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English version

One key objective during the rehabilitation of people with lower-linmpatation fitted with a
prosthesis is the restoration of a physiological and energy-efficient gait pattaimizing falling risks
due to the loss of balance. Few practical tools are available to provide quarditidia to assist the
follow-up of patients in the clinical routine. The development of wearable sensors offers opportunities
to quantitatively and objectively describe gait in ecological situations sash during
(tele)rehabilitation. In this context, the aim of the thesis is to contigbto the development of
wearable tools and protocols to support the functional rehabilitation of lolmal amputees by
providing clinically relevant quantitative data.

Two complementary approaches have been implemented. The first approach consists in
developing biomechanical models of the human body in order to retrieemdxchanically founded
parameters. An original protocol allowing to accurately estimate the body centeas$ mcceleration
and instantaneous velocity has therefore been proposed based on gait datngbeople with
transfemoral amputation and was validated in one person with transfemoral amputation.etbad
approach consists in identifying patterns in the signals measured by wearable sensotsath ex
concise descriptors of the quality of gait, with reference to gait symmetrydgndmic balanceThe
clinical relevance and reliability of these descriptors have been investif@atdioe first time in people
with lower-limb amputation.

The work produced in the course of this thesis has contributed to the clinical transfer of wearable
sensors into the clinical practice through the identification of clinically anchéatanically relevant
parameters and the validation of original algorithms allowing to quantitdyi describe the gait of
people with lower-limb amputation.

Key words Quantitative gait analysis, wearable sensarenter of mass, symmetry, balance
people with lower-limb amputation

French version

Un des objectifs majeurs de la rééducation des personnes amputées de menfiérieur
appareillées est le retour @ane marche sans défaut ni asymétrie, efficace énergétiguement et
minimisant le risque de chutes ] 0 % ES [ <pu]o] cibigdepemmefteptSJ ol E [Z 1]
de quantifier ces aspects de la locomot¥n>[ u & P capteurs embarqués miniaturisés offre des
opportunités pour la description quantitative et écologique derlarche lors de la (téléducation.

Dans ce contexte[l} i S]( 0 étaizde contribuer au développement de protocoles embarqués
pour apporter des données quantitatives pertinesters de la rééducation a la marche gessonnes
amputées de membre inférieur.

Deux approches complémentaires ont été adoptées. La premiére approche constsieea un
modéle biomécanique p }E % (]v desAE8sEipt€lrs quantifiés pertinents. Un protocole
JE]JP]V 0 % Eu 33 v8 [ *3Ju E o] 0 E 3]}v 3§ oulpZpartirides v v
centrales inertielles a ainsi été proposé%. ES]E [pv VvV 0Ce % E oJu]v |]E <*up&E o0 -
de dix personnes amputées transfémorales et a été validé chez une peraonmeée transfémorale.



La seconde approche consiste a extraire des paramétres concis par traitementaluwsigaonnées
brutes de capteurs positionnés sur le corps. La fiabilité et la pertinemigueide la quantification de
tels parametres pour caractérises <Cu S E] § o[ <pu]o] @nt été étudigesbpadr la
premiére fois chez les personnes amputées de membre inférieur

>[ ve uo « $@BdAitgadEcours de cette thése contribue ainsi au transfert vers la clinique
des outils embarp ¢ [ v 0C- L u} A Eva[] vs](] 3]}v % E u SE « J}u
cliniques pertinents § o A o] 3]}v [ oP}E]S8Zu » }E]P]Vv U&E % Eu 35 v3 0 «q
des personnes amputées de membre inférieur.

Mots clés: Analyse quantifiée de la marche, capteurs embarqués, centre de masse, équilibre,
symétrie, personnes amputées de membre inférieur

Italian version

Un obiettivo chiave durante la riabilitazione di nella routine cliniicarto inferiore protesizzate e
il ripristino di un modello di deambulazione fisiologico e sinmuet efficiente dal punto di vista
energetico, riducendo al minimo i rischi di caduta dovuti alla perdita diibgail Ad oggi tuttavia,
sono rari gli strumenti in grado di fornire dati quantitativi e ogiyeétpber assistere concretamente la
valutazione dei pazienti nella routine clinica} cAJop% %0} ] * ve}E] Jv }e¢ Jo] }((E uv[}
descrivere quantitativamente e oggettivamente la deambulazione in situaeicoliogiche come
durante la riabilitazione (domiciliare o no). In questo contesto, la preseesi si propone di
contribuire allo sviluppo di strumenti e protocolli indossab#iupporto della riabilitazione funzionale
Po] u%pus 8] 1] &S} Jv( EJ}E 33E A EvieodlniedEntd filevani. 3] <p vE]s
Il lavoro si articola secondo due approcci complementari. Il primo aggy@onsiste nello sviluppo
di modelli biomeccanici del corpo umano al fine di recuperare paramietriédccanicamente rilevanti
nel contesto clinico. E stato quindi proposto un protocollo odtg che permette di stimare
l'accelerag } v o Ao} ]88 ]*8 vs v 0 VSE} ] u e op[]vE &)} }E %o
sviluppato sulla base dei dati di deambulazione di dieci persone@mputazione transfemorale ed é
stato validato in una persona con amputazione transfemorale. Il secondo @ppraonsiste
nell'identificare caratteristiche nei segnali misurati dai sensori indossabili per estrasittbri
concisi della qualita della deambulazione, in termini di simmetria edibgaidinamico. La rilevanza
clinica e l'affidabilita di questi descrittori sono state studiate per fiam@ volta in persone con
amputazione di arto inferiore.
Il lavoro svolto nel corso di questa tesi ha contribuito al trasferimetinico di sensori indossabili
nella pratica clinica attraverso lidentificazione di parametri clinicamente e biom&ecaante
rilevanti e la validazione di algoritmi originali che permettono di despei quantitativamente la
deambulazione di persone con amputazione di arto inferiore.

Parole chiave :Analisi quantitativa della deambulazione, sensori indossabili, centro di massa,
simmetria, equilibrio, persone con amputazione






Table of contents

ACKNOWIEAGMENTS. ... e e e e e e e e e e e e e e e aaa e eees L.

N 1] 1= T ii..
[ 1o | 5] IR YZ=T £ (o] o PP PR OO PPSUPTSTORRRPRY TR
[ (=1 (o] A Y/ £ (o n ISR [T
Lz T IRV L= £ (o] o TR ]

(1T aT=T = 1IN (o Yo LU (11 o o T 1.

Part 1: Identification of clinically relevant parameters for the-field monitoring of the
rehabilitation of people with lower-limb amputation through aeview of the stateef-the-

= PP a
(HAPTER t REHABILITATION OF PEOPLE WITH EQOMEBRMPUTATION. ....uuiirieeiriiererieeerieeennneennsd 6..

1.1, ProSthetiC COMPONENTS. ....cciuiiiiiitiie ittt ettt e e st e e et e e s bt e e sb e e e et e e e nnr e e e s nnee s B
L.1.1. PrOSENELC FEOL...couiiiiii it Tevnins
1.1.2. PrOSNELC KNEES.....cciiiiiiiiii ettt e e et VAT

1.2.The rehabilitation PAtNWAY.........coouiiiiieie e 8.........
1.2.1. Post-operative and pre-prosthetic rehabilitation.............cccoccvviiriiiiii e 8....
1.2.2.  Prosthetic reNabilitation............cooiriiiiiiie e 9........
1.2.3.  Long-term CliniCal fOIOVUHD ........eoiriiiiieitie e 9o

1.3.Typical gait compensations and asymmetries observed in people withdawneamputation.................. 10

(HAPTER t QURRENT MODALITIES FOR THE ASSESSMENT OF THE REHABILITATION.............. 12

2.1.Usefulness of QUANTILALIVE JALA..........ccoiiiiiiiiie et 12......

2.2.Quantitative gait assessment in current clinical PracCtiCe...........couvuiiiiiieiiiiiiiiie e 13...

2.3.Quantitative gait assessment in motion analysis 1aboratories............cccvvvviiiiiiii e 14..
2.3.1.  Gait cycle and spatiotemporal PAramMEeLErS...........uviiiii i 15....
2.3.2. FUNCtion aSSESSMENT PArAMETEES ..ot iiiiieeee ettt e e e ettt e e e e s e e e e e s eibb e e e e e e s sibeeeeeeeeaas 16.....
2.3.3.  Performance assesSSMeNt PAraMELEIS . ......cciiuuiiiiiriieiiieeeitiee et e et e st e e s e e 20....

2.4 Limitations of clinical and laboratory-based gait analysis and perspectives...........ccccccevrriiiieeeeeennes 24

CHAPTER tWEARABLE MOTION ANALY SIS .. ittt eeieee e e e e et e e e e e e e e s e e et e e enaaeeannans 25....

3.1.Presentation of Wearable SENSOIS..........ccuiiiiiiiiiiiii e 25.....
0 O S 1 =T 1 oY= 0 IS = PP U TP P PP PP OPPPPPPUPRP 29.......
3.1.2.  PreSSUIE INSOIES.......oeiiiiiiie ittt 30.......

3.2.0utcome parameters derived from wearable SENSOLS........coocviiiiiiiiiiiiie e 31...
3.2.1.  SpAatiotemMpPOral PAraMELEIS. ....cciii ittt e ettt e e e e e ettt e e e e e s s bbae e e e e e e s anbbeeeeaeeeaanees 31.....
3.2.2.  FUNCLiON SSESSMENT PATAMELEIS.....cciuviteiiiiiieiiieee sttt e e sttt e ettt e st e e st e e srsee e e s snbeeeanbbeeennee 32.....
3.2.3.  Performance asseSSMEeNt PAramMEteIS..........uueeiieaiiiiuriieae e iiiiieree e e e e eibaee e e e e e s anbbeeeeae e e s nereeeas 35....

3.3.Synthesis of the literature and lIMITALIONS.........cooiiuiiiii e 41.....

CONCLUSION. c. ettt e ettt eeeeeeeeeeeeeeeeeeeeneeaeaeeeeeeeenenennnn A2
AIM OF the ThESIS ... e e e e e 43



Part 2: Development of a wearable framework for the estimatiof the body center of
mass 3D motion during gait of people with lower-limb amputation............................ 45

CHAPTER t3DMOTION OF THE BODY CENTER OF STAT®OFTHEART OF WEARABLE SENSESED

IMETHODS ... 1ttttee e ettt ettt e s sttt e e e s e e e e e s s e e e e e e e s s assbnn e e e e e s s s ssnnrneeaeeessssnnnnneeeesnnnnnnnneeeess DO ureennas
1.1.0verview of wearable-sensor based MethQdS ..o 48...
1.2.SiNQIE-SENSON APPIOBCKL. ... eeeiiiitiie ettt e st e st e s e e et e e nr e as 53.......
1.3 MUII-SENSOr @PPIOACKH. ... ..eiiii ittt e e e e e e e s et e e e e e e s aab b e e e e e e e s satbaeeeaeas 54........

IO T [0 T=T 4 (1= L oo [ P PR PP PPPPP 55......
1.3.2. KiNEMALIC ChAIN......oiiiiiiiii e e e n e e 56......
1.3.3.  Fusion of inertial model and kinematic chain approaches...........ccccccoeciiiieeieiiiciiieee e YA
1.4.Synthesis and selection of the most appropriate methods for the wearable estmaftiBCoM kinematics in
people With lower-limb amMPUEBLION...........c.eii i e e e e 57.......
(HAPTER t OPTIMAL SENSOR NETWORK FOR THE ESTIMSI®OOF CENTER OF MASS ACCELERATION IN

PEOPLE WITH TRANSFEMORAL AMPUTATION . ..ottt s s siss s s s s s s s s s s s ssnasasnens 59....

B2 I 11 (0o [¥ o1 i o o DO TSP PP PPPPPPI 59.........

2.2 MEENOUS. .. .t E R bbbt nh e h et e et e e Bl.....
P N e 1 4 ([od] o 1= 0| PP OP PR PP PP 61........
2.2.2.  Measurement ProtOCAL.......c.uuiiiuiii ettt e et e et e et e e e e e nnee e 6l......
2.2.3.  DALA PrOCESSING. ... veeeiititeeitetee ittt ettt e sttt et e e e e st bt e e abe e e s aabe e e e asbe e e e anbe e e s sbneeeeanneeenannneesnnneee 62......

2.3 RESUIES. ..ttt h et bt bt et e 63..........

2.4.Discussion

S Y @] o T3 [V 17T o U T2.........
CHAPTER tESTIMATION CBDBODY CENTER OF MASS KINEMATICS IN A FULLY WEARABLE ERANBEWORK

3.1.Stateof-the-art: scientific challenges associated with the use of optimal MIMU netwiorkBCoM

acceleration and VElOCIty ESHMALIOM..........uviiiiiie ittt e et e e st e e ab e e nanes 74.......
3.1.1.  Estimation of SCoM acceleration from MIMU Signals...............coooeriiiiiiiiiiiinie e, 75..
3.1.2.  Definition of a consistent global frame across MIMUS............ccccceiriieeiiiiieenie e 18..
3.1.3.  Computation of the instantaneous velocity of the BCoM from MIMUS............cccccoeviiiiinneen. 80
3.1.4. Towards the implementation of an OSN-based framework for the estimation of Bitelration
and velocity: how to tackle the challenges associated with MIMUS............cccceiiiiiiniiiiciiece e 83..
3.2.Material aNd MENOUS. .........ooiiiiiiiiie e 85.......
3.2.1.  FrameWOTK OVEIVIEW. ....cceiiriieiirit e it ettt s st e et s st et e e st st e s e e s asne e e s sene e e e seneee s 85......
3.2.2.  Framework implemeEntation. ...........ocuiiiiiiieiiiiie e 89......
B B RESUITS. ... e e ae a..........
B Yol U 1 (o] o FE O TP PP U PP PP PP PPPPTRPPPPIS 9..........
IR ST o] 1 (o] 11 =] (o o - PP PSP PP PPPRN 7.
(HAPTEHR t THE IMPACT OF INERTIAL MEASUREMENT UNITS POSITIONING ERROR ON THE ESTIMATED
ACCELERATIONS OF BODY AND SEC{GZENI'ITESRS OF MASSENSITIVITY ANALYSIS ..o Q9
4.1.Definition of the possible magnitude of errors in the identification of MIMUSHOS ...............cccuveeeeee. 101
4.2.Sensitivity analysis: impact of MIMUSs localization errors on the accuracy of the estimatéstatémes of
body and SEgMENTS CENLEIS OF MASS........ueiiiiiiie ittt e et re e e atn e e nanes 102.....
4.2.1. Material and MeEthOUS. .........ouiiiiiiiei e e 102.....
A.2.2. RESUILS. ..ottt ettt e e 105.......

Vi



4.2.3. [ TR ol U E1 Y (o] a RS SRR 110......
S @70 1 (o1 (1] (o o FE 112......

(0.0 L0 I [ ) N 114

Part 3: Characterization of gait quality in people with lower-lbramputation using
concise parameters issued from wearable signal processing...........cccccevveveeeinnnnn... 117

CHAPTER t FEASIBILITY OF DETERMINING TEMPORAL SYMMETAWHES N PEOPLE WITH

TRANSFEMORAL AMPUTATLION. ....ceiiitttiiiieeesisitssie e e e s s st e e s s s e e e e e s s sesbns e e e e e s s asnnneeaeees 120....
IO o) (oo [FTox 110 o F P T T T T OO P PP OT PP PPRPPRON 120Q.......
1.2.Material and MENOUS. ........oiiiiiii et s e e b e e et e e nnre e e e s l121......

N S = T 41 o o =V o | £ PP OPPUPRO 121......
1.2.2. Measurement ProtOCAL........uuiiiureee ittt eree ettt e e e e e e nnne e e snnee s 122....
R T - = W ] (1o 23] o TP ST P TP PPPRP T 122.....
1.2.4.  Algorithms performance aSSESSIMENL..........cccuiieiiiiieiiiieeiitiee e e e eesteeeeanteeeeseeeeesaeeeas 125..
1.2.5. StAtiSHCAl @NAIYSIS .. .coitiiiiiiiie i 126.....
LLBLRESUILS. ...ttt bbbt n e bbb e b be e e 126........
L. DISCUSSION. ...ttt ettt ettt e ettt e e sttt e e et e oo a b et e e ah b et e e s b et e oo b et e e s b et e e a b et e e nh et e e s b e e e e nre e e e s 129.......
R O] (ol [V o] T O U TP U PP OU PP PPPPPR 132.......

(HAPTER tINVESTIGATION OF THE RELEVANCE OF GAIT QUALITY INDICES ISSUED FROWM WEARABLE GA

ANALYSIS DURING THE REHABILITATION OF PEOPLE WITIMB@WEBTATION........ccviiiiiiieiiieieene, 133
2.1.Feasibility and relevance of gait quality monitoring from IMUs- and insoles-dgrar@ameters in people
With [OWEr-lMD @MPULBLION. ... eeiieiiii ettt e e ettt e e sat e e e st e e e anteeesanteeeearbeeeenneeeeennees 135......
2.1.1.  Material @and METNOGS........ociiiiiiiiiie ettt e e 136....
2.0.2.  RESUIS ..ottt et e et nan e ne e 138......
2.1.3.  DISCUSSION. ..ceteiutieeeitte ettt ettt s bt e et e e ettt e sab et e e ekt e e e b et e e sabe e e e ek bt e e et et e e s nn e e e anrre e e 140......
P R 70 (o] 11 E{ o] - F T PP PP PPPP 144......

2.2.Computation and interpretation of the improved harmonic ratio in people with lowablamputation.. 145

2.2.1. Investigating symmetry in amputee gait through the Improved Harmonic Rédticerice of the

stride segmentation MENQAA. ..........ooouiiiiiiii et 145......
2.2.2. Investigating symmetry in amputee gait through the Improved Harmonic Ratigparison with
commonly used loading and temporal Symmetry iNAICES..........covviiiiiieiiiiiie e 148.

(6 ]\ I U] [0 150Q.....
General CONCIUSION. ... 153
Appendix At Marker set used in Part 2.........ccooooiiiiiiiiiiccee e 157
Appendix Bt Comparative assessment of M-M algorithm....................cc 159
Résumeé détaillé de lathese en frangGais. ... 161

1. Introduction et ObJectifS de 18 thESE.........ooiiiiiii e 161....

1.1. Objectifs et déroulement de la rééducation des personnes amputées de membre inférieur...161

1.2, /vs E!Se S o]Ju]ld e <+ 0 }E 3}|E + [.VO.Co p.Uu}pA. u.VE...... 161
1.3. Emergence des capteurs embarqués et opportunités pour la rééducation des personumee s
(0T o] o TSI a1{=T =T O OSSP PPRR 163

Vii



O S @ o] 1= o1 ) o L= = U g T SR 164.....
2. %% E} Z Jlu v]cg W A 0}%% u v3 [HV % ERFIHIFOIV U GE v %3S o[

centre de masse chez les personnes amputées au niveau transfémaral.............cccoccvviieeiiiiiiiienec e, 165
2.1. Identification des contributions des segment <3]Ju S]}v of o & S]}v p VvsSCE u ee
YE % % ES]E [pv viu E E.oSE.Jvs.... L RLLLVS s 167...
2.2. A 0}% % U VS [V % E}3} Jo u E<u %IUE o *S]A]S] Py of o E 3]}v
instantanée du centre de masse des personnes amputées transfémorales.............ccccvvvvveeeeiiiiiienee e, 171
2.3. vV 0Ce e ve] ]O]S of o & S]}v p VvSE UleeO] USTHE %0 nuE EE
CENMTAIES INEITIEIES. ... ettt et e e e st e e sttt e e sab e e e anbb e e e snbaeeesnneeas 178.......

3. Deuxieme approche : faisabilité et pertinence clinique de la caractérisdéda qualité de la marche

~ <plo] E U Cu SE] « o[ ] .. %0.8.  E. 0. U E e 181..
31. h&Jo]s 8]}v e+ VSE 0+ ]v E3] 00 * % }UE o[ *3]u 3]Zvl 0 0 %CE-FE] - M
AMPULEES trANSTEMOTAIES ... ...eeiii i e e s e e e e e s et e e e e e e s st b e e e e e e e e satbaeeaaeas 181......
32. W ES]v v o]v]<g W esp]A] Qv ] ¢ [ <pulo] E 38Vpe.Ca[JE] » 0 u E 7
capteurs embarqués chez les personnes amputées de membre inferieur..........cccccooi i, 182
4. CONCIUSION GENEIALE.......coiiiiieiitie ettt e et e e bt e e e s bt e s s e e e s eesnte e e e s 185......
REIEIENCES. ... e 187
List of communications and publiCatioNS...........ccooeveiiii 204
International Peer-reVieWed JOUINAUIS. ..........oiuiii ittt e e et e e et e e erbe e e e nnte e e e nnneas 204....
Conference proceedings published on International JOUrNAIS.............cooooiiiiiiiiieeiiiiiiieiee e 204.
International coNferenCe ProCEEAINGS. .......i.uiie ittt et e et e e st e e snreee s nnneee s 204....
National CONfErENCE PrOCEEAINGS ... .. i veeeiiteie ettt ettt e et e e e b e e st e e e s eeeenneee s 204.....

viii



General introduction

In France, the number of people living with a major lower-limb loss in 2@2estimated to lie
between 90,000 to 100,000 people, with an incidence of 8,300 cases per year (VillauBaisab,
2017) In developed countries, most lower-limb amputations are performed as a respkripheral
vascular diseases (from 80 to 90%), traumatic injuries (10 to 20 %), or tunts¥s) (Ziegler-Graham
et al, 2008; Carmonat al,, 2014). Ageing of the population and increased prevalence of diabetes are
predicted to lead to a raise of the number of people living with a leliveb loss in the next decades
(Lamandéet al,, 2011). For instance, in the United States, the population of lower-limb teapus
predicted to double between 2005 and 2050 (Ziegler-Grakaal., 2008).

Following an amputation of a lower limb, the objective of the rehabilitapoocess is the return
home of the patient with as much autonomy as possible in the activities ibf likdng and without
pain. Rehabilitation is supervised by a multidisciplinary team whose agdusing and supplementing
the functional loss induced by amputatioRollowing surgery, rehabilitation is focused on muscle
strengthening and residual limb acceptance. After prosthetic fitting, rehabilitatiotopods target the
recovery of balance, the ability to perform autonomous transfers and the regafex gait pattern as
physiological as possible. An important focus of the functional rehabilitasidghe reduction of gait
limping, asymmetries and compensations suslthig hikingor vaulting in order to prevent the over-
solicitation of the preserved articulations, which may introduce long-tedisabilities and
comorbidities such as arthrosis or low-back pain (Sawers and Hafner, 201Bas&tauet al., 2017)

Monitoring the % 5] vS[e %s€hiesPoEregular clinical assessments. Such assessments are
usually based upon visual observations performed by the multidisciplinary tearharge of the
rehabilitation (doctor, physiotherapist, occupational therapist, ortho-prosthetist...), or th
JVA «3]1P 8]}v }( 8Z %o 3] VE[* % E %S]}v  MisSomibrt Gbopdn)s add ehe ~ % E
§Z oo eou V3 }( }JA E 00 % 3] V3[* % E(}EuU v u ICEGsta-VArgEdvP % ](]
al., 2010; Hafner and Sanders, 2014). Metrics that are associated with a positivéiavof the
patient are generally qualitative and subjectitieey often depend on the experience of the clinician
and, thus, lack inter-rater reliability and specificity. Obtaining objective and quanti@diteethrough
rigorous protocols might help clinicians in gcCE § oC u}Vv]S}E]JvP $Z J&E ofdnS] vSe[ %
prescribing a prosthetic component adapted to a specific patient. This is paritycuise regarding the
prescription of technologically advanced prosthetic components: in France, thic thdmlthcare
system reimburses the costs associated to prosthetic fitting and prescribed equipihethie
rehabilitation therapists can document that it would truly benefit the patient.

However, few practical tools are available to provide quantitative data to assiststbessment of
patients in clinical routineln fact, although clinical quantitative gait analysis in motion laboratories
has been extensively described in the literature, including in people with lbmeramputation, it is
generally hardly accessible in the clinical practice because of a high system dogorgability
constraints (losa, Picernet al, 2016; Bensoret al, 2018; Loiretet al, 2019). Miniaturization of
sensing technologies and advancement in processing techniques in the last dduadesmade
possible the development of affordable wearable inertial and pressure sensors fornrasiedysis
(Wonget al, 2007, 2015; Bensoat al, 2018). Wearable sensors offer the advantages of being



portable and thus located directly onto the patient, enabling to record data outsideatharatory,
without limitation of the acquisition volume and without interfering with thénical routire (Cuesta-
Vargaet al, 2010; Turaet al,, 2010; Trojaniello, Cereatti, Pelosat,al, 2014; Magbookt al., 2015;
losa, Picerncet al,, 2016; Loiret, 2016; Bensen al., 2018)

In the context of evidence-based practice or medicine, wearable sensors are thus a veryattracti
solution to provide quantitative data of interest for the rehabilitatiaf people with lower-limb
amputation. Indeed, potential clinical benefits of those sensors include temg-and remote
monitoring, real-time feedback, increased implication of the patient inheisfehabilitation, home-
based and telerehabilitation opportunities, and a reduction of global rehabditatosts (Hafner ah
Sanders, 2014; losa, Picerrat,al, 2016; Villa, Bascoet al, 2017) However, the transfer of this
technology in the clinical routine or for home-based rehabilitationtfar assessment of lower-limb
represents a challenge (Cutti al., 2015; losa, Picernet al,, 2016). Indeed, wearable sensors depend
on a technology that differs from that of the gold standards gait anatgsis. As a consequence,
wearable sensors may not allow to directly quantify all the biomechanical parantbtdrare usually
retrieved in laboratory-based clinical gait analysis. For instance, no currently évailedrable sensor
can directly provide a measure of its absolute position in an Earth-fixed reference frame.

It is therefore necessary to first identify clinically relevant parameters allowing)tizatitative
and biomechanical description of lower-limb amputee gait which coelalitained from wearable
sensorsThese parameters should be synthetic and should allow to globally evaluafargdion and
performance while providing an understanding of the underlying mechanical calibes.would
indeed allow to use these parameters both as indicators for the evaluationeofetmabilitation and
for the implementation of rehabilitation protocols. Once these parameters have beemtifigd,
specific algorithms must be develegor adaped for their quantification from wearable sensors data
A special attention must be drawn on limiting the number of sensors required in toderep the
acquisition minimally invasive and as simple as possible so as to fat¢higatensfer in clinics (cost
and time constraints), or even for home-based applicatidrast but not least, the validity and
reproducibility of the retrieved parameters in people with lower-limb atghon must be assessed in
order to provide clinicians with reliable and easily interpretable data.

This thesis aims at providing a contribution towards the in-field functional €swent of people
with lower-limb amputation from wearable sensots this framework, the approach chosen consisted
in investigating both validated wearable tools and original algorithntk wie aim of providing
clinicians with relevant quantitative data to support their practice during thetional rehabilitation
of people with lower-limb amputation. Although the algorithms deywald within the framework of
the thesis were specifically developed for people with lower-limb amputatgmilar approaches
could be adopted in other pathological gait as the use of wearable sensors giittical field would
similarly benefit both patients and the healthcare system.

The thesis was carried out in the framework of a joint Ph.D. between the IBH&EU{ de
Biomécanique Humaine Georges Charpaks et Métiers, Paris, France) and the LB{N&boratory of
Bioengineering and Neuromechanics of Moveméiro Italico, Rome, Italy). It was financed by a
donation from theFédération des Amputés de Guerre de FrdRé&F)AINI/CERAH (VEE [ S
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etdeReZ €& Z ¢ % }UE O[] %% E ]Joo P s Attterieedev @rétei], Wrapceowith the
aim to improve care of people with lower-limb amputation. A grant frdra Université Franco-
Italienne was obtained to finance the mobility between France and Italy.

The research developed within this framework relies on previous collabenativks between the
IBHGC and INI/CERAH on the characterization of lower-limb amputeegédibn the expertise of the
LBNM on the use of wearable motion sensors for the study of human movéntemthermore, the
joint supervisiorby IBHGC and LBNM materializes the collaboration between the laboratories, driven
by the complementarity of their expertise fields and their common interest fer study of human
motion. Finaly, the research was supported by the clinical partnerships of INI/CERAH and IBHGC, in
particular with INI Ifstitution Nationale des Invalidedaris, France), IRRgtitut Régional de
Réadaptation Nancy France), the military hospital HIA Perdpftal [/veSEp S]}v « GEu W &
Clamart, France) and IRMA+*3§]Sus Z} &3S D Eo [ fframce).U s o v3}vU

The thesis thus benefited from a multidisciplinary environment with the highlyiatéed
collaboration of biomechanical engineers and clinicians for the identificatfoclimically relevant
parameters and the development and/or validation of algorithailowing their extraction from
wearable sensor data

The first part of the manuscript focuses on the identification of clinically astekiomechanical
parameters for amputee care that could be retrieved from wearable sensor data throwgheavrof
the literature. Following a description of the rehabilitation pathway of peoplith lower-limb
amputation (chapter 1), an overview of stabéthe-art descriptors of lower-limb amputee gait is
presented (chapter 2)Firally, chapter 3 investigates how wearable sensors, and more especially
inertial measurement units and pressure insoles, could benefit both clinicianseamdepwith lower-
limb amputation during their rehabilitation by reporting the outcome paeders usually derived from
these sensors. Following the conclusion of part 1, the aim of the tise&igher developed with the
selection of clinically relevant parameters whose quantification from wearabtesor data will be
investigated. These parameters aim at characterizing gait symmetry and balanaedegtribing the
kinematics of the center of mass. The latter indeed appears to be a relevant synthetiedbianical
descriptor of gait performance, providing insight on both energy effwie and kinematics
asymmetries.

The second part of the thesis proposes a framework for the wearable estimation otbotir of
mass motion in people with lower-limb amputation. First, a reviewtre literature providesa
comprehensive overview of the main methods implemented in diverse poputatiorestimate the
motion of the body center of mass from magneto-inertial measurement units (chapter 1yeViesv
leads to the decision of implementing a multi-sensor approach and the optwatidns of sensors
are determined based on an analysis of the segmental contributions to the body centeass
acceleration in ten people with transfemoral amputati¢echapter 2) From there, magneto-inertial

! See the Ph.D. theses of Héléne Pillet (Goujon, 2006), CorkiéWilla, 2014) and Boris Dauriac (Dauriac,
2018)

2 See the Ph.D. theses of Elena Bergamini (Bergamini, 2011) and Valeria B@lebeszio, 2020) for
instance
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measurement units are used to validate the multi-sensor approach in an original Vir@iahat
allows an almost fully-wearable acquisition of body center of mass motion @h8p Lastly, the
impact of errors in the identification of sensors positions relative to the segmentseohody center
of mass acceleration is investigated (chapter 4).

The last and third part of this thesis proposes an alternative approattatomplemented in the
second part and investigates the feasibility of retrieving gait quality indioeswearable sensor data
in a rehabilitation setsp. First, five inertial-measurement-units-based gait-event detection algorithms
are comparatively assessed in seven people with transfemoral amputatiorewn ofiin-the-field
guantification of temporal asymmetry from one to two inertial measurement u(dtsapter 1). The
second chapter explores the feasibility and relevance of tracking gait quadityes issued from
wearable sensors during the rehabilitation of lower-limb amputees throughi$telimentation of the
two-minute walking test.



Part 1: Identification of clinicdly relevant parametersfor in-the-field
monitoring of the rehabilitation of people with lower-limb amputation
through a review of the gate-of-the-art

Lower-limb amputation is a life-long handicap, affecting both the psychwbgnd physical
integrity of a person and with a definitive impact on ambulation (&alssonet al, 2012) Following
rehabilitation and definitive prosthetic fitting, gait performance and capacitieshe lower-limb
amputee are still limited compared to those of asymptomatic people (Bon®@9R Indeed, walking
with a prosthesis requires a higher energy cost (Wagews., 1976) and } «v[$ oA C walking A
outdoors on irregular terrain (Van Velzen al, 2006), in slopes or stairs (Walket al, 1994).
Furthermore, an asymmetrical gait pattern is often observed (Netal., 2003; Sagawet al., 2011),
which not only favors the onset of long-term comorbidities, but das an impact on the esthetic of
walking thus affectingsZ %0 S] vS[e* ¢Gailewt al] 008).

Obtaining quantitative data to characterize the gait or balance of lower-limpus@es during
rehabilitation could help detecting and reducing gait compensations ang threventing tle
occurrence of long-term comorbidities. Furthermore, it could assist physiciangrasthetists in the
prescription and alignment of prosthetic components. However, current clinical assesgr&nto
not allow to obtain such quantitative parameters, and optical motion capture esyst are
inappropriate in most clinical settings (Loiret al., 2005) Therefore, the use of user-friendly and
relatively low-cost wearable sensors is an interesting approach even if they mayawtalquantify
the same biomechanical gait descriptors as usually retrieved in laboratory-based quagsfied
analysis

The purpose of the first part of the thesis is thus to identify, from an exhaubtérature review,
gait parameters that could be obtained with inertial sensors and pressure insuldékat are clinically
relevant for the rehabilitation of people with lower-limb amputation. Follogva global overview of
contextual elements on the rehabilitation pathway and the gait of people witket-limb amputation
in the first chapter, chapter 2 focuses on the assessment of amputee gait bothi@s eind in motion
analysis laboratories. Finally, the third chapter introduces inertial measurement unitprasgure
insoles and provides an overview of their usage in the clinical and research fields.



Chapter 1t Rehabilitation of people with lower-limb amputation

The number of peopléving with a major lower-limb loss (that is, amputations above the ankle
level) was estimated to lie beten 90,000 to 100,000 people, with an incidence of 8,300 new
amputations per year in France in 2012 (Villa, BasebaJ., 2017). Following the amputation of a
lower limb, people might be fitted with prosthetic devices to restore gaitlaadnce functions of the
lost limb. Transtibial amputation, knee disarticulation and transfemoral amputdfimure 3 account
for 99% of major amputationsf the lower limbs (Villa, Bascpet al, 2017), and as a consequence,
the present work will focus on these amputation levels.
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Fgurel: Major lower-limb amputation levels

1.1 Prosthetic components

Limb amputation entails the loss of bony structures, joint(s) and mus@lemsfemoral and
transtibial prosthetic devices aim at replacing the lost limb and are condiitutith prosthetic
modules manufactured in series productiondahexcept in the cases of osseointegratiba custom-
made socketKigure 2. The prosthesist assembles the components and realizes patient- and device-
specific settings of the prosthesis to allow an efficient, pain-free and esthetic gait.

The socket constitutes the interface between the residual limb and the prosthesis, and allow
prosthetic control through load transmission. As a consequence, a well fitted soakssastial to
ensure confort and pain-free use of the prosthedike socket is usually manufactured manually by
molding the residual limb of the patient. Recently, an alternative compaiged design and
manufacturing process consisting in taking a 3D scan of the patient stump haptopased. A liner
might be worn between the socket and the residual limb to improve foonand prevent sliding of
the socket with respect to the stump.

The generic prosthé& modules consist i prosthetic knee, for transfemoral amputees, and a
prosthetic foot, supplementing both the foot and the ankle. There is a laagety of existing knee
and foot devices. The choice of a specific device over another depends on theffiahctpacities of
the amputee as well asn his/her life project.
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Fgure 2: Components of a transtibial (below knee) and a transfemoral (above-knee) prosthesis (tak
https://www.orthomedics.us/)

The next two paragraphs will briefly introduce the key principles of the prostiiett and knee
components. For a more detailed presentation of the prosthetic components, the reader camorefer
the theses of Xavier Bonnet (Bonnet, 2009) and Boris Dauriac (Dauriac, 2018)

1.1.1. Prosthetic feet

There are three categ@E] ¢ }( % E&}*SZ S] ( SW "8 v & _ ( SU v EPC 3}

(ESR) and new-generation active feet (Bonnet, 2EX9IR feet have been introduced in 1981 and differ
from the rigid standard feet by the inclusio @eformable components, allowing to store energy at
the instant of foot contact and to restore it for propulsion. However, the returned energplisower
than the energy produced by a sound ankle. This partly explains the recent developgmaetive new
generation feet. The latter also allow to adapt the behavior of the feet to the terraisitoation
encountered (slopes3 JE+U o A oTReE Jguarlowehindsight on these types of feet, and they
are currently ot reimbursed by the healthcare system in France.

1.1.2. Prosthetic knees

Similarly, there are three types of prosthetic knees: mechanical, microprocessor-tehtand
motorized knees~ 0-°} 00 A §] AProstheticeknees must ensure a stable and reliable
support when standing on the artificial limb while allowing the required titglfior making a step
forward or sitting. Stability during stance is ensured by design, either thraugcking system which
can be activated manually or because during stance, the ground reaction forceseisnpoknee
extension torque preventing flexion. In order to control the flexion and msiten motion of the
prosthetic limb during the swing phase, a friction is applied on the knee. beaurely mechanical,
pneumatic or hydraulic (Hafner and Askew, 2015). Microprocessor-controlled ladjast the
hydraulic or pneumatic friction of the knee along the gait, thanks to sensors embedddt i
prosthetic device (Hafner and Askew, 2015; Dauriac, 2018). Finally, active lategs axmotor, which
allow to actively control the position and motion of the knee joint ¢i¢afand Askew, 2015). Only one



active knee is commercialized worldwide, and it is not currently reimburseleblyealthcare system
in France.

1.2. The rehabilitation pathway

Following surgery, rehabilitation aims at restoring autonomy in the aasvif daily living of the
amputee person (hygiene and alimentation, displacements, Wwbyiith the highest quality of life
possible. To achieve this aim, a multidisciplinary team composed by phgsiplysiotherapists,
occupational therapists, prosthetists and any other medical specialists required (for instance, a
psychologist) collaborates with the patient, who is also an active member of the.t&he
rehabilitation and the prescribed prosthetic limb, when applicable, are adapted to the tifegbiand
the functional capacities of the amputee person (Villa, Basetwgl, 2017) The success of the
rehabilitation is multifactorial as it depends on the outcomes of the surgery amdntputation level
the prosthetic components, the quality of the prosthesis fitting, the functional capatityegpatient
and his/her level of involvement in the rehabilitation. Assessment of the iétaion is therefore
complex as it requires to identify quantitative indicators corresponding to thesépteufactors put
in regards with the life-project of the patient. Functional outcomes of the rehabditatan however
be evaluated through biomechanical descriptors of gait, which can be used for gwti@pecision-
making along the rehabilitation.

The rehabilitation can be divided tihree stages respectively corresponding to the postoperative,
pre-prosthetic and prosthetic phase of the rehabilitation e<p v 1] v ]'] }ul}U 1iefVv <}A
al.,, 2015; Loiret, 2016). The post-operative and-prosthetic rehabilitation have been reported to
last about five to six weeks in people with vascular amputation while amamiof threeto four weeks
following surgery has been reported for wound healing in traumatic ampriai < } Aet al., 2015)

The duration of the prosthetic phase of the rehabilitation then lasts four to six wiegksople with
transtibial amputation, sixe-eight weeks in people with transfemoral amputation and is prolonged in
case of bilateral amputation- <} Aet al, 2015).1t should be noted that the overall rehabilitation
duration depends on each patient and in particular on the scar healing process of theatdisittuof

the person.

1.2.1. Post-operative and pre-prosthetic rehabilitation

Immediately after surgery, post-operative rehabilitation main
focuses on wound healing and pain management. Limb loss acceptar
also a major focus of this early stage of the rehabilitation.

both the residual and contralateral legs are proposed by 1
physiotherapists in order to preserve the range of motion of the resid

and sound leg articulations, to avoid contractures and to strengthen
muscles that will be solicited during prosthetic gsfuscle training of the &2 ,
upper limbs must not be neglected to prepare the patient to the tempo mﬂ
use of manual wheelchair or walking aids, such as crutches or a wa
Early mobility is paramount for the success of the rehabilitatiided Fgure 3:

Preparation  fc
prosthetic ambulation



ambulation training, without a prosthesikigure 3, is initiated to prepare the patient for prosthetic
gait training; muscle strengthening is accentuated.

The pre-prosthetic rehabilitation stage ends when the temporary prosthesis is delivered by the
prosthetist. It consists of a temporary socket made of plastic, molded on théusddimb, and of
prosthetic component(s) of simple design.

1.2.2. Prosthetic rehabilitation

Prosthetic training can be divided in two subphases. The ultimategihs stage is gait recovery
with a prosthesis.

First, unspecific training focuses on residual limb self-care, learning tarbdoff the prosthesis,
and reaching a stable residual limb volume. At the beginning of this stagealsper@ is addressed to
skin monitoring. Balance and weight-bearing exercises are initiated, aasvetbsthetic gait training
on level ground using the temporary prosthesis. First, the patient learns to wallebatparallel bars,
and then walking aids are incrementally removed (Wilheital., 2019).

The prosthetic components can evolve during this stage as the amputee pergmvesta
consistent gait pattern. Specific training aims at learmjng control the prosthesis through the socket
and residual limb proprioception, and) to use the specific functionalities of the prosthetic
components. Muscle strengthening, endurance and balance are still trained along witindeitel
ground Once the amputee person masters prosthetic gait on level ground, training on slopstasd
is addressedUltimately, the functional capacity of the amputee person and his or hepidgect will
drive the choice of the definitive prosthetic components. During this stagbeofehabilitation, an
important focus is the reduction of gait asymmetries or limping, which mag &om an insufficient
loading of the prosthetic lower limb, a lack of confidence on the prosthesisclmatrophy resulting
from the surgery, etc. Typical gait compensations observed in people withr-lonb amputation are
described in the next section (3.3

During this stage, the volume of the residual limb ressch (relatively) stable state, allowing to
replace$Z 3 u%}E EC +} | § A]Bghter &nd SjmiiEe} Ane, made of carbon.

1.2.3. Long-term clinical followp

Following discharge from the rehabilitation center, almost 96f6people with lower-limb
amputation return home (Villa, Bascoat al, 2017) where they keep learning how to use their
prosthetic device in their daily-living environment. In the first monthifofeing discharge, several
appointments may be needed, for instance, to adapt the socket to the residual limb. Then, regular
appointments for patient followsp and prosthetics adjustments are required all along the life of the
patient, generally on an annual basis< } Zet al,, 2015) Eventually, whera prosthetic component is
changed, there might be a need for specific rehabilitation sessions to assisimmateein learning
how to control and to use the specific functionalities of the new prosthesis (Paradis), 2016



1.3. Typical gait compensations and asymmetries observed in people with lower-limb
amputation

Due to muscle loss following lower-limb amputation and to litiot@s inherent to prosthetic
components, several adaptations of the gait pattern can be observed in transtibial and tramafem
amputees (Michauekt al,, 2000; Goujon-Pillett al,, 2008; Villa, 2014)The aim of this section is to
propose an overview of some of the major compensations identified in theo§piople with lower-
limb amputation. In particular, the loss of ankle flexor muscles in both trdaktind transfemoral
amputation leads to a reduced propulsion farsh-ofj at the end of the stance phase and an absence
of active dorsiflexion during the swing phase. This contributes to a decreasewier generation
(Serousset al,, 1996) and in toe clearance (that is, a decreased distance between the foot @and th
ground, seeFigure 4 during the prosthetic swing phase. This phenomenon is even accentuated in
people with transfemoral amputation who cannot control knee flexion duiagdoss of the knee joint
and of atrophied hip musculature.
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Fgure4: Foot clearance during the swing phase (taken from (Daelaahi2013) )

Several compensatory strategies are thus implemented to increase toe clearance add avoi
tripping during the prosthetic swing phase. These compensations include himdinction, hip hiking,
and vaulting and are mostly observed in people with transfemoral amputation (Villa, 2014)

- Hip circumductionKigure &) consists in simultaneously abducting and rotating the residual
hip during the swing phase. This allows to maintain a reasonable toe clearance wigxing fl
the knee joint.

