the back of the subject. The considered value corresponded to
twice the standard deviation around the mean estimated displacement

(Figure 52) along a 10-meter experimental path.
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Figure 52. Vertical displacement of the center of mass during walking estimated by double
integrating filtered acceleration data from an IMU located at the second sacral vertebra level

during an experimental trial.
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b. Balance training

In order for the participants to get used to apply their weight on their paretic
limb, a balance training was performed prior to the FES based gait protocol.
Standing on their feet equipped with the pressure insoles, the participants were
asked to maintain their body sway to less than 7 % of asymmetry (expressed as a
percentage of their total weight measured by the insoles) with the help of a visual
feedback (Figure 53a) specifically developed for this application (see section 4.2).
The £7 % range was measured in Mizrahi et al. [208] on able bodied subjects and
was considered here as a reference value to reach for a normal body balance. The
total time spent in the +7 % range was computed on a 180 s exercise in order to

monitor the participant’s progresses and ability to follow the FES assisted gait

protocol.
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Figure 53. Balance training protocol: each participant was asked to maintain his balance to an

asymmetry below 7 % (b) of their total weight during 180 s with the help of a visual feedback (a).
c. FES assisted gait protocol

Participants started from standing. They were asked to walk on a flat floor on
a total distance of 16 meters. The first 3 meters aimed at achieving a steady state
gait on the following 10 meters. The last 3 meters enabled the participants to
slow down and stop. Only the 10 meters of steady state walking were considered

for post-processing and results. An oral instruction was given at the beginning of
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each trial to encourage the participants to transfer their weight onto the paretic
leg.
The experimental path was performed under three different conditions:

- C1: no assistance, the participants walk at a self-selected speed.

- (C2: the paretic limb is equipped with a knee orthosis limiting the knee
flexion angle and the knee extension angle around 5°.

- (C3: the paretic limb is stimulated following the control modality presented

1n section 3.3.2.

The three conditions were successively repeated in a random order, in order to
avoid a possible learning effect, until at least three trials of each condition were
successfully recorded or until the participant’s fatigue prevented him to further

continue the experimental protocol.

3.3.2 Control modality
a. Pre-stance event

As mentioned previously, a CNS disorder can be associated with different
impairments at the knee level. A crouch gait leads to an increased knee flexion
during the stance phase, while a genu recurvatum leads to a hyper-extension.

Multiple studies investigated the delay between the muscle force response and
the time of the stimulation [212]. The order of the magnitude usually considered
is around 100 ms [180]. In addition, the global hardware latency should be added
to this physiological latency in order to take into account the delays between the
actual stimulation event (e.g. the foot reached the ground), the time to process
data, the detection algorithm, and the triggering of the stimulator (addressed in
section 4.2.

In severe cases of crouch gait or genu recurvatum, starting the control of the
stimulation on the detection of IC (Initial Contact) seemed too late to reach on
time an efficient motor response and counter the knee problem over the stance

phase.
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To minimize the motor response delay and obtain a rapid and forceful
response, Andrews et al. [213] applied a relatively high frequency stimulation (up
to 100 Hz) to the thigh muscles to progressively reduce the frequency to 20 Hz
with automatic compensation of pulse width.

The stimulator used in our protocol did not enable to online modulate the
frequency and apply this strategy.

Therefore, a pre-stance event detection algorithm was studied and developed
to be able to anticipate the stance phase in some participants with a given type of
gait and compensate the delay. Inspired by the different motion analysis works
previously mentioned in Chapter 2, two main events have seemed to be relevant
and easily detectable in real time on these heavily impaired gait patterns: the
peak knee flexion angle during swing phase and the negative zero crossing of the
sagittal angular speed recorded from the gyrometer output signal located on the

tibia (Figure 54).
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Figure 54. The peak knee flexion angle during swing phase (a) and the negative zero crossing
of the sagittal angular rate (b) turned out to be two relevant and easily detectable events prior to
the stance phase. (adapted from: [176], [214])

Used in Parkinson’s Disease gait assessment [215] to reliably detect the gait
cycle from inertial data, the zero crossing event corresponds to the termination of
forward swing time. As observed in Figure 24 in section 2.3, this gyrometer

characteristic waveform is in most of the cases still present in highly impaired
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gait. In addition, the zero crossing detection algorithm is easily implementable by
monitoring the sign and magnitude of the angular speed in swing phase. Above a
minimum motion threshold, if two consecutives gyrometer samples changed from
a positive to a negative sign, the zero was crossed.