- Hip hiking Figure ) consists in tilting the pelvis towards the stance leg in the frontal plane
to increase toe clearance. This strategy is observed during the prosthetic swing pba#ie in
people with transtibial and transfemoral amputation (Michagidal, 2000; Goujon-Pillegt
al., 2008). In people with transfemoral amputation, hip hiking also occursgithe sound
swing phase, and it is assumed to result from a lateral trunk bending strategy tceosatp
for weak hip abductors (Jaegessal., 1995; Michaucet al, 2000; Goujon-Pillegt al,, 2008)
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- Vaulting Figure %) is a compensation strategy consisting in a premature propulsive plantar
flexion of the sound ankle during the sound stance phase. It allows to imprevedarance
by increasing the functional length of the sound leg.

Swing
foot

Fgure5: Most common gait deviations observed in amputee gait (Whitt@7)20
a. Hip circumduction; b. Hip hiking; c. Vaulting

These compensations can often be detected, although not quantified, by the experieyesdfe

clinicians. As they result in over-solicitation of muscles and joiezding to osteoarticular
comorbidities (Gailegt al., 2008; Espositet al, 2015), they are targeted by the rehabilitation team.

11



Chapter 2 t Current modalities for the assessment of the
rehabilitation

2.1. Usefulness of quantitative data

Although most patients are fitted with a prosthesis and regain the ability to walk (gaenét
al., 2006), recent systematic reviews found out that less than 62% of lowemalngotees are able to
walk outdoors (Van Velzeat al, 2006) and that only 50 to 72% of people with transfemoral
amputation actually walk with their prosthesis (Sawers and Hafner, 2013). These difficultiesseay ari
from back pain and socket discomfort, due to ill-adapted prosthetiopaments or poor alignment
settings (Gailegt al, 2008), from limited functionalities of the prosthetic componefi2auriac, 2018)
from lack of confidence in the prosthetic devices (Miéeral., 2001) or from insufficient functional
capacities of the person with amputation (Sawers and Hafner, 2013). Furthermore, gaitates/gtch
as increased loading of the intact limb or abnormal efforts or moments at theatateral joint may
lead to severe comorbidities such as osteoarthrosis, osteopenia and back pagy @bail, 2008;
Dauriac, 2018Yesulting in a poorer quality of life and activity participation in the camity of people
with lower-limb amputation.

Being o S8} u}v]S}E u%pusS [ P ]S pE]VP SZ -tefd BHllojwips S]}v
appointments is therefore of paramount importance. Indeed, obtaining tjtetive data to
characterize the gait or balance of lower-limb amputees during rehabilitatiorhefmdetecting and
reducing gait compensations and thus preventing the occurrence of long-term contiebigiafne
and Sanders, 2014; Paradisi, 2016). Furthermore, such data can assist physiciprestmadists in
the prescription and alignment of prosthetic devices as they can providiemse-based reports to
compare different prosthetic devices or alignment settings (Sagetved, 2011; Booneet al, 2012;
Hafner and Sanders, 2014; Thomas-Flall., 2019; Zhanegt al,, 2020) Systematic and objective gait
analysis of lower-limb amputees during rehabilitation could therefore wadsmith patients and
clinicians by providing evidence supporting and facilitating the reletioln (Heinemannet al., 2014)
or justifying the prescription of specific prosthetic components (Hawkins addidRj 2018)
Healthcare systems could also benefit from evidence-based practice as it could helfyidgnti
rehabilitation strategés facilitating home-based rehabilitation or assessing rehabilitation
performance earlier and, thus, could reduce treatment-related costs (Agrawal, 2016).

In order to be relevant during the rehabilitatipgait-characterizing quantitative data should be
synthetic and comprehensiblein order to be interpretable by both the patient and the clinicitand
should have a valid biomechanical basis. To simplify the interpretaticuadf quantitative data, a
limited number of parameters should be retrieved. A major difficulty lies within the tradeoff between
complexity, biomechanical-relevance and accuracy. Indeed, obtaining biomechanicaht@ccur
guantitative data often implies to use a complex and high-cost system, negusgecific acquisition
protocols and technical skills for data post-processing, which is often nopatdre with the
constraints in the clinical field.

The next two paragraphs aim at providing an overview of the clinical tools cyrresdéid for
rehabilitation assessment and of the biomechanical parameters that have been presented in the
literature to quantify lower-limb amputee gait.
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2.2. Quantitative gait assessment in curreifmical practice

During rehabilitation, gait evaluation is mostly based on observationalagagssment and on
inputs from patients, such as capacity or comfort perception and retrospedifreeports of potential
inciderts (Perry, 1992; Calmett al., 2002; Hafner and Sanders, 2014; Heinemanal,, 2014). In
addition of being only qualitative, such assessments are subjective as they gtdapgnd on the

o]Jv] ] v[e ]vS @¥af@Er &nd [Sanders, 2014; Mude-la-Herranet al, 2014) andon self-
reports from patients which might be biased by (in)voluntary omissions (Hafner and Sandés, 20

To complete clinical gait assessment with quantitative measures, various setiisigmed
guestionnaires and performance-based clinical tests are available ¢dadl) 2016) Although a few
guestionnaires quantifying perceived mobility, function, satisfaction, oriyuaf life of people with
lower-limb amputation have been validated in people with lowisrd amputation (Calmelst al,
2002; Condieet al,, 2006; Resnik and Borgia, 2011; Hawlihal., 2014), responsiveness to change
was not always evaluated (Deatle¢ al., 2009; Heinemanmt al, 2014) Furthermore due to the
nature of the questionsmost questionnaires are more suited for community-dwelling ampste
(Calmelset al, 2002; Condiest al, 2006). On the other hand, performance-based tests provide
objective or semi-objective assessments of the ability of patients to perform spesks (Hawkins
and Riddick, 2018). They consist either in summary scores or in walking tests.

Summary scores are obtained by aggregating scores from a set of tasks that aim ahgssessi
several aspects related to gait and/or balance. For instanceAthputee Mobility Predicto(AMP)
score was designed specifically for people with lower-limb amputation to praditiulation ability
after rehabilitation. It consists in 21 items, testing gait ability, transfer or balance. Eaclsitgadied
between 0 and 2 depending on the use of assistive device and on the plasbiiity to perform the
§ ol ~ Vv[SU % ES] ¢@oGQdiecvdl, 2006; Deathet al,, 2009). This test allows to estimate
the functional K-level of people with lower-limb amputation and is usgdofosthesis prescriptio
during or after rehabilitation (Loiredt al., 2005).

Walking tests aim at assessing the mobility of a person and result in a sieglsure. They are
declined either in timed tests, where the distance covered within a specific duratioadasured, o
in distance-based tests, where the time taken to perform an ambulation task along a specificgircuit i
measured. In addition to being reliable and valid in multiple poputatigHawkingt al., 2014), these
tests are easy to implement and quick to administer, which allow their aegide for rehabilitation
assessment (Loiret al, 2005; Condiet al., 2006; Agrawal, 2016). Furthermore, timed tests allow the
estimation of walking speed, which is a prominent descriptor of gait functierry(P1992; Fritz and
Lusardi, 2009; Batteat al,, 2019) The two-minute walking test (2MWT) and the Timed-Up and Go
(TUG) test are among the most frequently administered and most recommended testsiterihteite
(Condieet al, 2006; Hawkingt al, 2014; Hawkins and Riddick, 2018). Both tests provide valid
assessments of mobility in people with amputati¢beathe et al, 2009) During the 2MWT,
participants are asked to walk back and forth at their self-selected speed along sttaight-corridor
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or along a square path for two minutes. The
achieved distance, and thus, the average walking

speed, is used to assess the global function of 1 The Timed Up and Go Test

participant. The TUG tedfigure § has been used B

to quantify balance ability in addition to mobility ".

as it consists in several motor-tasks: rising fron

chair, walking 3 meters, turning back and sittir Stnp 24l et N o
back on a chair. The time taken to complete tF ';V
circuit is measured during the test, and it has be(|  sesstiom e

shown to be well correlated to the Berg Balanc

Scale (Loiretet al, 2005). The latter evaluates
balance ability but requires a minimum of 15 Fgure6: Timed-Up and Go test
minutes (Heinemanet al, 2014), contrary to the (oM https:/www.frailtytoolkit.org)
TUG which takes only up to two minutes to

complete (Calmelst al,, 2002; Condiet al., 2006)

A recent study has assessed test-retest validity of the most current performance-bassel&nd
reported outcome measures used in the population of people with lower-limb amjoumaand found
that the AMP, 2MWT and TUG tests are reliable, while the authors reported that thienably
detectable changes observed were higher than expected (Resnik and Borgia, BotBver,
reproducibility assessment was based on a sampk#abwer-limb amputees without distinction of
amputation level or etiology, while both these factors have been shown to signifigafitience gait
performance and overall quality of life (Watezsal, 1976; Milleret al, 2001; Gaileyt al., 2008).
Furthermore, responsiveness and minimal clinically-significant differences of the vtesés not
reported (Resnik and Borgia, 2011; Hawkins and Riddick, 2018).

While these scores can provide relevant information on the gait of people witlertimb
amputation, they are not self-sufficient (Calmeals al, 2002); for instance, an indication of high
performance to the 2MWT does not provide information regarding thalitys of gait (symmetry,

&S] po & E vP }( u}s]}vU Y }E& §Z ] 0 J[co@panen{y@oonPlete «ands Z
objective evaluation of gait through reliable and valid quantitativesatiptors is possible using
biomechanical gait analysis which is most frequently performed with optical motpture systems
and force plates in motion analysis laboratories. A large body of literaturéhussfocused on the
study of lower-limb amputeefgait in motion analysis laboratorieBherefore, the next section aims at
identifying the most reported descriptors of gait in people with lowerblimmputation thraugh an
overview of the main findings of the literature oru %o 1 § loepmotion.

2.3.  Quantitative gait assessment in motion analysis laboratories

Gait analysis aims at analyzilgw and how well a person walks (Cappozzo, 1984). As a
consequence, two categories of gait descriptors studied in motion analysis labiesatan be defined:

- Function assessment parameters, whose aim is to describe motion and its dhigicategory
of descriptors can be put in relation with the parameters describing impairmentdy
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functions according to the International Classification of Functioning, Digadild Health
(ICH.

- Performance assessment parameters, ainghgssessing and describing the quality of motion
(such as gait symmetoy efficiency)

Since gait is a cyclical motion, these parameters are generally assessed over a stride, or gait cycle
This allows to interpret them antb identify normal/pathological gait pattes by comparing, for
instance, the parameters A } o ua¥ jjeak values at different instants of the gait cyélgre 7.

Paragraph 2.3.1 introduces the gait cycle and derived spatiotemporal paramdtees, the
following paragraphs provide an overview of the characterization of amputee gatighroinction
and performance assessment parameters quantified in motion analysis laboratories.

2.3.1. Gait cycle and spatiotemporal parameters

Gait segmentation is the process of dividing gait into cycles. Conventionally, the ioftaitial
foot contactis generally used for this purpose. The prosthetic gait cycle thus corresponds to thd perio
between two successive contacts of the prosthetic fdegqre .

Several terminologies can be found in the literature to describe the different eveamgosing
the gait cyte; §Z v}iu]v Sihitiabcéntact (alsoheel strikeor heel contacin the literature) and
final contact_(alsoterminal contactfoot off or toe off) will be used in this thesis due to the absence
of proper heel strike or toe off in some pathological gait (Tuetcal., 2017). Initial and final contact
events are of interest because they respectively mark the beginning and the end of the stasee p
Stride length and duration are defined as the distance covered or the elapsed timedyetwo
successive initial contacts of the same foot (during a cycle). Their deternmreditavs to estimate
walking velocity. Another relevant spatiotemporal parameter is step length (resp. duyatihich is
defined as the distance between both feet (resp. elapsed time) between two consecnitiid i
contacts of two subsequent feet.

A R TR R v N AN SSRRNSRE
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Fgure7: Prosthetic gait cycle and main gait events

3The ICF is a framework developed by the WHO (https://www.who.int/dleatiins/icf/en/)
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In a systematic review in 2011, Sagawa and coworkers found that gait velodéynceastride and
step length are the most common parameters used to describe the gait of peopldomién-limb
amputation (Sagawat al, 2011). These parameters are easy to measure and interpret and are
considered as global gait descriptors (Sagetval, 2011). They indeed allow to detect the presence
and quantify gait impairment but do not provide information regarding tause of impairment.

2.3.2. Function assessment parameters

Following lower-limb amputation, the loss of articular and muscle compleaedts in significant
changes in the gait pattern, whether at the kinematic or the kinetic levels. lapbkinematic
adaptations (segments orientation, jointv P} ( u} 3] }wdy beé observed with the naked eyes.
However, the use of dedicated instruments, such as optoelectronic systems, is requirggkifor
quantification or for refined assessments, for instance when aiming at assessing theogvof ajoint
angle within a patient following the prescription afnew prosthetic device or a new rehabilitation
protocol. Furthermore, laboratory-based biomechanical gait analysis allows to quantify dineti
parameters that cannot be estimated without instrumentatj such as intersegmental moments, or
the contributions of each joint in the generated mechanical power. Funets@@ssment parameters
have been extensively studied in people with lower-limb amputation dnsl paragraph aims at
providing an overview of theelevant literature. Detailed description of the acquisition of such
parameters using optical motion capture systems and force plates can be fauthe literature
(Cappozzet al,, 2005; Goujon, 2006).

a. Kinematic gait analysis

The use of optical motion capture data allows to retrieve curves describing thHatievoof
segment orientations and joint angles during a gait cycle. Comparing the curve patt@eple with
lower-limb amputation to that of an asymptomatic population has a#dwto identify some
specificities of lower-limb amputee gait (Sagaatal., 2011). Similarly, comparing the angle patterns
of a person in a pre/post configuration may allow to identify the impdch g@rosthetic device or
rehabilitation procedure on gai

Gait compensations typically observed in the gait of people with lower-limputation (see
section 1.3 in Chapter 1) can often be evidenced using such kinematic paramdifgrcircumduction
has for instance been characterized with the measure of the maximal value of the hip abdcragie
during swing (Dauriac, 2018), hip hiking with elevation of the piluise frontal planeAnincrease in
trunk motion was also observed in the frontal plane in people with transtibial aatipn and in all
the three anatomical planes in people with transfemoral amputation compared todsaubjects
(Jaegeret al,, 1995; Goujon-Pillegt al, 2008; Ruedat al.,, 2013).

Additional kinematic adaptations are observed at the hip joint in peopkd wiansfemoral
amputations for prosthetic knee control. For instance, swing phase knee flexioitiated by the
premature recruitment of hip flexor muscles (Bonettl, 2014). Furthermore, instead of maintaining
a constant hip flexion at early stance as in sound subjects, the residual hip tends to haversioext
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motion from prosthetic initial contact to secure

the knee in extension (Jaegestal., 1995; Villa, \\ \\
2014). During prosthetic stance, differently V:\\\
from what is observed in sound subjects, the Sy N
knee remains in extension in people kit™ - \?:\\

SO
transfemoral amputationKigure 8§, even when B \?\\;';L _ -
the prosthetic knee allows some flexion -

N AN N LA . Se-
(Detrembleuret al, 2005; Sagawat al, 2011) . = s as & W s
As a result, the knee cannot be used as a shock e o,

absorber during stance. This phenomenon is Fgure 8: Knee flexion angle in asymptomatic sub,
. ... (grey curve) and in transfemoral amputees (black ct
also observed, at a lesser degree, in people With T5yen, from (Detrembleur et al. 2005)

transtibial amputation (Sagawet al, 2011).

The characterization of such kinematic adaptations provides accurate iafamon specific body
segments or joints. Therefore, the study of a large number of parameters or features extramted fr
curve patterns (e.g. maximal flexion angle) of various body segments or ipi@guired to obtain a
global description of gait.

Kinematics of the body center of mass

From a mechanical standpoint, locomotion can also be described by the motioa loddy center
of mass, resulting from the summation of forces and moments exerted on each bothelteg
(Saunderet al, 1953; Detrembleuet al,, 2000; Pavedt al., 2017; Tesio and Rota, 201®erestingly,
the study of the body center of mass motion provides global informatgarding the gait of a person
from a single parameter. Indeed, kinematic alterations at the segmentmri@iel have repercussion
on the body center of mass motion (Saundetsal,, 1953). For instance, the absence of prosthetic
knee flexion results in an increased amplitude of the body center of mass excutsiog the gait
cycle of people with transfemoral amputation (Testal., 1998; Detrembleuet al., 2005) which was
shown to reach up to 4.1 times that of asymptomatic subjects in (Detrembd¢ual., 2005)
Asymmetries in the gait pattern can also be detected in the 3D path difatg center of mass (Minetti
et al, 2011; Paveét al, 2017; Askevet al,, 2019), and a high degree of asymmetry of the 2D body
center of mass path in the horizontal plane has been evidenced in pegpleranstibial amputation
(Askewet al, 2019). The vertical components of the excursion and velocity of the centeasd m
(Strutzenbergeet al., 2019; Ochoa-Diaz and Padilha L. B6, 2020) also allow to evidenealsgree
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Fgure 9: Body center of mass vertical rela
excursion during the prosthetic limb gait cycl
people with transfemoral amputees (black curve)
asymptomatic subjects (grey curve), adapted
(Strutzenberger et al. 2019).
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of asymmetry Figure 9. It was for instance shown that the vertical displacement of the body center
of mass was lower during the prosthetic stance than the sound limb stance €Te$idl998; Agrawal

et al, 2009) in both people with transtibial and transfemoral amputation, possibly due to prostheti
feet design, and in particular, to the lower effective foot length ratio of prosthetic deatpared to
physiological feet (Agrawat al.,, 2009).

Biomechanical gait analysis allows the estimation of body center of mass miotion two
approaches: either from force plates data (using the second law of Newton) wr $egmental
analysis, that is, from the weighted summation of the motion of each individual esgigoenter of
massn the first case, using force plates data, the acceleration of the body center of mass istedmp
from the measured ground reactions forces as well as body weight. Obtaining tigecbotér of mass
trajectory or instantaneous velocity requires to integrate the acceleration thedkfore to formulate
hypothegson the integration constants. In the second case, when estimating the body center of mass
motion from segmental analysis, the measure of the positions of optical motion captamens must
be coupled with an inertial model in order to obtain the mass of eadment (required for the
A 1PZ3% epue v 3Z %}+]3]1}v }( Z » PuvsS[e vVvS (BB}(]Juo+(w ISX E -
Therefore, different inertial models may yield different estimates of the body centermsbrrajectory
(Paveiet al,, 2017). To obtain the velocity or the acceleration of the body center of mass sitiopo
must be differentiated. The use of a low-pass filter to remove signal noiserent to the
differentiation process may result in an over-smoothed signal. In both thakerdtory-based
approaches, the retrieval of body center of mass motion is not as straiglafdras the retrieval of
segment orientation or joint angle, but it providasynthetic parameter for gait evaluation.

b. Kinetic gait analysis

Kinetic gait analysis focuses on parameters that explain tlyinasf motion. For instance, ground
reaction forces and moments, measured by force plates, allow to measure the external fortied app
on a body. Ground reaction forces exerted under each limb individaeglyf particular interest for
the rehabilitation d people with lower-limb amputation (Loiret al., 2019). Indeed, the latter allows
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Fgure10: Flexion power at the ankle in asymptomatic subjects (solid line) and in a per
transfemoral amputation with vaulting (dotted line). Taken from (Dregtlé, 2014)
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to quantifyhow a person loads his/her prosthesis. Inverse dynamics approaches allow to retrieve the
articular moments forces and power at each joint from the measured ground reaction forces and
moments as well as joint kinematics. Similar as for kinematic parametensiltitude of joint kinetic
parameters can be retrieved from biomechanical gait analysis, resulting in a cenaplétaccurate
description of focalized gait kinetics. The flexion power peak measured at the sound ankle during
stance Figurel0Q) was for instance shown to allow the quantification of vaulting (Dretllal,
2014). In early stance at the intact limb of both transtibial and transfemoraléees, the increase in

the sound hip extensor muscles work and the resulting hip morhemé been assumed to facilitate

the forward translation of the pelvis in absence of propulsion from the prosthetic ankleu&set

al., 1996; Silvermast al, 2008; Prinseet a., 2011; Sagawaet al, 2011).

Kinetics of the body center of mass

Some mechanical parameters offering a global overview of gait kinetics haveealsgproposed
and are computed at the body center of ma$se net mechanical work at the body center of mass,
which results from the mechanical work generated or dissipated by eachfgoitite translation of
the body center of mass, is a synthesized global gait descriptor. The neameshwork can be
computed as the time integral of the body center of mass power. The former is itsgtiuted as the
time derivative of the sum of the kinetic and potential energies. Neglecting the kinetic edeegio
the rotations of the body segments relative to the body center of mass, the power of thedeodgr
of mass @, 1, 3 xcan be calculated as the dot product of the external forces applied on tihe ¢center
of mass ¢ . ; 3 with the body center of mass velocitgg,. ) :

2»%3/&— ir <2§é|%-y

It is therefore a relatively simple parameter to compute and can be estinfabedforce platforms
data alone (Donelaret al, 2002b). Furthermore, the external mechanical work represents the
mechanical component of the metabolic energy required for locomotion, explathimgontributions
of the musculoskeletal body structures without considerations of % ¢ nefabolism or
anthropometric measures.

However, the external mechanical work was found not tovalioe discrimiration of people with
transfemoral amputation from sound participants (Gittet al, 1995; Askewet al, 2019) and
therefore, not to explain the 27 % increasé metabolic energy required when walking with a
prosthesis in transfemoral amputees (Gittral,, 1995) This might be explained by compensations
in the generated and dissipated power by each leg during the double stamedldng. The individual
limb method was therefore proposed to estimate the mechanical energy prodogeach lower-limb
individually (2; g @9d 25y o for the left and right limbs respectively) including during the double
stance phase of a gait cycle (Donetdral,, 2002b) :

2,,ad F.Ed ey Er..za .y L 2(3QJLJ-:§ %Ulﬁlg
Using this approach, several authors have also evidenced that the loss of mechanical energy
production due to prosthetic components is compensated by an increasewerpgeneration at the
intact limb (Houdijlet al., 2009; Bonnegt al,, 2014). This asymmetry in power generation was found
to increase with amputation level, with, for instance the affected limb generati@§ &/kg and 0.16
J/kg in people with transfemoral and transtibial amputation in late stance ewoetpto work
production of 0.34 J/kg and 0.27 J/kg respectively by the intact limbdikat al., 2009; Bonnett
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al.,, 2014) and to increase with walking speed. The compensation of the decreasedgeveeation
of the intact limb by the increased power generation of the prosthetic limb may thezef®plain why
total external mechanical energy fails to account for the increased metabolic enenmgyraption
observed in lower-limb amputee gait (Doneletnal,, 2002a; Houdijlet al., 2009; Bonnett al., 2014).
Based on these findings, an index of asymmetry between the external work gendrgtt intact
and the prosthetic limbs was therefore proposed in (Agraetabl, 2009) to compare different
prosthetic feet and was found to differentiate different designs of feet. The asstmnin external
work was also found to be more sensitive than the asymmetry in vertical bodgrcefitmass
displacement and step length asymmetry in nine people with transtibial amputgfskewet al.,
2019), corroborating previous findings according to which the study ahéaehanical work generated
by lower-limb amputees might allow to identify asymmetries that are netedted using mere
kinematic analyses (Tesat al, 1998; Tesio and Rota, 2019). All in all, the analysis of the external
mechanical work using the individual limb method allows to provide insighgait deficiencies
(asymmetries, energetic consumption).

c. Synthesis on the function assessment parameters

To sum up, the study of kinematic and kinetic parameters during locomotiowsatio describe
alterations and functional adaptations adopted by people with lower-lantputation while walking
Most of the compensatory motions adopted were shown to involve the intadi md the residual
hip joint, especially in people with transfemoral amputation. These abnormaitatibns are
evidenced by analyses of joint and segment ranges of motion and joint momeshisoavers, which
require to analyze the curve patterns of multiple joints or segments. Alternatively, the sfuthe
body center of mass motion and mechanical enengythe individual limb method have been shown
to provide synthetic information regarding the gait of people witlvér limb amputation, although at
the cost of complexification of interpretation (evaluating the body centemass motion being less
tangible than that of a physical point of the body, such as the knee joint).

2.3.3. Performance assessment parameters

Motion performance can be evaluated using criteria related togbality and the efficiency of the
locomotor at. In this thesis, thev}S]}v }( P ]Swilllbeoseq to describe parameters relative
to gait symmetry (homogenous solicitation of the prosthetic and the sdinmigl, aesthetic gait) and to
gait balancewh]o 3Z v}38]}v }( *P 158 ((1] 1 v C_ Aloo &E oS S§wBZ u s }
cognitive demand associated with walking and to the actual activity performance icothenunity
(walking speed, activity level and participation).

a. Gait quality indices
I Symmetry

Gait symmetry is relative to the similarity of successive contralateral limbestror steps
Symmetry indices are generally computed to characterize three aspects ofrghitohding (loading
symmetry), step length (spatial symmetry) and stance phase duration (termgyomahetry - se€igure
7). Prosthetic gait has been shown to be highly asymnmadtridth, in general, more time spent in
stance phase on the intact limb than the prosthetic limb, longer prosthetic steps than contralateral
steps and higher loading of the intact limb than the prosthetic limb (Jaegels 1995; Nolaret al,
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2003; Goujon, 2006; Sagawral., 2011; Roerdinkt al., 2012; Cuttet al., 2018) Asymmetry has been
also shown to be more variable than in people without orthopedic disordergyithet al, 1996;
Nolanet al, 2003; Hokt al., 2007). Visual and auditive feedback have been shown to improve stance
time and loading symmetry in people with transtibial amputation (@lget al., 1996; Yangt al,
2012) and thus constitute an interesting track for rehabilitation. Indeed, spatioteat@nd loading
asymmetries may lead to long-term comorbidities and are thus targeted in rightibin protocols
(Nolan et al, 2003; Loiret, 2016; Villa, Bascoet, al, 2017) However, several authors have
hypothesized that step length and duration asymmetries might be implementethéveasng gait
stability, and that functional rehabilitation should not solely focus onrédstoration of spatiotemporal
symmetry (Hokt al, 2007; Roerdinkt al,, 2012; Halet al., 2014). Similarly, in a recent study based
on the gait of only two people with knee disarticulation, stance duration asymmetryassisned to
be an efficient compensation to insufficient prosthetic push off and work generationgMetet al,
2019). Therefore, while such global parameten®e useful to rapidly assess the overall gait
performanceor quality, they do not provide an understanding of the underlying mechanicakesau
These parameters should thus be completed with mechanical descriptors in order tqumoitify and
mitigate gait deviations.

Gait symmetry can also be quantified through body center of mass-derived parametied|n
various abnormal kinematic patterns (for instance, in knee flexion) are reflectad asymmetric
pattern of the body center of mass motion (Testal, 1998; Agrawadt al,, 2009; Askewet al., 2019;
Strutzenbergeret al, 2019) or in the external work done by each lowietb (Agrawakt al., 2009;
Houdijket al, 2009; Bonnett al, 2014; Askevet al,, 2019) Asymmetry in external work has been
shown to discriminate different prosthetic feet (Agravetlal, 2009; Askevet al, 2019) and to be
positively correlated with the metabolic cost of walking (Aslet\l., 2019).

il Balance
dZ & GEu *P ]85 *3 ]0]5C_U A] oC (}uv Jv 3Z OJPUE]SP@E WZUEV |
e E] "pP 1§ 828§ } «v}S oo §} (00_U AZ}E w % JPats<ia)thpy u Z v

ability of a system to develop forces or moments in order to restr&tate of equilibrium after a
perturbation (Bruijn et al. 2013; Robert 2012) D}*S % & u S E- e (E] JVP "P ]88 5§ ]
literature are in fact parameters which aim at quantifying the risk of falling while paramééscribing

the mechanisms implemented by the body as a whole (seen as a mechanical system) preatenting
occurrence of falling following a perturbation are rarely described. In what folltvesterminology

A o vcontrol_ AJoo |descriBg parameters associated with the risk of falling during gait.

People with lower-limb amputation are more prone to falling thlhe@ asymptomatic age-matched
population. One in two people with transfemoral amputation reports falimdeast once a year, and
a third of lower-limb amputees report avoiding activities due to fear ofngl{Miller et al. 2001;
Frossard et al. 2010). Thus, quantifying and understanding the underlying nigtisaof balance is
paramount for the rehabilitation of lower-limb amputees and for prostheses design

Postural balance

Postural balanceis studied in gait analysis laboratories using force-platform derived
measurements, such as the center of pressure sway during stance (Winter, C98%pl of balance
during stance relies on the processing of multiple sensory inputs and ré@sdigay that increases
when some sensory inputs are disrupted (Nagtfial, 2012), for instance when somatosensory
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feedback is impaired, such as in people with amputation. The latter thus eghibitier center of
pressure path at the intact foot than at the prosthetic foot or compared tonsbsubjects New
generation feet provide control over the ankle mobility and are thus assumedtease balance. The
benefits of new generation prosthetic feet were recently investigated through the analfysenter
of pressure excursions while standing on level ground and in slopes (Thomast-&Qt2019).

Balance control during gait
In 2005, Hof and coworkers have introduced new parameters to quantifgrdic stability: the
NAESE %to § VS VE Y EPv }( {Sgulel]s These notions allow to expana t

vCoMxyl/g

Fgure 11: Definition of the Margin of Stability (MoS) as the back

/" distance between the extrapolated center of mass (xCoM) and the po

£ // limit of the base of support (BoS). The xCoM is calculated as the adc

,./ / the position of the center of mass (CoM) and its velocity (vCoM) divi
/ S the eigenfrequency of an inverted pendulum of length | (leg length).

(Haket al, 2014)

CoM BoS  xCoM

MoS
gait the stability criterion defined in stance (according to which the projeatiotine body center of
mass should lie within the base of support) by taking into account the velofcttye body center of
mass (Hoét al,, 2005). Since then, multiple studies have focused on the study of these parameters, in
particular in people with lower-limb amputation who were shown to have a reducain of stability
compared to asymptomatic people (Hef al, 2007; Haket al., 2014). Using the concept of the
extrapolated center of mass, the authors demonstrated that decreasing step length allows to
compensate for the reduction of margin of stability induced by the decreasimgitsebf the body
center of mass following prosthetic push off (Hetkal, 2014) Therefore, they conclude that step
length asymmetry might be a functional adjustment for increased stability.

b. Gait efficiency

I. Metabolic energy cost

Energy expenditure allows to measure gait efficiency. Indeed, locomotion aims aatiagshe
body in space while minimizing energy expenditure (Sauneteas, 1953; Waters and Mulroy, 1999)
Metabolic energy expenditure is estimated through the measure of oxygeskamluring the steady
state of a physical task (Watees$ al., 1976; Perry, 1992Metabolic energy rate is the amount of
energy demand per unit time and was shown to be similar for peoplelaitier-limb amputation and
sound subjects, except for people with vascular transfemoral amputation (Waterl, 1976)
However, metabolic energy cost, computed as the ratio of metabolic energy rate pdngvapeed,
was shown to increase with amputation level for a given etiology anid @tiology for a given
amputation level (Waterst al,, 1976; Waters and Mulroy, 1999; Schnetlal, 2002; Detrembleuet
al., 2005). Tisraise in energy expenditure as a function of the walking speed is supposed&oived
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by kinematic compensations and by the increafpower generated by the residual and sound joints
to cope with the reduced or the absence of power provided by prosthetic components (Sapalya
2011; Piazzeet al, 2017; Askewet al, 2019) Reduction of metabolic energy cost following
rehabilitation or modifications to prosthetic components is used to degtite the efficiency oan
intervention oranew prosthetic design (Waters and Mulroy, 1999; Schreiadt., 2002; Askevet al,,
2019). Indirect calorimetry is not always available in motion arslgbbratories (Bonnedt al, 2014).
Furthermore, metabolic energy consumption is highly dependent on physiological parameters
(gender, obesity, fatig U [P < &phity measure with spirometry devices suffers from calibration
errors which might alter sensitivity (Ghillebettal, 2019). Therefore, the computation of mechanical
energy very accessible in laboratory-based motion analysis, can allow to retrievenechanical
determinants of metabolic energy (van de Watal., 2012). In particular, the work done during step-
to-step transition was shown to correlate well and to partially explain metabolic emesiyDonelan
et al, 2002a; Houdijlet al., 2009).

il. Cognitive load

While self-reports and questionnaires indicate that prosthetic gait is often associatbdawi
significant cognitive load (Milleet al, 2001; Morganet al, 2018), the dual-task paradigm
implemented in researctz «v[$§ auldd Aonsistently refute or accept this hypothesis (Morgsn
al., 2018) In recent studies, cognitive and gait performance were observed to significhrtigase in
both experienced and newly prosthetic ambulators during dual tasks (Frentmspeual., 2018;
Hunter et al,, 2018), confirming that walking represent a cognitive load in people withridivd
amputation. However, based on the literature, concurrent dual task while walking [S ](( & vS§] ooC
affect people with amputation and sound participants (Morgatnal, 2018) In a recent review
investigating dual task paradigm in people with lower-limb amputattba authors suggest than-
lab level walking may not be sufficiently challenging to be representativihenfcognitive load
encountered in daily living and that the chosen outcome measures (gait velocity, spatimtal and
loading asymmetry, step widihmay not be sensitive enough to discriminate groups (Morggal.,
2018).

iii. Activity level

Physical activity level in the community cannot be assessed in matialysis laboratories using
conventional measuring systems. However, gait walking speed has been shown agénerth the K-
level which is used to predict community-based mobility (Batten etGl9P This global functional
outcome is quantified both in research settings and in rehabilitatioa @uits reliability, sensitivity
and ability to predict overall health sta¢ and quality of life (Fritz and Lusardi, 2009). The lower self-
selected speed of people with lower-limb amputation compared to sound suhjeight therefore be
interpreted as decreased ambulatory performance (Frengopowdbsal, 2018). Furthermore,
comfortable walking speed can be seen as a measure of gait efficiency loss (Waters and 19aBpy
indeed, it seems to be regulated in people with lower-limb amputatiothad metabolic energy rate
of walking remains in the range of that of sound subjects (Watea., 1976; Waters and Mulroy,
1999).
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2.4. Limitations of clinical and laboratory-based gait analysis and perspectives

The aim of this chapter was to provide an overview of the availablisAmarameters for gait
assessment of people with lower-limb amputation during the rehabilitationsarisequent followdp
visits in clinics and in motion analysis laboratari@bjective gait analysis allows to accurately
characterize and evaluate gait function and performance. However, administeriatatab/-based
biomechanical gait analysis in clinical practice is not always possible dighteystem costs, time-
consuming protocols and analysis complexity (Perry, 1992; Cadtnals 2002; Cuesta-Vargas al.,
2010; Loireket al,, 2019). Thus, clinicians mostly rely on their experienced eyes and catedldinical
tests to identify the degree of impairment of their patiente evaluate their progression or to plan
new rehabilitation strategies. Therefore, few quantitative data are available to suppoastessment
of the functional rehabilitation of people with lower-limb amputation.

In the last two decades, miniaturization of sensing technologies and advancemgrcessing
techniques and communication protocols have raagkarable technology accessible to gait analysis
(Wonget al.,, 2007, 2015)Wearable sensors have the advantages of being portatiiey can be worn
by patients without hindering or constraining their motionand are not limited to a predefined
acquisition volume, which allows recording data outside of laboratofieerefore, their use in clinical
and research gait analysis offers multiple perspectives such as ecological measuresingpitied
protocols, real-time feedback, long-term and remote monitoring or horasell and telerehabilitation
opportunities (Hafner and Sanders, 2014, losa, Picexnal,, 2016; Villa, Bascoat al.,, 2017)
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Chapter 3t Wearable motion analysis

As introduced in the previous section, wearable sensors are a very attractive alternative to
laboratory-based instruments for gait analysis. However, they differ frochgjahdard optical motion
capture systems and force plates by the nature of the measured data. Therefore, obtainirantelev
gait descriptors with wearable sensors may hetstraightforward (Cuttet al., 2015; losa, Picernet
al., 2016). The objective of this chapter is to introduce the mostroon wearable sensor technologies
and to provide an overview of tlreoutputs. This will allow to introduce the challenges faced regarding
the use of wearable senssiior the rehabilitation of people with lower-limb amputation and therefore,
the issues that will be addressed in this thesis.

3.1. Presentation of wearable sensors

Different sensing technologies have been described in the literature on wearable gaisianal
They include, but are not limited to, electrogoniometers, magnetic andrtiali sensors
(accelerometers, gyroscope, or their combinatidralso known as inertial measurement units or
magneto-inertial measurement units when a magnetometer is includpssure sensors, force
sensors, surface EMGs, and sensing fabric (Véorad, 2007, 2015; Patedt al,, 2012; Murode-la-
Herranet al,, 2014) Table 1summarizes thie main properties and applications, as well as challenges
associated with their use.

Inertial sensors consist in the most used technology in wearable gait analysig éiValn 2007,
2015; Murode-la-Herranet al., 2014) For instance, 62.5% of the publisHddrature on wearable gait
analysis in 2012-2013 dealt with inertial sensors (Mdeda-Herranet al, 2014). Together with
pressure insolesinertial sensors are the wearable technology the more susceptible to capture
kinematic and kinetic parameters that are usually retrieved using optical maamture and force
plate systems (Murale-la-Herranet al,, 2014). Therefore, the next two paragraphs will provide a more
detailed description of inertial and pressure sensors and the literature revieadtion 3.2 will focus
on gait descriptors that can be measured or estimated using these two categories of sensors.
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Table 1. Measured quantities and challenges encountered when using wearable sensors
MIMU = (Magneto-)Inertial Measurement Unit; ECG = Electro-cardiogram

Sensor

Measured
guantity

Estimated / Computed data Biomechanical model

Challenges

Electrogoniometer Flexion angle

Relative joint angle (Murde-la-
Herranet al,, 2014)

- High sensitivity, requires careful placement (Wengl., 2015)

- Complex setup procedures (Woepal., 2015)
- May hinder motion (Wongt al., 2015)

Inertial sensors

Accelerometer

26

Linear
acceleration

- Segment velocity, displacement
(Muro-de-la-Herranet al., 2014)

- Jant angle (losa, Picernet al,, /
2016)in static, posture (Redfielet

al., 2013b; losa, Picernet al,,

2016)

- Noisy measurement (Worgg al., 2015)

- Integration drift (losa, Picernet al., 2016) ; might be
compensated for using kinematic models

- Sensotto-segment calibration required (Worgg al., 2015;
Poitraset al,, 2019)

- Gait event detection and
spatiotemporal parameters (Pacini
Panebiancet al.,, 2018)

- Number of steps (Patet al,,

2012; Bensoret al., 2018)

parameters

Kirematic models for spatial

- Gait alterations and low speed may compromise the
identification of events from acceleration signals in pathologic:
gait (Trojaniello, Cereatti and Della Croce, 2014)

- Gait stabiliy (Guaitoliniet al, Inverted pendulum model:

2019) theory

- Integration drift (losa, Picernet al., 2016)

extrapolated center of mass - Orientation inconsistency (Picerebal, 2011; Guaitolinét al.,,

2019)

- Fall-risk prediction & balance
assessment (Wonet al,, 2007; losa,

- Removal of gravity necessary (orientation) (Berestoal., 2018)

Picernoet al, 2016: Ghisliett al, / - Lack qf _mforma_uc_m regarding sensitivity (Ghiskgral., 2019)
2019) and validity of original parameters (Bensetnal., 2018)
- Symmetry indices (losa, Picereo, / - Original parameters that may lack validity (Bensbal,, 2018)

al., 2016; Bensoet al,, 2018)




Measured

Sensor quantity

Estimated / Computed data Biomechanical model

Challenges

Regression between
measured acceleration,
physiological parameters &
oxygen consumption

- Energy expenditure (Ladloat al,,
2017)

- Regression equations are specific to populations (Ladtak,
2017)

Gyroscope Angular velocity

- Segment angular acceleration,
orientation

- Joint angles (Poitrat al., 2019)

Kinematic models might be
used to limit drift

- Integration drift (losa, Picernef al.,, 2016)
- Sensotto-segment calibration required (Worgg al., 2015;
Poitraset al,, 2019)

- Gait event detection and
spatiotemporal parameters (Pacini
Panebiancet al., 2018)

Kinematic model for spatial
parameters

- Gait alterations may compromise the identification of events
from gyroscope signals in pathological gait (Jasiestiat, 2006)
- Symmetry assumption for spatial parameters estimation
(Aminianet al.,, 2002)

Linear
acceleration,

Same as accelerometer and
gyroscope

+

- Easy set up (Wong et al. 2015)

- May require complex algorithms (Murde-la-Herranet al.,,
2014)

- Sensitive to magnetic disturbances when magnetometer is
included (Picernet al., 2011; Wonget al,, 2015)

- Walking speed (Et al., 2010; Kinematic model

- Integration drift (losa, Picernet al., 2016)

MIMU angular velocity Bensoret al, 2018)

and magnetic - i i
(. g Ground reaction forcgs ) Ir?ertllal r_nodel + force - Double stance indetermination (Shahabpoor and Pavic, 201"
field) (Shahabpoor and Pavic, 2017; distribution between feet Ancillacet al, 2018)

Ancillaoet al., 2018) during double stance ?

- Articular joints and moments Inertial model + kinematic

(Karatsidist al., 2017) chain + contact detection

i - Cumbersome to wear (Gut al., 2017; Ancilla@t al., 2018)
Force sensor 3D force 3D GRF (Liet al., 2011) /

- Modification of footwear (Ancillaet al.,, 2018)
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Measured

Sensor . Estimated / Computed data Biomechanical model  Challenges
quantity
Foot switch Gait event detection / cycle
(forcg-sensmg Pressure appliec segmentation (Magbodét al, 2017) / - Nonlinear response (Worgd al., 2015)
resistors)
- Gait event detection (Loiretdt al,,
2019) - Requiring size adapted to patient's shoes (Wenhal., 2015)
n - Temporal parameters, asymmetn / - Requiring calibration for threshold-based gait event detectior
2 in stance phase duration (Cudt (Loiretet al,, 2019)
S al., 2018; Loireet al., 2019)
(%]
g - Pressure distribution (Worgg al,,
? Pressure . 2015) center of pressure path - Wear (Wonget al, 2015)
4 insol Pressure appliec / - Requiring calibration to mitigate wear effects / hysteresis (At
& INSoles - Stability measures derived from R qlet Ig 2012 Wont al %015 y
pressure distribution (Howcroft, azaletal, »wonget al, )
Lemaire.et al., 2016)
;e\;igfr?lfgzzpgge;tn?;ttrhﬁr?:;?#g d - Requiring subject-specific calibration (Watal.,, 2015)
) > asy .y : / - Complex algorithm (nonlinearities) to derive force estimation:
loading (Cuttet al., 2018; Loireet (Wonget al, 2015)
al., 2019) getal,
- Muscle activity and muscle fatigu - Highly dependent on placement (training required) (Wengl.,
Muscle (Fiigo and Crenna, 2009) ! 2015) -
Surface EMG  activation - Only superficial muscles can be measured (Wairad.,, 2015)
atierns o ) ) - Motion hindrance (Frigo and Crenna, 2009; Wehgl., 2015)
P - Motion intention (Wentifk et al, / - Cross-talk of musclésnterferences (Frigo and Crenna, 2009;
2013; Wonget al,, 2015) Wonget al, 2015)
Strain - Segment orientation (Wonef al., / - Sensitivity to temperature and humidity (Wosgal.,, 2007;
Sensing fabric measurement  2007; Fleunet al,, 2015) Fleuryet al, 2015)
: : - Motion artifact (Fleuret al,, 2015
ECG - Physiological parameters (P! / - User discomfor(t (Flelierqt al 201;)
al., 2012; Fleuret al., 2015) ?
Distance - Stride length, step length (Muro- - Sensitivity to sensor placement (Mude-la-Herran et al.,, 2014)

Ultrasonic sensor
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de-la-Herranet al., 2014)

- Low accuracy compared to inertial sensors (Weingl., 2015)



3.1.1. Inertial sensors

Inertial measurement units (IMUs) consist of a combinationuef-, two- or three-axial
orthogonally mounted accelerometer and gyroscope in a single case. mhgyalso include a
magnetometer; inthat casetheyafe v (E oo C 00 -Inéalfv §3E u vS hv]Se). ~D/Dhe
M/IMUs provide the values of angular velocity, linear acceleration amthen magnetometers are
included t magnetic field components along the axes of the orthonormal coordinate systethe
MIMU case (referred to as Z MIMU local frame_ }this thesis) Each sensor included in a MIMU
provides information about the 3D orientation of the MIMU local frame giabal Earth-fixed frame
(Figure 12): accelerometers output can be used to determine the inclination of the sensor case
compared to gravity, angular velocities provided by gyroscopes candggated to orientation angles
and, when available, magnetic field measures can provide the heading, or magneticdiection.
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Figure12: MIMU local frame and global Earth-fixed reference frame s

by the MIMU (vertical z-axis aligned with gravity (g), x-axis aligned w

magnetic North)
However, each orientation estimate is affected by errors and must therefore be used sipelefic
assumptions. Indeed, the accelerometer output contains both linear accelerationgodsensor
motion and to gravityAccelerometer-derivedrientation estimates are thus more reliable in static or
slow-motion conditions, when the gravity component can be isolé8abatini, 2011; losa, Picerrsb,
al., 2016) Even in such conditions, accelerometers may only be used to estimatendhieation
relative to the gravity vector, but not relative to the heading. Magneg¢ten readings can be used as
a complementary information but are perturbated in the presence of ferromagnetic mé&€Ricerno
et al, 2011; Wonget al, 2015; losa, Picernat al, 2016). Conversely, gyroscopic data can be
integrated to provide relative 3D orientation. However, gyroscope signals aerahnbiased, whic
resultsin drift when integrating angular velocity (Bergamétial,, 2014). Sensor fusion is therefore
used to combine the advantages and mitigate the weaknesses of each sensor so as to pouvate ac
estimates of the orientation of the MIMU local frame relativeatglobal Earth-fixed frame (Bergamini
et al, 2014; Ligorieet al, 2016; Poitrat al, 2019). Two main categories of fusion filters have been
implemented: stochastic and complementary filters (Bergarainal., 2014). Kalman filts, which
belong to the first category, use the measured signals at an instant and a represenfamrhesensor
and its associated noise to predict the orientation at a further instant. The predictédreasured
orientation are then fusedComplementary filters take advantagéthe specificities of each sensor
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spectral characteristics (knowa prior) to estimate the orientation, without modeling the noise
characteristics of each sensdfigure 13). For instance, they associate more trust to gyroscope

readings in the high frequency domain and more trust to accelerometer/magndtmeadings in
the low frequency range (Lopez-Nava and Angelica, 2016). Kalman filters apttma@mtary filters

were shown to equally mitigate the integration drift in locomotion taskstihg up to 3 minutes
(Bergaminkt al., 2014) Most of the mmmercially available MIMUs integrate a fusion filter.

wm

Gl :  Gx, 8,8, [ Accelerometer |
eeiciometes " derived attitude
.9x>9y»9z . Gyroscope
Gyroscope ” derived attitude ™ ¥,
My, My, M,
Magnetometer »z Magnetometer |

 derived heading

)

T ‘Bg ? Complementary

filters

Fgure 13: Working principle of complementary filters. Estimation of MIMU local frame orientébll

(I s& k & I ;readngs. Taken from (Anehal, 2014)

3.1.2. Pressure insoles

Various sensing technologies are used -

pressure insoles, the most common beir Initiat contact

resistive (as in foot switches), capacitiv

piezoelectric and piezoresistive sensors (Abc é
Razalet al, 2012). Depending on the technolog g_

and number of embedded sensors, pressu i

insoles provide either the pressure distribution ¢
the normal load applied on the insole or both
(Abdul Razakt al., 2012; Wongpt al,, 2015; Loiret N
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N
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a global Earth-fixed reference frame from triaxial accelerometgé =4 =, gyroscope : €4 G C and magnetomete

Terminal stance

et al, 2019) Figure 14). Insole designs whose

output is the pressure distribution may also 1500

provide the path of the center of pressure and
1000

allow to estimate the normal component of the
ground reaction force, which is non-linearly sup

related to the applied pressure (Wongt al,

2015) Whatever the design, insoles have to be %
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rigorously calibrated before interpreting force fgyre14: Example of pressure insoles output (from

data (Waget al, 2015; Loirekt al,, 2019).
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3.2.

Outcome parameters derived from wearable sensors
This section aims at describing to which extent pressure insoles and inertial measuremisnt u
can be used to monitor functional and performance outcomes of people with lowerdmyutation.
3.2.1. Spatiotemporal parameters

As reported in section 2.3.1, spatiotemporal parameters are paramount to deg@ib&unction.
Temporal parameters can be directly derived from gait events detection. Thisecanhieved with
insoles, using a threshold on the pressure or force dete@tabhboolet al,, 2015; Loireet al,, 2019)
or with inertial sensors, by identifying key features within the output signals. A |axdyedf literature
has focused on inertial sensors-based gait events detection (Pacini Panestiahc2018), with some
attempts in comparison (Trojaniello, Cereatti and Della Croce, 2014; Trajaetiell, 2015; Stornet

al., 2017).

al., 2016; Pacini Panebianet al., 2018) and few applications in people with lower-limb amputation
pattern of people with lower-limb amputation or other pathologies maynpoomise the validity of

(Sellest al., 2005; Magbooekt al,, 2017; Ledoux, 2018). It should be noted that alterations in the gait

the algorithms that were not developed for this specific population (Trojangtlal, 2015; Tuncat

While both inertial sensors and pressure insoles can be used for temporal parameters &sgessm
only inertial sensors allow to quantify spatial parameters. Two different approaches been
gait cycle is paramount

reported in the literature. In any case, the detection of either one or several events piagab the

The first approach consists in defining a kinematic model of Bigjti{e15). Two models based on
a single inverted pendulum have been proposed for people with loimes amputation froma
gyroscope located on the thigh (Miyazaki, 1997) or an accelerometer loattled lower-back (Zijlstra

and Hof, 2003; Houdij&t al., 2008) The accuracy of prosthetic and sound step length estimates was
not discussed (Miyazaki, 1997; Houdijkal., 2008) Aminian and coworkers have developed a more
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complex model including both shanks and thighs which allows gait event detegsing three
gyroscopes (Aminiagt al, 2002). Swing phase is modeled as a double pendulum while staneeiphas
modeled as an inverted pendulum model. Integration of angular rates of thesgypes and
knowledge of thighs and shanks lengths enable to obtain an estimate of stride Bngtgonometry.

All the developed models assume that gait is symmetrical, which is not the case in people with lower-
limb amputation, especially those undergoing rehabilitation.

The second methodological approach to obtain spatial parameters with inertial rsecmasists in
the direct integration of the anteroposterior acceleration measured at the trunk (i€bse, 2012)
shank (Lét al,, 2010; Trojaniello, Cereatti, Pelosit al., 2014; Bertolet al,, 2018) or foot (Sabatirmit
al., 2005; Marianet al., 2010) between successive gait events. Hypotheses on the velocity of the foot
(Sabatinket al., 2005; Jasiewiazt al., 2006; Marianget al,, 2010) or shak(Liet al., 2010; Yang and Li,
2012a; Trojaniello, Cereatti, Pelosat,al., 2014; Bertolet al,, 2018) at specific instants of the cycle
have to be assumed in order to correct the integration dBfthce the relative position of two inertial
sensors is not known, methods based on sensors mounted on shank or fgopmvide spatial
parameters relative to strides, but not to steps. Conversely, using a waist-nbifitdU, Kése and
coworkers obtaird an estimate of step length, with the assumption of equal speed at the beginning
and end of the gait cycle (Késeal., 2012). None of these methods have been validated on people
with lower-limb amputation.

3.2.2. Function assessment parameters

Function assessment parameters can be divided in kinematic and kinetic gait desciip®fisst
category of parameters can exclusively be estimated with MIMUs, while bettspre and inertial
sensors can be used to estimate the kinetics of human motion using wearable sensors.

a. Kinematic parameters

There is an extensive literature on the validity of using MIMUs to estimate kinenzatmpters
such as segment orientation, joint angles and range of motion (Piadraly 2008; Cuesta-Vargas
al.,, 2010; Seett al,, 2014; Lebeét al,, 2017; Poitragt a., 2019). Indeed, since sensors included in a
MIMU can be fused to estimate the orientation of the MIMU local frame in a global Haeith
reference frame (see section 3.1.1), MIMUs have quickly emerged as a promising le/a@#texhative
to optical motion capture systems (Womgal., 2007, 2015; losa, Picerrat,al,, 2016) However, noisy
measurements and drift entailed in the numerical integration of sensor data doesnake the
estimation of such parameters trivial (Bergangnal, 2014; losa, Picernet al,, 2016) Furthermore,
it must be noted that, to derive clinically-relevant information, the orieiaatof MIMU local frames
with respect to the underlying segments, also known as settsgsegment alignment, has to be
obtained (losa, Picernet al., 2016; Picerno, 2017; Poitrasal, 2019).

Four types of sensdp-segment calibration methods have therefore been proposed in the
literature: manual, static, functional and anatomical calibratioRry(Qre 16) (Pacheret al, 2020).
Manual calibration procedures consist in aligning the MIMUs case (and henb&NNtg local frame)
with at least one segment axiglthough easy to set-up and time-efficient, this method is highly
dependent on the operator and its reliability has not been assessed (Pathér 2020) For static
calibration, the participant is required to take specific static postures in which a segmeris axis
assumed to be aligned with the gravity vector or joint angles are assumed to be known (in general: 0°
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or 90°). This hypothesis may be a bit strong, especially in pathological gait ¢Zahaf019). Cultti

and coworkers have proposed to measure the residual joint angles usingi@rgder (Cuttiet al,
2010) to the cost of increased calibration duration (Paehel., 2020). Functional calibrations require
the participants to realize single-plane rotations in order to estimate the seg¢jaxis in the MIMU
frame. For applications in pathological gait, passive motions can be indycaad dperator(Qutti et

al., 2010; Pachest al.,, 2020). These methods are more complex to set up as the operators must ensure
that there is no outef-plane motion (Pacheet al., 2020) and depend on the biomechanical model
assumed to represent joint motion (Poitras al,, 2019) Finally, anatomical calibration relies on the
determination of anatomical landmarks to construct anatomical frames simikarlwhat is done in
optical motion capture analysis (Picerabal., 2008). Due to the complex additional instrument and
longer set up, this calibration method is less prevalent in the literature (Patredr, 2020). Sensor-
to-segment calibration methods have been developed and validated fareliff populations, tasks,
and sensor locations. Therefqia the absence of comparative studies, there is currently no consensus
on the most adapted method (Pachetral., 2020).

Figure16: Example of sensdo-segment calibration procedures
a. Static calibration (taken from (leiual, 2019));

b. Functional calibration (taken from (Seeél, 2014)),

c. Anatomical calibration (taken from (Piceetal, 2008))
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Assuming segments to be rigid solids, segntent-
sensor calibration provides the constant transformation
between MIMUs and anatomical frames and, thus, allows to
deduce segment orientations and joint angles in the global
Earth-fixed reference frame associated to MIMBsg(ire
17). The validity of MIMU-based joint angles and segment
orientations appear to depend on the joint or segment
considered as well as on the task performed (Cuesta-Vargas
et al, 2010; Lebelet al, 2017; Poitraset al, 2019)
Furthermore, joint angles appear to be less accurately
estimated than segment orientations (Lebstl al, 2017,
Poitras et al, 2019), possibly due to summation of AN
orientation erros (Lebelet al, 2017) and to soft-tissue
artefact impacting MIMUs alignments on segments of batigure 17 Knee joint angle estimation usin
sides ofa joint (Zabatet al, 2019). This could also resug;iggozgc)’ a shank MIMU. Taken from (Fat
from inconsistencies between the global Earth-fixed '
reference frames sensed by different MIMUs (Piceebh@l., 2011), in particular in the presence of
non-homogeneous magnetic field (Picered al, 2008; Lebekt al, 2018). Nevertheless, while
conflicting evidence has been reported for upper-limbs and complex motitaisio-excellent
reliability and strong validity has been reported in sound subjects fat gmgles estimated during
walking (Poitragt al., 2019). In particular, flexion/extension angles are best estimated, probably due
to the higher range of motion of joints and segments in the sagittal pMrike walking (losa, Picerno,
et al, 2016; Poitragt al., 2019). Most of the literature on MIMU-based kinematics have focused on
asymptomatic subjects (losa, Picerebal, 2016) and methods have rarely been validated for people
with pathological gait (Poitrast al., 2019) or adopted in clinical research (losa, Picezhal., 2016).
It is to be noted that Cutti and coworkers have devised a protocol f@nkatic gait analysis of people
with lower-limb amputation (Cuttet al, 2010). While reliability has been reported in people with
transtibial amputation, construct validity was not investigated (Ceittll., 2015) Furthermore, equal
to higher accuracy levels were reported for lower-limb flexion/extensionesngstimated visually by
orthopedic surgeons and other clinical specialists in quasi-static conditionsfgKiainal., 2019).
Therefore, although MIMUs appear promising, more studies are required to confiradiied value
of MIMUs for dynamic joint angle assessment in the clinical field.

b. Kinetic parameters

MIMUs and pressure insoles have also been investigated for the estimatignowfd reaction
forces(Shahabpoor and Pavic, 2017; Ancillabal., 2018) Pressure insoles only provide the vertical
component of the ground reaction force, while MIMUs are susceptible tavdlie retrieval of all three
components. Using single or multi-segment biomechanical models, MIMive been used to
estimate the body center of mass acceleration (Karatsdisl, 2017; Shahabpooet al, 2018;
Mohamed Refaiet al, 2020) From there, application of theE AS}v[e ¢« }v o0 A the « 3§}
estimation of the total ground reaction force, in the absence of other external foroesndtance,
when carrying a load). The vertical component of ground reaction force was dbowmaccurately
estimated in most cases, but poorer validity was found for mediolateral angtroposterior
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components (Ancillaet al, 2018). Furthermore, only few models have been proposed to distribute
the force between the right and left foot during the double stance of the gailecof asymptomatic
subjects (Reret al, 2008; Villegert al, 2014; Yang and Mao, 2015; Ancilleipal., 2018; Erfan
Shahabpoor and Pavic, 2018), with some attempts using machine learningpapes (Leporacet

al., 2015; Taret al,, 2019; Arumukhom Reet al., 2020)

Several attempts to estimate intersegmental forces and moments in asymptomatic pantgip
have been reported combining kinematics and ground reaction forces estinvatbdvilMUs (Yang
and Mao, 2015; Fabet al,, 2016; Karatsidist al., 2017). One study reported the joint use of MIMU
and insoles for the estimation of intersegmental forces and moments in asyngtic subjects
(Khurelbaataret al, 2015) and another proposed an inverse dynamic approach based on inertial
sensing and musculoskeletal modeling (Karatsitial, 2019). In all studies, poorer accuracy was
reported for the non-vertical components of the forces and non-sagittal comporénke moments

Finally, few studies investigated the feasibility of using MIMUs to estimate wapkwer, with
limited to poor accuracy achieved (Zijlsataal,, 2010; Pavedt al., 2020).

3.2.3. Performance assessment parameters

While MIMUs and insoles may not be as valid as the gold standard rotido assessment
parameters, a large number of applications to monitor locomotion quatity efficiency have emerged
with wearable sensors. In particular, monitoring of daily-living ambulgierformance and of upright
balance has been facilitated with the introduction of inertial sensors infigdd of motion analysis,
and original parameters have been proposed for gait quality assessment (icsanoRet al, 2016;
Bensoret al, 2018). The following overview of the literature on performance assessment paraneter
aims at identifying those that might be relevant to support the biomechanical amdallassessment
of the rehabilitation of people with lowelimb amputation.

a. Gait quality indices
I Symmetry

Spatiotemporal and loading symmetry have been investigated usitlty MtMUs and pressure
insoles. In particular, loading and temporal symmetry can be easilytoned with pressure insoles
(Nolanet al,, 2003; Cuttet al., 2018; Loireet al., 2019), whose use was validated against force plates
in people with transfemoral amputation for this specific purpose (Lodtetl, 2019). Regarding
MIMUs, although a large number of studies have focused on gait events detestcbiemporal
parameters quantification (see section 3.2.1), none reported the use of MIMUs to compute a
symmetry index based on gait cycle temporal parameters

However, several parameters based on MIMU signal processing have emerged fritaraiheré
for symmetry assessment (Benseiral, 2018) Thus, a coefficient based on the autocorrelation of the
anteroposterior acceleration measured at the trunk has been proposed to quantify temporal
asymmetry (Moe-Nilssen and Helbostad, 2004). A statistically significamtdalerate correlation was
found between the autocorrelation coefficients and insoles-based temporal aggmiim people with
transfemoral amputation (Turat al, 2010). Similarly, a global parameter has been proposed and
widely adopted in recent literature to quantify global gait symmetry throsgéctral analysis of upper-
body acceleration data: the harmonic ratio (Smédtal, 1971; Menzet al, 2003) Based on the
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observation that, in asymptomatic gait, tipelvis, trunk and head segments move symmetrically with

respect to the anatomical planes with a periodicity of a step along the direofiprogression and the

vertical direction, and with a period of a stride (two steps) along the medi@atirection Figurel8),

the Fourier decomposition of the displacement or acceleration signal measured at the loqger

within each stride is expected to contain even harmonics in the anteropostamobertical directions

and odd harmonics in the mediolateral direction (Sneidal., 1971; Cappozzo, 1981). These harmonics

are considered to describe the stereotype pattern pfju}s]j}vU v & oo Z]vEE]ve] [U A

Acceleration [g]
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Fgure 18 Lower-back acceleration of an asymptomatic person while walkin
right (vertical solid line) and left (vertical dotted line) heel contacts. Taker

(Bellanceet al, 2013)
A t anteroposterior direction; Bvertical direction; @ mediolateral direction

harmonics are considered to disturb thfvyZ & vS o} }u}s]lv % S$S Ev Vv & 00
(Cappozzo, 1981). The harmonic ratio was first introduced as the ratio of thefdtsm amplitudes of

intrinsic harmonics to the sum of the amplitudes of extrinsic harmonics ofatteeleration signal
measured at pelvis level (Smigttal, 1971; Menzt al,, 2003). The improved harmonic ratio (Pasciuto

et al, 2017) was then introduced to overcome limitations in the calculatiorthefharmonic réo
(Bellanceet al, 2013) and is expressed as a percentage of total symmetry. Both the harmahnic an
improved harmonic ratios have been studied in people withdalimb amputation (los&t al,, 2014;

Pasciutoet al,, 2017) and were reported to be related to dynamic balance andigillin amputees

and stroke patients respectively (lostal., 2014; Bergamirgt al., 2017)

il Balance

Postural balance

Postural balance has been described in gait analysis laboratoriesthsiognter of pressure (CoP)
sway path during stance (see section 2.3.3). The use of wearable sensors such as presssre ins
(Lemaireet al,, 2006; Kendekt al., 2010) or inertial sensors located near the center of mass (Betker
et al, 2006; Najafet al,, 2012; Al-Jawasdt al,, 2013; Noamarét al, 2020) may allow to retrieve the
sway path of the CoP or of the projection of the body center of mass while standing. Parameters
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extracted from the sway path, such as sway velocity and the lateral or anteroposterge cdrthe
CoP can be used to characterize postural balance (Kextdgll 2010; Al-Jawaet al., 2013; Hst al,,
2014) Figurel9).

comfortable feet position with eyes open (EO-CP)  standing with feet together and closed eyes (EC-TP)
15 15 T

one-leg standing with eyes open (EO-OL)

15

—

H H Sway Trajectory
T Sy L W Convex Hull

AP distance (mm)

AJP distance (mm)
AP distance {mm)

5L : i ! _- i 15 | H i 1 1 A5 1 | 1 | .
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MIL distance (mm) ML distance (mm) ML distance (mm)

Fgure19: Example of body center of mass sway trajectory retrieved with MIMUs for three equilibriurwitasikereasin
difficulty, from (Al-Jawad et al. 2013)

Alternatively, the root-mean-square (RMS) of accelerations, after subtraction of the gravity
component, were proposed as estimators of postural balance as they quémdifglispersion of the
accelerations while no motion is supposed to occur (Maneiral, 2012; Al-Jawaet al, 2013)
Although not directly comparable to the CoP sway path, the RMS acceleratitveshiarizontal plane
were shown to provide reliable and clinically relevant information regargmggural balance in both
*JUV %o ES] J% VEe VvV % ES] % VvSe (Mschial alE2Q1 }GHislierpt als
2019).

Balance control during gait

In the literature, balance control during gait has been defined eitisethe ability to maintain
continuous motion despite internal small perturbations (Keneledll., 2010, 2016; Lamotét al., 2010;
losaet al, 2014), the ability to minimize oscillations transferred from the lovwab$ to the upper-
body (loseet al., 2014; Summat al,, 2016; Bergamirét al,, 2017), or, in a simpler manner, &P ]38
that } v}S o $(Brijoet al,, 2013). A variety of parameters has been proposed in the literature
to quantify gait balance based on those definitions. They are either parameters derivaditieo
center of pressure or center of mass trajectory, parameters extracted from dynamical system the
and derived from raw signals, or coefficients directly extracted from root-mean-squar&)(RM
accelerations. Therefore, two approaches can be identified: a biomechanicithased approach
and a signal processing approach which consists in proposing parameters bates marasured
signals rather than processing the signals to degiyeiori defined parameters

Regarding the first approach, balance control has been assessed through the analysis of
parameters derived from the center of pressure (CoP) trajectory estimated with pressuitesinso
(Lemaireet al,, 2006; Kendekt al, 2010, 2016). A set of parameters derived from the CoP path were
proposed to characterize dynamic balance and compensatory adjustments: uneapect
anteroposterior and mediolateral direction changes or deviations, maximal lateral posititbe €oP
and cell trigger frequency. They have been analyzed in the population with loateemputation and
were shown to predict classical clinical balance scores (Keatdal] 2010, 2016; Howcroft, Lemaire,
et al,, 2016) Higher values were obtained for all parameters quantified on the intact orhpared
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to the prosthetic limb, suggesting that adjustments for balance mostly occurthdtlintact limb on

both transtibial and transfemoral amputee groups (Kendell., 2010, 2016; Howcroft, Lemairet,

al., 2016) This could be expected given that the prosthetic limb lacks functional neuromuscular
structures due to the amputation. The theory of dynamic margin of stability developadolb and
coworkers has also recently been transposed to wearable gait analysis in asymptgpmata and
elderly participants (Arviet al., 2016; Guaitolinet al., 2019; Fincet al, 2020) Only one proofef-
concept study provided an estimate of the margin of stability that was validatedhstgai gold
standard, but the method is complex as it requires seven MIMUs and the use of an opttaa mo
capture system for sensdo-segment calibration and anthropometric measurements (Guaitelini

al., 2019).

The second approach implemented for balance control assessment allows putsoparameters
or indices directly from the signals measured by wearable sensors. This ensurescechighyato the
detriment of hindsight on the retrieved parameters and therefore, a lower understanafiripese
parameters. However, a large number of studies have proposed to analyze dynamizhsarg such
an approach and MIMUs (Bensenal., 2018; Ghisliegt al., 2019)

The measurement of RMS of upper body accelerations, especially at loweebeakkd one of the
most reported parameter reported for dynamic balance assessment with inertial sensoemégav
and Menz, 2008; Howcrofet al, 2013; losa, Picerncet al, 2016). High RMS of upper body
accelerations have been shown to be associated with higher risk of fallsleereased balance
(Howcroftet al,, 2015; Summat al., 2016; Bergamirét al., 2017; Paradist al, 2019) Furthermore,
RMS of upper body accelerations have been shown to discriminate levels afgnaltiility in people
with lower-limb amputation (los&t al., 2014)

Attenuation coefficients (Mazzat al,,
2009), based on the ratio of RMS of
accelerations measured at successive levels
of the trunk (pelvis, sternum, head), have
been computed to quantify the ability to
minimize upper body accelerations in
people with transtibial amputation (Paradisi
et al,, 2019) Figure20). An amplification of
the acceleration variability was observed
from the sternum to the head. The resulting
head instability might explain the impaired
balance in people with lower-limb
amputation (Paradiset al, 2019). Indeed,
head stability is essential to ensure a steady

optical flow and a trustworthy processing of
Figure 20: Set-up of IMUs for the analysis of accelera

transmission from lower-limbs to the upper body, from (Bergaet vestibular signals which contribute to the
al., 2017). IMUs located on the right and left tibia were used fo  control of equilibrium (Berthoz and Pozzo,

segmentation 1994; Kavanagh and Menz, 2008; losa,
Picernoet al,, 2016; Summaeat al.,, 2016)
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The maximum Lyapunov exponent, a parameter extracted from dynamical systeory,thas
been extensively used in recent years in different populations (Betigl. 2013). This parameter
characterizes the resistance of a system to internal perturbations (which are, when the systen
body, perturbations inherent to the neuromuscular system). It quantifies the divergenceeateén
]v]8] ooC <Ju]lo & S E& idiérEdnal stdte spacg,dh¥d latter being reconstructed from
the pelvis accelerations and their time-delayed copies for instakéguie 21). Larger values of
Lyapunov exponent correspond to larger variability and lower gait dtabflithough the Lyapunov
exponent could differentiate people with lower-limb amputation from hegltontrols (Lamotlet al,,
2010), it might not be sensitive enough to detect changes within a supjeatSchooteet al,, 2013)
during his/her rehabilitation or following a modification of his/hepgthetic devices. Indeed, in a test-
retest study, the smallest detectable difference found between-session was higher than the difference
between elderly fallers and non-fallers (van Schoaea., 2013). Thus, this parameter does not seem
to be adequate to monitor pS] vSe[ %o E&}PE e¢¢]J}v HE]VP §Z JE & Z ]o]S §]}vX
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b. Gait efficiency

When considering parameters related to gait efficiency (ambulatory capacity inothenanity,
energy cost, cognitive demand associated with gait) obtained through wearablecptsithose have
been exclusively obtained with MIMUs or accelerometers.

i. Actimetry

Actimetry literally means the measure of activity. This term encompasses the detextite
nature of the activity, but also the estimation of its intensiBecently, accelerometshave been
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extensively used for the measure of activity, with several commercial solutions develapeathéigh
and Menz, 2008; Hafner and Sanders, 2014).

In quasi-static situations, accelerometers can be used as inclinometers to estimate the asientati
of the body segment to whircthey are attached. Using this principle, accelerometers located on the
residual limb and/or on the prosthesis of a lower-limb amputee cande=luo detect donning and
doffing of the prosthesis and to classify postures between standing and sigedfiéldet al., 2013a;
Gardneret al, 2016). More recently, manufacturers have shown interest in recognizing the situatio
encountered by the prosthetic user (staitslopes t level ground) in order to adapt the behavior of
the prosthesis to its environment (Dauriac, 2018). These classification schemdsatsm benefit
rehabilitation, as they could provide reliable information regarding bieéween-session exercises
performed by people with amputation (Preeetal.,, 2009; Hafner and Sanders, 2014)

Regarding physical activity level, it can first be estimated through the nuaiflséeps performed,
which can be extracted from features in the acceleration signals. In the contexoplepwith lower-
limb amputation, a distal attachment of the accelerometer on the prosthétib Iseems to be more
appropriate as sharper peaks will be detected than atghlvis, even if the accelerometer would only
detect prosthetic steps (Rosenbaum Cledal., 2009; Redfielét al., 2013a; Dauriac, 2018). Intensity
levels of the performed physical activity can be estimated based on the amount of stefusmed
during a specific timer based on thresholds on the acceleration magnitude summed over a specific
time window (Santos-lozanet al, 2014). Furthermore, energy expenditure has been estimated using
acceleromety: indeed, linear regressions based on acceleration features and anthropomorphic
measurements have been validated against indirect calorimetry for several popuwatimiuding
lower-limb amputees (Santos-lozarbal., 2014; Ladlovet al., 2017). The most appropriate position
of the accelerometer was found to be the waist on the side of the residuall possibly due to hip
hiking (Ladlw et al., 2017). However, no further analysis enabled to establish a relationship between
gait compensations and the increased accuracy of the energy expenditure regression with the
accelerometer at this location.

il. Cognitive load

In order to evidence higher cognitive demand associated with walkifigansfemoral amputee
gait, Lamoth and coworkers assessed the evolution of the sample entfdpy @elvis acceleration
signals while performing a dual-task compared to single-task or when walltdgors on irregular
terrains compared to indoors (Lamogt al, 2010). Sample entropy is a measure of similarity leefwv
two asynchronous time-series taken within the same original time-series (Rictand Randall
Moorman, 2000). It was found to decrease while performing a dual-taskoeindrease while walking
outdoors, meaning that acceleration signals measured at the pelvis are less repeatable aothplkedi
when performing a dual task compared to a single task but more repeatable when walkimmggarar
terrain than indoors. This might be associated with an increased voluntary caftnellking in
constraining conditions, reflecting the need of the person with amputat®noncentrate on where
to position his/her prosthetic leg to prevent falls and a decreased control when performing
simultaneously another demanditask (Lamotlet al, 2010) The authors also investigated the scaling
exponent, which indicates the presence of long-range correlations within al $ignagh Detrended
Fluctuation Analysis (DFA). This exponent had been shown to evolve in childney gsow up and
in people with cognitive impairment (Hausdodt al., 2001) However, no difference were found
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between the scaling exponentsf experienced transfemoral ampute@and asymptomatic people
(Lamothet al,, 2010) It should be noted that the scaling exponent has not been investigatpdaple
with lower-limb amputation during their rehabilitation, when they have not yet completesihretic
gait training.

3.3. Synthesis of the literature and limitations

This literature overview on wearable sensors highlighted the diversity oftijative parameters
describing locomotion that can be obtained with MIMUs and/or pressure éssdittention shall be
drawn on the fact that most methods to get those parameters were developed and validated on
healthy subjects, and that they often rely on specific features of MIMUs raw data signalstiEyus,
might not be directly applicable to people with lower-limb amputatie@specially those undergoing
rehabilitation. Indeed, slow walking speed and three- or four-points gait, such as when usaigesru
or other walking aids, have been shown to modify gait patterns or attenuate signal features.

Furthermore, due to the nature of the signals obtained with MIMUs and pressure insotasing
classical gait analysis parameters such as intersegmental moments, power, or positiat, is n
straightforward and may not achieve a sufficient accuracy (section 3.2.2) ydowkese sensors have
been extensively used to evaluate locomotion quality through balamed symmetry indices,
introducing new parameters that are usually not measured in motion laboratasgt gait analysis
(section 3.2.3). The relevance and validity of these indices for the assessmeamecfifob amputee
gait quality remains to be verified.

In the few studies focusing on the gait of people with lower-limb ampaoatirecruited
participants were generally experienced walkers, who did not require the use sfiagslevices. Only
two studies were conducted with non-experienced walkers. The first one monitored thiindhysical
activity, in term of number of steps, in the six weeks following the ampriawith a device that had
not been validated in this context (Samuelsgral,, 2017). The second evaluated gait quality of people
with transtibial and transfemoral amputation at dismissal from the rehabititatienter, in terms of
stability (using RMS of accelerations) and symmetry (using indices of temporal syranaeharmonic
ratio) (losaet al., 2014). Before clinical implementation to monit®e S] v3[e % EQURAIEE *+]}vV
rehabilitation, the methods shall be both adapted and validated on this specifialation, and test-
retest reliability shall be assessed in order to measure the sensitivity of ¢tleash and its ability to
detect clinically-relevant changes.
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Conclusion

The purpose of this first part was to identify gait parameters that could be cddaiith inertial
sensors and pressure insoles and that are clinically relevant for the rehabilithfi@ople with lower-
limb amputation.

The first two chapters have introduced contextual elements on amputee care, iicydart
regarding the tools used in clinics for gait evaluation. It appears thaplisitg and rapidity of
implementation are critical for an assessment tool to be adopted in clim@ine. For instance,
walking tests are often performed as they are reliable and easy to seSeyeral authors have
therefore proposed the instrumentation of TUG and timed-tests with wearable sensors en tard
extract additional parameters (Nguyen al, 2017; Bellusciet al,, 2018). Chapter 2 has also allowed
to identify relevant parameters used to assess the gait of people with lowérdmputation in motion
analysis laboratoriedn addition to joint angles and segment orientatiohsvhich allow to quantify
gait deviations that are visible to the cliniciabthe study of the body center of mass motion appears
relevant as it is a synthetic parameter that may reflect gait asymmetries and that is related to th
mechanical energy, and hence, the energy expenditure. Monitoring asymmetry intepapioral and
loading parameters also appears to be critical as it is correlated with the onsminadrbidities
Interestingly, few studies investigate balance of lower-limb amputgg grobably due to the lack of
dynamic balance descriptors proposed with optical motion capture systems and force plates.

The third chapter has introduced wearable sensors and, most partigufaessure insoles and
MIMUs, as well as their applications for human motion analysis. An extensive bbtyattire has
investigated the use of MIMUs for kinematic analysis, including in patlwalagait, but, comparatively,
few studies have investigated the ability of MIMUs to track kinetic parameters and thedeodgr of
mass motion. Most of the literature proposing wearable methods for ground m@adtrces and
moments estimationwere published in the last five years and developed and validated on
asymptomatic participantd=inally, MIMUs and pressure insoles were also found to capture a large
diversity of original gait quality parameters, characterizing, in particgkait,balance and symmetry
These gait quality descriptors can be obtained from a limited number obseasid are compatible
with clinical walking tests. Interestingly, two distinct approaches seem &rgenwhen using wearable
sensors for gait analysis. The first approach aims at retrieving biomechaaieaigiers, similarly as
with laboratory-based instruments. In most cases, these parameters can be quantified withegomp
algorithms requiring several synchronized sensors and a model of the humar{demdfor instance
the kinematic models and assumptions required for deriving full body joirnkatics or for ground
reaction force distribution during double stance phase). The second approapbges quantitative
parameters derived from the measure of raw signals from a limited number of wearablersemsb
allows to quickly retrieve conciggarameters able to quantify global aspects of gait related with
dynamic balance or symmetry. These parameters should therefore be easily intelligible hltheyg
may differ from the usually derived parameters from laboratory-based biomechanical gait analysis.

The purpose of the thesis could be further defined based on these findings ane wjikbified in
the next section.
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Aim of the theds

The aim of this thesis is to contribute in the development of wearable tools tocstippe
assessment of the functional rehabilitation of people with lower-limb amputation.

Based on the findings of the literature review presented in the first part ofthi@sis, it appears
that, to be relevant, such tools must allow to quickly retrieve quantitative atadligible parameters
describing the gait of people with lower-limb amputation and its alteratidhst instance, th
acquisition set up should allow to instrument clinical tests that are currently padd during the
rehabilitation or to obtain relevant data within a few steps in order not to interfere with the
rehabilitation ldeally, a minimal number of sensors should be used to reduce as passtdet-up
duration. Furthermore, a limited number of output parameters should be retrieved in order to
facilitate interpretation and limit the duration of the analysis.

Dynamic balance and gait symmetry seem to be of particular interest focatlmssessment as
these aspects of locomotion are able to quantify gait deficiency. However, these parameters alone do
not allow to get a complete picture of gait functional alterations and performance. The arclytsés
body center of mass motion appears therefore relevant to complete gait assessment. Indgledyst
to identify the presence of kinematic alterations and may provide insighthermetabolic cost of
walking without requimgthe analysis of individual joint motions or intersegmental forces, therefore
limiting the number of quantified parameters

Theaim of the thesids therefore to develop algorithms allowing the wearable characterization of
these different aspects of gait following two approaches which were identified in the literature.

The first approach aims at retrieving biomechanically relevant parameters from weaeaiders
through modeling of the human body as a set of rigid body segmentdasias what is done in
laboratory-based gait analysis. This approach allows to retrieve biomechanical parametdrava
demonstrated their usefulness in quantitative gait analysis at the cost of complex tlageri
development.Thus, the second part of the manuscript proposes an original wearable framework to
estimate 3D motion (acceleration and instantaneous velocity) of the body centaras$ from a
limited number of sensors. The framework will be developed and validatetieodata of a person
with transfemoral amputation taking laboratory-based instruments and a fullyboertial model as
criterion measurements.

The second approach aims at processing wearable sehseid? \and at identifying features in
the retrieved signals that may relate to gait descriptors. A large amefusiudies has thus proposed
to quantify gait balance and symmetry using this approach. In particular, the arafiygiseleration
signals measured at the pelvis, trunk or head levels in different populations wassgepo quantify
gait balance. Temporal parameters and symmetry were computed from the analpséssiire insoles
signals or from the detection of gait events instants of occurrence, identified as sgeatiires in the
signals of a singlpelvis or two lower-limb-mounted MIMUs. Such parameters issued from signal
processing have not always been studied in people with lower-limbugetion while they might be
relevant for this specific population. The third part of the thesis therefore aims at contribuatitige
creation of knowledge regarding these recent parameters by providing reference values for the
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population of lower-limb amputees. In addition, a comparative evaluatidilivU-based gait eves
detection algorithms taken from the literature will be proposed to investigtteir validity for
temporal symmetry assessment in people with lower-limb amputation.

These two complementary approaches allow to contribute to the development of wearghit
analysis protocols for thén-field assessment of the rehabilitation of people with lower-limb
amputation. The first approach allows the development of an original framework amdilmates to
fundamental research on wearable gait analysis. The second approach contributes to thencoéati
knowledge and aims at better characterizing recently developed gait indices. Thisaelppis
therefore closer to the clinical transfer of wearable tools for rehabilitation. However, fuviddetation
steps are required prior to implementing teemethods in the rehabilitation process.

In order to develop both these approaches, several data sets, which have been either collected in
the course of the PhD or which had already been colleittélde context of previous work, were post-
processedFigure22 provides an overview of the data that has been used during the thesis for the
development of algorithms and creation of knowledge.
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Fgure22: Graph of the experimental data used in the course of the thesis for the development of the eigiealork (Part 2) or tt
creation of knowledge regarding recently developed wearable sensor-base gait quality indices (Parfr@mné&hblox corresponds
a data collection and indicates the number of participants, the nature of the trials and the acquisition systems used.

Two datasets that had been collected during masters occurring in 2016 were processed in the course of the presand tives
partially completed by acquiring supplementary data in the course of the PhD.

The dataset in blue box correspond to data collected using only laboratory-based instruments while idayetiels boxes we
collected using only wearable sensors. Protocols involving both laboratory-based and wearable capture systems aregfesn
boxes.

TF = people with transfemoral amputation; TT = people with transtibial amputation; AS = asymptdijeatis; OMCS = Optical Mc
Capture Systems; IMUs = (magneto-)Inertial Measurement Units; 2MWT = 2-minute walkinGtestimedJp-and-Go test

The thesis benefited from the availability of data from a cohort of ninepfgewith transfemoral
amputation, recorded with laboratory-based instruments. This data (used in Chapter 2 Partv@dallo
the development of the wearable framework proposed in the third chapter of Part 2.
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Part 2: Development of a wearable framework for the esimation of
the body center of mass 3D motion during gat of peope with lower-
limb amputation

This part of the thesis aims3 & S$E&] AJvPU (E}u 38Z v oCe]s }( A E
biomechanically relevant parameters that have proven to be meaniifigf the analysis of lower-limb
amputee gait: the 3D motion of the body center of mass (BCoM). Indeed, the ctulg BCoM path
may allow to charactezi gait alterations that are not visible to the naked eyes of clinicians and has
been shown to evidence an asymmetrical gait pattern (Askewl, 2019; Tesio and Rota, 2019)
Furthermore, BCoM velocity can be combined with ground reaction forces under edcb &stimate
mechanical work and energy, providing insight on gait efficiency (Doe¢lah 2002a). Eventually,
the combination of ground reaction forces and kinematic parameters wouldvatim obtain
intersegmental kinetics. As a consequence, the estimation of 3D BCoM motion aviduatilimb
ground reaction force is of particular relevance for gait analysis of people with-Hlonie amputation

(see Part 1, section 2.3.X) d} §Z pu3Z}E[* Iv}Ao P U 8Z ( +] ]o]3Cte})f <pu v3](C

using wearable sensors has never been investigated in people with lower-limb amputation.
From a mechanical standpoint, the kinematics and dynamics of the bodyraenteass (BCoM)
are important parameters of the locomotion which directly result from the applicatibexbernal
forces (Tesio and Rota, 2019). The application of the fundamental principligaaric indeed yields
the following equations for linear and rotation motions:
I axitno- oy L AUr E loaxt (1)
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Where all the following quantltles are expressed in an Earth-fixed reference frame:
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The first equation indicates that the linear motion of the body is explained bgtternal forces

that are exerted on the body and can be used to describe the translation mofidine body. The

second equation, less frequently used to describe human motion (Herr and Popa®8&), indicates

that the rotation motion of the body around a point A is explained by the eslemoments applied

at this point. Equation 2 can be simplified as follows when expressed at the BCoM:

éino.y -
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When no external moments are applied on a body, the angular momentum is a cedsgrantity.
While this is not the case in human legged locomotion, several authors have deatedghat the

‘noeyéaczs
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angular momentum takes small values during gait in spite of prominent segmemaiibutions
Therefore, the angular momentum has been assumed to be highly regulated lmetival nervous
system in order to minimize angular excursions of the body (Popd\dt, 2004; Herr and Popovic,
2008). Fluctuations of the angular momentum are evidenced by the dynamic momeartd have
been shown to be a promising indicator of gait balance, in particulatroke and in lower-limb
amputee patients (Silvermaat al., 2008; Not et al., 2014; Neptune and Vistamehr, 2019). Therefore,
the study of the angular momentum appears relevant for the rehabilitation of peoptelawer-limb
amputation. Developing algorithms allowing to estimate the angular monmardand its fluctuations
from wearable sensors is a relevant track of research for future works (Neptune and Vistani€)r, 20

In this part of the thesis, however, only the first equation of the fundamental prieeiplf
dynamics will be investigatedt indeed allows to retrieve the 3D motion of the BCoM and provides
hindsight on gait asymmetry and mechanical energy parameters, which could be usgupturt the
functional rehabilitation of people with lower-limb amputation. Thenefothe feasibility of estimating
the 3D acceleration, velocity or displacement of the BCoM in people with {brvbramputation from
wearable sensors appears highly relevant.