Meanwhile, this pre-stance event is not adapted to all pathological gait
patterns and can lead to false positives when the gyrometer waveform does not
show any detectable characteristics or when the dynamic range of the gyrometer
is not adapted to a slow gait pattern. As an alternative, the knee flexion angle is
usually a smoothed signal over the gait cycle, less sensitive to noise, vibrations or
dynamic of motion and presents an interesting waveform characteristic: the peak
knee flexion (PKF) angle. The PKF angle corresponds to an event about 14%
earlier than the TS (Terminal Swing) [216]. In order to reliably detect in real
time this event from the knee angle, a specific algorithm was developed and is

explained in the following flowchart (Figure 55).
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b. Knee control

The pre-stance event was investigated for eventually compensating the motor
response delay and counteracting before the stance phase a hyper-flexed or hyper-
extended knee in some participants. This section describes the global closed-loop
control applied over the gait cycles.

A knee angle setpoint (KAS) was defined by the practitioner as the optimal
knee flexion during stance phase (around 5°). The stance phase was detected
using a simple threshold on the foot pressure insoles, already used to compute the
main evaluation criteria. Stimulation was sent either to quadriceps or hamstrings,
depending on the actual paretic knee angle (PKA) compared to the desired KAS
in stance phase. A knee too flexed leads to the closed-loop control of the
quadriceps, while a knee too extended leads to the control of the hamstrings.

An initial pulse width value PW; was defined for each participant and each
muscle (quadriceps and hamstrings) as the first value to elicit an efficient motor
response of the muscle (manually assessed by the practitioner while the
participant was standing up). This initial stimulation level was used 1) as a pre-
stance stimulation, to start to lock the knee before initial contact; 2) as the initial
level of stimulation used in the proportional (P) controller of the closed-loop
(Figure 56). Once the frequency and the intensity of the stimulation set (f =
30 Hz, I = 50 mA), only the pulse width was modulated. The P controller
adjusted the pulse width depending on the error € between the estimated PKA
(ePKA), computed from the IMUs quaternions, and the desired KAS.
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KAS PW=PW, +G.e

Quadriceps
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Hamstrings
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(PWM)

ePKA ( Estimated PKA )
L (ePKA) from IMUs J

Figure 56. Closed-loop control of the thigh muscles. A P controller modulates the pulse width
of the stimulator depending on the error between the knee angle setpoint (KAS) and the
estimated paretic knee angle (ePKA) from the IMUs quaternions during stance phase. An initial

pulse width (PW;) and a gain G are set for each participant depending his knee issue.

A maximum pulse width PW,,.,x was determined as the maximum bearable
level of the stimulation before pain.

A maximum range of motion ROM,,,, was defined in extension (hamstrings)
and in flexion (quadriceps) around the KAS (e.g. KAS - ROMyax-quadri < KAS <
KAS + ROMax-hamstrings)-

The controller gain G was automatically computed for each participant and
each muscle group depending on PW;, PWy.x and ROM,y,,x in order to bind the

stimulation pulse width to PW,,.x when the maximum range of motion is reached:

PWpar — PW,
G — max l (26)
ROM,,

The flowchart in Figure 57 summarizes the IF-THEN rules regulating the knee

stimulation throughout the control cycle.
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Figure 57. Flowchart of the IF-THEN rules regulating online the stimulation control.

3.3.3 Preliminary results and discussion

The protocol will include 15 participants. 2 subjects have been included so far,

the inclusions will end in September 2018. This section presents preliminary

results obtained on these 2 participants.

From a technical point of view, despite a complex hardware and software

architecture (see section 4.2) needed to embed this wearable custom-made FES

system on the participant, the control strategy successfully sent the stimulation
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as intended during the gait, depending on the decisional algorithm executed in

real-time (Figure 58).
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Figure 58. Example of recorded data during one gait cycle. During stance phase, defined when
PFS data (orange) goes above a preset threshold, stimulation of hamstrings (purple) is delivered
when ePKA is higher than KAS and stimulation of quadriceps (yellow) delivered when ePKA
lower than KAS.