In motion analysis laboratories, BCoM acceleration can be immediately edrievm force plates
using equation (1). Integration of the BCoM acceleration with proper irgvalditions yields the
instantaneous velocity of the BCoM, which can be further integrated to estimate the trajectory of the
BCoM. When force plates are not available, an optical motion capture system covigieah inertial
model providing, for each segment, its mass and the position of its center of madd)(8Cthe
anatomical frame defined by segment-mounted markers can be used instead. Indeed, using a
representation of the body as a chain of linked rigid segments of rhgsthe BCoM position can be
retrieved using equatio (3) from the positions™.,., }( $Z <« Pu vSe[ vS & }( U e

hoey L A oy ()

Then, by differentiating equation (3), the velocity or the acceleration of the B&aolbe retrieved
from optical motion capture data:

hoey L A 3oy, (@)

Eventually, the ground reaction force can be estimated using equation (1), prouin the
person is not carrying extra weight and no other external forces are applied on tlye bod

When using wearable sensors such as MIMUSs, the output data is not the same as the oaedorovi
by force plates or optical motion capture system. Indeed, MIMUs provide tleeaation of the origin
of the sensor case, the angular velocity and the magnetic field in the MIMUftaca¢ but do not
provide the absolute position of the sensor in a global Earth-fixed frame. Fontiie, even if a full
body MIMU set couldbe adopted to track the kinematics of all body segments, similarly to what is
done with optical motion capture systems, instrumenting the whole body with sensos advisable
for clinical transfer of the protocol. Indeed, a trade-off between accuracy and coityplefxthe
acquisition protocol is essential for applications in the clinical fisltere clinicians may only have a
limited time to spend with the patient (Huntlest al., 2017) Therefore, a specific protocol must be
developed for the estimation of the 3D motion of the BCoM from wearable sensors.

This part of the thesis therefore aims at contributing to the developmeawedarable gait analysis
protocol for the estimation of 3D BCoM acceleration and instantaneous velocity. SheHapter
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provides an overview of the existing wearable methods for the estimation &G&M motion, as well
as their validity. Then, the second chapter aims at identifying contributbesach body segmerb
the BCoM acceleration so as to identify optimal combinations of sensors and tlsiopmg for an
accurate estimation of BCoM acceleration in people with transfemoral amputatole limiting the
number of required sensors. The study implemented in this second chapter was baseddatattod

a cohort of ten people with transfemoral amputation for which onlyctplates and optical motion
capture data were available. Chapter 3 consists in a ppbabncept study regarding the application
of the identified combinations of sensors for the estimation of 3D BCoM acceleatibrelocity in a
wearable framework, using magneto-inertial measurement détaallenges associated to the use of
MIMUs will be identified and tackled in this chapter. Finally, a sensitivity anatysistigating the
impact of sensors mispositioning on the estimation of the BCoM acceleratiobevproposed in
chapter 4. The methodology developed in thig ldsapter could be applied to other segment models
or to other BCoM derived parameters, such as the instantaneous velocity of the center of mass.
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Chapter 1t 3D motion of the body center of mass: stafehe-art
of wearable sensor-based methods

1.1. Overview of wearable-sensor based methods

In the last decade, the number of studies investigating the feasibility of acquibnground
reaction forces (GRF) or 3D motion of the body center of mass (BCoM) through its dicceleetocity
or displacement using wearable sensors has considerably increased. To facilitate the todnsfer
methods for the in-field assessment of 3D BCoM motion or total GRF, it is essekéi@btthe number
of required sensors as low as possible while obtaining sufficient accuracy (Aecdla@018)

Table 2 presents an overview of the published literature where developed methodghier
acquisition of total GRF or 3D BCoM motion were validated against atgoldard and involved the
sole use of MIMUs and/or pressure insoleshould be noted that methods developed and compared
to a gold standard for the estimation of GRF under each foot independently weraatoded if the
comparison between total GRF and the gold standard was not provided. Howeveedar reviews
investigated the validity of such methods and reported that, in general, poor acctoacthe
anteroposterior and mediolateral component of GRF was achieved when using pressies amsior
MIMUs (Shahabpoor and Pavic, 2017; Ancélzal., 2018) Better results were achieved using machine
learning paradigm, although these methods were in their infancy at the time of the re\igncillao
et al, 2018; Tarmt al, 2019). Recently, promising mixed inertial and musculoskeletal approaches were
developed (Dorschkgt al, 2019, 2020; Karatsidet al., 2019) Readers are advised to refer to the
abovementioned reviews for more details on single-limb GRF estimatiah&Bpoor and Pavic, 2017;
Ancillacet al.,, 2018).

Regarding methods investigating the 3D path of the BCoM or the total GRF, ie& gneghorted
in Table 2 were retrieved in the literature. All methods involved from 1 to 17 MIMlite only one
study combining pressure insoles to MIMUs for stance phase detection (YddnMn Chen, 2014).
Eleven studies involved the use of a MIMU at pelvis or trunk level as an approxiroatioen BCoM
(Meichtry et al, 2007; Esseet al, 2009; Floor-Westerdijlet al, 2012; Yuan and |. Chen, 2014;
Regterschoet al, 2014; Myklebuset al., 2015; Najafet al,, 2015; Sabatini and Mannini, 2016; E.
Shahabpoor and Pavic, 2018; Lintmegéral., 2018; Mohamed Refait al., 2020), with two studies
using other MIMUs to complete or correct the estimati@vitan and |. Chen, 2014; Sabatini and
Mannini, 2016) and two studies simultaneously evaluating multi-sensdiguwations and concluding
on their superiority (Najafet al, 2015; Lintmeijeet al,, 2018) The remaining six studies investigated
only multi-sensor configurations for the 3D BCoM motion (Zijkstied., 2010; Fabeet al., 2016; Fasel,
Sporri,et al, 2017; Karatsidist al., 2017; Shahabpoaet al,, 2018; Paveet al, 2020) Three main
categories of biomechanitmodels could be identified based on the approach chosen: models based
on single-sensor approximation of the BCoM, on multi-segment inertial modeds, lanematic chain
Two methods consisted on mixed approaches involving machine learning noédlggd Sabatini and
Mannini, 2016; E. Shahabpoor and Pavic, 2018).

The developed methods were validated on asymptomatic populations, eiinestriaight walking
(9 studies), for sports motion (4 studies: golf swing, cross-country skiinge alkiing, rowing), for
jumping (1 study), for site-stand transfer (2 studies), or trunk bending motion (1 study). Regarding
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the BCoM outcome parameters, studies investigated either the accuracy of the estimatibtie of
acceleration (9 studies: 4 studies investigated 3D motion, 4 studies validetiydthe vertical
component and the study on rowing only investigated the accuracy in the dgiimaf the
anteroposterior component), the velocity (6 studies: half investigated thee@city and the other
half the vertical component) and/or the displacement (8 studies: 7 investigate@8Ehcomponent and
the last one the vertical component). Optical motion capture data, force plates or instrumented
treadmill were used for validation, except in one study where tri-axial force sensors were usad und
each foot (Mohamed Refait al, 2020). Among the seven studies usargoptical motion capture
system for validation, two used a full-body inertial model (Floor-Westeedligt., 2012; Myklebuset

al., 2015; Fasel, Spormet al, 2017) while the other used markers directly on top of MIMUs for
validation.

The next two paragraphs will discuss the accuracy achieved respectively usingesirggle and
multi-sensor approaches.
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Table 2: Estimation of 3D motion of the body center of mass (BCoM) from wearable sensors.
Acc. = acceleration; Velvdocity; Disp. = displacement; Traj.= trajectory; AP = anteroposhticr mediolateral; CC = craniocaulldIMU =(Magneto-)Inertial Measurement Units; OMCS =
Optical Motion Capture Systems; AS = Asymptomatic subjects; BW = Body Weight; (N)RMSE ] Ruotdliean Square Error

BCoM Approximation = method where a single MIMU was used and assumed to be representative of the BCoM motion

BCOM motion | Method Validation
Authors . Reference, situation
Acc.| Vel.| Disp.| Method type Wearable sensor s " | Results
population
(Esseetal, |CC |CC |CC |Biomechanical model |1 MIMU at lower-back (L4) | - OMCS (marker on top| High correlations of peato-peak vertical acceleration, velocity and
2009) (BCoM approximation| of MIMU) displacement (ICC > 0.78). Signiitodifference in vertical velocity (< 2.5%)
- Straight walking
-5AS
(Faberetal, | 3D |- - Biomechanical model | MVN suit: 17 MIMUs - Force plates CC: RMS ~ 10 N ~ 1% peak value, Pearson r2>0.98
2016) (Inertial model) - Trunk bending AP, ML: RMS ~ 10N ~ 0.123n8~0.6
-9AS
(Fasel, - - 3D Biomechanical model | 7 to 11 MIMUs (shanks, - OMCS (full body Overall accuracy < 26 mm for full body model.
Spérri,et al, traj. | (kinematic chain) thighs, sacrum, sternum, | inertial model) When arms are not taken into account, decreased accuracy in 3D (-3mm),
2017) head + arms, wrists) - Sloped skiing and CC direction (up to 8 mm), but no impact on precision
- 11 skiers
(Floor- - - 3D | Biomechanical model | 3 MIMUs (Sacrum + Right § - OMCS (full body Full body vs general compensated single sensor
Westerdijk (BCoM approximation| Left shanks for gait inertial model) ICC: AP: 0.68; ML: 0.77; V: 0.96
et al, 2012) segmentation) - Straight walking RMS (mm): AP: 5.52; ML: 4.44; V: 3.17
- 8 AS (50-75 years)
(Karatsidis |3D |- - Biomechanical model | MVN suit: 17 MIMUs - Force plates Estimation of individual limb GRF. During single stance (GRF = mass *
et al, 2017) (Blnertial model) - Straight walking acceleration of BCoM):
-11 AS NRMSE(%): AP=10.0; ML=35.4; V=9.0
(Lintmeijer |AP |- - Biomechanical model | 13 MIMUs + single pelvis | - Force plates single-pelvis MIMU: good reliability (ICC > 0.91) but elevated mean NRMS
et al, 2018) (inertial model vs MIMU - Rowing (9.15%).
BCoM approximation) - 9 rowers Full body standardized model should be preferred (ICC > 0.98%, NRMSE
(Meichtryet | - 3D |3D Biomechanical model | 3D accelerometer at L3 - Force plates - L3 leads the CoM in AP direction
al., 2007) (BCoM approximation| - Straight walking - larger acceleration amplitudes but significant correlations in RMS
-12 AS accelerations
- larger vertical excursions but high correlations (> 0.9)
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BCOM motion | Method Validation
Authors Acc.| Vel.| Disp.| Method type Wearable sensor Refereqce, situation, Results
population
(Mohamed |3D |- - Biomechanical model | 3 MIMUs (sacrum + feet for - Force sensors under | - Significative correlations in all directions (AP > 0.7 except for asymmetric
Refaiet al, (BCoM approximation| reference frame) each foot walking, CC > 0.75 except for slow walking, ML < 0.55)
2020) - Walking tasks includin{ - RMS < 7.4 % BW in all directions
turns - NRMSE: Horizontal plane: 12.1% +/- 3.3%
-8AS Vertical 10.2 +/- 1.2%
(Myklebust | - - 3D Biomechanical model | 1 MIMU at S1 - OMCS (full body IMU captures CC excursion of S1 marker with aoyuw£%
et al., 2015) (BCoM approximatia) inertial model) + 1 RMS error ~ 5% in ML but up to 72% in AP and CC excursions
marker at S1 level
- cross-country skiing
- 6 skiers
(Najafiet al., | - - 3D | Biomechanical model | 1 to 3 MIMUs (shank, thigh| - Pressure platform /5 | - 2-link model optimal accuracy/simplicity ratio (r > 0.93 in AP and ML ; but
2015) (comparison of 3 x-link back) OMCS markers to 14,6% error in ML motion)
models) - Golf swing - High correlations with OMSbased CoM during dynamic swing ( 0.91 in AR
-4 AS + 18 golfers and 0.71 in ML; RMSE 12% and 15.52 % in AP and ML)
(Paveiet al, | - - 3D | Biomechanical model | MVN suit: 17 MIMUs - Force plates - 3D contour : good reliability (ICC = 0.86) but poor shape agreement (3D F
2020) (Inertial model) - Straight walking = 17 mm), especially in AP and ML directions- Very poor accuracy in BCO
- 12 young AS displacement (mean RMS > 37% in AP and ML and up to 98% of RMS err
direction)
(Regterscho{ CC |CC |- Biomechanical model | 2 MIMUs (sternum, right - Force plates - Time-series were not compared.
et al, 2016) (comparison of 2 waist) - Sit{o-stand transfers | - Strong to very strong association between hip sensor and platforms but o
BCoM approximation) - 27 older adults maximal acceleration was within 10% of the reference value. Systematic
overestimation of all other measures
=> adequate validity of hip MIMU but insufficient accuracy
(Sabatini - 3D |- Mixed machine 2 MIMUs (L5, right shank) | - OMCS (rigid clusters g -LoA of cyclical component (+/- 1.96 std):
and learning approach ang markers on top of - ML = 0,07 m/s (+/- 0.10 m/s)
Mannini, biomechanical model MIMUS) - AP =0.03 m/s (+/- 0.05 m/s)
2016) (BCoM approximation| - treadmill / straight- - CC =0.06 m/s (+/- 0.10 m/s)
walking -RMS error of average velocity : 0.06 m/s (0.07 m/s) (Average RMSE abou
-12AS/5AS above 4km/h if taslspecific training vs 5% when non-task specific training)
(E CC |- - Mixed machine 1 MIMU at C7 - Force plates / insoles | - in-lab validation
Shahabpoor learning approach - treadmill / outdoor NRMSE vGRF = 5.6 % +/- 1.5% with dynamic time warping vs 7.5% +/- 1.}
and Pavic, (dynamic-time free-walking without
2018) warping) & -6 AS/10 AS - outdoor validation
biomechanical model range NRMSE =171%
(BCoM approximation|
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BCOM motion | Method Validation
Authors Acc.| Vel.| Disp.| Method type Wearable sensor Refereqce, situation, Results
population
(Shahabpool| 3D |- - Biomechanical model | 3 MIMUs: C7, L5, right thigh - 3-IMU model:
et al, 2018) (Inertial model: (located the closest possibl NRMSE 16% in AP, 18% in ML and 7% in V
comparison of to SCoM) => NRMSE can be decreased by 3-5 % with subject training (12 MIMUSs)
different models) => Non-linear model by including 1-lagged term improved NRMSE by 2%
- Outodoor validation
=> Model 2 NRMSE 8.7 % for vertical GRF
(Yuan and .| - 3D [3D |Biomechanical model | 3 MIMUs (pelvis, thigh, - OMCS - Marker on tog - RMSE AP 0,051 m/s (< 3 % of max velocity) / 3.8 cm (total length: 3.6 m)
M. Chen, (fusion of kinematic | shank) of pelvis MIMU -RMSE V 0,029 m/s /3.2 cm
2014) chain + BCoM & pressure insoles (stance | - Jumping forward - RMSE ML 0,13 m/s (lack of accuracy) / 5.2 cm
approximation) phase) -1AS
(Zijlstraet CC |CC |- Biomechanical model | 3 MIMUs (sternum, pelvis, | - Force plates - weighted average of sternum and waist sensor achieved highest correlati
al., 2010) (comparison of inertial right waist) - Sitto-stand transfers | (mean 0.99 / 0.94 for young/elderly) and good accuracy (NRMSE from 11.}
models) -5 AS + 12 elderly 13%).
- Pelvis MIMU achieved good accuracy (NRMSE < 13.4%) but correlations
as 0.56 for slow motion. Sternum MIMU highly correlated (r > 0.85) but hig
NRMSE (> 24%)
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1.2. Single-sensor approach

In general, singleegment approachsare based on the assumption that a single sensor positioned
at pelvis level allows to capture BCoM motion with great accuracy (@&@ald 2004; Floor-Westerdijk
et al, 2012; Huntleyet al,, 2017) The underlying hypotheses withthis theory are that the BCoM is
fixed in the pelvis reference framieand therefore, that it is not influenced by the other body segments
motions relative$} $Z  %o(Eamést al, 1999; Floor-Westerdijkt al, 2012) t and that pelvis
rotations can be considered as sufficiently small so that the relative motioskihamounted marker
compared to the BCoM due to these rotations are negligible (@ardl, 2004) Although these
assumptions can be valid in people with asymptomatic gait at self-selectslower speeds (Gasd
al., 2004), they were shown not to be acceptable in pathological gait whersittigée-marker method
implemented in laboratory-based gait analysis was shown to result in significargstvnationsin
the estimated BCoM excursiqaverage error of up to 5 cm within a step in the anteroposterior
direction in post-stroke participants) compared to a full body inertialdelo Eameset al, 1999;
Huntleyet al,, 2017). BCoM excursions were also shown to be overestimated using a single atarker
pelvis level in the asymptomatic population, especially when performingrdigahmotion (Paveet
al., 2017)

Despite this conflicting evidence, the single-marker apphnoamains attractive because it offers
a simple and quick estimate of BCoM motion with a good agreeméhéimotion patterns compared
to force plates or full body data (Gaed al., 2004; Huntleyet al,, 2017). Therefore, several authors
have investigated the validity of using a single MIMU at pelvis levapproximate BCoM motion
(Meichtry et al, 2007; Esseet al., 2009; Floor-Westerdijlet al, 2012; Yuan and |. Chen, 2014;
Regterschoet al, 2014; Myklebusekt al, 2015; Najafet al,, 2015; Sabatini and Mannini, 2016; E.
Shahabpoor and Pavic, 2018; Lintmegeal, 2018; Mohamed Refai al., 2020).

In three studies (Esset al., 2009; Yuan and Chen, 2012; Sabatini and Mannini, 2016), the single-
MIMU-based BCoM motionas compared to that obtained with reflective markers positioned above
the sensor and not to a gold standard (full body inertial model or fplete data). However, the
methods were applied in asymptomatic subjects, where the sacral approximation of the &@dbé
considered valid during straight walking and comfortable speed (&aall, 2004). In (Essest al,,
2009), vertical peaks-peak acceleration, velocity and excursion of the BCoM obtained with a MIMU
positioned at L4 were compared to that derived from a MIMU-mounted marker. Althdugjhn
agreemen was found for these three parameters against marker data, the amplitude of vertical
velocity motion was slightly<(0.04 m.s!), but significantly, underestimated with the MIMU (Esser
al., 2009). Errors might have been introduced during the integration psookacceleration data. Both
other methods, which provide results in the three directions of motion, rely ontiaddil sensors to
improve the integration and the estimation of BCoM velocity (Yuan and |. @bé&nd; Sabatini and
Mannini, 2016) Furthermore, these methods provide the instantaneous walking velocity while the
former only provided an estimate of the mean-subtracted walking velocity.

The remaining single-sensor-based studies investigated the validity of the-sliiglé approach
against either force plate data or full body inertial models in different situatidhen the considered
situation included significant upper body motion, such as when skiing (Mykletuat, 2015)
performing golf swing (Najait al., 2015) or rowing (Lintmeijest al,, 2018), a significant decrease in
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accuracy was observed, in particular in the anteroposterior direction. This mighplareed by higher
range of motion of the trunk and arms, compared to walking. Furthermore, decreased agreefment o
the anteroposterior and mediolateral acceleration were observed in asymptomatic subjatksg
with a forced asymmetrical gait pattern compared to normal walking (Mohamed Bieédj 2020)
These results seem to indicate that including a sensor on the trunk, rather than solely peltise
might be necessary for pathological gait, in particular in people witlet-limb amputation who were
shown to present wider range of motion of the trunk segment (Goujon-Rilieal., 2008). This
proposition was already underlined in (Meichetal, 2007) where the anteroposterior acceleration
measured at L3 was found to precede the BCoM acceleration in the asymptomati@fuapul his
phase difference, which was not observed in the vertical direction, might exjplaioverestimation

of mechanical energy parameters when using the sacral method compared to full btmtgeplate
data (Meichtryet al., 2007; Paveit al, 2017). Higher excursions of the BCoM were found in all three
directions when using the single sensor approximation compared to a gold steshaiémg sitto-stand
transfer (Regterschat al., 2016) and straight walking (Meichtey al., 2007; FlooM/esterdijket al.,
2012), similarly as when using a single optical motion capture marker @alei2017)

As introduced in the first paragraph, pelvis rotations and in particular petvisait be accountable
for the increased range of motion of a skin-mounted device compared xed fioint within the pelvis
(Gardet al.,, 2004; Floor-Westerdijkt al., 2012). In order to mitigate the effect of pelvis rotations on
the BCoM displacement estimated with the single sensor approach, Floor-Westedlijoaorkers
used a generic translation vector to transfer the acceleration measured at the sacrum to ajthint
the pelvis, considered to be the BCoM (Floor-Westerelijial,, 2012) This resulted in a significative
improvement of the accuracy and agreement of the displacement of the BCoM in the mediolateral
direction as evidenced by the reduction of root mean square error by 40% (RMS = 4 28teed of
7.16 mm) and the increase of the intraclass correlation coefficient (ICC going fédima00.77)
between the MMU-based and the segmental analysis-based BCoM. Agreement in the anteroposterior
direction remained moderate (ICC=068) $Z u $Z} ] v[Ss }EE& S (}& $Z o P } « (E
pelvis and BCoM motion.

Finally, Shahabpoor and Pavic proposed a machine learning approachetasimtine accuracy of
the vertical component of the BCoM acceleration estimated using a single NEMBhahabpoor and
Pavic, 2018)The vertical BCoM acceleration was estimated using the acceleration measured at C7
corrected by a time-varying factor. The former was derived from a dyn@me warping approach
that was applied to the average time-seridsidference betweerC7and BCoM vertical accelerations.
This approach allowed to reduce the error achieved when using a constant coefficient &y big4,
yielding an average error of 5.6 %. The validity of this approach was not invedtifyat the
anteroposterior and mediolateral components of the acceleration or of any otheMBiKimematic
descriptor, therefore, the added value of the complex machine learning aghreompared to a
constant coefficient method applied at pelvis level is questionable.

1.3. Multi-sensor approach

Two main approaches are described in the literature when dealing with multiple sensorso$he m
common approach consists in the wearable version of the full body inertial nibdbkret al., 2016;
Karatsidiset al,, 2017; Lintmeijeet al, 2018; Paveet al,, 2020), possibly simplified using a reduced

54



number of sensors (Zijlstiet al, 2010; Najafet al., 2012; Shahabpacet al,, 2018) while the second
approach relies on a kinematic chain (Yuan and I. Chen, 2014; Fasel,e5ptiy2017).

1.3.1. Inertial model

Methods based on the inertial model paradigm rely on the fact that the 3D BCavhétits can
be retrieved through the weighted sum of the kinematics of the body segments centeragd m
(SCoM). First, segment-mounted MIMUSs allow to retrieve the acceleration of the SCoMandiblen
fused to estimate BCoM acceleration, and, after integration, BCoM velocity or trajeéionpertial
model provides, for each included segment, the position of its center of maskeirsegment
anatomical frame as well as the mass of the segment.

Four studies have investigated the accuracy of a full-body inertial model assbweith MIMUs
for the estimationof BCoM motion. The first three studies use the xSens MVN suit (consisting of 17
MIMUs positioned at specific locations on the body), therefore, unknown proprietbyyrithms
allowed to retrieve the SCoM accelerations from MIMU measurements. Two of theseesstudi
compared the 3D BCoM acceleration retrieved from the xSens MVN suit to force pléaedudiag
straight walking (Karatsidet al., 2017) and a trunk bending task (Fakeml, 2016) In both cases,
poorer accuracy was achieved for the anteroposterior and mediolateral directions than fogrieal/
direction and only moderate correlations were found between the lateral component estinaith
the MIMU-based inertial model and the force plates (average of 35% of errdhe imediolateral
direction during single stance in straight walkingKaratsidi®t al., 2017)) Another study investigated
the accuracy of the 3D BCoM trajectory output of the MVN suit compared to force platesdivdl
motion capture (OMC) data (Pawtial., 2020). The MIMU-based 3D BCoM path was found to have
different shape than that obtain with force plate or OMC data, with significant errors. Averagrs
were in fact above 35% in both the anteroposterior and mediolateral direstamd leaded to an
overestimation of the external work of more than 100%. In the fourth study, Lifj¢mend coworkers
investigated the use of a 13-segment inertial model to track the BCoM acceleratidhein
anteroposterior direction while rowing. Each of the thirteen MIMUs was manuallyigaosi at the
longitudinal position of the SCoM of the underlying segment and wasdemesi to directly provide
the SCoM acceleratioontrary to when using a single sensor at the pelvis, the 13-MIMU set allowed
to estimate accurately the anteroposterior acceleration of the BCoM (Lintmetjet, 2018) Such
results may not be achieved in different motions such as walking.

The four abovenentioned studies involved a full-body inertial model and the use of 1370 1
MIMUs. For the sake of simplicity and time-efficiency, a wearable protocol intendetidalinical
field should include the minimal number of sensors possible (Natjafi, 2015; Ancillaet al., 2018;
Jeonget al,, 2018). Therefore, three authors proposed a reduced set of MIMUs for the estimation of
BCoM kinematics.

For instance, a model combining the trunk and pelvis segments was proposed tatesii®oM
kinematics and the vertical power/E & § § 8§z }D 8} 0](8 §Z } QuridgBit"o](S]vP
to-stand transfers of elderly people from only two MIMUs (Zijlstral., 2010). Although this model
resulted in a significant overestimation of the vertical acceleration of the BCoM (about ti2%),
simple MIMU-based estimation was found to be highly correlated withvérécal BCoM motion and
allowed to predict the pealof lifting power estimated with force plate data. Najafi and coworkers
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proposed a two-link model, integrating MIMUs rigidly attachedatehank and the trunk for the
evaluation of BCoM motion during golf swing. High correlations were rmddawith errors in the
horizontal BCoM displacement below 16% (Najaél, 2015). The model developed could be used to
estimate postural stability in clinics (Najafial, 2015) but may not be transferable to gait. Last but
not least, Shahabpoor and coworkers proposed a methodology to identify thenabptbcations of
MIMUs for the estimation of 3D BCoM acceleration (Shahabebak, 2018). In a population of young
asymptomatic subjects, a weighted average of the SCoM accelerations of the trunk, pelvis gid a thi
SCoMderived from an OMC system were shown to estimate the 3D BCoM acceleratiggoadth
accuracy in the vertical direction (7% of errors), and modesgateiracy in the anteroposterior and
mediolateral directions (respectively 16 and 18%). Subject-specific training of thel madior the

use of non-linear relationship were shown to improve the results in the ha@kplane (< 15%). The
validity of the method when using acceleration data derived from MIMUs andutatoor ambulation

was investigated in the vertical direction using pressure insoles and MIMUly rigidinted on each
segment, near the underlying SCoM. Mean errors of 8.7% were achieved in the vertical BCoM
acceleration with subject-specific training (Shahabpetoal., 2018).

1.3.2. Kinematic chain

Kinematic chain approaches allow to retrieve the trajectory
segments and joint centers of rotation based on the knowledge of
length and orientation of segments, as well as the localization of jc
centers of rotation in the anatomical frames.

In (Yuan and I. Chen, 2014), the center of mass is assumed to
the pelvis level. Under the assumption of ankle null velocity dur
stance phase, velocity at the knee joint can be estimated assuming
the tibia is a rigid solid, that its orientation is correctly captured by
MIMU positioned on the tibia, and knowing the distance between t
ankle and the knee joints. The same process in then applied to ok
the velocity as the hip joint and ultimately at the pelvis. This estimat
of the velocity is fused with that obtained by direct integration of tt
acceleration measured by the pelvis MIMU in order to correct the d
inherent to the integration. During swing phase, the assumption of r
velocity does not hold and the velocity is estimated only by the dir
integration of the pelvis MIMU acceleration. This allows to estimate -
velocity of the BCoM with three MIMUSs, located at the shank, thigh ¢
pelvis of one legHRigure23). The method was validated on a sing
asymptomatic subject, performing a forward jump. While the methodggre 23 kinematic chain, taken frc
was proven to be accurate in the vertical direction, relatively low accur(Yuan and I. Chen, 20143 are the
was achieved for the mediolateral component and errors in tgif?ﬁztg::tgfﬁmig?:}ir':goMLéSEY T;
anteroposterior direction reached 3% of the maximal velocity. The abse€the angular velocity vector of segmel
of other segmento-sensor calibration than manual alignment mé" the global reference frame
partially explain the inaccuracies, especially in the mediolateral direction.
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1.3.3. Fusion of inertial model and kinematic chain approaches

The method proposed by Fasel and coworkers requires to define both a kinematiaaklaa full-
body inertial model (Fasel, Spoet, al., 2017). The anthropometric inertial model is used to retrieve,
for each segment, its mass and dimensions as well as the position of its cemas®in its anatomical
frame. The position of the SCoM in the reference global frame are then retrieved using a tiitnema
chain approach. This subsequently allows to obtain an estimate of the BCoM position asighted
sum of the SCoM positions, similar as when using an optical motion capture syisieachieve this
aim, the first step consists in computing the orientation of 11 MINidsinted on the body relative to
the underlying segments using functional and/or static calibrations. During tliegskials, the
application of the kinematic chain allows to retrieve the trajectory of thatjeenters of rotations
relative to the root point of the kinematic chain (here, the lumbar joint center) udiegsegment
orientations (known thanks to the MIMUs rigidly mounted on the segments) and the segments
dimensions (obtained using anthropometric tables). The inertial model peewite position of each
SCoM relative to their respective joint centers of rotation in the segment frame. Therefsing the
rigid body assumption and the trajectory of the joints center of rotations Ksan the kinematic chain,
it allows to compute the SCoM trajectory. Finally, a weighted average of SCofidrosit each
timestamp was computed to estimate BCoM trajectory. The position of the B@@ive to the
lumbar joint center was tracked with better accuracy in the vertical and mediolateral ithdhne
anteroposterior directions, with a 3D accuracy of less than 26 mm (Fasel, patri2017). In the
perspective of model simplification, the authors evaluated the accuracy achieved with severssens
removing the arms from the model. Accuracy and precision did not changéicgigtly, suggesting
that the arms contribution to the BCoM motion in the investigated situation was rielglig
Interestingly, the method was shown to achieve a decreased accuracy in the kinematiesnabst
distal segments, due to errors accumulation with the kinematic chain paradigm.

1.4. Synthesis and selection of the most appropriate methods for the wearable
estimation of BCoM kinematics in people with lower-limb amputation

None of the methods identified in the literature were applied to the gait of people Mitker-limb
amputation. Therefore, the advantages and drawbacks of each of the retrieved nsthodld be
weighted and put in regards with the specificities of the lower-limb amputeeggttern in order to
identify the most promising methods for BCoM kinematics estimation in a@epgait.In particular, it
should be kept in mind that a trade-off between simplicity (number of sensorbratidin procedures)
and accuracy is essential for clinical transfer of wearable protocols.

Three categories of methods have emerged from the literature regarding the estimation of BCoM
derived parameters: single-sensor approaches, multi-segment inertial models and kinemat& chai

Single sensor approaches are attractive because of their simplicity éGalgd2004; Esseet al,,
2009; Jeongt al,, 2018). However, they were shown to overestimate BCoM range of matidrito
lack accuracy in the mediolateral and anteroposterior directions, similar as fhteiabmotion capture
counterpat. Indeed, significant differences were found between the BCoM displacement and
acceleration in the mediolateral direction retrieved with the sacral method compared to th&-m
segment analysis in asymptomatic subjects (Jeehal, 2018) Furthermore, when analyzing
movemens involving a wide upper body range of motion or an asymmetrical gdiem, the sacral
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method was deemed inappropriate (Meich&yal.,, 2007; Myklebusét al., 2015; Huntlewt al,, 2017,
Lintmeijeret al,, 2018; Mohamed Refait al., 2020) Therefore, this method is not likely to allow the
accurate capture of 3D BCoM motion in amputee gait. Indeed, people withrdbmb amputation
were shown to display an increased range of motion of the pelvis and the trunk (Miehald2000;
Goujon-Pilleet al., 2008).

Multi-sensor inertial models allow to retrieve the BCoM acceleration from a weigbten of
accelerations measured by a set of MIMUs. A large variety of MIMU sets has been retrieved from the
literature, including from two to 17 MIMUs when using the commercialized MMNThis approach
assumes that MIMUs rigidly attached to body segments can allow to estimate the accelecitibe
underlyingS®Ms. Therefore, a large number of MIMUs should be employed in order to captere th
accelerations of all the segments pertaining to the body. In general, MIMUs are capefitipned as
closely as possible to the underlying SCoM and the accelerations measured by the MIM&kdaae u
proxy measurements of the SCoM accelerations (Lintmefjat, 2018; Shahabpoaet al, 2018). As
MIMUs provide the acceleration in the MIMU local frame, their output must besteared in a global
reference frame prior to computing their weighted average (Lintmejeal, 2018; Shahabpoat al.,
2018). Care must be taken to ensure that the orientation output is not influenced byaeatiag
disturbances (Lintmeijeet al, 2018; Shahabpocet al, 2018). In order to reduce the number of
sensors required, several authors have investigated the feasibility of simplifyingaimaddels by
considering only the motion of up to three segments (Zijlsttaal, 2010; Najafiet al, 2015;
Shahabpooket al,, 2018) with one approach implemented in a walking task

The last approach is that of the kinematic chain. It can either be used with the estimation that the
BCoM lies within a segment pertaining to the kinematic chain, such as the pelvis (YuarCaed,
2014) or it must be coupled with an inertial model in order to estaraCoM motion from the motion
of the joint centers of rotation (Fasel, Spoet,al, 2017). In any case, the kinematic chain method
imposes to use MIMUs on all adjacent segments pertaining to the kinematic. hathermore,
accurate sensote-segment alignments are crucial since the method relies on the orientation of
e Pu vs8e 8§} ¢SJu 8§ 8§Z ¢ Pu vSe[ S Eriorssiuid]up along tjer kinematic chain
(Fasel, Sporrigt al, 2017) The coupled kinematic chain and inertial model proposed by Fasel and
coworkers yielded v HE § *SJu 8]}v }( §Z }ID &£ pE-]}v us €& «u]J&E
provide the absolute kinematics of the BCoM in an Earth-fixed reference frame since thmitodf
the kinematic chain was the lumbar joint center.

Based on this overview of the literature, single-sensor approaches do notredéevant for lower-
limb amputee gait as BCoM trajectory and acceleration estimated usingpbisach or its laboratory-
based counterpart were shown to be overestimated in pathological and asymmetritaHgaiever,
since a trade-off between accuracy and simplicity of the protocol is cruciabofy-inertial moels or
complete kinematic chain neither appear relevant. Therefore, the multi-sensor approaststwog in
simplifying inertial models represents an interesting track for the estimation of BQadhatics from
MIMUs for the gait of people with lower-limb amputation. In particular, thethod developed by
Shahabpoor and coworkers could be adapted in the population of peofhidawer-limb amputation
in order to identify the optimal segments network required for the estimatdrBD BCoM motion
The next chapter thus aims at investigating the feasibility of deriving an opsemglor network for
the estimation of BCoM acceleration in people with transfemoral amputation gusptical motion
capture data.
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Chapter 2t Optimal sensor network for the estimation of 3D body
center of mass acceleration in people with transfemoral amputation

This chapter will be submitted as an article. Part of the validation study, with algldjiferent
post-processing, was submitted as an abstract for tHeé @bngress of the Société de Biomécanique.
The work of Joseph Basel, Msc, is duly acknowledged.

2.1. Introduction

The study of biomechanical parameters derived from body center of mass (BCoMh mmtio
reveal crucial information about gait impairment (Mine¢ti al, 2011; Pavegt al, 2017; Tesio and
Rota, 2019), especially in people with lower-limb amputation (Agratall, 2009; Bonneet al,, 2014,
Askewet al,, 2019; Tesio and Rota, 2018)deed, from a mechanical standpoint, the kinematics and
dynamics of the body center of mass (BCoM) are important parameters of the loconvatiizh
directly result from the application of external forces (Tesio and Rota, 20t8)3D path of the BCoM
allows to describe the displacement of the body as a whole (Ra\adi, 2020). BCoM acceleration,
velocity and displacement have been shown to provide insight on dyradustability (Hoét al., 2005;
Haket al,, 2014; Al Abiaét al,, 2020), gait efficiency (Donelahal., 2002a; Bonnett al,, 2014; Askew
et al, 2019), and gait asymmetries (Agrawtal., 2009; Minettiet al,, 2011) both in the asymptomatic
population and in the population of lower-limb amputeddthough 3D BCoM motion is of particular
interest to describe pathological gait, it is scarcely studied in cliricgine (Tesio and Rota, 2019)
partly due to the high cost and complgxbf optoelectronic motion capture systems and force plates
which allow the acquisition of BCoM-derived parameters.

Recently, the use of magneto-inertial measurement units (MIMUs) has been proposed as an
alternative to the gold standards for the capture of BCoM derived parameters (Westerdijket al,,
2012; Ancillacet al,, 2018; Shahabpoat al., 2018; Pavedt al., 2020) MIMUs are indeed small, light,
and low-cost wearable sensors, embedding orthogonally mounted accedteosngyroscopes and
magnetometers. The latter providde linear acceleration, angular velocity and local magnetic field
along the axes of an inertial frame defined by the MIMU caseD/Dh o0} o 4r# their fesion
allows to estimate the orientation of the MIMU local frame relative tglabal Earth-fixed frame
(Bergaminkt al, 2014). Therefore, provatl MIMUs are securely attached to segments and carefully
aligned with the underlying anatomical frames, they can be used to estimate segmeetabdan
and motion and ultimately, similarly as optoelectronic systems, segmpenmters of mass (SCokihd
3D BCoM motion.

For the sake of simplicity, most wearable protocols developed for 3D BCoMninticking
involve a single sensor at pelvis level (Meicletnal., 2007; Floor-Westerdijkt al., 2012; Ancillaet
al.,, 2018). Yet, several works evidenced that the sacral method tends to overestimate {retBDf
the BCoM (Meichtret al, 2007; Pavest al,, 2017) In particular, the mediolateral (Jeowrg al., 2018;
Mohamed Refagt al, 2020) and anteroposterior (Meichytet al,, 2007; Myklebuset al., 2015; Najafi
et al, 2015) components of BCoM trajecyoand acceleration were shown not to be accurately
captured when using the sacral method in the asymptomatic population, especially whptirgpan
asymmetrical gait pattern or performing motion involving the upper bodypléude of the sacral
marker displacement compared to that of BCoM displacement of 124 mm vs 46inmtme
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anteroposterior direction in cross-country skiiers - Myklebust et al. 2Qi@relations of the sacral-
method-based acceleration with the BCoM acceleration inferior to 0.56 in ther@posterior and
mediolateral directions in sound participants mimicking an asymmetrical gait pattddohamed Refai

et al. 2020). As a consequence, multi-segment analyses, including 11MdVIlJs, have also been
proposed (Fasel, Sporrgt al,, 2017; Karatsidist al., 2017; Lintmeijeet al, 2018; Pavegt al,, 2020)

In (Fasel, Sporrit al,, 2017), the B&M trajectory was for instance estimated using 11 MIMUs with
high 3D accuracy (25.7 mm for the norm and errors < 8.6 mm along each &tigithletes performing
indoor alpine skiing. Similarly, in (Lintmeigral., 2018), the anteroposterior component of the BCoM
acceleration was estimated accurately compared to force plates (NRMSE = 3.8 %, intraclagsoorrel
coefficient > 0.988) using thirteen MIMUs locatethe body segments of nine rowers.

To the authorgdknowledge, no study investigated the feasibility of estimating 3D BCoblbm
with MIMUs in people with lower-limb amputation. While single-sensorragaphes may not be
accurate enough for pathological gait, finding a balance betwthe number of MIM$and accuracy
is essential (Ancilla@t al, 2018; Jeongt al, 2018) In this prospect, Shahabpoor and coworkers
recently proposed a method to select a reduced number of MIMUs feredtimation of 3D BCoM
acceleration in the asymptomatic population (Shahabpetoal., 2018) Three MIMUs located on the
trunk, pelvis and one thigh allowed to accurately estimate the vertical componerBGdM
acceleration (normalized root mean square errors NRMSE < 8.7% of the referencea@seddviation
amplitude) While the need to consider the 3D nature of BCoM movement has been widely
acknowledged (Minettet al., 2011; Paveet al,, 2017; Tesio and Rota, 20168)oderate accuracy was
achieved in the mediolateral and anteroposterior components (NRMSE > 16 %)adtyetmg this
configuration with an optical motion capture system (Shahabpetorl., 2018). Nonetheless, the
method developed appears promising and could be adapted in people with lowertimpoitation.

The aim of the present study was therefore to identify optimal sensor networks for the estimation
of 3D BCoM acceleration in people with transfemoral amputation. First, segmentaibcions to
the BCoM acceleration will be investigated using optical motion capture sysataradd a full body
inertial mockl. Based on these results, the accuracy of 3D BCoM acceleration estimated using different
combinations of the most contributing segments will be investigated.
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2.2. Methods

2.2.1. Participants

The study was designed according to the Declaration of Helsi
and was granted ethical approval (Comité de Protection des Perso
CPP NX06036). Ten people with traumatic transfemoral amputal
(age: 41.5:11.3 years; mas$8.8 + 15.2 kg; height:.73+ 007 m; 8
males) gave written informed consent to participate in the stu
(Table 3. Inclusion criteria were people with transfemoral unilater|
amputation due to trauma or tumor, fitted with a definitive prosthesi: &
able to walk at various speeds without any assistance. Participi
walked with their usual passive microprocessor-controlled knee &
an energy storing and return foot, the alignment of which ‘15"
controlled by a prosthetist prior to data collection.

2.2.2. Measurement protocol

Each participant was equipped with a full-body marker set
Abiadet al.,, 2020 - see Appendix BMarker set used in Part 2 details
An optoelectronic system (VICON, Oxford, UK, 200 Hz) reco
markers positions while the participant was keeping a static standing
posture and four photographs (front, back, both sides) were being Fgure24: Static standing posture
taken Figure24). Following the static calibration trial, participants had
to walk at self-selected speed along an 8 m pathway, with 3 force plates (AMTIH:P0Othe middle.
Only trials with three successive foot contacts on the force plates (i.e. a complete sirgde)
considered for further analysis.

Table 3: Participants' characteristics

Participant Gender g/gezrs) I(-|r§)ight I(\:I(z;s)s BMI Q;Tgyl/]t(?/i(;rr]s) gr\llgutation Prosthetic knee Prosthetic foot
TF1 M 58 1,8 68 219 31 TF Mauch SNS Variflex
TF2 M 48 1,8 64 19,7 TF C-leg Triton
TF3 M 54 1,8 85 25,9 TF C-leg 1C40
TF4 M 43 1,6 72 26,7 KD Rheo knee Variflex
TF5 F 49 1,7 53 194 25 KD Total Knee Elation
TF6 M 44 1,7 47 16,6 18 TF C-leg Silhouette
TF7 F 26 1,7 65 239 25 Gritti Rheo knee Elation
TF8 M 26 1,8 56 17,3 1,5 TF C-leg Pro-Flex
TF9 M 32 1,8 95 293 7 TF Rheo knee XC  Pro-Flex
TF10 M 35 1,7 83 29,1 95 KD C-leg Triton
Mean 41,5 1,73 68,8 230 10,5

SD 11,3 0,07 152 47 10,6

BMI, body mass index; F, female; M, male; TF, Transfemoral amputation; KD, Knee ditamtiSD, standard deviation.