At this stage, the evaluation criteria (main and secondary) show that in most
of the cases the condition C3 (stimulation) lead to unsatisfactory results. The two
main criteria (asymmetry in weight bearing and the stance time symmetry ratio)
were globally degraded by the use of FES (Figure 59). The perceived exertion of
walking was however minimized in C3 so as the physiological cost index (PCI).
The vertical displacement of the center of mass was globally lower with FES (C3)
than with the knee orthosis (C2), but the walking speed was the slowest in C3
condition (Figure 60).
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Figure 59. Main evaluation criteria computed from the two participants under the three
experimental conditions (C1 no assistance, C2 knee orthosis, C3 stimulation). On the abscissa axis
is represented the force asymmetry between the two legs, expressed in percentage of body weight.
On the ordinate axis, the stance time symmetry ratio (paretic/non-paretic) is plotted. Optimal
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experimental conditions.
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Despite unsatisfactory clinical results associated to the main evaluation
criteria and the use of FES, the results obtained in C3 condition remain
promising. The initial aim of the protocol has been to study the feasibility of
using such FES systems in clinical rehabilitation compared to classical knee
orthosis commonly used by the physical therapists. The main hypothesis relies in
the fact that the use of FES could improve stance phase support symmetry
recovery in acute post-stroke individuals and enable a faster rehabilitation
compared to knee orthosis. However, the experimental protocol conducted on
these two preliminary participants did not able to compare the learning speed
between C2 and C3. Indeed, each condition was randomly changed at each trial,
thereby preventing the subject to get used to the stimulation or to the knee

orthosis (Table 8).

Trial # Condition Asymmetry (% Weight) Stance Time Ratio

1 C1 14.03 0.74
2 C2 16.78 0.74
3 C2 16.45 0.76
- 4 C3 18.42 0.70
5 C3 17.15 0.71
6 C1 14.75 0.72
7 C3 16.58 0.76
8 C2 17.75 0.71
1 C1 16.39 0.77
2 C3 17.17 0.75
3 C2 13.05 0.85
. 4 C1 11.14 0.82
5 C3 19.40 0.75
6 C2 12.16 0.84
7 C1 11.94 0.87
8 C2 9.84 0.88

Table 8. Order of the different trials and main evaluation criteria associated.

Meanwhile, the three repetitions of the C3 condition in P1 demonstrate a
significant increase in performance compared to C2. Under C3 condition, between
the first trial (#4) and the third repetition (#7) the estimated value in weight

bearing asymmetry decrease of about 10 % compared to the first trial, whereas in
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C2 condition (knee orthosis) the third trial value degraded of about 6 % the first

trial performances.
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Figure 61. Learning curves representing the asymmetry in weight bearing measured on the
first participant (P1) under C2 (knee orthosis) and C3 (stimulation) conditions. The C3 condition
significantly improves the asymmetry over the repetitions, while the knee orthosis degrades the

results.

The learning curves suggest a promising improvement of the FES approach
compared to a classical orthosis. However, these preliminary results highlight a
wrong initial distribution of the different conditions of the experimental protocol.
More repetitions should be performed for each condition and each repetition
should be done consecutively under the same condition. The participants should
perform 6 times each condition C2 and C3. Needed to properly parameterize the
stimulation depending on the gait pattern, the C1 condition should be performed
at least one time at the beginning of experiment. The order between the C2 and
C3 conditions could be randomly alternated between the participants (e.g.: P1 —
Cl1 - C2 (x6) — C3 (x6) and P2 — C1 — C3 (x6) — C2 (x6)). This will be followed
for the next 13 participants to be included.
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Despite no clinical results have been clearly observed yet, this last
experimental protocol represents a major result arising from this thesis work,
thereby successfully supporting all the different approaches addressed through
this document. A wearable FES system has been developed for an online closed-
loop control of the knee, keeping in mind the initial constraints of a patient-
centered solution, merging and validating all the different steps gradually
investigated through this thesis. A real-time assessment of pathological motions
was successfully performed from low-cost inertial sensors and was used to feed a
P controller able to modulate the stimulation signal depending on the desired

joint angle.
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4 Discussions — Conclusions

Each of the studies presented in this thesis was initiated by a clinical need
expressed by the practitioner and a possible solution to deepen from the
academical side. Multiple steps were needed to start a collaboration between
these two worlds, to materialize a theoretical hypothesis, to investigate the
feasibility of a proposed approach and adapt it for validation in experimental
conditions.

From the clinical protocol design, the clinical data processing, the numerous
hardware and software developments and constraints associated to the study of
patient-centered solutions, this following section underlines the cross-functional
work accomplished to face these challenging points in parallel with the scientific

work conducted.
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4.1 Clinical Protocol: design, follow-up and data
processing

The conduct of an experimental protocol to validate scientific hypotheses and
prototypes intended for a medical use has required following different steps, in
accordance with the directions of the practitioner. Multiple documents had to be
written in collaboration with the practitioner in order to respect the safety and
ethical regulations associated to a clinical protocol. For each protocol, an official
document (in French, CPP: Comité de Protection des Personnes) had to be
written and submitted to a medical board and to the ANSM (National French
Agency for the Safety of Health Products) in order to be able to experiment on
people with disabilities, in a clinical environment and to publish the results. The
document had to accurately describe all the devices used on the patient (active
and passive, in contact with the patient or not, etc...), evaluate the potential
incurred risks, the objectives, the innovative nature of the protocol and the
different evaluation criteria and steps relative to its conduct. Each clinical
protocol needs to be also reported to the CNIL (National Commission on
Informatics and Liberty) and covered by the subscription to an insurance.

To elaborate an experimental protocol in a clinical environment, the academic
research laboratory needs to collaborate with at least one university hospital and
one practitioner in charge of the inclusion and the follow-up of the patients.

Through this thesis, experiments were conducted on multiple pathologies in
different clinical environments (rehabilitation centers, university hospitals, motion
analysis laboratories, etc...). 4 CPP documents were submitted and accepted, 1
international collaboration grant was written and accepted (FIN279 - France
Stanford Collaboration Grant, Lucile Packard Children’s Hospital, Department of
Orthopedic Surgery, Stanford, USA, Prof. Jessica ROSE) to support the cost of
two weeks of experiments. Table 9 gives an overview of the number of subjects

included in each associated protocol.
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ID
Number of

Thesis (International
Description Patients Location

Section Identification
included
Number or RCB)

10 able bodied

&
Stride length estimation
2.2.1 12 with

based on 1 IMU Gui de Chauliac University
Parkinson’s

Hospital and Antonin Balmes
Disease (PD)

Gerontology Center,

NCT02317289
Detection of Freezing of Montpellier, France
2.2.2 7 PD
Gait based on 1 IMU
. . . Dr Christian GENY
Electrical stimulation as a
somatosensory cueing in 3.1 13 PD
PD triggered with 1 IMU
Nimes University Hospital, Le
Grau du Roi, France
Inertial sensors based
29 Post-Stroke RCB 2015-A00572-
analysis of pathological 2.3.3
" (PS) Dr Jérome FROGER 47
ai
s (Medicine thesis : Dr
F.Feuvrier)
CRF COS Divio, Dijon,
FES-assisted cycling of a 1 Spinal Cord RCB 2016-A00279-
3.2 France
SCI individual Injured 42
Dr Charles FATTAL
FES-based control of knee CRF La Chataigneraie,
2 /15 PS RCB 2017-A03611-
joint to reduce stance 3.3 Menucourt, France
(ongoing) 52

phase asymmetry Dr Charles FATTAL

Table 9. Overview of the different clinical protocols and subjects included.
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Depending on the protocol, a variable amount of data was recorded for each
participant. While in some cases the number of sensors used was relatively low
(e.g. 1 IMU on the feet for the electrical stimulation based cueing in PD), other
protocols required a high number of sensors and devices and led to a considerable
quantity of data to process over time (e.g. inertial sensors, gait mat, videos,
OMCS data, stimulation log, pressure insoles, heart rate sensor, etc...). For
instance, the inertial sensors based analysis of gait in post-stroke participants led
to more than 7400 files (22 GB size), 930 analyzed strides for 29 participants
included over two years. To respect anonymity, generic IDs were generated for
each subject.

If the clinical experimental data processing required numerous software
developments to automatize it and be able to manage a high number of data,
multiple hardware and software implementation were also needed to make the

experiments possible.
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4.2 An hardware and software architecture challenge

4.2.1 Problematic

Most of the clinical experimental protocols published in literature are usually
conducted in controlled conditions, inside a restricted environment (e.g. a gait
analysis laboratory, in a hospital corridor, etc...) with a person in charge nearby.

One of the major challenges of this thesis was to investigate and design
realistic patient-centered solutions.