The prosthetic devices are from Ottob@g€Gi_eg, Triton, and 1C40) from Ossir (Rheo Knee, Mauch SNS, Total knee Ti&g0, *

Elation and Pro-Flex) and from Freedom Innovation (Silhouette).
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2.2.3. Data processing

A 15-segment hybrid inertial model defined according to Pillet anebdeers (Pilleiet al., 2010)
was used to obtain body segmental inertial parameters. Prosthetic limbs were representad by
concentrated mass estimated fromzt u vpu( SpEic@dimildrto (Al Abiadet al, 2020)
Markers and force plate data were filtered using a zero-phase fourth order Buttervoovtpass filter
with acut-off frequency of 5 HEach segmerg center of mass (SCoM) and inertial-model based BCoM
accelerations were computed from marker data. Before each differentiation, marker-based signals
were low pass filtered using the abovementioned Butterworth filter. Additignakference BCoM
acceleration (tn,.y4-Jgwas derived from ground reaction force time-series «r) following
E AS}v[e « }v (equafion 1, with| g4;dhe mass of the body ang the gravitational
acceleration). Gait cycles were segmented using a 20 N threshold on the ground réact®data
and acceleration data was time-normalized to percent of the gait cycle.

s~rL lpaxiiho.ya <& *; 'S,

a. Segmental contributions

Segmental contributions to the BCoM accelerations were defined accorditwotariteria as
defined in (Shahabpoat al, 2018): the relative weight of SCoM accelerations in BCoM acceleration
and the similarity of SCoM acceleration patterns with that of the BCoM derived freiméitial model.

The weight of the contribution of each segment«"$~«~ ) in BCoM acceleration was defined
as the SCoM acceleration.(,., ; weighted by the relative mass of the segment in the body (equation
2, | = gpeing theEUsegment mass)Contribution weights were normalized by pekpeak BCoM
acceleration and expressed as a percentage of total contributions. Segmental contrituigints
were then averaged for each segment over all the participants.

NE~ N ép@A
Oe ' S .TM<..L o
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Regarding the similarity of SCoM accelerations, We & «} v [«co@lptien coefficient \as
computed between each pair of segment accelerations as well as between each SCoM agcelerati
and the inertial model based BCoM acceleration, for the anteroposterior (AP), mediolatéhah(id
vertical (V) directions, yielding three 16x16 symmetric cross-correlatiainicas per gait cycle. For
each direction and for each subject, the retrieved cross-correlation matrices were averagedllov
the retrieved gait cycles to yield subject-specific cross-correlation matrices. Fittadlycross-
correlation matrices were averaged over all subjects.

The most relevant contributing segments were then identified based on their respective weight
and similarity to the BCoM acceleration derived from the inertial model.

b. Optimal sensor networks

The identification of the most contributing segments to the BCoM acceleration alltweelfine
several MIMU-based sensor networks with a minimal number of sensors for the estinedtBCoM
acceleration, including three to six sensor locatidghgthermore, two methods were investigated for
the construction of optimal sensor networks (OSN). In the first method, the OSN-based BCoM
acceleration was computed as the sum of the segmental contributions foOtimeluded segments
(OSN type 1, equatioB):
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The second method was based on the model proposed in (Shahalgpaby 2018) In order to account
for the whole-body mass, the mass of each of the non-selected segmentg) was attributed to
the main contributor whose acceleration was the more correlated to that of the non-selsegaient,
based on the average cross-correlation matrix (OSN type 2, equation 4).
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The inertial-model-based and the OSN-models-based BCoM acceleration were edrigpéne
force plates-based reference BCoM acceleration. A leave-one-out methodology wagoudbé
validation of the second type of OSN-based BCoM acceleration (equatisn that, for each
participant, cross-correlation coefficients used to build the model were meduin the validation
dataset. Reference and models-based BCoM accelerations were compared over the centhagtjor
P15 C o }( Z SE] o lipedncBrrapatio@copfficients and their p-value as well as peak-
to-peak normalized root-mean square errors (NRMSE) as proposed iat(@e2008), averaged over
all patients. An alpha-level of 0.05 was used for assessing the correlatioificaige The results
achieved with a single sensor at the pelvis center of masg, (ya—c elm $o.ya-c od.afe also
provided as an indication of the performance of the single sensor methodn®ie low sample size,
only descriptive statistics & provided.

with \

2.3. Results

A total of25 complete prosthetic gait cycles were retrieved for the analysis, with an average of 3
gait cycles per participant (range6).-

a. Segmental contributions

Both absolute and relative average segmental contribution weights were represented as stacked
bar plots every 2% of the prosthetic gait cydtg(ire25). These representations allow to observe the
weight of individual segments as well as the between-segments compensations. For instance, th
upper-limbs were shown to contribute for less than 20% in the BCoM acceleiiatialh directions
(Figure 25 d.-f.) and contributions from the right and left sides to cancel each other in the
anteroposterior directionFigure25 a.). The trunk contributes to an average of about 30 % of BCoM
acceleration in the vertical and mediolateral directions and to 16 % o&ttieroposterior direction
which makes it the major contributor of BCoM acceleration.

In the anteroposterior direction, BCoM acceleration results from opposite actions of the different
segments. In particular, prosthetic and sound limbs contributions are oppos&dra to each other.
However, lower-limb actions do not cancel each other. On average, duringdiséhetic gait cycle,
the sound leg contributes to 47.4 % of the anteroposterior acceleration while thsthetic leg
contributes to 18.7 % of the BCoM anteroposterior acceleratiorA]3Z u}e3 }( Z o P[s }Vv3SE]
occurring in their respective swing phase.
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In the mediolateral direction, the percentage contribution of upper and lowerdimagtpears to be
near constant along the full gait cycléelupper limbs contribute to 13.6 %, the sound lower limb to
26.0 % and the prosthetic lower limb to 15.5 % of the BCoM accelerdthws, the head, trunk and
pelvis segments contribute to an average of 45.0 % of BCoM acceleration. The akesabe
contribution in the mediolateral direction (9.%)is almost as high as that of a thigh (sound thigh:
13.9 %, prosthetic thigh: 11.0 %). It is interesting to note that the aeecamtributions of the
prosthetic shank and foot are below 2.5 % over the gait cycle.

In the vertical direction, the trunk and the thigh in swing phase appear to be #j@rmwontributors
of BCoM acceleration, contributing for about 50 % of the latter. Over the full prosthetic ghet tye
HAT (head, upper-limb, trunk and pelvis) segments contribute to 54 %, akthptic lower limb to 16
% and the sound lower limb to 30 % of the vertical acceleration. The prostheticabigribution in
swing phase (8 % on average) was found to be less than that of the goghdabout 22.5 %). Dugn
prosthetic midstance, the sound foot also appears to contribute to the vertical exetigin by up to
24.5 % while its contribution is below 3 % during sound-limb stance phase.

SCoM and BCoM accelerations cross-correlations matrices in the anteroposterior)atezdlo
and vertical directions along the prosthetic gait cycle are displayEdjure26.

While significant and strong correlations were found between the accelerations of the B&uiM,
that of centers of mass of the trunk, pelvis, prosthetic thigh and both shanks in theoposterior
direction, the strong correlation of the head center of mass acceleration with thivBiCoeleration
in the anteroposterior direction was found to be non-significant for at least participant, but the
correlation was significant on averadaterestingly, the anteroposterior accelerations of the centers
of mass of the sound thigh and shank were negatively correlated with that of the BCoM. Moderate to
strong correlations were found between the accelerations of the centers of mass of tine sipper
limb and the BCoM acceleration. Strong and significative correlations were foetvdeen the
accelerations of the BCoM and that of the centers of mass of the pelvis, trunk and sounthtttigh
mediolateral direction while moderate correlations were found for the prosthetic thigh. For ther latt
segment, correlations were not significant for all participants, althoughfgignt on average (p-value
< 0.05).

Eventually, very strong and significant correlations were found between the BCodleeation
and that of the HAT SCoM in the vertical direction. The acceleration of the centers obfriasth
thighs was also strongly and significantly correlated with the BCoM.
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Fgure25: Segmental contributions in the body center of mass (BCoM) acceleration compared to total contributions andalem ks
based acceleration and reference acceleration (GRF) in the anteroposterior dileciaid(), in the mediolateral directiotb(ande.) anc
in the craniocaudal directioe.(andf.).

(a-c) Segmental contributions normalized per axial BCoM pealkeak acceleration;

(d.-f.) Segmental contributions expressed as percent of total absolute contribution;
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FHgure 26: Average cross-correlation matrices of segments (P star
Prosthetic side, and S for Sound side), inertial model-based Body c
mass acceleration (BCoM) and reference BCoM (from ground re
force, BCoM GRF) along the prosthetic gait cycle iadhenteroposteriol
(b.) mediolateral, andc() vertical directions. Crossed correlations indi
that the correlation was non-significative for at least one participar
darker an bigger the circle, the stronger the correlation (blue t
positive correlation, red tone: negative correlations)
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To conclude, the trunk, the pelvis and both
thighs appear to be the main contributors of
the BCoM in all three directions both in terms
of similarity and weight. The heaid also a
prominent contributor of BCoM acceleration in
the mediolateral direction, but head motion
may be voluntarily uncorrelated to whole body
motion, as evidenced by the non-signifita
correlations between the acceleration of the
center of mass of the head and the BCoM
acceleration in the anteroposterior and
mediolateral direction. For both the prosthetic
and sound limbs, ipsilateral shank anabotf
segments were found to have their SCoM
accelerations  significantly and  highly
correlated with each other, and to be
significant contributors in the anteroposterior
and vertical direction of the BCoM acceleration
during the contralateral stance phase.

Based on these observations, the trunk,
pelvis, and segments from both lower limbs
were considered as promising sensor locations
for BCoM acceleration estimation.

b. Optimal sensor networks

Several networks combining from three to
six segment locations were considered for
further analysis Table 4. Estimated BCoM
accelerations with these models or using
single-segment paradigms were compared to
reference BCoM acceleration, using the leave-
one-out paradigm for OSN models of type 2. It
should be noted that the inertial-model-based
BCoM acceleration achieved mean errors of
10.6 £ 1.3 %, 10.7 + 3.2 % and H&4 % in
the anteroposterior, mediolateral and vertical
directions respectively. All models achieved
higher accuracy and agreement in the vertical
than in the anteroposterior or mediolateral
directions, with higher variability achieved
along the mediolateral axighe redistribution
of the masses of excluded segments to those
included in the model according to equation 4



] v[§ & - psigdificent improvement compared to the weighted sum method (equation &) an
generally led to a slight decrease in the correlation with the reference BCoM acceleratiba in
anteroposterior direction. For two models including the trunk and the shamki&et, OSN type 2
models even resulted in a significant decrease of accuracy (up to -21 % of NRMSEhteroposterior
direction) and agreement. All models including three sensors or more estimated the BCoM
acceleration with higher accuracy and agreement than the sacral method in the anteroposted
mediolateral directions. Only models including five segments or more achidR®tBEHE below 15% in
all three directions, except for one model with three sensors which resulted in NMRSE I6e83#% 1

in all directions.

Table 4: Comparison of body center of mass (BCoM) acceleration derived from various optimal sensor netwonkdeISN)
to the reference acceleration issued from force plates. OSN of type 1 correspond to models where BCoMoaceslsra
estimated as the weighted sum of contributions of the included segments (see equation 3), while typed2i€lS ke into
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Number of Included OSN tvpe NRMSE (%) Pearson's r
segments segments yp AP ML cC AP ML cC

1 Pelvis N/A 25.3(2.4) 26.2(8.0) 11.2(2.0)| 0.65(0.07) 0.60 (0.28)] 0.91 (0.05)
1 Trunk N/A 20.0 (2.8) 20.8(3.1) 10.6(2.0)| 0.74 (0.08) 0.84 (0.07)| 0.92 (0.04)
1 23.3(2.8) 24.8(6.6) 14.4(2.8)| 0.84(0.04) 0.62 (0.19) 0.84 (0.10)

3 Pelvis, thighs
' 9 21.0(2.8) 21.4(6.1) 11.3(2.5)| 0.81(0.04) 0.73 (0.15)| 0.90 (0.05)
1 18.0(1.8) 13.0(3.6) 11.3(2.5)| 0.87 (0.03) 0.91 (0.08)| 0.90 (0.07)

3 Trunk, thighs
9 18.1(1.9) 13.9(2.7) 10.5(2.4)| 0.85 (0.03) 0.89 (0.06)| 0.91 (0.05)
1 15.0 (2.8) 16.3(3.9) 11.0(2.4)| 0.82 (0.06) 0.86 (0.07)| 0.91 (0.04)

3 Trunk, shanks
9 36.5(4.1) 21.1(5.7) 10.4(2.2)|-0.08(0.26) 0.74 (0.18)| 0.92 (0.04)
1 25.6 (4.4) 18.3(4.1) 12.3(2.4)| 0.51(0.15) 0.84 (0.09)| 0.88 (0.07)
3 Trunk, feet ) 34.4(3.7) 20.2(6.7) 11.1(2.2)|0.18(0.20) 0.75 (0.17)| 0.91 (0.05)
, Trunk, pel, 1 18.0 (1.8) 13.0(3.5) 11.1(2.4)| 0.86(0.03) 0.91 (0.08)| 0.90 (0.06)
thighs 5 18.6 (2.1) 12.9(3.1) 10.6(2.4)| 0.84 (0.03) 0.91 (0.07)| 0.91 (0.05)
] Trunk, thighs, 1 133 (1.8) 14.1(5.1) 11.2(2.3)| 0.92(0.02) 0.89 (0.10)| 0.90 (0.06)
shanks 5 10.3(1.3) 13.0(3.6) 10.5(2.5)| 0.93 (0.02) 0.91 (0.06)| 0.91 (0.05)
] Trunk, thighs, 1 11.9 (1.9) 13.5(3.9) 10.7 (2.6) | 0.91 (0.02) 0.90 (0.08)| 0.91 (0.05)
feet 9 13.7(2.6) 13.9(4.1) 10.3(2.5)| 0.86 (0.06) 0.89 (0.09)| 0.92 (0.04)
S Trunk, pelvis, 1 12.7 (1.5) 14.2(4.9) 11.0(2.4)| 0.93(0.02) 0.90 (0.10)| 0.91 (0.06)
thighs, shanks 5 105 (1.4) 13.4(3.9) 10.6(2.5)| 0.93 (0.02) 0.91 (0.08)| 0.91 (0.05)
S Trunk, pelvis, 1 11.8(2.1) 13.5(3.7) 10.5(2.6)| 0.91 (0.03) 0.90 (0.07)| 0.92 (0.05)
thighs, feet 5 13.5(2.6) 13.6(4.0) 10.4(2.5)| 0.86 (0.05) 0.90 (0.09)| 0.92 (0.04)

The estimated BCoM acceleration with the pelvis sacral method, and two OSN models (©SN typ
1 including the trunk and shanks segments, which is the only model achieving e6r3% in all
three directions while including less than 4 sensoxs the OSN type 2 including the trunk, pelvis, both
thighs and both shanks which yielded the better results) are representédgiwre 27 against the

reference BCoM acceleration derived from force plates data.
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2.4. Discussion

a. Segmental contributions

The first objective of the study was to investigate segmental contributions to the BCoM
acceleration in people with transfemoral amputation.

Similarly as in asymptomatic gait (Gillett al, 2003), the trunkwas found to be the major
contributor of BCoM acceleration in the vertical and mediolateral directions wieléwer limbs, and
more especially the thighs, the prime force generator in the direction ofression in people with
transfemoral amputation. The accelerated masses of the trunk and both thighe feend to
contribute to more than 50% of BCoM acceleration in all three directiorss uanto 59% in average
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for the vertical direction. These segments happen to be the heaviest of the bddgh may explain
their significant weight in the BCoM acceleration.

The analysis of trunk and pelvis contributions in BCoM acceleration wastmiupar interest as
they are often used in the literature as proxy measures of the BCoM motion éBalg2004; Pavei
et al, 2017; E. Shahabpoor and Pavic, 2018). Trunk acceleration correlattbrBCoM acceleration
were shown to be stronger than that of the pelvis in the anteroposteriat mediolateral directions
(Pearson r > 0.79 for the trunk while 0.66 > r > 0.63 for the pelvis)otin dases, stronger and
significative correlations were found in the vertical direction (r >.0:Bgse results support previous
findings regarding the sacral method, which might be accurate enough for thg efwertical BCoM
motion (Gardet al, 2004) while unsuited to accurately track BCoM motion in the mediolateral or
anteroposterior direction (Meichtret al., 2007; Jeongt al., 2018).

Interestingly, contrary to what was observed in asymptomatic subjects (Shahaepalr2018)
segmental percent contributions in the vertical direction were not founthéonear-constant during
the prosthetic stance phaserigure 25f.). Increased weight of sound leg acceleratiogmsndeed
observed at the beginning of the prosthetic gait cycle, following soumblfiush-off. This might result
from ankle plantarflexion at terminal sta@evhich was shown to be a major determinant of vertical
BCoM motion (Hayoet al, 2013). In the anteroposterior direction, the lower limbs were fouad t
constitute the primary contributor of BCoM acceleration, with the sound limb @agiog for almost
half of total BCoM acceleration. This asymmetry in contribution weighhtitie partly explained by
the lower mass of the prosthetic leg compared to the contralateral limb. An altematiplanation
might lie with the specific gait compensations implemented by people with transfemoral amputation
Indeed, compensatory mechanisms at the sound limb, especially involvifhgpthed ankle joints, are
common in this population (Sagawa al., 2011; Bonnett al, 2014; Drevellet al, 2014) and may
contribute to increased accelerations of the contralateral thigh, shank and foot segments duting gai
However, it was beyond the scope of the present study to investigate kinematic exwaiions
adopted by the participants. Shanks and feet accelerations were shown to bg baghtlated with
each other in all directions, and shanks to be significantly and strongly correlathdB@ioM
acceleration in the anteroposterior direction. Furthermore, the sound loweb-kegments contribute
in average to 34% of BCoM acceleration during the first half of the gait ¢iydight of these results,
the inclusion of either shank or foot sensors seems relevant for the construction ofdd&CoM
acceleration estimation. Although the interest of including shank sensors wasepaorted for the
asymptomatic population (Shahabpoer al,, 2018), shank sagittal angles were previously shown to
predict BCoM displacement along with thigh and HAT segments in the asymptomptitagom
(Mohan Varma and Sujatha, 2017; Arumukhom Real., 2020).

Similarly as in (Shahabpoetral., 2018), he head and upper limbs were discarded from the list of
potential sensor locations for the wearable estimation of BCoM acceleration. Inddéwd, the head
was shown to be a prominent contributor of BCoM acceleration in the mediolateral dinedtead
motion can often be decorrelated from whole-body motion as pointed loy the non-significat
correlation of its accelerations with that of the BCoBAentually, the upper limbs were found to be
minor contributors in terms of weight (< 10% for each limb). Thghtbe due both to their reduced
mass@E o $]A 3§} 3(@umasCdls 2007) or to the fact that arms have a limited range of motion
during straight walkingFurthermore, in a study investigating the feasibility of wearable tracking of
BCoM displacement while skiing, Fasel and coworkers showed that accuracy and precision of BCoM
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displacement was not much impacted by the removal of upper-limbs sensors due to tlé jpldse
motion of the arms (Fasel, Spoet,al., 2017). However, it should be kept in mind that the upper limbs
may play a more important role in other ambulation situations and shdbktefore not be
systematically discarded.

b. Optimal sensor networks

Following the identification of the major contributors to BCoM acceleration, se®sN were
devised including from three to six segments. The higher weight and agreem@ahkfacceleration
with BCoM acceleration compared to the pelvis one favored the investigatittmee and five-sensor
models involving the trunk and lower-limb segments. Relevance of this chageanfirmed by the
achieved results: poorer accuracy was achieved when using the pelvis ineassiggient paradig
compared to when using the trunk and adding the pelvis to a trunk-based OSN mpadeVéa the
NRMSE by less than 1 Valjle 4. Thus, our results advocate for the inclusion of the trunk segment
when tracking body motion in people with transfemoral amputation. Thisagiaement to previous
literature reporting significant trunk 3D motion in this population (Goupiltetet al., 2008).

The added-value of including several segments compared to the trunk-only as-palyimodels
for the anteroposterior and mediolateral components of BCoM acceleration is demonstraiedia
4 andFigure27. This confirms previous findings showing that the single sensor parasligmsuited
to accurately capture 3D BCoM motion, especially in pathological or voluntary ayicahgait (Gard
et al, 2004; Meichtryet al,, 2007; Paveét al., 2017; Jeongt al,, 2018; Mohamed Refat al,, 2020).
In particular, increased range of motion of the upper bauyeople with transfemoral amputation,
especially of the pelvis in the sagittal plane (Goujon-Pdtetl., 2008), may explain the limited
agreement and higher excursions of the BCoM acceleration estimated with a single semgared
to the reference BCoM acceleration in the anteroposterior direction . To the contrarypatitern of
3D BCoM acceleration estimated using a 6-segment OSN-type 2 model intthedinok, pelvis, both
thighs and shanks was found to closely match reference BCoM accelefagare@?).

Following a similar procedure for the selection of segments inatyenptomatic population
Shahabpoor and coworkers developed an OSN model of type 2 ingltrdirirunk, the pelvis and a
thigh. Errors achieved on the training set (four asymptomatic participants, 2G)trial the
anteroposterior, mediolateral and vertical directions were respectitély 2.0 %18+ 6.7 % and 7
1.7 %, and increased up to 32% in the mediolateral direction on the intgeetulalidation set (two
asymptomatic participants, 2 trialsjvhile higher errors were achieved in the vertical direction by all
the developed models within the present study, all the proposed OSN maugigling at least 5
segments and one 3-sensor model achieved higher accuracy in the anteroposteriorediaateral
directions. In particular, the 5-segment OSN-type 1 models, which did emptire to compute
segmental acceleration cross-correlation coefficients for mass redistribution, achieved thesame
as Shahabpodrewith subject-specific training (Shahabpoet al, 2018)X /v §Z MSZ}YE-*[ }%o]V]}
instrumentinga participant with 5 MIMUSs is less cumbersome than perfornad@-MIMU calibration
to obtain the subject-specific cross-correlation matrix required for the developmé@SN-type 2
models. The number of sensors included can be further reduced to three MIMUs wherg a@in
capturing only the anteroposterior (respectively, mediolateral) component of B@obé&leration
where enough accuracy is achieved with the instrumentation of trunk and shanks (reshedtiighs)
segmentsTable 4.
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Karatsidis and coworkers investigated the accuracy of the ground reactionefstingated using a
17-MIMU model. During the single-stance phase of the gait cycle, their maddégilower errors in
the anteroposterior and vertical directions (NRMSE of 10.0 % and 9.0 % respebtivédyy accuracy
(35.4% NRMSE) and agreement (r = 0.61) were achieved for the mediolateralneorn(Karatsidist
al.,, 2017). They achieved similar accuracy when using MIMUs and optical roapire systems,
indicating that high mediolateral errors might be due to the anthropometric moahglémented
rather than to the use of MIMUs.

c. Perspectives

In order to further reduce the number of sensors included in OSN modelsteansting track of
research would be to propose kinematic models of groups of segments. For instansbattes and
feet segments were shown to similarly contribute to the BCoM acceleration and 8@®ivi
accelerations were significantly correlated. Therefore, a kinematic model represénérginank and
foot as a rigid segment, such as proposed in (Haeseh, 2000, 2004), might allow to retrieve the
acceleration of the center of mass of the foot/shank complex and therefore malyilwate to an
increase of accuracy of the OSN models without requiring supplementary sensors. Similarly,
kinematic model linking the pelvis and thigh segments may allow to capturentitmn of both the
pelvis and the thighs from a single sensor attached to the pelvis. Indeed, the rot#Htihe pelvis
(captured through the angular velocity measured by a pelvis sensor) may piodidations on the
thighs motion. However, it was not in the scope of this study to investigate soetmé&tic models and
these merely constitute interesting path of reft&oon for future work

d. Limitations and sources of errors

The contribution analysis presented in this study was performed by comparingdunalinCoM
accelerations to that of the BCoM using an hybrid geometric and proportimoael (Pilletet al.,
2010). Since anthropometric models were shown to influence the BCoM motion pafiatenget al.,
2017; Pavegt al, 2017), different results may have been achieved using other body segmental inertial
parameters. Nevertheless, the present analysis provided the same major contributorsobf BC
acceleration as in the literature on asymptomatic population (Gélteal., 2003; Shahabpoat al,,
2018), with specificities that appear to be related to the specific gait pattdrpemple with
transfemoral amputation. The inertial model used to compute SCoM antBCcelerations achieved
mean NRMSE of 10.6 £ 1.3 %, 10.7 £ 3.2 % and 6142% in the anteroposterior, mediolateral and
vertical directions respectivelyigure25c). This may explain why no further improvement in accuracy
was achieved by the different OSN models-based estimations when adding segmeatsicirlar in
the vertical direction. Errors of the OSN-based and inertial model-based vertical 8celrations
may have resulted from the filtering and differentiation processes of marker data.

OSN models presented within this study were developed and validated with dateed from
optical motion capture rather than wearable sensors. Therefore, their validity shouldrtfied when
using MIMUs. The latter provide raw acceleration and angular velocity measutbéé atigin and
along the axes of the MIMU local frame as well as orientation data in a gieleaénce frame. To
transfer the measured accelerations at the SCoM, the position of each MIMU relative to theyimglerl
SCoM must be obtained and angular velocity differentiated. These processe@troduce errors
compromising the accuracy of BCoM estimates (losa, Picetral, 2016; Karatsidigt al., 2017)
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Furthermore, the orientation output estimated from MIMU signals have been shown to beaedfby
ferromagnetic perturbations (Lebel al, 2018), that may result from the ground within buildings or
prosthetic components. In such conditions, different MIMUs may sense different diaivti-fixed
frames (Picernet al, 2011), which may introduce new errors when computing BCoM acceleration
from a weighted average of estimated SCoM acceleration. However, similar acactaeyed with
optical motion capture systems compared to MIMUs in (Karatsidéd., 2017) is promising and tend

to indicate that transferring the OSN models developed within this study in a wearablevirank
might achieve similar accuracy.

2.5. Conclusions

This study investigated the feasibility of estimating BCoM acceleration ingedtpl transfemoral
amputation from the acceleration of a limited number of segment-mounted wearaélesss
Including a minimum of five segments provided an accurate estimatioBDoBCoM acceleration
compared to the literature while only three segments were necessary for the estimatioD of 2
acceleration. The trunk segment was shown to be crucial for the estimation of BCoM accelaration
should be instrumented along with a minimum of two lower-limb segments. Mbeels were
developed using data from optical motion capture system associated with an inertiglnibhus,
applicability of the method with wearable sensors will be verified in future workkedd, MIMUs
might be affected by higher signal noise and ferromagnetic perturbations, whagicompromise the
accuracy of the estimated BCoM acceleration. Furthermore, the method relies on the correct
estimation of SCoM accelerations. Therefore, the investigation of the impact ofUSiibdsitioning
relative to the center of mass of underlying segments and the development of wearailods
allowing the identification of these relative positions represent research tracks of int&iealtly, the
suitability of the proposed OSN models to accurately capture BCoM velocity and disptacesmich
are relevant parameters for motion analysis in people with transfemoral amputasioould also be
investigated in the futureFuture works will therefore investigate the transfer of the best OSN models
to a wearable framework, the sensitivity of BCoM acceleration estimation to MIMEliggung and
the applicability of the models to track other BCoM-derived parameters.
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Chapter 3t Estimation of 3D body center of mass kinematics in a
fully wearable framework

The previous chapter investigated the feasibility of using a reduced numlssmebrs for the
estimation of the body center of mass (BCoM) acceleration in peopletraitisfemoral amputation.
The study allowed to select various optimal sensor networks (OSN) whichga@ddurate estimates
of the BCoM acceleration using the acceleration measured at the centers of mass of three to si
segments. However, the results obtained for the selected OSN were derived from optical motion
capture (OMC) data. Therefore, the suitability of the OSN networks and of the overall methodology
should be verified when using MIMUSs. In particular, several challenges, that will be detatstdion
3.1, arise with the use of MIMUs. Indeed, for each MIMU, the acceleration is measured at thebrig
the MIMU local frame and must be transferred to the center of mass of the underlyingesggm
(SCoM), which is not immediate since MIMUs do not provide an estimatiotiheir position.
Furthermore, the obtained acceleration must be fused in a consistent Earth-fixed referanoe to
estimate BCoM acceleration. Yet, the Earth-fixed reference frames sensed by several MIMUs may not
be consistent across MIMUs (Picerabal., 2011; Lebeét al, 2018; Guaitolinet al, 2019), which
might lead to errors when fusing data from multiple sensdisese problems are not encountered
when using OMC data. Indeed, while OMC markers do not directly provide the trajettheySCoM
their coordinates allow to define the segment anatomical frames position and orientatiom i@ khC
Earth-fixed reference framd hus, a full body inertial model coupled with OMC data allows to retrieve
the SCoM positiein the OMC reference frame. Using MIMUs therefore imposes to develop a specific
framework prior to estimating BCoM acceleration from the OSN models selected in theysrevi
section.

Once BCoM acceleratiois accurately estimated from wearable sensors, obtaining the

instantaneous velocity of the BCoM appears relevant. Indeed, the instantaneous veldtiteyBCoM

can provide insightn the energy cost of walking (Donelanal., 2002b; Detrembleuet al.,, 2005) as

well as on gait balance (Hef al, 2005, 2007X & uES3$Z Eu}E U §Z A E P }D A o} |8
*% ] I C of IEEgit StAds and gait function in pathological gait, includingeiople

with lower-limb amputation (Batteet al, 2019). While OMC-based BCoM posit&differentiated to

obtain BCoM instantaneous velocity, computing the instantaneous BCoM velocityMiMU-based

BCoM acceleration is not straightforward. Indeed, integration of MIMU signals teallit due to the

presence of noise in the raw signal and must therefore be corrected to obtan@mate estimation

of BCoM instantaneous velocity.

The aim of this chapter is therefore to propose and validate a wearable framework to use MIMUs

in the selected OSN configurations for the estimation of BCoM acceleration aatameous velocity.
The first section of this chapter will provide an overview of the methods imgteed in the literature

to tackle the abovementioned issues and to justify the choices made for the ogeweht of a

wearable framework. The former should be as compatible as possible wittatkoinstraints in order
to allow its transfer in the field: setup and acquisition durations should be at ab@ossible, with a
minimal number of sensors, simple calibration procedures and minimadatqr implication in the
post-processing. In the subsequent sections, the framework will be introduced aidétedl as a
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proof-of-concept in one person with transfemoral amputation against force platforms (BCoM
acceleration) and optical motion capture data (BCoM acceleration and velocity).

3.1. Stateof-the-art: scientific challenges associated with the use of optimal MIMU
networks for BCoM acceleration and velocity estimation

The aim of this section is to provide an overview of the scientific challenges assauithteatie
estimation of BCoM acceleration and instantaneous velocity from a network of connectedIM

In the study presented in the previous chapter, various optimal segment netwddgira an
accurate estimation of BCoM acceleration from a set of segment-mounted markersideaitéied.
The suitability of these OSN must be verified when using segment-mounted MIMUs inkteaikers.
Using equation 5, wher® is the number of MIMUs included in the OSijjs the weight associated
to the SCoM acceleration estimated with tiEMIMU (+25.y) in an Earth-fixed global reference
frame 44 the acceleration of the BCoM can be estimatedtjas follows:

i?\o-y L AS@ﬁJ fo-y. (5)
The acceleration of each SCoM of the segments included in the OSN can be estirtteedIiMU

local frame 4 £ A gfollowing equation 6, where all the mechanical quantities are exprességtin 4
(as indicated by the exponentuy e ):
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In the former equation, all quantities can be retrieved or computed from MIMUs ravalsigxcept
for the translation vector from the origin of the MIMU to the underlying SColWy 2.y Indeed,

MIMUs do not provide information about their absolute position. Therefeeyeral authors have
proposed alternative ways to estimate SCoM acceleration from MIMU signalsuivitsing equation
6. The objective of section 3.1.1 is thus to provide an overviethefmethods proposed in the
literature for the estimation of SCoM accelerations from MIMU signals with a special attemti

wearable methods that allow to retrieve MIMUs positions relative to theteemf mass of the
underlying segment.

Then, in order to estimate BCoM acceleration from the fusion of SCoM accelergiqpregion 5),
the formers must be expressed atommon global Earth-fixed reference frame (equation 7):
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The relative orientation of each MIMU local frame in this global reference framez a gmust
be obtained, which implies to first resolve the inconsistencies between #nthfixed reference

frames sensed by each MIMU. Section 3.1.2. provides an overview of the litedstaliag with the
definition of a consistent Earth-fixed reference frame across MIMUs.

Eventually, an overview of the methods proposed in the literature for the cdatiorn of BCoM
instantaneous velocity from BCoM acceleration will be provided in section 3.1.3.

3.1.1. Estimation of SCoM acceleration from MIMU signals

Several approaches have been retrieved in the literature regarding the estimationdfr8Gtmn
from MIMU signals and are summarized in the following subsections.

a. Approximation of the relative MIMU/SCoM position

The first approach, implemented in two studies, consists in using MIMUs manuatipmpediat
the longitudinal location of the SCoM (as reported in anthropometric tables) acdnisidering that
the acceleration of the segment-mounted MIMUs correspond to the SCoM acceleratioimsefjgn
et al, 2018; Shahabpoat al,, 2018). This approximation is equivalent to writifigy y ..o ™ ¢ .= &n
equation 6, which necessary yields to errors since the SCoM lies inside thergegrd the MIMU on
the skin surface. The impact of this approximation has never been investigiatbe estimated SCoM
accelerations or velocities.

b. Kinematic chain approach

Several authors have associated a kinematic chain
model to an inertial model in order to recover SCo
positions in a global Earth-fixed frame from MIMUs
measurements. This approach does not require to
obtain the relative positions between each pair of
MIMU and SCoM but requires computing the relative
orientation between each segment anatomical frame
and its respective MIMU local frame (sensot+-
segment calibration) Indeed, the kinematic chain
approach Figure 28) consists in representing the
segments as rigid bodies connected by joints and at
successively computing the trajectory of each jojgt; >\5\
linking the segment$and 5y 5 3, ,  from the known \
trajectory of the previous joint center of rotationy » 5 4

. . . Fgure 28 Kinematic chain approach. Example of a 3-se¢
307)5 the known orientation of the segmen®; chain. Segmensyjs linked with segments;; » and 5; - at the

(2a -1, andthe dimensions of the segmenti(given by
the vector linking the successive joints, sand i 4 i 5 matrix 24 51,

the segment anatomical frame?,’_ . . ).
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The rigid body assumption allows to derive the trajectory of any point pertatoiagy segment
of the kinematic chain, and hence, to any SCoM, using equation 9, providedstpastition relative

to one of the joints (:/-.7037’0‘)’) is known in the segment anatomical frame (which is possible using
anthropometric tables such as (Dunetsal, 2007).
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Therefore, provided that the sensto-segment calibration gives an accurate estimate of the
relative orientation of the segment anatomical frame in the MIMU local fran2g f £4i,), the
orientation of the MIMU local frame in the global Earth-fixed reference frame earsbd @i > £ A g1
to estimate the SCoM trajectory in the global frame:

Ca
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In (Fasel, Spornit al., 2017), a full-body MIMU set was used to estimate the BCoM displacement
while skiing. A kinematic chain was designed, taking the orientation of MiMUerive segment
orientations and using segments dimensions from anthropometric tables, scaled to thepaantici
body height. This step allowed to estimate the position of each joint cententation relative to the
root point of the kinematic chain (in this case, the lumbar joint center) itohad frame. Using an
inertial model derived from anthropometric tables, the position of the center of mass ofssgghent
was estimated in its respective segment anatomical frame. Then, using the rigid body assumpti
SCoM positions were finally deduced in the global frame. Finally, a weightedjaxadrd@CoM positions
at each timestamp was computed to estimate the BCoM trajectory in the global fralnie. all, the
association of a 7-segment kinematic chain and an inertial model allowed toatstihe BCoM
displacement relative to the lumbar joint center with good accuracy and predsitfi.2 mm for each
axis) without requiring the knowledge of MIMU positions relative to their respectivenyidg SCoM
(Fasel, Sporret al, 2017). However, the method requires the use of MIMUs on all the bodyerag
pertaining to the kinematic chain, compromising the development of models withi@dl number of
sensors while this was shown to be paramount for clinical applications. Furthermore, tha@coftir
kinematic chain outputs is highly dependent on an accurate seassegment calibration. Indeed,
pose estimation derived from kinematic chains was shown to be highly sensitive to biiightation
on the underlying segment (Kianifar al., 2019)

The 17-MIMU MVN suit developed by Xsens uses proprietary kinematic and inertialsnthat
seem similar to those described above (Schemral, 2018). Indeed, a static posture calibration
associated with anthropometric measurements allows to define a kinematic chain for theaéietim
of joint angles and segment orientations. A proportional inertial model thexwallto recover SCoM
positions in the segment anatomical frames and thus to compute BCoM trajec@glatal reference
Earth-fixed frame (Karatsidi al., 2017; Pavedt al,, 2020). Validity of SCoM accelerations issued from
the MVN framework were not reported in the literature, but the BCoM trajectory was showet
affected by large errors (3D root mean square error of 17 £+ 5 mm, overestimafiaieo
anteroposterior amplitudeby 89 £ 47 %) which were assumed to result from signal drift, magnetic
perturbations or biomechanical models inaccuragkeseiet al, 2020).

76



c. Approaches implemented for the retrieval of MIMU absolute positions

Several authors have developed approaches to retrieve the absolute positions of Milddobal
Earth-fixed frame for the estimation of joint angles, either to predict acceleratioreagular velocity
signals and fuse them with the measured ones for drift and noise correction (Kienidhr2019) or
to reconstruct segment pose using a redundant formulation and an optimizatasegure (Miezagt
al., 2016; Tedfet al,, 2018, 2019). These approaches could be adapted in order to retraheviMU
and SCoM positions and therefore, compute the relative MIMU and SCoM positiengfobal Earth-
fixed frame.

In order to initialize MIMUSs position in the global Earth-fixed reference frame, deaitoworkers
used marker position data acquired during a static posture with optical motiotuapystem (Teufl
et al, 2019). Similarly, Dejnabadi and coworkers took photographs of particigaptpped with
MIMUs while ensuring that the camera field of view was aligned with the body saddtaé.pThis
allowed toa posterioriestimate MIMUe [positions and orientations relative to the underlying body
segments (Dejnabadit al, 2006). In both studies, the aim of the authors was to recover MU
positions in a global Earth-fixed reference frame which required the use of an external.dévice
interesting to note that the external device was only neddor the initialization of MIMUs positions
and orientations. Such procedures could be adapted in order to obtain fdildland SCoM positions
in a common reference frame™¢, . ,m,.), as well as MIMUs orientation in the global frame
(252> £Agi The relative position of the SCoM in the MIMU local frame could then be computed

("4 5mony L Z3£A4TH Zuy..2m .y, allowing toesimate the acceleration of the SCoM in
the MIMU local frame using equation 6. It has to be noted that SCoM posiiendefined in their
own segment anatomical frames. Thus, to derive SCoM positions in a cogiotmal frame, either
segment orientation in the same global frame as that sensed by MIMUs or NiMBgment

calibration must be computed.

d. Synthesis of the literature

From this overview of the literature, it seems that no study has estimatedatioeleration of a
SCoM from a segment-mounted MIMU by using the rigid body assumption andsthibduwtion of
accelerations (equation 6). Indeed, retrieving the relative position of MIMIUS(DoM does not seem
trivial and seems to require the use of external devices, such as optoelectron@anafiture systems
or photographsTherefore some authors have assumed that the MIMUs directly lie at the SCoM.

An alternative approach allows to estimate SCoM accelerations without havingam dblMUs
and SCoM relative positions. However, it requires to model human gaitankthematic chain. This
not only imposes to use MIMUs positioned on each segment of the kinematichulzalso to perform
accurate sensote-segment calibration in order to retrieve the orientation of the Pu vSe]
anatomical frames in the global reference frame.
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3.1.2. Definition of a consistent global frame across MIMUs

When estimating the BCoM acceleration from a weighted sum of
MIMU-based SCoM accelerations, it is crucial to ensure that all SCoM
accelerations are expressed in a consistent global Earth-fixed reference
frame prior to performing data fusion. Theoretically, angular velocity,
linear acceleration and magnetic field sensed by a MIMU can be fused to
obtain MIMU orientation in a Earth-fixed global reference frame
(Madgwicket al., 2011; Sabatini, 2011; Bergamirial., 2014) (refer to
section 3.1.1 in Part 1). Magnetic perturbations, which may arise from
objects in the acquisition environment (Picereb al, 2011; Sabatini,
2011), from prosthetic components (Garofalo, 2010) and from
construction materials within buildings (Picereb al., 2011; Sabatini,
2011; Lebekt al, 2018), have been shown to inconsistently affect the
reference frame sensed by each MIMU (Picezhal., 2011; Lebett al,,
2018). For instance, MIMUs that are the farthest from the ground were
shown to be the less affected by magnetic perturbations in indoor
environments (Miezatt al, 2016; Lebett al,, 2018) (sedigure29). As
Fgure 29: Magnetic field distortions di @ consequence of magnetic field distortion, several MIMUs may point to
to construction materials within buildin 1(( & v ~“u Pv §]ndBRUE 3riay Bense different Earth-fixed
Taken froml(ebel et al. 2018) . T

reference frames (Picernet al, 2011; Lebeét al, 2018; Guaitolinet
al., 2019) Figure30). Although a large body of literature has focused on
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the development/comparison and validation of orientation filters (Sabatini,12@Bergamingt al.,
2014; Caruset al, 2019), very few studies investigated the (in)consistency of the reference frames
sensed by several MIMUs.

a. Correction of MIMU-sensed Earth-fixed reference frame inconsistencies using an
external device

Several authors have shown that correcting for the global frame inconsistency beli&8os at
the beginning of a trial may allow to decrease the errors in joint accuracy estimatiolgdhe whole
trial (Palermoet al, 2014; Lebeét al, 2015, 2018)This correction was performed either with an
optical motion capture system or using photographs but required in anytbasase of an external
device.

Increased accuracy in joint angle estimation was observed when using an opttaat capture
system to determine the initial orientation of MIMUs in a common consistgoibal frame (Palermo
et al, 2014) or toa posterioricorrect initial orientation errors (Lebet al, 2015). Similarly, when
validating a MIMU-based algorithm, some authors have preferred to use orientatiguits from an
optical motion capture system so as to isolate the errors due to inconsistencibe iBarth-fixed
reference frames sensed by different MIMUs from those inherent to the model/algor(ifeuflet al,,
2018; Guaitoliniet al,, 2019). However, these corrections impose to use an optical motion @&ptur
system, which compromises the transfer of the method in the field due to lyigtiers cost and limited
portability.