In addition to the previously mentioned constraints of functionality and ease
of use, to meet this requirement the considered solution had to be usable outside
the experimentation room, with maximum autonomy and portability.

However, the different studies addressed through this document highlighted
the need for computing power, speed and reliability to design a generic FES
controller able to process input data (e.g. filtering raw inertial data), execute
algorithms (e.g. joint angle estimation, gait event detection...) and generate a
command signal for the stimulator in real time.

How to design a hardware and software solution able to answer all of these
specifications?

Through the implementation of different experimental protocols, multiple
technological iterations have enabled to converge to a generic solution, achieved

by means of a scalable architecture decentralized on the subject.

4.2.2 Tterations: toward a decentralized solution

In order to be able to experimentally validate the assumptions made through
this thesis, numerous hardware and software developments had to be done, often
combining devices initially conceived for a different intended use.

Chapter 2 of this thesis gives an overview of how to use an inertial sensor to
assess motion in an ambulatory context. The first experiments were realized with

generic low-cost IMU (HikoB© FOX) able to work either offline or online.
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Configured in offline mode, these inertial sensors are able to record data at a high
sampling rate (up to 800 Hz for the gyrometer) on a nSD card embedded on each
IMU. The start and stop of the data acquisition is managed by a master node
sending a radio beacon when a button is pressed by the user.

In case the IMUs are combined with a gait instrumented mat, it is necessary
to synchronize the gait mat acquisition with the IMU data. This has been
achieved by modifying one of the IMU to be able to record a trigger output signal
emitted by the gait carpet on first IC (Initial Contact).

For the protocol presented in section 2.3.3, an OMCS (Optical Motion
Capture System) was additionally used. To synchronize the OMCS with IMUs
and the gait mat, the trigger output from the carpet was recorded on an

acquisition board and logged on a computer (Figure 62).

4 IMUs
" | (offline mode) ’ Computer H OMES
A
START !
STOP |
' Master IMU [syne

(offline mode)| | GAITRite

------ wireless
wired

(a) (b)

Figure 62. Illustration of the experimental setup (a) and architecture associated (b)

implemented for an offline analysis of gait based on inertial sensors in post-stroke individuals

(section 2.3.3).

In chapter 3, our low-cost sensors had to be configured in an online mode in
order to use the data flow to perform an associated action in real-time. A
computer nearby was used to collect the inertial data via a sink node, process
them and send the adequate stimulation command.

The FOX wireless inertial sensors have been chosen for their low-cost and
genericity, meanwhile this kind of IMU is designed as Wireless Body Area
Network (WBAN) sensors. A WBAN is a network of mobile and compact
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computing devices. Either wearable or implanted into the human body, the
sensors are able to monitor human body vital parameters, activity and have been
recently used for other purposes such as monitoring traffic, crops, infrastructure...

BAN sensors have to respect defined standards: low power, short range, and
extremely reliable communication.

In our case, the radio transceiver and microcontroller embedded inside the
FOX sensor and the sensor network management limited the overall performances
compared to powerful Bluetooth or Wi-Fi inertial sensors with high data rates.
Depending on the number of sensors communicating inside the WBAN and on the
type of data to process (raw inertial data only, raw inertial data + AHRS, AHRS
only) the sampling rate could go from 20 Hz up to 100 Hz at a maximum
transmission range of about 10 meters between the IMUs and the sink node
connected to the computer.

Among the different experimental protocols conducted through this thesis,
some did not required a high number of sensors or a powerful processing. For
instance, the experimental requirements presented in section 3.1 (i.e. electrical
stimulation as a cueing in PD) needed one IMU and the access to raw inertial
data only (gyrometer and accelerometer). Therefore a 100 Hz sampling rate could
be reached from the WBAN to successfully trigger the stimulation at heel on
(Figure 63), via the sink node connected to a computer processing the inertial
data and sending the stimulation command via the stimulators’ network manager
unit. In this case, the subject had to stay nearby the computer to prevent wireless

transmission losses with the stimulator and the IMU.
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Figure 63. Illustration of the experimental setup (a) and architecture associated (b)

implemented for an online triggering of wireless stimulator based on a wireless inertial sensor
mounted on the foot of a PD individual.

At least two inertial sensors are needed to compute a joint angle. As
mentioned in section 2.1.2, to obtain an optimal accuracy and preventing error
accumulation over time, the angle should be computed via an AHRS method and
the error should be reset when a zero velocity event is detected (ZVU). This
requires getting both quaternion and raw inertial data for each IMU (i.e. 4
sensors if two joint angles to be computed) in case of knee angles computation
while walking.

Two online solutions were first implemented. The first one consisted in getting
only raw inertial data from the 4 FOX sensors, then computing Martin et al.
[118] AHRS method and ZVU detection on a computer nearby. The second one
consisted in embedding the AHRS algorithm directly on each IMU and
transmitting directly the quaternion instead of the raw inertial data. Meanwhile,
none of these solutions were able to successfully and reliably broadcast the needed
data at a sampling rate higher than 50 Hz with the wireless FOX inertial sensors.
As introduced in section 2.1.2, a normal gait leads to frequencies around 25 Hz
[107], thereby requiring a data rate of at least 50 Hz. Munoz et al. [217]
demonstrated that the lowest usable sampling frequency lies between 100 Hz and
200 Hz to analyse walking from a foot mounted IMU without impacting the
results. We also experimentally observed that to monitor joint angles, a rate of 50

samples per second was too low for a fine control of motion (e.g. missing peak
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knee angles). In addition, as mentioned in section 2.1.1.c, inertial data have to be
integrated to be able to obtain velocity or trajectory from an initial position. The
higher the sampling is, the lower the integration drift will be. At 50 Hz, the
accumulated error was considerable and gave inconsistent results. Moreover,
numerous data losses were due to wireless transmissions between the sensors, the
computer and the stimulator.

In order to solve these issues, a new hardware and software architecture has

been elaborated.

4.2.3 A scalable solution

The decision was made to decentralize the controller (i.e. the computer)
directly on the participant, thereby relocating the essential wireless links around
the user (Figure 51b). For this purpose, a mini low-cost computer (Raspberry
P13©) was embedded in a 3D-printed case strapped around the waist of the
subject.

Using the wireless inertial sensors connected as a WBAN, the sink node was
in charge to get the data from all the IMUs, therefore highly decreasing the data
flow when multiple IMUs were transmitting inside the network. To get rid of this
limitation and guarantee an overall 100 Hz sampling rate no matter the number
of IMUs, the FOX wireless inertial sensors were replaced by wired ones, low-cost
with a high speed ARM Cortex-M0 based processor and a Kalman Filter directly
providing quaternion estimation at 100 Hz for each IMU. The use of a multiplexer
connected through an I2C interface (Inter Integrated Circuit) enabled to keep a
100 Hz rate using 4 IMUs.

The stimulator used in the experiments was a wireless programmable and
controllable device (Phenix Neo©). Latency issues and communication losses were
observed when the computer sending the command to the stimulator was too far
or if an obstacle was present between the computer and the participant wearing
the stimulator. Taking advantage of the FES controller located on the subject to

control the stimulator nearby has enabled us to solve this issue.
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In this configuration, this autonomous FES controller is able to acquire the
data, process them, execute control algorithms and send the appropriate
stimulation command to the stimulator.

For safety reasons, in order to access to the FES controller and to enable a
remote access to the stimulation from a computer, an ad-hoc Wi-Fi network is
automatically provided by the Raspberry on start-up. The ad-hoc network
enables to be independent of a network infrastructure where the connection is not
always possible (e.g. Wi-Fi network from the hospital).

The closed-loop control of the knee presented in section 3.3 used this last
architecture combined with additional wireless sensors (heart rate monitor, foot
pressure insoles)(Figure 64). A careful selection and configuration of the wireless
technologies had to be respected in order to not create radio disturbances between
the frequencies ranges used. The heart rate arm band monitor used an ANT+
communication protocol, the foot pressure insoles a Bluetooth 4.0 BLE protocol,
the stimulator a proprietary protocol and the ad-hoc network relied on a standard
secured Wi-Fi protocol. Additional FOX wireless sensors could be also added on
demand. In this case, more than five different wireless protocols were spread in
the same location using the same frequency range: 2.4 — 2.5 GHz. To limit radio
interferences different channels were chosen between the stimulator, the ad-hoc
Wi-Fi network, and the ANT+ protocol.