In (Lebekt al, 2018), the initial relative orientation of two segment-mounted MIMUs is derived
from a camera pose estimation algorithm which compares the dotted pattern on Mittliuy boxes
from a photograph taken while standing in a static posture. Then, this initial elatigntation is used
to correct for both MIMUs thie orientation computed with proprietary algorithm outputs. Although
this method also imposes the use of an external system and is incdstgpaidith real-time processing,
it was shown to significantly increase the accuracy in MIMU-based ankle angle estirfeation
decreased from 6.7° to 2.4° for all planes of mo}iand to drastically reduce the effect of magnetic
perturbations occurring in the starting environment (maximum difference explaiyethe starting
environment remained statistically significant but decreased from 8° to 0.6Dellet al, 2018)
Furthermore, taking a photograph is not as cumbersome and constraining as capturitdadful
static acquisition with an optical motion capture system.

b. Correction of MIMU-sensed Earth-fixed reference frame inconsistencies using
hypotheses relative to segment orientations in the global Earth-fixed reference frame

In a recent study, a magnetometer-free approach was proposed to estimate joint drogfeBViUs
(Ligorioet al., 2020) First, participants are asked to stand in a static posture (the N-pose), in which the
segments orientations are assumed to be known in a global Earth-fixed reference frame (longitudinal
axes of the segment anatomical frames aligned with the vertical direction). Sems®gment
calibration is performed in two steps. First, using the accelerometers readings in theeNajows to
retrieve the longitudinal axis of all segmeiiéatomical frames in the MIMU local frame during the
static posture. Then, functional motion allows to retrieve the mediolatesalcfional axis of all
segments in the MIMU local frame. Using the triad algorithm, segments orientatidhs MIMU local
frame is computed. Using the N-pose configuration, MIMU orientation eaddduced in the global
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reference frame which therefore allows to correct the inconsistencies between the Earth-fixed
reference frames sensed by the segment-mounted MIMUs. While the algorithm displayed similar ti
errors than a MIMU-based Kalman filter compared to an optical motion capture systerar leighrs
were achieved for the estimation of the heading (6.8 degrees against 4.6 degrees).

c. Synthesis of the literature

Two approaches have been proposed in the literature to compute segment origmtatom
MIMUs in a consistent global frame. One approach relies on external devicempute the relative
orientation between the MIMU-sensed Earth-fixed reference fradg, and a global Earth-fixed
reference frame4, usingan external device (photographs, optical motion capture). The alternative
approach, presented in a recent study, relies on assumptions regarding the pa$ibody segments
in the global Edh-fixed reference framed at a given instant and uses the sensmisegment
calibration to deduce the MIMU or segment orientation at all instantg in

3.1.3. Computation of the instantaneous velocity of the BCoM from MIMUs

The third issue when dealing with MIMUs is the drift resulting from integration of s@sgls. If
the actual velocity is known at certain instarg the drift can be compensated far posteriori the
computed velocity is compared to the known velocity and the difference is usatldaorrection of
the velocity betweenR , sand R. Generally, a linear drift function is defined (Hannatlal, 2017)
Taking advantage of the cyclical nature of gait, the instantaneous velocity of the B&oNe
computed for each stride and further decomposed into two components: an ave@g@onent in
8Z ]JE 3]}V }( % EIPE +¢]}v ~* A E P A ol]vP % withmullmeani C o]
velocity.

a. 3D cyclical component of the BCoM velocity

The cyclical component of the instantaneous velocity of the BCoM is generallatestifinom
numerical integration of the lower-back acceleration, followed by a-pigsés filter (Pfaet al., 2005;
Meichtryet al., 2007; Késet al,, 2012). More recently, an analytical integration method, based on the
Fourier series decomposition of the pelvis acceleration signal, was shown to yietisim® results
with limits of agreement < 0.10 m/s as compared with optical motion captureafabt al., 2015;
Sabatini and Mannini, 2016). These integration methods were validatettidogstimation of lower-
back velocity in asymptomatic subjects and remain to be tested for the integraiffoBCoM
acceleration in people with lower-limb amputation.

b. Average BCoM velocity

Regarding the average BCoM velocity, or walking speed, three methods havelds®ibed in
the literature for its estimation from MIMUs: abstraction models, human gait elmdand direct
integration of linear acceleration (Yang and Li, 2012b).

Abstraction models consist in machine learning frameworks: a relationshgarist Ibetween
MIMU signals and a reference walking speed, without support of a biomechamickl. This type of
methods allows to estimate the average walking speed from raw MIMU d#tauwtiintroducing error
from signal integration. For instance, using the angular velocity and accelesigioals from shank
MIMUs, average root mean square errors below 5 % were achieved for the aweadigag speed

80



~* %o 4 khh/h) when walking on treadmill or overground (Sabatini and Manr®ii6R Higher errors
were obtained at slower walking speeds (9 % at 3 km/h). Although no such study wasiriotine
literature, machine learning frameworks could be designed to estimate thentsstaous velocity of
the BCoM. In (Betkeet al,, 2006), the authors developed an abstraction model for the estimation of
BCoM trajectory from trunk and shank accelerations in quasi-static conditiony @waly). While
encouraging results were achieved, the method was not transposed to gait nor to instantan
velocity computation.

Contrary to abstraction models, human gait models and direct integration ndstreom at
estimating the average walking speed through the ratio of stride length by stride duration.

In general, human gait models use inverted pendulum for gait representatiorestimate the
average walking speed (for more details, see Part 1, section 3.2.1. or refer toafvhhg 2012b)).
One such model, developed and validated in seven people with transfemoral angputathieved
relative errors within +/- 15 % (Miyazaki, 1997). Recently, Dauriac and coworkerproposed a
kinematic model specific to people with transfemoral amputation for thiéngetion of the average
walking speed from a single MIMU on the prosthetic shank (Daetiat, 2019). The model takes

advantage of the absence of knee flexion during early stance of people with transfemoral amputation

to represent the prosthetic lower limb as a single rigid body. Furthermore, trdehassumes that the
BCoM velocity is the same as the one of the residual hip center of rotation. Comhbimimverted
pendulum representation and roll-over-shapes characteristics of the foot-shank errijure31),
the sagittal plane instantaneous walking speed of the body center of mass is estimatedttarfingt
half of the cycle. Averaging the anteroposterior component over the first half ofjttiecycle, the
average walking speed is estimated with a root mean square error of 0.09 m/s (9%).

Lastly, the average walking speed has been estimated through direct double integratiom o
linear acceleration of the foot (Mariaet al, 2010; Kitagawa and Ogihara, 2016) or shan&t(al,
2010; Yang and Li, 2012a) in the direction of progression, usingetioevelocity update paradigm
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Fgure31: Kinematic model for body center of mass (C :

velocity estimation in people with transfemc = L 14
amputation. C, r are the characteristics of the roll

shape, S is the contact point of the foot with the grouny borrlzamul dl|ipleceticns AL

when the shank is verticalyis the shank angle, and L ] ] ) ) )
CoM height. Yand \ are the projections of the Cc H_gur§32: Double |ntf_sgrat|on of linear accelera_ltlon of the foot in
velocity (o) in the global framedR direction of progression betweeh two successive foot flat (FF) €
From (Dauriaet al, 2019) Adapted from (Kitagawa and Ogihara, 2016)
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(Figure32). Taking advantage of the null velocity of the foot ad+stance (detected through the foot-
flat event or shank-vertical event depending on MIMU position), the accelerationutdalmtegrated
between two detected events and drift can be compensated for after the first integralrhe average
walking speed is then computed as the distance covered between two detected edierded by the
duration between those two events. Using foot-mounted MIMUs, Mariani and coworkerstegpo
stride velocity values within 1.5 + 5.8 % of stride velocity in the asymptom@piglation (Marianiet
al., 2010). Yang and Li estimated the walking speed from shank mounted MIMUs \siteraige root
mean square error of 4.2 % in people walking on a treadmill (Yang and Li,.2012a)

c. Instantaneous velocity of an anatomical point

A kinematic model recently developed by Duraffourg and coworkers allows to estithate
instantaneous velocity and the trajectory of the knee joint from a shank mounté&dMh people
with transfemoral amputation ambulating overground (Duraffoetgl, 2019). The method coulceb
adapted for the estimation of walking speed from the distance covered by thakstvithin a stride.
Stride length was found to be underestimated by 5.1 % of its nominal vali& people with
transfemoral amputation. The method consists in estimating the knee joint velioitythe foot roll-
over-shape characteristics while in unipodal stance, similarly as in (Datieihc2019), and at double
integrating the knee joint acceleration derived from the acceleration measured by the-shamkted
MIMU (using rigid body assumption) during the swing phdsgufe33).

o

_
R

Figure33: Knee joint center (K) trajectory estimation from a shank mounted MIMU (positionadsiglthe roll over sha
paradigm (C representing the center of the foot cotr-shape). Taken from (Duraffget al, 2019)

It is worth noting that the instantaneous walking speed of the BCoM in an Earth-fixedfcgobal
(both the average and the cyclical components) could also be estimated directly from kinematic chain
gait models, with the assumption that the BCoM lies within the pelvis (Yuan &hdQhen, 2014)
However, such kinematic chain models do not include the trunk, and impassetMIMUs on all the
segments pertaining to the kinematic chain. Such a model would therefore not beatitepwith the
selected OSN (see Chapter 2, Part 2) and was not investigated.

d. Synthesis of the literature

Table 5below summarizes the results achieved in the literature for the estimation of the average
walking speed and instantaneous BCoM velocity. The studies that only indicated results rederding t
accuracy of stride length estimation are not reported.
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Authors || Population Sensors Method Results Reference _for the
average walking speed

(Aminian | 20 AS 4 gyroscopeg Kinematic model | RMSE = 0.06 m/s (6.7 %) Stopwatch (time to cover 20 m)
etal, (both thighs | (average walking
2002) and shanks) | speed)
(Dauriac |9 TF 1 shank- Kinematic model | RMSE = 0.09 m/s (9 %) Treadmill speed
etal, mounted (average walking
2019) IMU speed)
(Mariani | 20 AS 2 feet Double integration| Average error = 0.014 + 0.056 m/s Optical motion capture system
etal, mounted (average walking | (1.5 = 5.8 %) (feet markers)
2010) IMUs speed)
(Miyazaki,| 7 TF 1thigh- Kinematic model | RMSE +/15 % Stopwatch (time to cover 40 m)
1997) mounted (average walking

gyroscope | speed)
(Sabatini | 17AS 1 pelvis- Double integration| LoA of cyclical component (= 1.96 std) Treadmill speed
and mounted (cyclical overground walking:
Mannini, MIMU component) + -ML=%£0.10 m/s
2016) abstraction model | - AP= + 0.05 m/s

(average walking |- CC =+ 0.10 m/s
speed) RMS error of average velocity : 0.06 m
(0.07 m/s) (Average RMSE about 5%
above 4km/h)

(Sabatini | 5 AS 1 foot- Double integration| RMSE = 0.05 m/s Treadmill speed
etal, mounted (average walking
2005) IMU speed)
(Yang anq 7 AS 1 shank- Double integration| RMSE = 4.2 % Treadmill speed
Li, 2012a) mounted (average walking

IMU speed)

Table 5: Synthesis of the methods for BCoM instantaneous velocity and average walking speed estimation in the literature
TF = people with transfemoral amputation, AS = Asymptomatic participantE RM®t mean square error; AP =
Anteroposterior; ML = mediolateral; CC = craniocaudal; LoA = Limits of agreement

3.1.4. Towards the implementation of an OSN-based framework for the estinuti
BCoM acceleration and velocity: how to tackle the challenges aedowidh

MIMUs

The aim of this section is to introduce the choices made for the implementation of aviedirable
protocol for the estimation of 3D BCoM acceleration and velocity, basetherstateof-the-art

(sections 3.1.1to 3.1.3).

The first step requires to estimate the acceleration of SCoM from MIMUs moumtestlected
body segments. From the liteture (see section 3.1.1), it appears that, for each segment, the
translation vector from the origin of the MIMU to the SCoM in the MIMU local fraig(..» m .3
could be first obtained in an Earth-fixed reference frame during a static catibrasiing an external
device such as a photo camera (Dejnalsdil., 2006) or an optical motion capture system (Teufl
al., 2018; Guaitolinét al,, 2019). The obtained translation vector could then be computed in the MIMU
local reference frame using the MIMU orientation in the same global Earth-fixed refefeme 4,
as the one in which the relative positions are knowig(re34). The advantage of the method is that
it does not require to obtain an accurate sensorsegment calibration, and therefore, does not rely
on an accurate sensor positioning nor on the need to perform calibration nmetidrich might be too
demanding for people with gait impairment or untrained users.

83



Rg
o ra?MU —sCoM (tﬁ) \ RMIMULrunk (t) N ——

@ o,
e SCOMtr'unk (t() |

PMIMU[J'E“!.'(76 (t)

RMIMU trunke _ Rg
ornmu Zocom (£0) = Primu —6 (to) X Toppy —scom (to)

Fgure34: Retrieval of the relative position of segment center of mass (SCoM) and the segment-mounted MIMU in -
local frame - example for the trunk MIMU.

1 t MIMU orientation in the Earth-fixed global reference frafgs known (transformation matrie A &, . ;20

2 t The positions of the SCoM and of the origin of the MIM g} are known ind; at B, during the static calibration thar
to an external device (calibrated photographs, optical motion capture)

3 t The relative position of the MIMU and the underlying SCoM is deduebcaink; -

cUY g~y 2000 Yg~,n

4 t Using the knowledge of MIMU orientation4g, the relative position of the MIMU and the underlying SCoM is com
in the MIMU local frametg a g5, , 8t B: ~ R With the rigid body assumption, this vector is con:

ouyoé-),m’_).o.yé-),

and CUyegese 2000 ygnsn - P, is known for all timestampB

In (Choeet al, 2019), the authors propose to perform a static posture semgesegment
calibration while the patrticipants are facing the magnetic North direction, as indicataccbynpass,
in order to ensure that the segments orientations are known in the same Earth-fixed redeirance
as the one sensed by MIMUs. This implies that the formers consistently sense thetimadprth
direction. However, such ideal conditions are not often encountered, especially infRioesncet al,,
2011; Lebekt al, 2018). Indeed, thdath-fixed reference frames sensed by several MIMUs are
generally different (Guaitolirgt al., 2019) (see alsbigure30), which results in errors when fusing data
from several MIMUs (Lebel al, 2018). As reported in the literature (see section 3.1a)psteriori
correction of inter-MIMU inconsistency using the static part at the beginninigia acquisition allows
to significantly reduce the influence of magnetic perturbations on the output biomechanical
parameters all along the acquisition. Therefore, identifying a common geddh-fixed reference
frame 4,in which the orientation of each MIMU local fran¥ 4 £fan be assumed to be known at
a specific instanty, and then computing the relative orientation of the Earth-fixed reference frames
4, ,sensed by each MIMU in this consistent common global Earth-fixed reference fame 4 at
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the same instant represents an interesting solution. The transformation matr&gg 4 being
constant (as they describe the relative orientation of a pair of Earth-fixed reference fy@netelet

al., 2018), this allows to compute the orientation of each MIMU local fratpes &in 4aat all time
(Figure35). Finally, using the transformation matrix frofpto 4. A gjthe relative position of each
MIMU and its underlying SCoM is known in the MIMU local frame, which subsequentlyg &iow
estimate the SCoM acceleration in the MIMU local frame using equation (6). Thenq, thein
transformation matrix from4£ 4 gf0 4 allows to express each SCoM acceleration in a consistent
global reference frame to finally estimate the BCoM acceleration from an OSN (equation 5).
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Fgure 35; Computation of the orientation of a MIMU local frame in a global Earth riéfecknce frame, using a ste
calibration - example for the trunk MIMU

1 t Known orientation of MIMU local fram&g A 4, , D its associated Earth-fixed reference frame;, ,, ,at all instants|
of the acquisition (transformation matriZe A 4, , ;34 & v 2o @0taINed from sensor fusion)

2 tIn a predefined static posture taken Bt the orientation of the MIMU local frame in the Earth-fixed global frdmear
be assumed to be knowr2f A &, , 2A R

3 t The constant relative orientatio, , . , ;»Abetween the MIMU-sensed Earth fixed reference frame, ,, ,and the
Earth-fixed global framd, is computed using the knowledge Bf A 4, , ;32 aNd 22 A Biy @ A gvauBt P L 4P

4 t Using (1) and (3), the orientation of the MIMU local frame in the global-feathreference frametj can be compute
at all timestampshof the acquisition

Once the BCoM acceleration has been computed in an Earth-fixed global reference frame, the
instantaneous BCoM velocity can be estimated from a combination of dimegjration of the BCoM
acceleration (cyclical component) and a kinematic model of the shank (average component).

In the next section, the framework development and implementation will be preskimteletail.

3.2. Material and Methods

3.2.1. Framework overview

The development of the framework can be divided in three steps aiming at:
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data,
b) merging SCoM accelerations in a consistent common global fragnand
C) estimating the 3D BCoM acceleration and velocity from a weighted average of selected

SCoM accelerations.
From chapter 2, the trunk, thighs, shanks and feet were identified as the major contributors in 3D

BCoM acceleration in people with transfemoral amputation and several promisingv@&®&Ndentified
for the estimation of BCoM acceleration from the acceleration of these segments. Therefore JsMIM
manually aligned with the longitudinal axes of the segments, are adopted.

a. Computing 3D SCoM acceleration

Following Pillet et al. (2010), a 15-segment subject-specific inertial moeedommalized using
calibrated photographs in a static posture, is used to obtain the SCoM posiii@msdptical motion
capture system (OMCS) reference fae £ 1, For each MIMU, the position of its origin is manually
identified on the photographs, which allows to compute its relative position wépect to the
underlying SCOM™ yy..2mo.) N 4g £y

Multiple synchronized MIMUs may be inconsistently affected by sustained distortions of the
magnetic field (Picernet al, 2011; Picerno, 2017; Lebet al,, 2018), leading to MIMUs sensing a
different direction of the Magnetic North. Therefore, although the vertical axis/attitude of the
reference global framedl, ,sensed by each MIMU coincides with that of the OMCS, the heading is
inconsistent across MIMUs and differs to that of the OMCS. Therefore, the orientatiou puovided
by each MIMU2, .o £ A ggannot be directly used to estimate the transformation mati v, » £ Ay i
from 4z A g0 4 £vin static. Instead, knowledge of MIMUs alignment on the underlying segments
and hypotheses on the orientation of segments during the initial static posture are used. Jneed
static posture in which the participant is being photographed has been defined sudhetiestanding
facing the direction of progression. As a first approximation, it is assumedithttis position, the
axes of the segment local frames are aligned with the axe&of ., gnd thus, that, for each MIMU,
the axes of the local framed(g A 4 are aligned with those oflg £ 1jp static. A first approximation of
2t /£ v.17 £ AgaN therefore be derived. This approximation is then corrected for each MIMU using the
attitude output issued by the MIMU and ensuring that an orthonormal reference frame tskigilire
36 details this procedure for the MIMU positioned on the trunk.

In the end, this allows to express the vectQgy. »mg.yin ~yyy.,, and to compute SCoM
accelerations in their respective sensor frame as follows:

i”"o-y L i-uy-. E 1uy-. ek uye. e ay-.?TMoo.yOE IGy-. e Nuy-.’?TMo-.y
where t.,,. and?* . are respectively the acceleration and the angular velocity measured by

the MIMU in the sensor frame-y . and XQNEis obtained using a 5-point stencil differentiation.
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Approximation of the orientation of a MIMU local frame in the optical motion aagitatem (OMCS) global reference frame during the

static posture atP L, PExample for the trunk MIMU.

2k A £, iS retrieved from the orientation output of the MIMU Bt L K1)

25 A £172E A% unknown atP L J2) but it might be approximated using):(
Using the orientation output of the MIMU, the vertical directigp, of the MIMU-sensed Earth-fixed frame is knowd jaa £ furthermore, sinc

MIMUs attitude is not affected by magnetic perturbations, the vertical direction detectioiMydvis robust and is consistent with that of
OMCS global framég £ 1 Therefore, Vi , L \é £4in 4£ A £ Furthermore, the manual alignment of the MIMU on body segments and the
posture taken by the participant ensures that thand Uaxes of the MIMU local frame are close to that of the OMCS. This allowstie asest

product to compute theTand Uaxes of the OMCS id £ z £@).
Lastly,2£ A £1~ & £5,pbtained atP L ,Bs the inverse 0Pz £1,i2 £ A@)
b. Merging SCoM accelerations in a consistent common global frame

Since MIMUs sense inconsistent Earth-fixed reference fram?(sE; a common global reference
frame 4y must be defined consistently for each MIMU. The reference frame sensed by the trunk
MIMU 4(PNQJ|'GOtated so that one axis is coincident with the direction of progression, is chosen as
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the common global reference frame 4 L 4;:a; H 4, ., SeeFigure37). This arbitrary choice is
supported by the fact that all the best performing OSN models identified int@h2jinclude a sensor

at the trunk. Furthermore, the trunk MIMU is less susceptible to magnetic perturbations tharhee
MIMUs, as it lies farther from the ground (Lebéhl., 2018) and it endures low height variation while
walking (Miezakt al,, 2016). Lastly, the direction of progression can be inferred from the orientation
output of the trunk MIMU since it is positioned such that its z-axis is oriented towardsrétidin of

Direction of progression {DoP)

Ruimu i (t0)

PM!MUh’unk’GFtl‘unk (t())

Identification of the rotation
R,(6) required to ensure
that the trunk global
reference frame has one axis
pointing towards the
direction of progression
(DoP)

RGFI r'.’.m].'(['“-)

Fgure37: Rotation4; : a; of the trunk-MIMU sensed Earth-fixed fram&(, ,, - to align one of its axis with the directior
progression, using the orientation of the trunk MIMU local frade £ &1, )

progression.

For each MIMyJthe constant transformation matri® -3 ,, S A v §Z D/Dh][«referemce
frame 4, ,and the common global reference framt L 4:a; H 4., is obtained during the
initial static posture at the beginning of each acquisition using the known orientatidg 4 of both
the trunk MIMU : 2= £ 1,12 & Ay :2Nd MIMU @ 2 £ 1,1 - £ Aj{lrigure36, cf paragraph a), as well as
their known orientation outputs Rz A 4 » 42 & v 408 2 A &P A ion

2hAgyvand 4 A
npl Anavadl Ravarol 43 H v.pe
2mpl 4ia; HRuu . neAmiavez H 2Ramispt £vizs H Bevioaeiyed: H ZAmiA e 2

Using the constant transformation matri, -4 ,, and the orientation output provided by each

MIMU ( ZeAmph el Z%,;EA/E)}, the acceleration of each SCoM can be expressed in a consistent

global reference frame at all timestamps:

Honi8i Loimg H RomamiP H I8,
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c. Estimating 3D BCoM acceleration and velocity:

i Selected OSN

Based on the results of chapter 2, three OSN models including 3 to 5 segments arerechnad
good candidates for the estimation of BCoM acceleration and veloLtitlé §. BCoM acceleration
and velocity estimated using a unique MIMU at the trunk level will also bgzedhto demonstrate
the added value of using multiple sensors instead of a single sensor.

Table 6: List of the optimal sensor networks (OSN) implemented for the estimation of 3D BCoM acceleration and velocity

Number of
Included segments
segments
5 Trunk, thighs, shanks
5 Trunk, thighs, feet
3 Trunk, shanks
1 Trunk

il 3D BCoM acceleration

For each OSN model, SCoM accelerations of the included segments are expretsaddrfused
to compute 3D BCoM acceleration, with; gy, the mass of theEUsegment derived from the
personalized inertial model, an@ the number of segments included in the OSN:

KC appg
:tno.y L Aum :I:-(Joy.

iii. 3D BCoM velocity

The 3D BCoM velocity is computed stride-per-stride as the sum of thegewsedking speed and
the cyclical component. Stride segmentation is performed at the prosthetic heel strike framk sha
MIMU readings (Trojaniello, Cereatti, Pelogihal., 2014). Subsequently, the average component of
3D BCoM velocity is computed from a prosthetic shank-mounted MIMUnfioigp(Duraffourget al.,
2019) v Aloo *]Pv & «8Z ~"A EP AOollvVP *% _ ]v 87 ¢}oo}A]vVF
component was computed from direct numerical integration of 3D OSN-derivexdM Bibear
acceleration followed by high-pass filtering (Steghal., 2014).

3.2.2. Framework implementation

a. Experimental protocol

One male individual with transfemoral amputation (mass: 83 kg, stature: 1.69 m) gavettaa wri
informed consent to participate in the study. He was instrumented withllabfady marker set (Al
Abiad et al., 2020) and 7 MIMUs (Xsens, 100 Hz) on the feet, shanks, thighs andachinkounted
on a 3D-printed plastic support with housings for 4 reflective markers. An OMCS (\A@DNz)

E }E §Z u E| E<[ %4)}phctdyraphd @rbat, back, both sides) were taken. Then,
starting from a static standing posture, the participant walked at self-selected speed aloBignan
pathway, with 3 force plates (AMTI, 1000 Hz) in the middle. Synchronization betwgterments was
achieved by an electronic trigger signal. Only trials with three successive foot contaitts torce
plates (i.e. a complete stride), were considered for further analysis.
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b. Data processing

Data were filtered using a zero-phasé&-drder Butterworth filter. Cut-off frequencies were
identified using a trial-and-error approach (5 Hz for marker and MIMU raw tiatdz for force plates).
Reference SCoM accelerations were obtained by double derivation of OMCS-babé@p@&tions.
Each differentiation step was followed by a zero-phase low-pass Butterw8rtindér filter with cut-
off frequencies 8 Hz (velocity) and 10 Hz (acceleration). Reference 3D BCoM aoocelwesi

Ju%ps (E}u §Z (JE %o § [ *]Pv o AZ]Jo & ( E v @EthgD A o} ]3

inertial model, to avoid error propagations due to ill-chosen integrationstants when estimating
the velocity from force platforms. For each OSN, reference and MIMU-based S@bN8CoM

0 E §]}velA 0} 18] * A E Ju% E pe]vP W E rhotimean@Ediare S]}v
error (RMSE) and ped&-peak normalized RMSE (NRMSE) averaged over the trials. Errors in the
estimation of BCoM velocity was also quantified in percent of the average walkieed in the
direction of progression (ARMSE). The average and standard deviation of the (normRh28#&)
respectively indicate the accuracy and precision of the methods.

3.3. Results

Seven trials, resulting in thirteen strides, were analyzed. Only the middle strides ocauntiirady
on the force plates were analyzed for the investigation of BCoM acceleration accuracyastiegze
whole set of strides was analyzed for the SCoM acceleration and BCoM velocity.

i. SCoM and BCoM acceleration

Results of the comparison between MIMU-derived and inertial-model based SCoM acceferatio
are provided inTable 7 Correlations between MIMU-based and reference SCoM acceleration were
small at both feet and moderate at the sound shank in the mediolateral directibrwbre strong
}18Z EA]-0A.E E

Table 7: Accuracy of segments' center of mass accelerations estimated with MIMU compared to the optaralcayuitre

reference]v § Eue }( &}}S u v ecu E EE}Ees ~ZDN U v}EuU 0]l Zmsr (@ v W Ee}v[e

RMSE (m.8) NRMSE (%) W Ee-}v[s E

Antero- Medio- . Antero- Medio- . Antero- Medio- .
. Vertical . Vertical . Vertical
Segment posterior | lateral posterior lateral posterior | lateral
Mean (standard deviation)

Pr?ﬁg:et'c 2.94 (0.61)| 2.74 (0.65)| 2.00 (0.21)|] 5.2(1.1) 26.1(4.0) | 6.6(0.7) | 0.97 (0.01)| 0.27 (0.14)[ 0.96 (0.01)
Sound foot | 3.64 (1.10)| 3.99 (0.70)| 3.31 (1.05)| 6.3 (1.9) 22.1(5.4) | 8.4(1.4) | 0.96 (0.03)| 0.19 (0.18)[ 0.90 (0.06)
Prsﬁ;rr]]it'c 1.58 (0.33)[ 1.21 (0.39)| 1.38(0.08)] 5.0 (1.0) 16.7 (5.3) | 12.4(0.8) | 0.97 (0.01)[ 0.71 (0.16)| 0.88 (0.02)
Sound shanl 2.08 (0.43)| 1.49 (0.43)| 1.56 (0.19)| 8.9 (1.6) 18.9 (4.1) | 12.4(1.9) | 0.93 (0.03) 0.42 (0.20)| 0.83 (0.05)
Pr?;;hft'c 1.94 (0.07)| 0.50 (0.11)] 0.79 (0.02)] 185(0.6) | 7.6(1.7) | 7.5(0.4) | 0.83 (0.03)| 0.94 (0.04)| 0.96 (0.00)

Sound thigh| 2.10 (0.66)| 0.72 (0.12)[ 0.94 (0.33)] 10.5(1.5) | 14.6 (1.8) | 9.5(1.7) | 0.85 (0.10)| 0.74 (0.08)| 0.90 (0.07)

Trunk 0.95 (0.05)| 0.48 (0.04) 0.43 (0.22)] 12.8(1.1) | 12.9(1.1) | 5.7 (2.4) | 0.73 (0.04)| 0.89 (0.02)| 0.97 (0.03)

Average (all

segments) 2.04 (0.99)| 1.47 (1.25)| 1.39 (0.95)] 10.0 (4.6) | 16.6(6.3) | 9.1 (2.8) | 0.87 (0.10)| 0.62 (0.30)| 0.92 (0.06)

90

b

} @



Results of the comparison between MIMU-derived OSN-based and force platform-based BCoM
accelerations are provided ifiable 8 Correlations between MIMU-based and reference BCoM

o & §]}v A E

*SE}VP (}& o00 KM"E u}

o¢ ]Jv oA OE }B v P E b 3 Kb

sensors instead of a single sensor at trunk level is demonstrated by the increased aecutdlog
better fit of reference BCoM acceleration in the anteroposterior and mediolateral directigren
using OSNT@ble 8 Figure38).

Table 8: Accuracy of Optimal sensor network (OSN)-based MIMU-derived BCoM acceleration as compared plétidorce

based acceleration in terms of root mean squa E}E+ ~ZD”" «U v}Eu o]l ZD U v W E9}v][e
RMSE (m/s?) NRMSE (%) W Ee}v[s E
OSN Antero- Medio- Vertical Antero- | Medio- Vertical Antero- Medio- Vertical
(included posterior lateral posterior| lateral posterior lateral
segments) Mean (standard deviation)
Tr“;‘::é:l‘('ghs’ 0.54 (0.02)| 0.32 (0.3) | 0.57 (0.06)] 13.7 (0.9)| 14.0 2.1) 8.5 (0.5) | 0.93 (0.01)| 0. 89 (0.04)| 0.95 (0.01)
Tr””f‘;ettmghs' 0.33(0.02)| 0.37(0.03)| 0.51 (0.05) 9.7 (0.7) | 13.7 (0.7) 7.4 (0.4) | 0.93 (0.01)| 0.88 (0.02) | 0.96 (0.01)
Trunk, shanks| 0.40 (0.06)| 0.50 (0.05)| 0.54 (0.@) | 11.6 (2.1)[ 21.5 (2.7 7.7 (0.4) | 0.89 (0.03)| 0.74 (0.08) | 0.96 (0.00)
Trunk 0.66 (0.05)| 0.70 (0.05)| 0.63 (0.06)| 17.0 (1.2)| 23.5 (2.0) 8.8 (0.6) | 0.78 (0.02)| 0.76 (0.05) | 0.95 (0.00)

BCoM velocity

Accuracy of OSN-derived BCoM velocity compared to the reference inertial model is presented in
Table 9 OSN-derived and reference BCoM velocity averaged over the thirteen prosthetic strides are
displayed inFigure 39. Interestingly, the OSN models that achieved the best estimation of BCoM
velocity were different from those that achieved the best fit for BCoM acceleration. The fM&M
OSN model including the shanks performed better than that including the feet direttions, as

]‘%00

¢ ¢

§Z

Z ] P ZcdEelation @efficients and the lower RMSE. BCoM velocity

estimated with the trunk SCoM acceleration achieved a good fit of BCoM velocity witteakcel

}JEE o §]}ve Jv §Z
anteroposterior direction.

u

anteroposterior and mediolateral direction (RMSE > 0.08Yn.s

]J}o 8 & o v A @EJnlym mModerate]dgreer@EnEn thed i«
Furthermore, high errors were achieved by this model m th

Table 9: Accuracy of body center of mass (BCoM) velocity derived from the optimal sensor network (OSN)-based BCoM
acceleration compared to the reference velocity computed from optical motion capture in terms of roosaueaa error
(RMSE), RMSE normalized to average walking speed (ARMSE) aogppeakkiormalized RMSE (NRMSE)

OSN (included
segments)

RMSE (m:%)

ARMSE (%

NRMSE (%)

W E-}

v[ie E

Antero-
posterior

Medio-
lateral

Vertical

Antero-
posterior

Antero-
posterior

Medio-
lateral

Vertical

Antero-
posterior

Medio-
lateral

Vertical

Trunk, thighs,
shanks

0.05 (0.02)

0.05 (0.01

0.03 (0.00)

41(1.2)

16.7 (5.1

13.2 (3.0

6.0 (0.8

0.94 (0.04

0.96 (0.03

0.99 (0.00)

Trunk, thighs,
feet

0.05 (0.01)

0.06 (0.02

0.03 (0.01)

4.2 (1.0)

20.8 (6.2

15.6 (3.9

6.0 (0.6

0.85 (0.05

0.90 (0.04

0.99 (0.01)

Trunk, shanks

0.04 (0.02)

0.05 (0.01

0.03 (0.01)

3.5 (1.3)

15.1 (6.1

13.7 (2.4

6.7 (1.0

0.92 (0.02

0.94 (0.01

0.99 (0.00)

Trunk

0.08 (0.01)

0.09 (0.01

0.04 (0.0}

6.7 (0.7)

27.7 (3.3

20.8 (1.7

7.6 (0.8

0.57 (0.06

0.92 (0.02

0.99 (0.00)
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Figure 38: Acceleration of the body center of mass derived from force platforms measures (gray straight lime), sgptsc
networks consisting in the weighted sum of center of mass accelerations of the included segments (colorechdakitézb
lines), in the anteroposterior direction (AP), mediolateral direction (ML) and verticalodirge@). Shaded regions represen
interval [meant standard deviation ; mean + standard deviation] for the estimates of the BCoM acceleration averaged?
gait cycles of the participant.
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Fgure39: Body center of mass (BCoM) velocity as estimated by OSN-derived models [upper-left cornertéhlliaei)t trunk, thighs, fet
upper-right corner (orange dashed-lines): trunk, thighs, shanks; lower-left corner (yellow dashed linesdtishdnks; lower-right corr
(green dashed lines): trunk] in comparison with the reference BCoM velocity obtained by optical motion captstea{gha line). Shad
regions represent the interval [ medrstandard deviation, mean + standard deviation] for each estimate of the BCoM velocity droses
the thirtheen prosthetic gait cycles of the participant in the anteroposterior (AP), mediolateral (ML) and vejtaied ¢Ga.
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3.4. Discussion

This proofef-concept study aimed at proposing and validating a framework for the estimafion
BCoM acceleration and velocity from an optimal network of MIMUs. Bas#uearesults of an optical
motion capture-based study (Chapter 2), several OSN were investigated, including fréanivBNtiJs
positioned on the trunk and on either a pair or more of the following segmehtghs, shanks and
feet. The added value of using an optimal network of sensors instead of a sémgler at trunk level
was also investigated by comparing the accuracy of the various OSN estiméias abtained with
the trunk MIMU. This pilot study demonstrated the feasibility of accurately estimgtie@D BCoM
instantaneous walkingrelocity and acceleration using five MIMUs in people with transfemoral
amputation. The fact that the protocol was validated in a single case study should however be kept i
mind before generalization of the achieved results to the population of transfemoral amputees.

i SCoM and BCoM acceleration

In the developed framework, the BCoM acceleration is estimated through a weigheeagavof
SCoM 0 E §]}veX d} 8Z uSZ}E[e IviAo P U 3Z]s ]* 8Z (]E*3 +35u C ¢
for the estimation of SCoM accelerations from MIMUSs.

Interestingly, when more than 3 sensors were used for BCoM accelerations, highesr \eene
achieved on average for the estimation of accelerations at the SCoMs than at the BCoM. Acuslera
estimated at the shanks and feet were shown to have the highest errors and to/geound limb) or
moderately (prosthetic limb) fit the reference SCoM acceleration in the mediolateral direchon
possible reason for this discrepancy lies on the assumptions made regtrdialignment of segment
anatomical axes with those of the global reference frame in static. Indeed, the particivas not
specifically asked to stand with his feet parallel, which would have justifiedyth@tlmesis for the feet
segments. Natural outward alignment of the feet of 20° have been reported int¢natlre (Tuncaet
al., 2017) and would have necessarily an impact on the orientation of the feet and the shanks.
However, OSN that included feet and thighs segments were shown to be superior to theerpauts
using shank-mounted MIMUs in terms of accuracy with the BCoM acceleratibte(§.

BCoM acceleration estimated using a single sensor at trunk level in the present study rasulted
lower accuracy in the anteroposterior and mediolateral directions than reportedldlyamed Refai
and coworkers with a single MIMU at pelvis level in eight asymptomatic participants (Moharfzed Re
et al,, 2020). However, the presented framework achieved higher accuracy in the veitézdaion and
higher consistency with the reference acceleration pattern in the mediolateral and vertical dirgctio
as demonstrated by higher correlation coefficients. When estimated using severalrsessN-
derived BCoM acceleration results were in agreement with those reported in healthy sulpiags
optical motion capture system-based accelerations (Shahabpoor et al., 2018)d|nt&eg three
sensors (trunk and shanks mounted MIMUSs), our method achieved similar to ieghaceuracy (mean
NRMSIand better precision (standard deviation of the NRMSE) compared to theommmsed by
Shahabpoor and coworkers using the acceleration of three different segments (trunk, pelvés an
thigh) in sound participants (present study vs sound-participants : 11.6 +V&.11% + 2.0 % in the
anteroposterior direction, 21.5 + 2.7 % vs 18 £ 6.7 % in the mediolateral aliveetd 7.7 + 0.4 % vs 7
+ 1.7 % in the vertical direction). The increased precision in the present study may have resulted from
the validation of the method on a unique participant whereas six asymptomatjecstambulating
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at different walking speeds were recruited in (Shahabpetaal., 2018). It is worth noting that, in the
former study, BCoM acceleration was estimated from a weighted average of SCoM accelerations
derived from optical motion capture measurement. Therefore, decreased accuracy and precision is
expected when transposing the method with MIMUs. The validity of the method preden
(Shahabpooet al,, 2018) when using wearable sensors was only investigated in the vertical direction,
where a mean accuracy of 8.7 % was achieved in the vertical direction (1.7 % decreasraadny).
Therefore, the results achieved in the current study using a 3-MIMU configuration are venisiog.

Increasing the number of MIMUs allowed to improve the accuracy of the estimatedl BCo
acceleration, in particular in the mediolateral directiofable §. Interestingly, the five-MIMU OSN
including the thighs and shanks sensors resulted in an improved accuracy only irdiwateral
direction compared to the tlee-MIMU OSN, while an increase accuracy in the anteroposterior
direction was also observed when considering the five-MIMU OSN including thes thigl feet
sensors. High consistency between reference and MIMU-based 3D BCoM acceleration patterns was
observed with all the OSN models investigated, with perceivable devsaiiorthe mediolateral
direction for the three-MIMU modelRigure38, Table §.

In the light of these results, the three-segment OSN model including both shankbetrdink
appears to be optimal when the sagittal plane BCoM acceleration is targeted (aosteoijpr and
vertical directions). When the 3D BCoM acceleration must be estimated with highaagcar five-
sensor model including the trunk, both thighs and either both feet or both shanks is to be preferr

il. BCoM velocity

BCoM velocity was computed stride per stride using the sum of acayclbmponent and an
average walking speed in the direction of progression. The average walking speedtivesged as
the ratio of the shank MIMU displacement along the direction of progression witkinide to the
stride duration, using the kinematic model specifically developed for peopth igiwver-limb
amputation in (Duraffourgt al, 2019). The use of this model imposes the use of a MIMU mounted on
the prosthetic shank, even when considering OSN models for BCoM acceleration estimatidia that
not include a sensor at the shank. In order to keep the number of sensorsiairaat) it is therefore
preferred, with this integration method, to use OSN models including the slsagksents rather than
the feet. Otherwise, integrating the foot acceleration between successive foot flaigsecould allow
to estimate the average walking speed (Kitagawa and Ogihara, 2016). Howeabterd#étection of
foot flat events from inertial sensors may not be straightforward in people with tdineb
amputation.

BCoM velocity estimated from a single sensor at trunk level was shown to be stigidlyaince of
phase in the anteroposterior directiorriQure39) and to lack accuracy in the anteroposterior and
mediolateral directions (average RMSE > 0.08!{Table 9. The use of multiple sensors arranged in
OSN allowed to improve the estimated velocity by up to 12.6 %enanteroposterior direction.
Interestingly, the three-MIMU OSN including the trunk and shanks provided the mostatecur
estimate of BCoM velocity in the anteroposterior direction, with errors in the ood&.5 £ 1.3 % of
the average walking speed (average RMSE = 0.09.mMdding supplementary sensors at the thighs
resulted in a better fit of curve pattern in the anteroposterior and mediolateral direstigigure39)
but in a slight decrease of accuracy in the anteroposterior direction (RMSE of: MABL m.3,
corresponding to 4.1 + 1.0 % of the average walking speed), due to the overestiroatiR@oM
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velocity peaks in that directior-{gure39). Therefore, although 3 MIMUs allowed to estimate BCoM
acceleration and velocity with a good accuracy index, using 5 MIMUtseatrunk, thighs and shanks
should be preferred if a strong accuracy is required especially in the mediolateralatireldtie model
including the feet sensors achieved lower accuracy in the anteroposterior adiblaeral direction
than the models including the shanks. This might be a consequence of the dissuofparallel feet
required for computing the relative orientation of the reference frames sensetthdyeet MIMUs in
the global reference frame (see equations in part 3.2.1b

Few studies in the literature have focused on the estimation of the instantaneous BCoMyyeloci
compromising the comparison of our resultSuthermore, all former studies investigating the
instantaneous BCoM velocity used the assumption that the BCoM was fixed in the pelvis anhtomi
frame. Sabatini and Mannini investigated a method for the estimation of tharntabeous velocity of
a MIMU positioned at the pelvis compared to the velocity of an optical motiapture marker
positioned on top of the MIMU (Sabatini and Mannini, 2016). Validatesults are proposed
separately for the cyclical component (limits of agreement [+ 1.96 standard amliafi + 0.10 m.$
in the anteroposterior and mediolateral direction, and + 0.05%mghe vertical direction) and average
component (RMSE = 0.07 m.when ambulating overground). A smaller dataset was used in the
present study but higher accuracy was achieved for the cyclical component (+ 1.96 stdedattn
of the RMSE: + 0.01 rt.# all directions, including when using a single sensor at the trunk level).

Regarding the average walking speedultiple authors have proposed algorithms for its
estimation using inertial sensors (Yang and Li, 2012b). Only two studies reparestimate of the
average walking speed within less than 4.1 % of its nominal value. In (Mar&n2010) the average
walking speed was estimated from double integration of the acceleration of a foot mounted MIMU in
twenty sound patrticipants (young and elderly) and achieved higher accuradgwvimr precision (1.5
+ 5.8 % of the actual walking velocity) than the proposed method. Using a shankavthMd kinematic
model relying on stance knee flexion, which is absent in people with transfemoral anoputgang
and coworkers estimated the average walking speed within 4.0 % of its nominal value.

iii. Limitations and perspectives

The developed framework allowed to estimate the instantaneous walking speed and acceleration
of the body center of mass from five MIMUs positioned on the trunk, thighs and ssagksents of
one person with transfemoral amputation. Results should be confirmed amged cohort prior to
generalization.

The aim of the present study was to propose a wearable frameasckmpatible as possible with
clinical use. Currently, the framework requires the use of a camera and an optoeleciystamgor
the personalization of the geometric inertial model and the estimation of the relativaiposif each
MIMU to the center of mass of the underlying segment in the intermediary global frame)sihe
use of these external devices, and especially of the optical motion capture sy=tempyomises the
transfer of the framework in the clinical field. The optical motion capture system wasfasé¢ie
calibration of photographs and for the construction of an initial geometrgtial model based on
anatomical landmarks. Projections of the initial volumes on face and profileograyths were
U VH 00C E *Z % *} <+ S} (]S SZ %o ES] 1% vS[e } C ZVYSHRTE %o 2o }vV
(Pilletet al, 2010). Therefore, using an alternate system for the calibration of photbgramr a
method that does not require to take photographs at dliwould facilitate the transfer of the
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framework in the clinical field. Regarding the first solution, using a device afrkishapes and
dimensions may allow to calibrate photographs. Regarding a possible alternativiaking
photographs, body segmental inertial parameters and positions of anatofaicémarks and MIMUs
could be retrieved from body meshes obtained with a 3D scanner. A semi-autonedtiosmrequiring
less than 1 minute of acquisition, has been proposed and validated in nine sound participants (Robert
et al, 2017). Its validity in impaired people, in particular in people witloveer-limb prosthesis,
remains to be verified. All in all, making the framework fully wearable does mpaaapgo be a major
issue even if itvould require some further development and validation. It should be noted that the
method would still rely on an external portable device (camera/3D scanmemder to retrieve the
SCoM and MIMU positions in a consistent intermediary global frame (Hveec or camera frame).
The impact of errors in the estimations of the relative positions of MIMUs anS@ahe output
parameters (SCoM and BCoM acceleration, BCoM velocity) should therefore ks&gmtesl in a
further study.