The stimulator and the FOX inertial sensors are part of their own scalable
network [218]. In these distributed architectures, the respective network managers
(i.e. the stimulators’ network manager unit and the IMUs’ sink node) can pilot a
set of stimulation and acquisition units and modify dynamically stimulation and
acquisition parameters. This major advantage enables the user to add several
stimulators and several wireless IMUs, depending on the considered therapeutic
rehabilitation application. If needed, the 12C multiplexer can also manage up to 8

IMUs without decreasing the 100 Hz acquisition rate.
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Figure 64. In bold, the hardware architecture developed for the FES based knee control
protocol presented in section 3.3. Wireless and wired sensors feed the Raspberry running a P
controller, wirelessly connected to the stimulator. A computer can be used to remotely start, stop
and configure the closed-loop process. The scalable architecture (light grey) enables to add

additional inertial sensors (wired or wireless) and stimulators.
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Powered by a commercial USB power bank, a dedicated case was designed to
host the Raspberry card, a loudspeaker (for audio feedback), the stimulators’
network manager unit and the 12C multiplexer (Figure 65). With up to 8 hours of
battery life provided by the USB power bank, the FES controller case weighs less
than 130 g and measures 9 (length) x 6 (width) x 4 (depth) cm.

Wires to IMUs
BNOO055

Network Manager Unit

gs == AR
12C Multiplexer e -4 = Loudspeaker

Stimulator J

Raspberry Pi3®

Figure 65. A FES controller based on a Raspberry Pi3, including a multiplexer 12C wired to
Bosch BNOO055 IMUs, a loudspeaker and the stimulators’ network manager unit were embedded
on the participant inside a custom-made 3D-printed case. Bluetooth, ANT+ dongle and USB
FOX sink node could enable to add multiple sensors running different radio protocols.

Through this open architecture, an evolutive hardware solution has been
achieved, adaptable to the needs of different FES applications, environments and
pathologies. It is now used by our research team for other applications, enabling

clinicians to explore novel directions and study new hypotheses.
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4.2.4 Software implementation

In addition to the development of hardware architectures, several software
developments had to be performed in order to allow the practitioner (Figure 67)
and the investigator to interact with the sensors, to visualize data or to control
and follow the level of assistance (Figure 66). Used during clinical experiments,
the graphical user interfaces (GUIs) had to be reliable and had to offer a

maximum of functionalities, such as a patient-centered approach.
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Figure 66. Examples of graphics displays and GUI (Graphical User Interfaces) created through

this thesis. a) 3D mesh plot of pressure distribution based on raw matrix data from FeetMe

©

insoles b) Live plotting of power, crank angle, bike speed and heart rate to follow online FES

cycling protocol performances and monitor the subject’s health. ¢)d) GUIs for online setting and

controlling stimulation and triggering modality in FES protocols.
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g X
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Figure 67. MovieFOG: software intended for the practitioner to label FOG events from video
recording.

Most of the algorithms developed through this thesis were systematically
written using Python programming language. As an open source programming
language being available for many operating systems (i.e. multi-OS), Python
turned out to be an appropriate choice to promote genericity and usability for
future users.

An open-source toolbox containing most of the IMU related algorithms
presented in this document was developed and published on a participative

software development platform (https://github.com/sensbio/sensbiotk) to enable

a maximum of users to implement the algorithms and solutions on any generic
inertial sensor.

In addition to open-source, multi-OS and genericity requirements, the scalable
architecture and the integration of several technologies being executed in parallel
have required a programming language able to manage multithreading and

object-oriented programming. In section 3.3, the closed-loop control of the knee is
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based on a master Python script generating multiple threads for each specific
parallel task: reading values from insoles and IMUs, computing knee angles from
quaternion, detecting the pre-stance events, sending the stimulation command...
The script was executed and managed online via a SSH (Secure Shell) remote

access from the computer connected to the ad-hoc Wi-Fi network (Figure 68).

Control
Algorithm.py

Stimulator.py

SSH
Remote Access

Figure 68. Python based software architecture executed on the FES controller. Multiple
threads enable in parallel to read and process data while controlling the stimulation. A secure
shell (SSH) remote access enables the user to manage the master script from the computer.