It should be noted that, in order to obtain the relative position of MIMUs and Siadke MIMU
local frame, the framework uses a static calibration during which both the vel&CoM/MIMU
positions and the orientations of MIUk are estimated iran intermediary global frame.drdo so,
MIMUs were aligned with the longitudinal axes of segments while the latter wengoseg to have
their axes aligned with that of the intermediary reference frame. It should be stressed that this-sensor
to-segment calibration was required only to derive the position of SCoM inrdsgective MIMU local
frames and was not directly used for the fusion of SCoM accelerations. Furthermdieation of
MIMUs with respect to the vertical were corrected using the orientation output providedhk
MIMUs. Therefore, the impact of misorientation of MIMUs on segment is believed to tienaij
which would not have been the case if the aim of this study was to derivegngles (Miezatt al.,
2016; Kianifaet al,, 2019). Verification of this hypothesis should also be investigated in further studies.

The framework could finally be enhanced in order to obtain complementasyndhanical
parameters. A growing interest for the estimation of individual limb grouveattion forces from
MIMUs can be inferred from recent literature. In people with lower-limb amputatiorparticular,
receiving/giving feedback on the load distributed to each lower limb repraesentinteresting track
for the rehabilitation (Loireet al,, 2019). Several models proposing a smooth transition of the weight
from one limb to another have been investigated in the literature (Bieal., 2008; Karatsidist al.,
2017) but may not be adapted for impaired gait. Therefore, developingethod allowing to estimate
the ground reaction force under each foot from MIMU-based BCoM acceleratigeople with
transfemoral amputation represents a relevant track for future works. Furthermore, when combined
with the instantaneous BCoM velaocity, the individual ground reaction forcepecavide insight on
mechanical energy exchanges (Donedaal., 2002b; Bonnegt al,, 2014).

3.5. Conclusions

dZ (& u A}EI[+ E +pode @ suggestititat RIMUB may be a valid alternative to
lab-based instruments when the 3D BCoM acceleration or velocity is targeted. Indeegaissh of
five MIMUs on the trunk, thighs and shanks allowed to estimate 3D BCOM acosienati velocity in
a person with transfemoral amputation with a strong agreement with reference datairodd from
(}JE& %0 S(}EuUe ~ o E S]}VW E E iX060 v} |JEQWSE & uXDgy V% E]
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accuracy (NRMSE in the anteroposterior, mediolateral and vertical directions of P116%, 14.0 £
2.1 %, 7.7 £ 0.4 % for the acceleration and 16.7 £ 5.1 %, 13.24; 8.0 + 0.8 % for the velocity).
Results of this proodf-concept study still need to be confirmed on a larger cohort.

In medium-term, future studies will aim at assess)rige accuracy achieved when a fully wearable
framework (that is, without an optical motion capture system) is implementedigriie impact of
MIMU misplacement on the estimation of SCoM and BCoM kinematic parameté¢ne llong term,
suitability of the OSN to estimate the ground reaction force under each foot should be gatesiti
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Chapter 4t The impact of inertial measurement units positioning
EE}E }v SZ S]u S o & S]}ve }( } C
mass: a sensitivity analysis

<

The previous chapters indicate that, in people with transfemoral amputatiody loenter of mass
(BCoM) acceleration can be estimated from a weighted average of the accelerationcehtbes of
mass of a set of 5 segments. The formers can be estimated from the signals measured byiyith§Us
mounted on each of the segments using the following equatiqgmovided that the SCoM position in
the MIMU local frame™. ;y. 7. ¢ .y IS known:

:toooy L :touyoE louyc éklouycé~ouyc?TMocy0E @uyo é oLyo?oocy
With %.,.y, the acceleration of the SCoM{,.and .. the acceleration and angular velocity

measured by the MIMU and@uy. the angular acceleration obtained from differentiation of the
angular velocity. All the quantities are expressed in the MIMU local frame.

With the hypothesis that MIMUs are rigidly mounted on each segment, the relative position
MIMUs and the underlyin@®M is constant in the MIMU local frame. Therefore, its retrieval at a
specific instant, for example, during a static calibration, is enough. In light of the abisvelear that
the accurate determination of the position of each MIMU with respect to the relevant SCoM ial cruci
to obtain an accurate estimation of SCoM and BCoM accelerations.

In the framework presented in chapter 3, SCoM D/Dhe[ % }]8]}ve & E Sa®] A ]v
intermediary global frame using calibrated photographs taken with the participant in a statiding
posture SCoM positions are obtained along with other body segmental inertial parametditsify
a geometric inertial model on face and profile photographs while the positiof MIMUs are
recovered by clicking on the locations of MIMUs origins on the samraiald photographs. The
vector describing the relative position of each pair of SCoM and MiNglih must then be transferred
in the MIMU local frame, which requires the knowledge of the MIMU orientatiaghénintermediary
global frame. Thus, two main sources of errors may impact the accuracy cé¢t@ V. .. 4., in
MIMU local frame when using the presented framework: mislocation errors (due to errors in
calibrating the photographs or clicking on the wrong position) and orienadérrors, due to the
assumptions made regarding MIMUs orientation in the intermediate global frame. \Wtmating
BCoM acceleration, the accelerations estimated at each SCoM must then be fused isisteabn
global reference frame.

The sensitivity of MIMU-derived biomechanical parameters to MIMU positions dedtations
has recently been studied in the literature for the estimation of joint angles argtaefnd reaction
forces (Kianifaet al, 2019; Tarmt al,, 2019). In both cases, sendorsegment orientations were found
to be more critical than MIMUSs positions on segments (Kiaeifat, 2019; Tart al,, 2019). Regarding
the study that focused on ground reaction forces (€aal, 2019), the formers were estimated with
a machine learning approach using raw acceleration and angular velocityedgi@ssed in their
respective MIMU local frames, as inputs. No serieesegment calibration procedure was used to pre-
process raw MIMU data and expressed them in a common global reference frame prior to using them
for the estimation of SCoM acceleration. Modifying the orientation of MIMUsegments necessarily
impacted both angular velocity and acceleration raw data used as inputs, while modlifgipgsition
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of a MIMU on a segment had only repercussions on the acceleration signals. Therefore, tke great
impact of orientation errors compared to position errors could be expected in their study

When investigating SCoM or BCoM acceleration following the framework proposi#hpter 2,
sensorto-segment orientation is not critical, since only the orientations of MIMUs in an intermediar
global frame during a static posture is required to define a between-MIMigistent global frame.
Orientation errors of two natures could occur with the framework implementation. Duhiagstatic
posture, the hypotheses of manual alignments of the MIMUs on the segments could lead tcaewlors
should be quantified. During the dynamic triglsere could be residual errors due to the orientation
computation from sensor data leading to inconsistencies between the reference fraemsed by
multiple MIMUs, which would impact the acceleration of the BCoM. Howéierbelieved that these
errors are not as critical as those made when clicking on MIMUs on photographs. Thereforg, in thi
chapter, we focused solely on the impact of MIMUs mislocation on SCo@oM accelerations. The
impact of orientation errors due to the hypotheses of manual alignment of ssread due to the
computation of orientation from sensor data should nonetheless be investigated in futureestudi

The impact of the MIMUs location errors on SCoM and BCoM accelerations of an ambulating
transfemoral amputee was analyzed through a sensitivity analysis. First, the poteamigd of
localization error was investigated by two independent operators, who retrieves times the
position of MIMUs origins after having recalibrated the photographs. Then, a simulzded
sensitivity analysis was performed. It consisted in estimating SCoM and BCoM acredevdien
introducing errors in the relative position of MIMUs and their respective SCoM. EstirB&oM and
BCoM accelerations were then compared to the reference value, which allowed to asserpdiae i
of MIMUs mispositioning on SCoM and BCoM acceleration. Finally, the senaitaliggis allowed to
identify the MIMUs whose accurate location is critical for the estimation of SCoM anifl BCo
accelerations. This work was produced during the master internship of J. Basel, whose contigbution
duly acknowledged. The content of this chapter will be submitted as an article in IEEE Transactions o
Biomedical Engineering.
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4.1. Definition of the possible magnitude of errors in the identification of MIMUs
positions

The MIMU-based framework presented in the previo/®
chapter allows to estimate the relative positionas#h segment-
mounted MIMU with respect to the underlying SCoM in tt
optical motion reference frame using calibrated photograpt
Errors made when identifying MIMU positions on tt
photographs would inevitably impact the estimation of SCc
acceleration. To properly define the magnitude of error to |
used in the sensitivity analysis performed instbtudy, namely
the amount of position variation to be simulated for eac
segment-mounted MIMU, the range of errors that could be ma
when identifying MIMU positions on photographs we
calculated.

olMU

To this aim, four back, face and profile photograpFigre
40) were taken with the participant standing in a static postu
while optical motion capture (OMC) recorded the position of !
markers attached to the body and 20 markers positioned on fﬁﬂ%‘re‘w Left side photo of the subject equipy

MIMUs and optoelectronic markers. Zc
3D printed boxes embedding MIMUs mounted on the trunk the CAD-designed structure on the subj
thighs and shanks. MIMU positions were retrieved by clickingsgtdthigh. On the photo, the MIMU and C

structure are covered with strap band
their locations on the photographs, calibrated following (Pétet
al., 2010) by two operators who repeated the whole process five times (calibratigosition
identification). Photograph-based and OMC-based positions of each MIMU origircaletdated for

each operator and results are reportedTiablel0.

Absolute errors in the identification of MIMU positions were found to reachou@.02 m Table
10). This value was thus considered for the sensitivity analysis. It should be noted that errorsin MIM
identification could be reduced by improving the visibility of the MWl origins on the
photographs/scan (seEBigure40), for instance, by positioning a colored sticker on top of the MIMU
origin when positioning the MIMU on the participants. Furthermore, this could pave the ovay f
automatic detection of MIMU positions, thus reducing the post-processing ind inter-operator
errors.

Table 10: Mean and range of errors (in m) observed following the five repetitions performed by the two operators for the
identification of each MIMU origin.
P: prosthetic; S: sound, ML: medio-lateral, AP: anteroposterior, V: vertical

Mean error (m) Min error (m) Max error (m)
AP ML V AP ML V AP ML V
Operator 1

ShankP | 0.012 0.007 0.012 -0.018 -0.010 -0.020 | -0.001 0.010 0.005
ShankS | 0.009 0.003 0.004 -0.017 -0.003 -0.005 | -0.005 0.004 0.005
ThighP 0.016 0.005 0.007 -0.021 0.002 -0.010 | -0.010 0.008 0.000
ThighS 0.015 0.005 0.006 0.008 -0.010 -0.004 | 0.018 -0.001 0.010
Trunk 0.007 0.007 0.012 0.003 0.001 0.005 0.010 0.011 0.020
All

Segments
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Mean error (m) Min error (m) Max error (m)
AP ML V AP ML V AP ML V
Operator 2
ShankP | 0.009 0.004 0.003 -0.018 -0.007  -0.003 | 0.006 0.005 0.004
ShankS | 0.009 0.008 0.011 -0.014 -0.004 -0.016 | 0.004 0.011 0.006
ThighP 0.016 0.005 0.011 -0.020 -0.002 -0.014 | -0.012 0.009 0.013
ThighS 0.005 0.010 0.012 -0.009 -0.015 -0.018 | 0.006 0.013 0.006
Trunk 0.006 0.015 0.008 -0.009  0.008 0.003 0.001 0.020 0.011

Al 0.009 0.008 0.009 -0.02 -0.015 -0.018 | 0.006 0.020 0.013
Segments

Operator 1 + Operator 2
ShankP | 0.011 0.006 0.009 -0.018 -0.010 -0.020 | 0.006 0.010 0.005
ShankS | 0.009 0.006 0.008 -0.017 -0.004 -0.016 | 0.004 0.011 0.006
ThighP 0.016 0.005 0.009 -0.021  -0.002 -0.014 | -0.010 0.009 0.013
ThighS 0.011 0.008 0.009 -0.009 -0.015 -0.018 | 0.018 0.013 0.010
Trunk 0.006 0.012 0.010 -0.009 0.001 0.003 0.010 0.020 0.020

Al 0.011 0.007 0.009 -0.021 -0.015 -0.020 | 0.018 0.020 0.020
Segments

4.2. Sensitivity analysis: impact of MIMUs localization errors on the accuracy of the
estimated accelerations of body and segments centers of mass

4.2.1. Material and Methods

a. Experimental method

This study was approved by the local ethical committee. A transfemoral temsubject (mass:
83.1 kg, height: 1.69 m) gave written informed consent to participate to tindys He was equipped
with a set of 5 MIMUs (Xsens Technologies B.V., Enschede, The Netherlands, 100 safopbtedl
on the trunk (over the sternum), both prosthetic and sound thighs (ThighiyhS) and shanks
(ShankP, ShankS). Each MIMU was inserted in a customized 3D-printed rigid support aegitipped
reflective markersKigure40). Additionally, as described in (Al Ab&tdhl, 2020), 59 reflective markers
A E %1}]8]}v }v 8Z % 3] v3[+ v 3}u] 0 0 Vv u Ele «Ce3vu}%iEP 0 u}s]
was used to record the 3D trajectory of the set of markers (Vicon system, Oxford$Jé&tk, 100 Hz).
The participant was asked to walk in a straight line at his natural speed along ara@way with
three force plates (AMTI, Advanced Mechanical Technology, Inc, Massachussets, USA, 1060 Hz) in
middle. OMC, force plates and MIMU data were synchronized with an electronicartriggta
acquisition was performed over a total of seven trials. For each trial, only thehptis stride
performed at steady state walking speed and occurring on the force plates was considetesl
analysis.

b. Data Pocessing

All raw data from the acquisition were filtered using a Butterworth zero-lagodtier low pass
filter with cut-off frequencies set at 5 Hz (MIMUs and markers) and 10 Hz (force plates).

i Reference accelerations

SCoM 3D positions were estimated from OMC measurements using a 15-segergal imodel
as reported in (Pille¢t al, 2010). These positions were differentiated and low-pass filtered using the
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sane filter as described above and cut off frequencies set at 8 Hz and 10 Hz forsthenfirsecond
differentiation respectively to obtain the reference SCoM accelerations. Reference BCoM acceleration
was extracted from the filtered force plates data. Ref@e accelerations were expressed in the OMC
inertial reference frame4g £.5uch that the y-axis was aligned with the direction of progression
(anteroposterior, AP), the z-axis vertical and opposing gravity (vertical, V) and the rtaoi®onal

to both (mediolateral, ML).

il MIMU-based accelerations

3D orientation and position of each MIMU local framg 4 £with respect to 4z £ were
computed using the markers located on the 3D-printed rigid cluster. The tranafmon matrix from
45 A £tO 4g £vas obtained and allowed to express both gravity-free accelerations and angular
velocities measured by each MIMU 4 £ 4,

Afterwards, the vector going from MIMU origin to the center of mass of the undersggment,

/+17 F 5% Kévas obtained and expressed #g £ for each MIMU. MIMU-based estimation of the
SCoM accelerations idg £;,55,3/Fdvere then computed as follows:

LABI | ;EA@TE—@%AELK [417 F O BK kg 5 fikx e S [+17 F 5%KIs;

with =g 4 £and x £ 4 Apeing the MIMU-measured gravity-free linear acceleration and angular
velocity signals expressed #¢ £+,
Finally, BCoM acceleration was estimated as a weighted average of the estirSateM
accelerations (:@%‘E‘hsing:
a

EARI (U _EABT ..
»Yia e rta

Where: Jis the number of segments radered and | &5 xand | pare respectively the mass
of the body and of thei& ':begment.

The accelerations aﬁ%‘%ﬁnd %/fé‘%vere compared to reference data using the normalized
root-mean square eor (NRMSHRenetal, 2008)ad SZ W &-}v[e }EE o S]}v } ((] ] vs
over the seven analyzed strides along the £ directions.

iii. Sensitivity analysis
A sensitivity analysis was performed to investigate the impact of an erroneousficitn of

each MIMU location, and thus an error on the components of the vettof 7 F 5 % Kdn the
NRMSE between MIMU-based and reference SCoM and BCoM accelerations.

To achieve this aim, errors in the identification of MIMU positions on the relevant body segment
reaching up to 0.02 m in all three directions (AP, ML and V) were introduced. This range of errors was
estimated experimentally (see section 4.1). Simulations were performed where each Misitidip
was varied from its actual positiopo poar pPov) by £0.02 m along eact: £ .axis. The resulting SCoM
accelerations were estimated using equation (3):

FAZL EA;&TE@Z&A;%—-:H/? FS%KI/E &

Exgafin @xf—~/+/7 F5%KI/E & :u;
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Where =z 4 £&and x4 Sare the linear acceleration and angular velocity measured by the MIMU
and expressed i £;,whereas an erroneous terrd L :éog dg4 & jwas added to the vector
I+17 F O%%uith ¢p <Frtalar larta lfor E 1#24. 4.8

The NRMSE between reference and MIMU-based SCoM and BCoM accelerations, referred
hereafter as; @ ¥ ®4&nd ; © ¥+84yere then computed. This allowed to construct a so-called mechanical
model for each SCoM or BCoM acceleration linking the NRMSE (outputs) touherimps.

Using the experimental design methodology (Goupy, 2016), the relation betessncomponent
of the NRMSE (ARIL, V) and the simulated mislocation of MIMUs along the AP, ML, aaxk3d/
~Z & (S & +]Pv 8 e A( 8}E-~ . ithwa polyjomialrhodel®f defjree up to 2 as
described in equation (4), resulting in three models per MIMU (for the AP, aunyonents of the
relevant SCoM acceleration) and for the BCoM:

a a a
,GSQQ%Q, L 3Ei>glwE 11> gWRE [>ppT~ v
v@s U@Bul v@s

where: ;g?%g the estimated NRMSE between reference and MIMU-based accelerations Ia the
direction (= ?7and : is a vector containing thd L u Gactors Tycorresponding to the positions of
the 0 MIMUs used for the estimationd(= 1 for SCoM acceleration ari= 5 for BCoM acceleration).

Sensitivity of SCoM accelerations estimations
For each MIMU, three polynomial models were devised to emulate the SCodleaation along
each axis of the OMC, following equation (4) with three input fact@ypae, pmL, pv, describinghe

MIMU position along the three axes @ £X dZ vU (3 & v}Eu o]l 3]}v $(in®z ( 3}E

[-1; 1], a three-level full factorial design allowed to choose the experimeofats resulting in 3
combinations of the factors (i.e. 27 different position simulations) per MIVkble11).

Choice of the polynomial mode[s }u% o0 A]SC

The model complexity corresponds to the degree of the polynomial mautbtherefore depends
on the inclusion of the interaction and/or quadratic terms in equation (4). The chdéipelgnomial
model complexity is determined based on the residual variance of the polynoro@él with respect
to the mechanical model and will be justified in section 4.2.2.b.i.

Table 11: Levels of the factors used for each polynomial model emulating a component of a SCoM acceleration

Level of the factors
Factors
Low-level (1) ‘ Mid-level (0) High-level (+1)
pap(M) Poap t 0.02 Poap Poar+ 0.02
pML (m) pOML t 0.02 pOML pOML + 0.02
pv(m) pov t0.02 Pov pov+ 0.02

Quantification of the sensitivities

Based on the experimental design methodology, the influence of each factor (i.e., the coordinate
of the simulated MIMU origin along each axis 4y £),0n the accuracy of the SCoM acceleration
estimate is defined as the total percentage of variance of the output due to this factor (Goupy, 2016)
First, the sensitivity of the output_ QQgtg each monomial (i.e., linear, {Tj, interaction (, 4 fuN or
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quadratic term (,4 Ji)) of the polynomial model is computed. With the input factors considered as
independent and uniformly distributed in [-1, 1], the following equations can be written:
O  QLR=NTyL JR=Nj L ¢ He
A u
A \'

—. . 6 _. . 6
6 Q& RENTP L ggR=NP; L 4gH—

AR R=R, ko L oR=NGR=N;; L 4pH
& B LIOE ToyE 110 yy
O 9@5 9g@5 g@%Hug

The sensitivity to the"i factor Tycan be obtained as follows:

- 5L QE Ay Qor the linear model with interactions
- 5L QE AyQE @for the quadratic model with interactions

S

{

The sensitivitieshjwere then expressed as a percentage of the total variafte NBS (%

Sensitivity of BCoM accelerations estimations

Three polynomial models of the highest complexity defined for the SCoM moeetshwilt for
the BCoM accelerations sensitivity analysis following equation (4) 3wth5 factors corresponding to
the three position factors of each of the five MIMUs. In order to limit the number of aiinak (G °
with Gthe number of levels per factor), a two-level factorial design (factors takintptteds + 1) was
considered sufficient if the model was linear with interactions whereas a three-level fadesign
(factors taking the levels £ 1 and 0) was implemented if the model was quadratiinteithction
(Goupy, 2016). As for SCoM acceleration models, the suitability of the campbrsen will be
verified using an analysis of the residual variance of the polynomialelmocompared to the
mechanical models.

4.2.2. Results

a. Reference and MIMU-based accelerations

Reference and MIMU-based estimations of the BCoM acceleration components irPNindA/
directions are reported ifrigure41. Accuracy of the MIMU-based BCoM and SCoM accelerations in

%

gy

S Y e N Y Y
eneadn,

Fgure41: Comparison of ®oM accelerations obtained with MIMU (straight lines) and force
(dotted lines) during one trial in the anteroposterior (AP), mediolateral (ML) and véf}idakgtion
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terms of NRMSE values and correlation coefficients compared to the reference acoekrate
presented inTable12. It should be stressed that the MIMU-based estimations presenté&igiore41
and Table12 were obtained with the correct identification of the sensor position, i.e. Wi, poar
andpovas defined with the rigid marker clusteiSigure40). Results show relatively low errors (< 15.4
+25 % IinAP, < 118+ 1.3 % iML, < 125+ 2.0%in V) and mostly good correlations between reference
and MIMU-based accelerations (r > 0.77).

Table 12: Comparison of the computed SCoM &foMaccelerations to reference values, quantified using the average and
standard deviation of the NRMSE® s v A E P W E-}v[e E }EE o0 §]}ve }JA & 3Z 0 SE] o0+X

AP ML \%
Trunk NRMSE (%) 14.1 (1.9) 9.8(1.2) 5.2 (2.3)
i W E-}v[| 0.77(0.03) | 0.94(0.02) | 0.98(0.03)
, NRMSE (%) | 99(22) | 102(1.3) | 7.5(20)
ThighS

W Eejv[| 0.85(0.10) | 0.83(0.08) | 0.93(0.06)
NRMSE (%) | 125(15) | 5.7(1.9) 5.5 (1.2)
W Ee}v[| 0.89(0.03)| 0.96(0.03)| 0.97(0.01)
NRMSE (%) | 80(1.8) | 10.1(15) | 120(L5)
W Ee}v[| 0.94(0.04)| 0.81(0.13) | 0.84(0.05)
NRMSE (%) | 4.8(1.2) 58(0.7) | 12.5(20)

W Ee}v[| 098(0.01)| 0.97(0.01) | 0.87(0.04)
NRMSE (%) | 154 (25) | 11.8(1.3) | 8.7(0.5)

W Ee}v[| 093(0.01)| 0.94(0.02) | 0.95(001)

SCoM ThighP

ShankS

ShankP

BCoM Whole Body

b. Sensitivity analysis

i. Sensitivity of SCoM accelerations estimations
Z}] }(8Z %}oCv}iu] o u} o[ }lu%o A£]SC

Residual variances achieved by the polynomial models developed for the Mlomenmf the
SCoM acceleration of each segment are preseineable13. Residual variances of the same order
of magnitude were observed for the other components of the acceleration. Both thergiia@nd
multilinear models with interactions presented low residual variances for all segnaedtgxes~+ @
@.159, except for the prosthetic shank in the vertical direction #3.662) with the lowest values
for the quadratic modelsT@able13).

Table 13: Residual variances of the linear model with interactions and quadratic model for each segment in the ntexdibla
direction

Model g ~dEUY*g ~dZ]P| g ~dZ]P| *«agShankS) | « gShankP)
Linear + 0.095 0.147 0.044 0.143 0.065
Interactions

Quadratic <0.001 0.001 0.001 0.002 <0.001

Based on these results, the linear model with interactions was considered as an optimal
compromise between accuracy and simplicity. Indeed, the achieved maximal resadiagice with
the multilinear modelsq.662) repE « vSes 5 v &E A'] 8%0)Which( compared to NRMSE
of the order of 10% Table 12), was considered as largely acceptable. The model complexity
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corresponding to a first order polynomial model with interactions wasctet! for all MIMUs and &l
acceleration components. Therefore, all results presented hereafter were obtained using matels wi
this complexity.

Quantification of the sensitivities

The results of the sensitivity analysis for each SCoM acceleration compafreil, V) are
summed up irFigure42.

e Y

C S rnad SRR
S, R

Fgure 42 Sensitivities of the SCoM accelerations to each fagiand interactions between factc
(T B with Te={parpuL,pv} expressed in percent of the total variance. For each MIMU locatic
sensitivities of each component of the SCoM accelera®iBriML, V) to the factors are displayed

For the lower limbspar was found tobe the major influencer for the ML and V components of
SCoM acceleration, where@as was the one for the AP component. Regarding the prosthetic shank
however, the influence opvdominated that ofpapin all three directions. The trunk segment displayed
a different behavior with respect to the other segments and was the only one where the MIMU
mediolateral positiorpw. displayed a prominent role. Finally, the interactions between factors showed
minor influencesonthe o @& S]}ve[ <S]u §]}impArtdrtinflu¢me of interaction facter
wasobtained for the prosthetic shank where the interactions between pML and pABetmeen pAP
and pV explained 15.1 % of the total variance of the rRMSE in the mediolaterailodirect

The range of variation of the estimation accuragy: £ i) caused by simulated errors in the
identification of the MIMU positions over all the simulations are presentedéable 14 for each
component of SCoM acceleration (AP, ML, V). Errors in the identification of the Igidsitions
resulted in modification of the estimation accuracy of SCoMs acceleration betwBenax =~ O

aexiyO EsayinAP,Fsaw " Qe 4i%,0 EsaxnML andFwax - Qgﬁ]é/p E xaz -
in V compared to the NRMSE obtained when these MIMUs positions were correctly ideffiiigd (
12).
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Table 14: Range of variation of the SCoM estimation accu@ay« is4%) caused by errors in the identification of the
corresponding MIMU positions over all the simulations. Results are presented for each component of SColioac¢eRera
ML, V).

Trunk
AP ML \%
Lower range of¢s ¢ &14(%0) -0.2 -0.7 -04
Upper range of¢s e £156%) +0.2 +1.1 +0.6

Sound Thigh

AP ML Vv
Lower range of¢s ¢ &14(%0) -05 -06 -11
Upper range ofés ¢ &14%0) +0.3 +0.7 +1.1

Prosthetic Thigh
AP ML \%
Lower range of¢ ¢ &14(%) -1.6 -14 -11
Upper range ofés ¢ &15%0) +14 +1.5 +12

Sound Shank

AP ML \%
Lower range of¢s ¢ £14(%0) -1.6 -15 -4.2
Upper range ofése & (%) +1.7 +16 +3.7

Prosthetic Shank

AP ML \%
Lower range of¢s ¢ £14%0) -1.1 -05 -5.6
Upper range ofés g &14%0) +1.1 +0.8 +6.9

. Sensitivity of BCoM acceleration estimations

Choice of the polynomdo u} of[e }u% o0 A]SC
The three multilinear models including interactions developed for the sengitiwialysis of the
BCoM 0 E 3]}V % E *» v3 0}A E ] pn 0 1dY@HAbelH. A op » ~« g G

Table 15: Residual variance$ of the linear model with interactions for eaBCd component

Model * AR * dVit) * 4V)

Linear+ interactions <0.001 0.001 <0.001

Consequently, a two-level factorial design was considered to bgciemt to emulate the
mechanical models corresponding to the BCoM acceleration. The sensitivity analysis seagisubly
performed with the 15 factors of the models resultingtid °simulations.
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Quantification of the sensitivities

Figure 43 highlights the factors that
have the most influence on the accuracy of
the estimation of each component (AP,
ML, V) of the BCoM acceleration. For
better readability and clarity, only the
factors accounting for more than 1 % of the
total variance are shown in the figure. The
BCoM acceleration appears to be mostly
sensitive to trunk, sound thigh and sound .
shank factors, particularly to the ,
anteroposterior and vertical localizations *
of the MIMUs mounted on these &
segments. Indeed, all togethgpapr Trunk, iy
pvTrunk, ;e ThighS, pThighS, peShank$ \
and pv ShankSxplain92 %, 77 % and7 %%
of the sensitivity of the estimation of the H
AP, ML, V BCoM acceleration components™.*:,
respectively. It should be noted that the 7
anteroposterior localization of the trunk
MIMU only as a significant impact on the\
mediolateral component of the BCoM
acceleration §acounting for 10.5 % of the \
total variance.

BENN

/.

Similarly to the SCoM analysis, the
NRMSE ranges of the variatigi ¢ £i4%0)
obtained over all the simulations, when
simulating an error in the identification of
MIMUs positions was computedTdble
16). The different combinations of errors in
the identification of the MIMUs positions
resulted in modification of the estimation
accuracy of the BCoM accelerationy.
between t 3.4% and + 2.8 % compared to
the NRMSE obtained when these MISIU .
positions were correctly identifiedT@ble
16).

SN

Fgure43: Barplot of the results of the sensitivity analysis expressed in % ¢
variance for each BCoM acceleration component (ML, AP, V). Sensitiv
presented here for the factor3pand interactions between factorsf &) thai
account for more than 1% of the total variance.
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Table 16: Maximum range of variation of the estimation accuragy & i3(%) caused by errors in the identification of the
MIMUs positions over all the simulations. Results are presented for each compoB@ut\écceleration (ML, AP, V).

AP ML Vv
Lower limit for ¢ ¢ 414(%) -34 -2.2 -1.0
Upper limit for ¢z ¢ £14(%0) +2.8 +2.3 +1.4

4.2.3. Discussion

The present work investigated the impact of the incorrect identification ofphsition of five
segment-mounted MIMUSs on the estimation of the corresponding SCoM and BCeblrations.

a. Reference and MIMU-based accelerations

The implemented MIMU-based framework for the estimations of SCoM and BCoM accelerations
provided relatively accurate results (high agreement: r > 0.77, and low errors4 €lBAP, <11.8%
in ML, < 125 % in V) compared to reference-based acceleration. Overall, SCoM acceleration
estimations showed higher agreemerdsthe prosthetic limbs thamt the sound limbs. This can be
due, in part, to the fact that MIMUs positioned on the prosthetic limb areaftected by soft-tissues
artefacts contrary to those positioned on the sound limbs.

b. Sensitivity Analysis

Using an experimental design methodology, the sensitivity of each component of thé &To
BCoM accelerations to errors in the identification of each MIMU positionesasiated using optimal
polynomial models.

I. Sensitivity of SCoM acceleration estimations

Quantification of the sensitivities

The sensitivity analysis allowed to identify the factors having the greatest infiemthe accuracy
of the estimations of the accelerations of each SCoM. For the lower limbsigothcation along the
anteroposterior axis mainly influences the vertical component of the acceleration, wheEaseict
location along thevertical axis impacts mainly the mediolateral and anteroposterior acceleration
components. It is worth noting that for the prosthetic shank, the vertical localizaticheoMIMU
displays a dominant role over the anteroposterior one even for the vertical compooietite
acceleration. The localization of MIM@long the mediolateral direction was shown not to have
major impact on the estimation of their corresponding SCoM acceleration, excegpeforunk and to
a lesser extent for the sound thigfithis may be explained by the fact that, during gait, the angular
velocity of the lower limbs is mainly directed around the mediolatera$ and has a very low
magnitude around the vertical axis. Consequently, modifications of the MIMU pusititong the
flexion-extension axis of the lower-limb segments are nqieeted to have a major impact on SCoM
accelerations (see equation (1) and the properties of the cross-product). This obsesraiies that
the influence oferrors in the identified position of MIMUs depends on the considered segment /
motion. This has to be particularly taken into consideration in alteyeit patterns such as those of
people with amputation.

Importantly, erroneous identification of MIMU positions of £ 0.02 m ®&iggl errors between
t56 9 Dnrfhse< +6.9 % for all SCoMs and all acceleration components considered, buetvidgb
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-1.69 Dnrfise< +1.7 % when the shanks are not considered. Considering NRMSE of the order of 10
% between MIMU-based measurement and reference values, these variations canooh&idered
negligible, especially for the shanks. The higher impact of erroneous pasigintification of shank-
mounted MIMUs on the estimated accelerations of their respective SCoM cowd@dained by the

high angular velocity of the shanks compared to the other segments considered. Taktretothese
observations suggest that specific attention must be given to the correct identificatitre sensor
positions, especially for the AP and V directions and for the shank-mounted MiMaisieir to limit

the resulting errors.

il. Sensitivity of BCoM acceleration estimations

Quantification of the sensitivities

The results observed for the sensitivity of SCoM acceleration estimations clearly irdpghote
related to the BCoM acceleration. For a given segment, the direction of the Mitéllization error
(AP, ML, V) that was shown to be the most influent for the SCoM acceleration estimation aedswacy
played a role in the accuracy of the BCaddeleration estimateFor instance, erroneous identification
of the positions of sound shank-mounted MIMU along the vertical directtas found to greatly
influence the BCoM acceleration estimates in the AP direction as was observed for MdFgioe
43, Figure4?2).

Variations in NRMSE of up to 2.8 %, 2.3 % and 1.4 % wersrethsnAP, ML and V directions
respectively. The higher NRMSE variations for the AP and ML componehtdmigxplained by the
lower amplitude of BCoM acceleration alotitese directions compared to that along the vertical
direction Figure4l). These variations should also be interpreted at the light of the accuracy obtained
between MIMU- and reference-based acceleration estimation, namely NRMSE of the ordé¥ah15
ML and AP, and 5 % in Vaple12). It is interesting to note that the BCoM acceleration was more
affected that the SCoM accelerations in the AP and ML direction but not irettieal direction. This
may be due to the fact that for the SCoM, the maximal variations of NRMSE alomgttbal direction
were obtained for the shank segments, which have a lower mass compared to it thighs and
trunk, especially for the prosthetic side. Therefore, when computing the BCoM acceleratiorafr
weighted sum of the SCoM acceleration, the variability in the kh&8CoM acceleration accuracy had
a lower impact on the BCoM.

Comparison of the present results with the existing literature must be performed with caution due
to the different methodologies and target parameters. Specifically, Tan and cowdiken®t al.,
2019) used a onat-a-time sensitivity analysis to assess the impact of MIMU placement errors on the
estimation of ground reaction force (GRF). In this case, interactions of several Ndb#hent errors
were not considered. The authors reported that, when a single sensor was misplaced, the accuracy of
GRF estimation was decreased by up to 0.9 %, 2.2 %, and 1.1 % APtL and V directions
respectively. It is interesting to stress that in (Tl 2019), no sensor was revealed as having a
significantly dominant impact on the accuracy of the GRF estimation. This may be due to thatfact
the authors implemented a machine learning framework for the estimation of GRFrénerdata of
segment-mounted MIMUs, withouwd priori attributing more weight to specific sensors. This machine
learning framework may also explain the fact that the magnitude of positioning €@ drsn vs 0.02 m)
had a negligible influence on the accuracy of the GRF estimation.
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The results of the sensitivity analysis performed on BCoM accelerations in the present study
advocate the need for an accurate detection of MIMUs positions, especiatlyefdrunk , sound thigh
and shank along both the vertical and anteroposterior directions. The impontdluence of the
localization of the trunk and sound thigh might be explained by the fact that éineythe heaviest
segments of the body and that BCoM acceleration is estimated using a weighted agéiaGeM
acceleration based on their mass. The sound shank influence may therefore result frdvgliee
angular velocity of shanks segnteffalmost twicethat of the other included segments) while walking
and the relatively high mass of the sound shank compared to prosthetic segments. Limitimgptse e
in the estimations of SCoM accelerations, especially at the shank, is expected to hatwe ipgsact
on the accuracy of the whole-body CoM acceleration estimates. Indeed, if a partic@ati@tt is
given to the identification of the positions of these three MIMUs in &f¢and V directions, the
variations in NRMSE previously observed may be reduced from 2.8 %, 2.3 % and 0.9 %,t0.7 %,
0.6 % iPAP, ML and V directions, respectively.

c. Limitations and perspectives

The generalizability of the discussed results must be interpreted at the light of the fudjowi
considerations: first, a larger cohort of participants are needed to corfimesent findings. Second,
simulated errors in the identification of MIMUs positions were introduced along the akdiseo
reference frame4: £ therefore, results could be different if MIMUs were misplaced along the axes
of the segments anatomical frames. However, the errors introduced in the simulations caveubt:
zone centered on the correct location of tH@ /D h [+ } GEliRHerXore, the static calibration phase
was performed with the patient standing in an upright posture facing the directiomagfrpssion so
that segment anatomical axes were assumed to be aligned with those of the global #apgone
axis aligned with the gravity and one axis with the direction of progression). kiec#imus assumed
that, in case the anatomical frame should be considered insteadf ;,the position identification
errors would cover a similar cubic zone, leading to negligible varg@tiothe obtained sensitivities.
Moreover, it is worth unddining that the 0.02 m range of errors in the identification of MIMU
positions is a conservative value, being the maximum error observed (see sedtjporadd thus
representing a worst-case scenario presumably covering the range of errors that veouolusbrved
in practice. Finally, in the present study, the impact of MIMU orientationremgas not investigated
despite the latter was found to critically impact the accuracy of GRF estimatiore{ Bn2019). It
should be considered, however, that in (Tetral,, 2019) raw MIMU signals were used as inputs of a
machine learning model and were not expressed in a global or anatomical reddfrante. Conversely,
in the MIMU-based framework proposed in the present study, the SCoM acceleratiomexm@essed
in a global reference frame before being summed to estimate the BCoM acceleration.t¥sicas of
sensor-fusion filters used to obtain MIMU 3D orientation remain to besitred. However, these
errors are expected to have a minor impact with respect to what reported indffal 2019). Further
studies should verify this hypothesis and quantify the impact of orientaroors on both SCoM and
BCoM accelerations.

4.2.4. Conclusion

The present study investigated the impact of an erroneous identification gbtiséions of a set
of body-mounted MIMUs on the estimation accuracy of SCoM and BCoM accelsm@iong walking
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in a subject with transfemoral amputation. An optical motion capture system arue folates were
used as reference f@©M and BCoM accelerations estimates, respectiveig.performed sensitivity
analyses allowed to identify the MIMlwhose localization along certain axes allowed to reduce the
variation of errors in the estimated SCoM and BCoM acceleratiSpegcifically, an accurate
identification of MIMUs positioned on the trunk and sound lower limbs albieganteroposterior and
vertical axes was proved to limit the variability of the accuracy of the estomBtéoM acceleration
below 1 %. These preliminary results need to be confirmed on a larger cétute works are also
required in order to consider also the impact of MIMU orientation errors the estimated
accelerations.
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Conclusion

This part of the thesis aimed at contributing to the development of a wearable gaiysisal
protocol for the estimation of 3D body center of mass (BCoM) motion.

Several strategies have emerged from the literature (chapter 1) to estimate BCoM acceleration,
velocity or displacement, using one to several MIMUs. While single-sensopaapgs may
overestimate BCoM motion, in particular in people with lower-limb atafion, finding a balance
between accuracy and the number of MIMUs is crucial for the application of wearalitepi®in the
clinical field. Therefore, in chapter 2, the contributions of each segment to the BCodleration were
investigated in order to identify the optimal locations for sensor positigniSeveral optimal sensor
networks (OSN), including three to six segments, appeared relevant for the estinwhtiB@oM
acceleration in people with transfemoral amputation. However, the study waseimgted with
optical motion capture data of ten people with transfemoral amputation. WhengisiIMUs mounted
on body segments, obtaining the acceleration of segments centers of mass in a dleteaiae frame
is not direct. Furthermore, MIMUs cannot always be positioned on bony landraadksay therefore
be more subjected to soft tissue artefacts. As a result, the identified OSN may not be as successful
when using wearable sensors. The aim of chapter 3 was therefore to investigate thelisyitdbi
MIMUs for the estimation of 3D BCoM motion, and was further divided in three objectives
introducing a fully wearable framework for gait analys)sserifying that the OSN identified in chapter
2 were indeed relevant when using wearable sensors aifidnvestigating the suitability of the
identified OSN and developed framework for the estimation of instantaneous BCoM vefosigy of
5 MIMUs positioned on the thighs, shanks and trunk were shown to allow an accuretesh of
these quantities. It has to be noted that, if the output measure of interest is BCoM acceleration in the
anteroposterior and/or vertical directions, the thigh-mounted sensors can be removede whi
increasing the accuracy. The developed framework was thus successful in allowing the accurate
estimation of BCoM acceleration and instantaneous velocity from a limitetbeuof sensors (NRMSE
G i0oX06 9U i6Xi 9 v 06X09 Jv SZ vS (E} % }e€ad@itéctods)uTh¢}resditsE o v
obtained in chapter 3 should be confirmed on a larger cohort in oréurther validate the relevance
of MIMUs as an alternative to lab-based instruments for the retrieval and analy3i3 BCoM motion
in people with transfemoral amputation. Furthermore, the framework currently requires thetiap
optoelectronic system. However, a wearable alternative could be easily devkiopeder to facilitate
its implementation outside of dedicated laboratories: it could easily rely on eith& laa@ly scan or a
camera associated with a simple calibration device. The dependency of the results centiifecition
of MIMUs positions relative to the segments center of mass would still be an issue. Tagerafo
chapter 4, a sensitivity analysis was performed to investigate the impact ofemusridentification of
D/Dhe[ %0}*]S Hevestiwation of the BCoM acceleration estimated using the OSN consisting of
trunk, thighs, and shanks mounted MIMUSs. Imprecisions in positioning of each MIMU o2 ugortan
any direction induced a decrease of BCoM acceleration accuracy of up%g 86 % and & % in the
anteroposterior, mediolateral and vertical direction respectively. Sensors located at the trdrtkan
sound thigh and shank were shown to explain most of the observed variance (moreQiat88%
and 66 % in the anteroposterior, mediolateral and vertical directions resgdgtivA precise
positioning of these sensors appears crucial for an accurate estimation of BCoM accelasation
allows to reduce the decrease of accuracy of the BCoM acceleration estimh&2o 1.7% anil.2%
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in the anteroposterior, mediolateral and vertical directions respectively. The conclusioits differ

when using other segment models. However, as the sound leg and the trunk represent the heaviest
segments of the body, their influence on BCoM acceleration accuracy is expected to baguroim

other OSN including these segments. The methodology proposed in this chapter colid algalied

to other BCoM derived parameters, such as the instantaneous velocity of the center of mass.