The ad-hoc network could be also used to display the remote desktop of the
Raspberry and above all to check and download the data files recorded on the
FES controller directly on the PC via a FTP (File Transfer Protocol)
communication. This last point is a major advantage compared to previous
experimental setups (e.g. data logging on nSD cards) where checking the data was

impossible before the end of the clinical experiment.
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4.3 Patient-centered solutions for an ambulatory use in
a clinical context: a constrained challenge

This thesis aimed at investigating innovative assistive solutions based on FES
of lower limbs and intended to be used by people with disabilities. As part of a
neurorehabilitation program in a clinical environment, the proposed approaches
could be also considered for a personal use at home. In addition, the solution
undertaken had to be usable in an ambulatory context (e.g. gait restoration,
cycling...). These aims led to major constraints that conditioned from the
beginning the whole research process of this thesis.

A patient-centered approach prevented to consider numerous approaches
where a technological overload or a complex procedure to operate the FES system
would not have been realistic to investigate. To study pathological motions on
different people often requires to finely parameterize individual thresholds. To
optimize a proposed approach, literature often proposes mathematical solutions
based on motion repetitions, on geometrical modelling or on simulation. In this
thesis context, to ask a participant with a physical disability to stay still during
more than 5 s or to perform 20 repetitions in order to optimize the calibration of
an algorithm could not be reasonably considered. Similarly, asking a practitioner
or a disabled user to accurately align a sensor in order to respect a precomputed
geometrical model, or to test different thresholds to correctly parameterize the
solution, did not meet the needs for a maximum usability, functionality and ease
of use.

All the presented results of this thesis have been obtained with the objective of
studying algorithms also answering to genericity, in terms of sensors used and
pathology considered. Better results could have been obtained by designing a very
specific solution for a given pathology or user regarding motion assessment.
Moreover, the low-cost sensors used all along this work could not concurrence the

performances of costly 3D motion tracking products.
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Meanwhile, the results obtained at the end of this work fulfilled each of the
initial objectives set at the beginning of this thesis, ensuring to study realistic,
scalable and adaptable neurorehabilitation solutions to be later used by a patient

or a practitioner in different environments and applications.
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4.4 Conclusion — Perspectives

Major advances in neurorehabilitation engineering have led to a deeper
knowledge of the control of motion. Following many years of research in the field
of motor control and rehabilitation technology and despite outstanding
technological development capabilities (microelectronics, biocompatible materials,
micromachining, etc...), FES-based neurorehabilitation however still remains
confined to punctual clinical uses, reflecting the slow acceptance of rehabilitation
technology. Despite a substantial need expressed by both the practitioners and
patients, the design and implementation of an efficient FES system still remain a

complicated process which often results in unusable or inaccessible devices.

Considerable improvements of the quality of life of a person with disabilities
could be however provided using these technologies, by enhancing autonomy and

mobility.

Challenged by this paradoxical observation, this thesis aimed at investigating
convenient and accessible neurorehabilitation solutions to promote their usability
and allow human with sensorimotor disability to participate in activities

beneficial to the overall health.

Using functional electrical stimulation for neurorehabilitation of lower limb
movements, several approaches and algorithms were studied through this thesis
and experimentally validated in different clinical and pathological contexts, using
low-cost wearable sensors combined to programmable stimulators to successfully
assess and control motion. Through an open architecture, an evolutive hardware
solution has been achieved, adaptable to the needs of different FES applications,

environments and pathologies. It is now used by our research team and clinicians
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to explore novel directions and study new hypotheses. Promising clinical results

were also obtained on several individuals with sensorimotor impairments.

Assessment is necessary to objectively measure functional impairments, to
evaluate a rehabilitation treatment and to provide a customization of a
neurorehabilitation solution. Meanwhile, only clinical studies and the feedback
from the users can provide a measure of the quality of the proposed

neurorehabilitation technology.

Following the work initiated through this thesis, the closed-loop control of the
knee presented in section 3.3 performed on post-stroke subjects should be
transposed to individuals suffering from cerebral palsy. Few alternatives to major
surgeries exist to correct a crouch or a stiff-knee gait. The use of FES could
represent a promising solution. Using a similar closed-loop control modality of the
knee joints in the context of FES cycling could open the way to exciting

perspectives and will be investigated in the coming months as well.

In the coming years, the development of innovative implantable devices and
the technological progresses in neural engineering should open new horizons from
where the success is likely to come, by directly interfacing the central and
peripheral nervous system.

Meanwhile, a comprehensive work around motor control and technology
integration could be achieved using external FES as a first step toward
implantable solutions. This should maximize the usage and open the way to
pioneering FES neurorehabilitation solutions, combining for instance wearable
sensors and mechanical actuators to design advanced hybrid FES-based

neuroprostheses.
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