All'in all, the work achieved in this direction tend to indicate that MIMUs are a vidithalive for
the estimation of 3D BCoM motion in people with transfemoral amputation. Resbltslld be
confirmed on a larger cohort and validation should be extended to other Bd®iMed parameters
such as 3D BCoM displacement or power. The former would require a supplementgratiate step
and the knowledge of the initial absolute position of the BCoM. Regardingatiter, further
developments are needed since BCoM power can be estimated from the sum of thepsodiact of
instantaneous BCoM velocity with the ground reaction force under each foot. Segettahs have
been proposed for the smooth distribution of the ground reaction force between begh but they
may not be adapted to people with lower-limb amputation.
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Part 3. Characterization of gat qudity in peope with lower-limb
amputation using concise parameters issted from wearable signal
processing

In the previous part, the feasibility of using wearable sensors to derive biomechaniaatgters,
such as the instantaneous body center of mass acceleration and velocity, hasdmenstiated. As
illustrated in the literature review of Part 1, wearable sensors have also flre@osed to characterize
gait using parameters computed through simple signal processing or thrilegidentification of
features in raw signals, without requiring the development of complerbithanical models of the
human body. As for parameters based on biomechanical models, these signal-protessdgait
descriptors must also be validated for a specific population and use. Thefahms third part is,
therefore, to target these parameters in order to investigate whether wearable sensors coukkte
to obtain intelligible and clinically relevant quantitative informatidrnis could be done without long
set-up and processing times that are often required to characterize and moniogait of people
with lower-limb amputation along their rehabilitation.

In particular, the overview of the literature in Part 1 allowed to identify several paraimte the
guantitative assessment of gait symmetry and balance control during gait thatreeggither a large
number of sensors nor a complex modeling of the human batbking them more mature for a
transfer to clinical environment. Indeed, monitoring gait symmetry and assetbsngsk of falling are
both crucial elements of the rehabilitation of a person with lower-limb arafiah as these aspects
were shown to lead to the development of comorbidities and have an impact on the actihgtycial
participation level after discharge from the rehabilitation center (Gadlesl., 2008; Highsmitket al.,
2016). Furthermore, tracking and quantifying gait (a)symmetry along the rehabititptiocess can
assist clinicians in refocusing rehabilitation strategies and targets (€u#i, 2018). While some
aspects of gait (a)symmetry can be visually identified by observing the gait patterpasgia
attention to feet placement while walking, other aspects, such as loading asymifsetyPart 1,
section 2.3.3.a.i) or poor balance are difficult to quantify with the naked Al these gait deficiencies
are hardly tracked accurately in the clinical routine due to the lack of ecologicatj@nttitative
assessment tools.

Falling risk might be assessed through aggregate scores, such as the Berg Balance Scale or through
clinical walking tests. The Berg Balance Scale consists in 14 balance/mobility exercises radeid from
4 depending on the time required to accomplish the task. Although this aggregate was shown to
be valid for fall risk assessment in people with lower limb amputattomas not able to distinguish
people at greater risk of falling and may therefore lack of sensitivity (Majak, 2013). Furthermore,
the Berg Balance Scales requires fifteen to twenty minutes for administration, whigbraonses its
frequent use during the rehabilitation. Clinical walking tests on the other hand are paditymed
in the rehabilitation due to the simple short set-up and acquisition time,they result in a single
guantitative data, characterizing the performance in realizing the test through the meafktire tme
needed or distance covered during the test. The achieved score allows to characterize the overall gait
performance but does not capture the way this performance is obtained: a higiwee could for
example be achieved by someone walking faster although with increased gait asymigicg
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asymmetry may lead to comorbidities, improvement in performance shbeldnterpreted wih
caution. Due to the sensitivity and rapidity of administration of these standardizeidatlmalking
tests, it appears relevant to instrument them with wearable sensors in order to retaddéional
objective and quantitative metrics allowing the simultaneous characterizatibnbath gait
performance and quality in the clinical field.

With wearable sensors, gait symmetry can be quantified by comparing the durattbe sbund
and prosthetic limb stance phases, which is possible once gait events argtatkteith pressure
insoles (by using a threshold on the estimated vertical component of the groundaedotice) or
IMUs (by identifying features in IMU signals indicative of a gait event). In the latter caggs adarber
of algorithms have been proposed using IMUs on the shanks, feet or on the foelgait event
detection with no indications regarding the most suited to transfemoral prosthetic gait. Furthermore,
the algorithms were validated in the literature for the detection of gaiémté and for the estimation
of temporal parameters but their accuracy in estimating temporal asymmetry wasverified.
Therefore, a complete comparative analysis of the algorithms developed for theepadpl lower-
limb amputation appears relevant.

Other parameters quantifying gait symmetry have been proposed by computing metrics based on
signal processing. As an example, the improved harmonic ratio, computed ttsingrourier
decomposition of the acceleration measured by a pelvis-mounted MIMU, has been largelycdopte
recent years to describe overall gait symmetry (see Part 1, section 3.2.3.a.i)arémeefer offers the
advantages of requiring a single IMU and of providing a global score for tmeegpyrof locomotion
However, its interpretation may not be straightforward as it does notvjate indications relative to
the origin(s) of the detected asymmetry.

Regarding balance control assessment during gait, several authors have prapasgap the
upper body with three IMU$ocated at pelvis, sternum and head levels. The ratio of the root mean
square of the measured acceleration at two subsequent levels are computed in order to investigate
the transmission of accelerations from the lower limbs to the head (Suatrab 2016; Bergamiret
al., 2017; Bellusciet al, 2018; Paradisét al., 2019) The underlying idea is that, in typical gait,
accelerations are attenuated from lower to upper body levels in order tolgtatihe optic flow, allow
for a more effective processing of the vestibular system signals, andhseaoent control of
equilibrium (Berthoz and Pozzo, 1994). Therefore, assessing the acceleration patigell as their
attenuation from the lower limbs to the head seems relevant for the assessment of fall risk.

The validity, accuracy and reliability of the above-mentioned parameters quagtifyinmetry or
dynamic balance retrieved using IMUs and pressure insoles should be invesktiggteople with
lower-limb amputation, so as to verify their relevance for clinicaéssment during the rehabilitation.
In particular, it should be verified that the above-mentioned parameters do measure whatthey
intended to measure~$Z " }v e &@d ihat they allow to discriminate people with different level
of the construct (here, it would be the ability to discriminate within people vatidr-limb amputation
those who are at a higher risk of falling or those who present higher gait asymmietnghéy and
Watkins, 2015). The reliability of a parameter refers to the level of stamiy between two
measurements of the same parameter in the same circumstances. It allows to determine the minimal
detectable change, that is, the minimal difference observable that can be considerefleasimg a
real change in the parameter and not as measurement error or inherent variability. Treswai be
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confronted with the minimal clinically important difference which reflects when a change ivalue

of the parameter reflects a positive or negative change from a clinical point of viemtiQuay all

these aspects requires a large amount of research and represents the first crucial step towards the
transfer of these wearable gait quality indices from research to the clinical field (P@taewatkins,
2015).

This part of the thesis aims at contributing to gaining insight on theseise parameters and
algorithms in the prospect of using these parameters for gait quality assesscwgintg the
rehabilitation of people with lower-limb amputation. The feasibiatyd validity of characterizing gait
symmetry and balance control in people with lower-limb amputatising these parameters will be
explored. In the first chapter, the feasibility of assessing temporal symmetry in peufie
transfemoral amputation using IMUs and various gait event detection algorithihbeninvestigated
by comparing state{-the-art algorithms retrieved in the literature. Then, in a second chapter, the
relevance of using symmetry or balance descriptors derived from sigrad$simgf wearable sensors
during the rehabilitation will be investigated on a cohort of nine deopith transtibial amputation
and nine asymptomatic subjects. A special focus on the improved harmonic ratiwitbposed in
this chapter in order to overcome limitations in its computation and interpretability
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Chapter 1t Feaasibility of determining temporal symmetry from
MIMUSs in people with transfemoral amputation

In recent years, inertial measurement units (designated as IMUs in this chapter, since no
magnetometer is required) have been proposed as an alternative to force platfantgressure
sensors for the detection of gait events (i.e. initial and final contacts). Gait de¢sttion is indeed
crucial for gait analysis as it allows gait cycle segmentation, which is often necessary falyisesani
biomechanical features within kinematic or kinetic data or even for the adatjpn of stride-related
parameters. Furthermore, the time interval between different gait events allows to define the
different phases of the gait cycle and therefore to compute spatiotemporal parameters. Wiitipla
algorithms have been developed in the literature (see Pacini Panebiancal. e2018), no
recommendation on the most suited algorithm for transfemoral prosthetic gait cbaldetrieved in
the literature. Furthermore, despite the clinical importance of (a)symmetry quantificatioomiart
limb amputee gait, the impact of gait event timing errors on gait (a)symmeday rrever been
investigated in people with transfemoral amputation walking freely on level ground.

Therefore, the aim of this study was to implement and compare five algorithms taenthe
literature to assess their accuracy in providing temporal parameters and estingatiingsymmetry in
people with transfemoral amputation during level walking

This study was published in the revieMedical & Biological Engineering & Computing:

E. Simonetti, E. Bergamini, C. Villa, J. Bascou, G. Vannozzi, Hz&llletents detection using
inertial measurement units in people with transfemoral amputatio a comparative studyMedical
& Biological Engineering & Computing, 584470 (2020).

1.1. Introduction

The accurate detection of gait events (GEs) is crucial for the biomechanical asseskgeht o
function in people with pathological walking patterns (Perry, 1992). Theifibation of initial contact
(IC) or final contact (FC) events, respectively marking stance initiation and termjradlinvs for gait
cycle segmentation and is essential to extract and interpret relevant features from biomechamical
physiological gait variables such as joint angles or muscle activity (Perry, 1992

In people with lower-limb amputation, whose gait is known to be lyigislymmetrical due to joint
function loss (Nolamt al, 2003; Bastast al., 2018), the identification of gait phases is particularly
relevant for both prosthetic design and rehabilitation fields. For example, micro-praeesstolled
prostheses generally adopt different behaviors according to the gait cycle phase (L2048,
Furthermore, stance or swing phase durations and temporal symmetry indices are widelyoused t
evaluate gait in the clinical field. Quantifying these parameters can indeed thesagbists in decision-
making during rehabilitation, as well as in prosthetics prescription, fittingadigdment (Aminiaret
al.,, 2002; Cuttet al,, 2015; Bastast al.,, 2018)

In recent years, wearable sensors, such as pressure insoles or inertial measurement units (IMUs)
have been proposed as a portable and low-cost alternative to forceopfasf, instrumented mats or
treadmills for the detection of GEs. While some specific pressure insoles éanevalidated against
force platforms (Barnetet al, 2001; Loireet al., 2019), their use is limited to the obtention of GEs
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and vertical ground reaction forces. On the other hand, IMUs, which include acoelens and
gyroscopes, can provide kinematic information in addition to GE detecTions, multiple algorithms
have been developed for IC and FC identification from linear accelerationsraartjular velocities
measured by IMUs (Pacini Panebiaetal., 2018). Many authors have recommended the use of a
single sensor at pelvis level to minimize invasiveness and gait alteration (Zjtstralof, 2003;
Gonzalezet al, 2010; Bonnetet al, 2012; Koseet al, 2012; Basta®t al, 2018) However, in
pathological gait, a robust detection of both IC and FC events is compromisedbedayait inherent
variability and stronger attenuation of feet-ground impacts at trunk leif@bjanielloet al., 2015;
Pacini Panebiancet al., 2018). Consequently, algorithms based on the use of two IMUs located on
both shanks (Salariaet al, 2004; Sellest al, 2005; Jasiewicet al, 2006; Catalfamet al., 2010;
Greeneet al,, 2010; Trojaniello, Cereatti, Pelosal, 2014; Magbooét al,, 2017; Bertolet al,, 2018;
Ledoux, 2018) or feet (Sabatiei al, 2005; Jasiewiczt al, 2006; Marianiet al., 2013) have been
developed and are generally considered to be more adelfiaojaniello, Cereatti, Pelosiet, al., 2014;
Trojanielloet al,, 2015; Pacini Panebianebal., 2018).

Given the number of available algorithms, the comparison of their accuracy in te&iate is
relevant. However, most studies differ in their acquisition protocol, in theupatfon investigated and
in the reported results, which makes the comparison challenging. Indeed, while the accuracy of the
timings of detected GEs is always discussed, the ability of the algorithms to de@Esallithout false
positives, or the consequence of the timing errors on clinically relevant parametersasucycle
durations or symmetry indices, is not always disclosed. Although there have beeratiemets in
performing comparative studies in the literature (Jasiewical., 2006; Trojaniello, Cereatti and Della
Croce, 2014; Trojaniellet al., 2015; Stornet al, 2016), none focused on people with transfemoral
amputation (TF). In addition, as most algorithms rely on the extracti@pedific features from IMU
signals, some may not be relevant for the population of TF because atidasgiin their gait pattern
such as hip hiking, vaulting, delayed knee flexion, and temporal and spatial asymmetriesefilan
2003; Loireket al,, 2019)

This work aimed at comparing the performance of different swft¢he-art algorithms in TF
walking freely on level ground. Performance was quantified in terms of i)tisétigsand positive
predictive value of GE detection, ii) accuracy of GEs timings and iii) accurdesivetl temporal
parameters and of stance phase duration Absolute Symmetry Index (SPD-ASI) values. &uattieem
robustness to different walking speeds was also investigated. Data from pressure insmlatedal
against force platforms in people with transfemoral amputation (Loéteal., 2019)were used for
reference values assessment.

1.2. Material and methods

1.2.1. Participants

The study was designed according to the Declaration of Helsinki, and was granted ethioahbpp
(CPP IDF VI, N° 2014-A01938-39). Seven TF (age: 47.3 £ 9.9 years, 5 males, mak$: kgt. Beight:
1.80 £ 0.10 m) gave written informed consent to participate in the s{lidplel17). Inclusion criteria
were people with transfemoral unilateral amputation due to trauma or tumor, fittéth a definitive
prosthesis, able to walk at various speeds without any assistance. The participants walk#aeivi
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usual passive microprocessor-controlled knee with an energy storing and retirrife alignment of
which was controlled by a prosthetist prior to data collection.

Time since

Average self-selected

(y'zifs) H(erjr]g;)ht I\éll?gs)s Gender Etiology amputation Prc})<s;]t2§tic Prc;zgletic walking speeds (m:9

(years) Slow Comfortable Fast
TFOl| 47 154 72 F Tumor 35 Rheo Knee Variflex LP  0.72 1.02 1.25
TF02| 52 169 75 M Trauma 34 Rheo Knee Variflex XC 0.92 1.13 1.48
TFO3| 34 1.70 51 F Tumor 27 C-Leg Trias 0.92 1.04 1.40
TFO4| 43 190 82 M Trauma C-Leg Triton 1.00 1.16 1.35
TFO5| 64 184 86 M Trauma Rheo Knee  Talux 0.49 0.76 0.96
TFO6| 39 1.79 85 M Trauma 3 C-Leg Triton 0.89 1.06 1.25
TFO7| 52 184 72 M Trauma 23 C-Leg Pro-Flex 0.89 1.20 1.61

Table 17: Participants characteristics.

The prosthetic devices are from Ottobock (C-Leg, Triton, and Trias) and from Ossur (RheaifineeP\V¥ariflex XC, Talux
and Pro-Flex)

(laterally,

1.2.2. Measurement protocol

Three IMUs (MA E" veU E §Z o0 Vv *U iii » U%O0 ]|
1), embedding a tri-axial accelerometer (x 16 g) and a tri-
axial gyroscope (£ 2000 deg/s), were used and positioned
on the lower trunk (L4/L5 level) and on both shanks
below the tibial tuberosity level) of each
participant Figure44). IMUs were manually aligned with
the anatomical axes of the underlying segments. Reference
GE were obtained using pressure insoles (Loadsol, Novel,

"E&u vGU

vertical ground reaction force and stance phase duration in

* U6 Dhede insoles have been
reported to be reliable and to accurately estimate both

TF (Loireket al, 2019) and were, thus, considered a valid local frames
gold standard.

comfortable and fast), measured with a stopwatch. At least three trials of each condition were

Fgure 44 Placement of the
measurement units and their associe

Participants walked freely along an 8-meter level walkway, at three self-edlasgteeds (slow,

recorded. The average walking speeds of each participant are reporiegble17. Participants were
asked to stand upright for at least 3 seconds at the beginning and at the end of esdclarid to
perform a downward kicking motion with the heel of their sound foot tackyonize the IMUs with
the insoles

1.2.3. Data processing

IMUs and insoles data were post-processed using MATLAB® software (The Matima/oide#\,
US). Synchronization was performed semi-automatically by aligning the kickingirpesds in the
sound-limb shank vertical acceleration and insole signals.
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a. IC and FC events detection

Reference IC and FC events were identified using a 20 N threshold on the insoles' ground reactio
force signals (Selleg al., 2005; Loireet al,, 2019)

Z P & ]JvP 8Z [/Dhe[ ¢]Pv 0eU (]JA § 3]}v OoPlEISUEASEE « o
review. The first three algorithms were the only one retrieved that were specifically designed for
people with lower-limb amputation. The two remaining algorithms weetected as they are
representative of the statef-the-art and appeared to be promising candidates in TF. Indeed, one of
them was validated on an extensive cohort of people with different patholotias significantly
affected gait, and the second one used only one sensor, which is an interesting perspeathredal
applications. The algorithms, designated by the acronyms M-N, with N the initiati(g) fost author( «
name, are introduced hereafter:

1) M-S: based on shank vertical and anteroposterior acceleration signals, valadgiedt force
platform data in ten people with transtibial amputation (TT) (Sedtesl., 2005),

2) M-M: based on shank mediolateral angular velocity, validated using footswitoheigtit
asymptomatic subjects and in two people with lower-limb amputation (dfieand one TF) (Magbool
et al, 2017),

3) M-i: based on shank mediolateral angular velocity, flexion-extension angle amadl axi
acceleration, validated on five TF walking on an instrumented treadmill (Ledoux, 2018),

4) M-T: based on shank mediolateral angular velocity and accelerations, vadlaigmst pressure
u s § }v v AES vVve]A }Z}ES }ve]e3]vP }( 8Z W EHICYVith (% P%ho i,
people with mild cognitive impairment and on ten persons with henepar (Trojaniello, Cereatti,
Pelosin,et a., 2014; Bertoliet al, 2018) as well as in ten asymptomatic subjects in an urban
environment using pressure insoles (Staetral, 2016),

5) M-MC: based on pelvis vertical acceleration and angular velocity signatitedliin
asymptomatic subjects compared to instrumented mat data (McCaasatlay, 2012) and in 30 people
with pathological gait in a former comparative syud@rojanielloet al., 2015).

M-L, M-MC, M-S, M-M and M-T were implemented based on their descriptiaihe iliterature
(Selleset al,, 2005; McCamlegt al., 2012; Magbookt al,, 2017; Bertolet al., 2018; Ledoux, 2018)
using only the target sensor signals as inputs. A brief description of the ompminciples of each
algorithm is reported irmable18. Additional details can be found in the original articles. For M-MC,
the pelvis angular velocity failed to discriminate between left- and rijtie- events, supposedly due
to the asymmetrical gait pattern of TF (Goujon-Pikgtal., 2008). Therefore, the mediolateral
acceleration was used instead.
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Signal used Signal used for

Algorithm for IC EC
M-S(Selles Vertical Vertical and AP
et al, acceleration acceleration of
2005 of the shank the shank

M-M Shank ML angular velocity
(Magbool

et al,

2017)

M-L Shank vertical acceleration, ML
(Ledoux, angular velocity, and

2018) flexion/extension angle

M-T Shank sagittal angular velocity

(Bertoliet  and AP acceleration
al., 2018)

M-MC Vertical & ML acceleration of
(McCamley the pelvis

et al,

2012)

General Principle

Gait is segmented into approximate strides by identifying the minima i
the low-pass filtered shank vertical acceleration. Within each identifiec
stride, the vertical acceleration is low-pass filtered with a cut-off
frequency depending on the estimated stride duration. Peaks identifie
the filtered signal enable to define intervals in which to look for gait
events. ICs are then identified as maxima in the vertical acceleration :
FCs are identified as minima in the AP acceleration in their respective
intervals.

Mid-swing instants are detected as maxima in the filtered ML shank
angular velocity. ICs are then defined as the first or subsequent negat
local minima following mid-swing, associated with negative slope and
are defined as local minima occurring at least 300 ms after ICs, with <
lower than a set threshold

This state-machine algorithm uses the shank ML angular velocity, the
shank vertical acceleration, and the shank angle (obtained using a
complementary filter of the shank acceleration and angular velocity) a
inputs to detect transitions betweenthé « AJvP _ ¢35 § v 3§Z
state. Stance is detected at zero-crossings in the vertical acceleration
the angular velocity is negative and the shank angle is above a threst
It should occur after at least 200 ms of swing. Swing is detected wher
vertical acceleration is increasing above a negative threshold, the ang
velocity is negative, and the shank angle is below a negative threshol:
occurs after at least 400ms of stance. A set of similar conditions enab
identify the first transition to swing (FC) or stance (IC).

Peak identification in the ML angular velocity signal enables to define
intervals in which to look for gait events. In these intervals, ICs are
identified as the minima in ML angular velocity preceding a maximum
acceleration and FCs are identified as minima in the AP acceleration
preceding the last maximum in AP acceleration.

The vertical acceleration is filtered with a Gaussian continuous wavele
transform. ICs are identified as the minima in the filtered acceleration.
FCs are identified as the maxima in the differentiated signal. In this st
the ML acceleration was used to distinguish right and left gait events
occurrence, while the vertical angular velocity was used in the origina
study.

Table 18: Description of the operating principle of the implemented algorithms.

AP = Anteroposterior; ML = Mediolateral; IC =

Initial Contact event; FC = Final Contact event

b. Temporal parameters and symmetry index computation

The following temporal parameters were estimated for each trial and methalés- and IMU-

based algorithms):

- Stride duration (time between two consecutive ICs of the same foot), computed based o

prosthetic ICs;

- Prosthetic and sound limb stance phase duration (time between an IC and the sahbsequ

FC of the same foot);

- Prosthetic and sound limb initial double support duration (time begw an IC and the
subsequent FC of the contralateral foot), further referred to as prosthetic or sound limb

double support duration.
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Stance phase duration symmetry between the prosthetic and sound limbs waasasssed for

each stride using the Absolute Symmetry Index (ASH:+ %> I—Es_ r r where 5and 2 are the

stance phase durations for the sound and prosthetic limbs respectively (Rb&n2003).
1.2.4. Algorithms performance assessment

a. GE detection rate

Sensitivity, defined as the number of correctly detected algorithm-derived GEs dibidéab
number of reference GEs, and positive predictive value (PPV), i.e. the noinbarectly detected
algorithm-derived GEs divided by the total number of detected GEs (including extra events), are often
e Jv §Z 0]S € SpE S} e ¢eanodih@imZof Jetéstich (Gt€E(SGalariah al,

2004; Trojanielleet al, 2015). However, the criterion used to classify an algorithm-detected event as
either correct, missed or extra is usually missing. In this work, we propose to computartieer of

algorithm-detected events such that RasF B A %Q—Z 5 By g S with:

R A sthe timing of a reference GE,
- R athe timing of algorithm-derived GEs,
- 5By gthe median stride duration computed from reference ICs.
If no algorithm-detected event fulfilled condition (1), an event was missed. Cothyeifsseveral
algorithm-detected events fulfilled condition (1), only the closest to the reference everst
considered as correctly detected, and the others were discarded as extra events.

Sensitivity and PPV were computed for all the algorithms to compare thelet@é&ion rate. While
the occurrence of a missed event can be detected based on the duration between succetsived
events, the identification of a correct event among several possible candidates isgsiblpovithout
a reference. Therefore, to be used in real-life settings, an algorithm must be extrevhelst iin this
respect. Consequently, for the subsequent accuracy analysis, only the algorithms scoring a PPV above
99%, representing a negligible number of extra events, were considered.
For each algorithm, PPV and sensitivity were quantified for the entire trials in ardesess the
algorithm ability to detect all events, including those of the first and last stepshwhark gait initiation
and termination. For the rest of the analysis, the initiation and termination stepe wet considered
for the sake of comparison with the literature.

b. Accuracy of GEs timings

For each algorithm, the difference between the timing of each IMU-based and the corresponding
reference GE was computed. Positive and negative errors respectively indicate delayedicipdted
event detection.

c. Impact of GEs timings errors on estimates of gait temporal parameters and symmetry
index
For each algorithm, stride, stance and double support durations, as well as symmeteddesin
IMU-based GEs were computed. IMU-based temporal parameter estimates errors were eggresse
seconds and in percentage of the reference parameter, with positive and negatives vatlicating,
respectively, overestimation and underestimation of temporal parameters.
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1.2.5. Statistical analysis

Descriptive statistics (medians and interquartile ranges [IQR]) were computed opartaipants
for each walking speed for reference GE timings and temporal parameters, for IMU-based GE and
temporal parameter errors as well as for SPD-ASI derived from the insoles and the algorithms.

Normality of the median values was verified using the Shapiro-Wilk test and, accordimegtest
result, either a Friedman test or a one-way repeated-measure ANOVA was performed to ateestig
§Z (( 8 }( 82 ~A ol]vP «% _ ( §}4clpair&ige cofmp@isdhs XWNIGaH
signed-rank tests or t-tests depending on the normality of the data) with HolnfeBoni correction
were then performed where any difference was found.

1tZ u Jv (( & }( "A OI]VP *% _ %o Ee]e& U % JEA]s ludZ E]e}ve A

presence of significant differences between each pair of methods, for each level of gvgfieed,
considering separately prosthetic- and sound-limb parameters when relevamte@ely, if no main
(( 8 3}( "A ol]vP «% _ A e (Juv Uu Jve v IYZ A E VPu%WS «}A E
for each participant and method, and pairwise comparisons were then executed on this new dataset.
Wilcoxon signed-rank tests were used to investigate the effect of the limbidered, that is, to
determine whether errors where significantly different at the sound and prosthetic feideach
parameter and each algorithm.

The statistical analysis was performed using SPSS (IBM SPSS Statistics 23, NY,led@A\pfThe
significance was set to 0.05 for all statistical tests.

1.3. Results

Due to technical issues with the insoles, GEs of two participants had to be diseattiedsound
limb, leaving a total of 454 sound steps for 623 prosthetic stepsidered in the analysig.able19
reports the descriptive statistics of the temporal parameters derived from the insoles.

Table 19: Reference temporal parameters derived from insoles data.
* Stride durations were estimated based on prosthetic IC timings

. Gait Stance phase duration Double support duration
Walking . . . .
velocity Stride duration (s)* Side
speed level ) )
(m.sd) (s) (% stride) (s) (% stride)
med (IQR) med (IQR) med (IQR) | med (IQR)| med (IQR) med (IQR)
Slow 0.89 (0.12)| 1.33 (0.14) Sound 0.91 (0.14)| 68.9 (5.2)| 0.17 (0.04)| 13.2 (2.4)
Prosthetic | 0.81 (0.11)| 60.9 (2.4)| 0.22 (0.06)| 16.4 (4.0)
Comfortable| 1.06 (0.12)| 1.16 (0.13) Sound 0.77 (0.10)| 67.0 (3.4)| 0.14 (0.02)| 12.1 (2.2)
Prosthetic | 0.68 (0.08)| 58.7 (3.3)| 0.16 (0.04)| 13.3 (2.1)
Fast 1.35 (0.19)| 1.00 (0.13) Sound 0.65 (0.12)| 64.7 (4.9)| 0.10 (0.03)| 10.5 (1.4)
Prosthetic | 0.56 (0.07)| 56.9 (2.6)| 0.12 (0.04)| 11.6 (3.4)
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a. GE detection rate

Sensitivity and PPV for each algorithm are reporte@iahle20. Only M-T and M-L showed a PPV
higher than 99% and were further analyzed. Both algorithms had extra and missed detelotimever
those of M-T never occurred outside of the first and last steps of gait.

Table 20: Sensitivity and positive predictive value of the five IMU-based algorithms in gait event detection

Method Sensitivity Positive Predictive Value
Prosthetic limb Sound limb Prosthetic limb Sound limb
Initial Final Initial Final Initial Final Initial Final
contact contact contact contact contact contact contact contact
M-S 93.4% 92.7% 94.0% 92.8% 99.1% 97.3% 95.2% 95.7%
M-M 98.6% 98.8% 97.4% 98.2% 99.7% 100.0% 98.3% 99.8%
M-L 88.4% 88.8% 84.2% 85.0% 100.0% 100.0% 100.0% 100.0%
M-T 99.1% 99.1% 98.8% 98.8% 100.0% 100.0% 99.8% 99.8%
M-MC 93.4% 91.9% 91.2% 90.6% 97.1% 96.0% 96.1% 96.1%

b. Accuracy of GEs timings
E} «]JPv](] v& (( 8 }( 8Z ~A ol]véundan the efforsgtdainkd for GE timings,
neither for M-T nor for M-L. GEs were generally detected with a small anticipation with lgl\kiidmn
a short delay using M-Figure45¢X dZ & A « v} (( 8 }( 8Z "~o]Ju _}v 8Z [/ 3Ju]vP

Ak ot AR RER o,

Figure 45: Errors [ms] of IC and FC timings obtained with M-T and M-L algorittatispeeds with respect to reference eve
estimated with the insoles. Mean values are indicated with a diamond-shaped point and wadadéesnare reported above e:
boxplot. Significant differences (p < 0.05) are marked with an asterisk*. Outliers are not represegeteetdl, M-T and M-L resul
in a low number of outliers (< 3 %), but M-L resulted in 8.02% of outliers for sound IC.
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either algorithm. Conversely, FC timings estimated with M-T were significantlyanocueate {((4) = -
3.626,p-value= 0.022) at the sound limb than at the prosthetic limb while the contrary was w&der
with M-L €(4) = -5.171p-value= 0.007).
When comparing the algorithms in terms of errors, M-T was found to be less actiaaté-L
for prosthetic FC detectiorn(6)=4.890p-value= 0.003), but more accurate for both prosthetic 2 (
- 2.214 p-value= 0.027) and sound FC detectitfd]= 6.674-value= 0.003).

C.
index

dz &

A . v}

(C s}(sz

A A o bnvtRe miédian errors $f @Rit temporal parameter

estimates. While there was no difference between the algorithms for the stride duratatmsteally
significant differences were obtained for stance phase and double support duration estirRagese(

46 and Table21+« X

durations for both algorithms (M-T: t(4) = -3.940, p-value = 0.0M-L.: t(4) = -2.781, p-value = 0.05)
and for double support duration for M-T (t(4) = 4.877, p-value = 0.008).
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Table 21: Errors [ms] of gait temporal parameters estimated with M-T and M-L compared &sirResults of the statistical
tests are reported, with significant differences between M-T and M-L values marked with asterisks ¢-up- G 1 X1fie

Statistical tests
Temporal M-T M-L (on % values)
parameter
(in milliseconds) median (IQR) median (IQR) valuz- score
Stride duration 0 (20) 0 (20) 0.317 Z=-1.000
Sound stance phas 0.017 _
duration 10 (40) -40 (70 |, t(4) = 3.927
Prosthetic stance 0.003 _
phase duration 70 (60) 0 40) |, t(6) = 4.817
Sound double 0.009 _
support duration 70 (53) 0 (60) N t(4) =-4.788
Prosthetic double 0.001 _
support duration 10 (40) -40 (40) * t(4)= -8.953

A

Impact of GEs timings errors on estimates of gait temporal parameters and symmetry

[ ] } L]

Median SPD-ASI values were averaged across all participants and walking speeds for each method

(insoles, M-T and M>e

vi «1PVvI(]

vE (( & }( 8z

AA OI]VP +% -ASI (

estimates obtained with M-T and M-L were found to be significantly different thase derived from

the insoles Table22).

SYE

Table 22: Mean and standard deviation over all participants of the median stance phase duration ASI derived from insoles and
obtained with M-T and M-L algorithms. Results of the statistical tests are repaittesignificant differences between insoles-
or IMU-based ASI values marked with an asterisk*

ASI Algorithm ASI Insoles T-test
Algorithm
mean (sd) mean (sd) p-value score
M-L 6.72 % (3.44 %) 0.048 * t(4) = 2.807
12.79 % (2.85 %)
M-T 4.16 % (5.05 %) 0.013 * t(4) =4.274
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AN

Fgure 46: Errors [%)] of gait temporal parameters estimated with M-T and M-L expressed in peradrntagectual ga
temporal parameters derived from the insoles data, at all speeds. From top to bottom: stride duration, stance phase
double support duration.

Mean values are indicated with a diamond-shaped point and median values are reported above each lymifitain
differences (p < 0.05) are marked with an asterisk*. Outliers are not represented. In ddrierahd M-L resulted in a |
number of outliers (< 4.5 %), except for strides for M-T (13.7% of outliers) and for sound doudteestippates for M-L (9
% of outliers)

1.4. Discussion

This study aimed at i) comparing the accuracy of stditthe-art IMU-based algorithms in
detecting both IC and FC events and ii) assessing the impact of GE timing etf@sestimation of
gait temporal parameters and symmetry in TF.

Gait temporal parameters and walking speeds obtained with pressure insoles wder girthose
reported in the literature for the considered population (Gougdral,, 2006; Goujon-Pilledt al,, 2008).

a. GE detection rate

To be relevant in an ecological context, GE detection algorithms mustetettcextra events as
they would be impossible to identify without a reference. Given their PPV valigg®imto 99%, two
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of the algorithms developed for lower-limb amputees (M-S and M-M) and thdesssmsor-based
algorithm (M-MC) were discarded from the anal§sis

The modification applied to M-MC algorithm allowed to improve the discation between right
and left side events, thus reducing the number of extra events (less than 4% of extraur@atag
while up to 11.2% of extra FC were found in hemiparetic patients in a former §tudjnielloet al,
2015)), although not sufficiently. However, the number of missed events was higherrthae i
literature (McCamleyet al, 2012; Trojaniellcet al, 2015), which might be due to specific gait
alterations of prosthetic gait, such as the lack of propulsion inherent to prastbetmponents (Nolan
et al, 2003)

Neither missed or extra events were reported by the authors of the two other algorithms M-S and
M-M. However, it should be noted M-S was designed and validated in TT, whopattsin differs
from that of TF. Furthermore, while all steps were considered in our analysisdimgltransition,
acceleration, and deceleration steps, Selles and coworkers only analyzethstepscurred on a force
platform, ensuring to consider only steady-state steps (Setles, 2005)

Magbool and coworkers reported a 100% detection rate by comparing the d@bsolumber of
events detected by M-M and by footswitches, without considering an objective oritésiensure that
each detected event would correspond to a footswitch event (Magkoal. 2017). Furthermore, the
algorithm was developed and validated on asymptomatic subjects and gronalTF and one TT who
might have presented very few gait alterations, thus preventing the generalizatitrenfresults to
the population of lower-limb amputees.

In what follows, only results obtained with M-L and M-T algorithms will be discussed.

A surprisingly high number of events were missed by M-L in the present desjyite its reported
excellent sensitivity in TFs (Ledoux, 2018). The thresholds originally propagedioux, 2018) were
specifically devised for treadmill ambulation, which was shown to reduce gait inhetentsinide
variability compared to level ground ambulation (Hollmetral, 2016). This may have hindered the

OP}E]SZul[s % ]3C 8} & 8 00 A v3e AZ v ApVRAVEUESYZ FEueFCE |
an event is undetected by the algorithm, the following event will also be missed because of #ie stat
machine design of M-L. Regarding M-T, no extra or missed events occurred in thetaad of gait,
as reported in former studies (Trojaniello, Cereatti, Pelosirgl, 2014; Bertoliet al, 2018). This
directly results from the efficient design of M-T: the algorithm first detects maxirttae shank angular
velocity and uses this information at both sides to segment gait into cacego identify restrained
intervals of time where one and only one event (either an IC or a FC) hascto. ¢-or all the
investigated parameters, both algorithms were found to be robust to varioussetdtted walking
speeds, confirming results reported for M(Trojaniello, Cereatti, Pelosiat al., 2014; Bertolet al,

2018).

4 Due to high positive predictive values, close to the criterion ahdgethis study, the algorithm M-M was
further investigated as well. However, the algorithm displayed@ pacuracy and repeatability in detecting gait
events, and therefore in estimating temporal parameters. See Appendi8mparative assessment of M-
algorithm for more details.
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b. GE detection accuracy

Prosthetic IC and FC detections with M-L were as accurate as those reportedoirigtimal study
(Ledoux, 2018), but slightly less precise. This may also result from the lggiherariability of
overground- compared to treadmill-walking. Estimated FC timings were less actourdte sound
limb than the prosthetic limb, likely due to the adoption of identical thredhdior both limbs, as
reported by the author (Ledoux, 2018). Defining limb-specific thresholds was thélyerscope of this
study, but it might improve sound FC timing accuracy.

M-T achieved similar or even improved GE timing accuracy compared t@fuwated using other
algorithms specifically designed for people with lower-limb amputation (Setlel., 2005; Magbool
et al, 2017). Furthermore, the achieved accuracy for IC detection in our participants is comparable to
8Z 8§ }( % }% 0 A]l3Z W @tldjamipild,Ceteattis Pelosiet al., 2014). Both these results
corroborate previous statements that M-T might be suitable for clinical routinectien of gait events
(Trojaniello, Cereatti, Pelosiat a., 2014; Bertoliet al,, 2018). All in all, M-T achieved equivalent or
higher accuracy than M-L in GE detection except for prosthetic FC. The algorittemsatifinly in the
signals that are used as inputs, but also in their design: M-T is based on peatiethetvhile M-L is a
threshold-based algorithm. The latter strategy might be more efficient for prosthetiteteCtion: the
smoother movement occurring at FC compared to IC (Trojaniello, Cereatti and Della Crogen2i014
the attenuated propulsion at the prosthetic limb (Nolanal., 2003)might result in a smoothed signal,
detrimental to the peak-identification strategy.

It should be noted that the sampling frequency (100 Hz) might lasheced a delay of up to 10
ms between algorithms-derived and insoles-detected events. This constant dedafiowever no
impact on the estimated durations.

c. Impact of GEs timings errors on estimates of gait temporal parameters and symmetry
index

Both algorithms provide stride duration estimates acceptable for clinica{Tusganiello, Cereatti
and Della Croce, 2014), with null median errors and IQR of 20 ms.

Regarding stance and double support durations, errors result from the discrepancy bdGvaed
FC timing errors. In our study, temporal parameters errors were mostly drivesidiively high errors
in FC detection at the sound limb for M-L and at the prosthetic limb for M-T compaué€ t

The errors achieved for stance phase duration are acceptable at the prosthetic limMyitand
at the sound limb with MF(Trojaniello, Cereatti and Della Croce, 2014), with a similar accuracy to that
of the original article (Trojaniello, Cereatti, Pelosital., 2014). Furthermore, the achieved errors with
either algorithm at either limb are inferior to the minimal change detectable t®sgure insoles in
people with lower limb amputation (Timmermaes al, 2019). Combining both algorithms by using
M-T approach for gait segmentation and interval identification, and th&mgpadvantage of either
M-T or M-L detection approaches for the sound or prosthetic limb respectimgght provide more
accurate estimates of stance phase duration at both limbs. This would inetiable a long-term
monitoring of a patient's progress during his rehabilitation, but tetest reliability should be
evaluated prior to using the combined algorithm in a clinical setting for lonig&idhonitoring.

Regarding double support duration, percentage errors achieved high values and ipa@abidth
sides with both algorithms. Therefore, although double support duration is a clinicd#vant
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parameter reflecting stability and weight shifting ability in TF (Goejoad., 2006; Kendebt al., 2010)
the use of either M-T or M-L algorithms for its estimation is not recommended.

Regarding temporal gait symmetry, the discrepancy between sound and prositestice phase
duration errors explains the observed SPD-ASI inaccuracy. The algorithms tesighif@cantly
underestimate sound stance-phase duration or to overestimate prosthetic stance-mghaaéon,
resulting in a falsely low asymmetry index. Thus, neither M-T nor M-beaafely used to assess
stance phase duration asymmetry between the prosthetic and the sound limb.

This confirms the need of a more robust algorithm at both the prosthetic smahd limbs for
temporal parameters, which in turn would enable to obtain reliable SPD-ASI estimates in T

Although the participants of the study were found to be representative of the populationWith
(Goujonet al.,, 2006; Goujon-Pilledt al., 2008), the small sample size in this study should be considered
prior to results generalization.

1.5. Conclusions

This study analyzed the performance of different IMU-based algorithms and gives indications
about their accuracy for GE detection in people with transfemoral amputativa.of the investigated
algorithms, using one IMU on each shank, provide acceptable estimates of stdds#aate phase
durations considering the minimal detectable change of these parameters by presaalesin
However, test-retest reliability of the IMU-derived estimates remains to be evaluatied to using
these algorithms for longitudinal monitoring of gait. Furthermore, both algorgHack in accuracy
when estimating either double support duration or the temporal asymmetry indaevAalgorithm,
combining the strengths of M-T and M-L should be devised to improve gait evesttidet and
temporal parameters estimation in people with transfemoral amputation. The results obreseert
study support the use & priorigait cycle segmentation using the shank mediolateral angular velocity
and tend to indicate that threshold-based detection should be preferredeakpbased detection at
the prosthetic limb, at least for FC event detection.
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Chapter 2t Investigation of the relevance of gait quality indices
issued from wearable gait analysis during the rehabilitation of people
with lower-limb amputation

As briefly discussed in the introduction of Part 3, several parameters havepbeposed in the
literature to quantify gait symmetry and the balance using wearable sen3dne aim of this chapter
is to investigate the feasibility and relevance of tracking such parameters dinenghabilitation of
people with lower-limb amputation.

Gait Symmetry

In the previous chapter, stateft-the-art algorithms for IMU-based gait event detection were
shown not to allow an accurate estimation of stance-phase duration symmetry aplgevith
transfemoral amputation. However, other wearable sensbrsamely, pressure insoleshave been
validated and used for the quantification of temporal and loading asymynigtrtranstibial and
transfemoral amputees (Nolagt al, 2003; Cuitet al,, 2018; Loireet al,, 2019) Pressure insoles are
more expensive than IMUs and necessitate to be bought in a large range of sagtcséit most
people shoe sizes. Furthermore, insoles require to be calibrated for each patiérdre sensitive to
temperature changes (Herbert-Copley al,, 2013), which imposes to prepare insoles up to fifteen
minutes prior to the acquisition time. The calibration process requires to alteeigtivad each insole
with the full weight of the tested person without external support. Loss mipgoception in the
prosthetic leg may jeopardize a successful calibration of insoles as it disrupts balampeomising
the accuracy of insole-based measures (Logketl, 2019). For all these reasons, and although
temporal and loading symmetry indices can rapidly be retrieved fromléassignals, pressure insoles
can be considered more constraining for gait monitoring during the rehabilitadiopeople with
lower-limb amputation than IMUs

In the literature, several parameters have been proposed to quantify gait symnfieny
acceleration signals measured by a trunk or pelvis mounted IMU. In particular, the harratini(HR),
or its improved version, the iHR, has been widely used in research in recent yearségedn2013;
losaet al, 2014; Rivat al, 2014; Pasciutet al., 2017; Bellusciet al, 2018; Bucklegt al., 2018)
Based on the frequential analysis of the accelerations measured by a single IMU at pelyigie
parameter allows to rapidly quantify stdp-step symmetry (Bellancat al, 2013; Pasciutet al,
2017). The advantage of this parameter over temporal and loading asymmetrgsndithat it relies
on the use of a single IMU, which is interchangeable across any partiisaints independent of any
anthropometric measurement). Interestingly, the HR/iHR is generally computed stride per btride,
several authors have proposed to compute it over a complete gait trial twdkie propagation of
errors due to erroneous gait segmentation methods (Rival., 2013; Howcroft, Kofmamt al,, 2016)
While several standardized guidelines have been proposed in the literaturésfamomputation
(Buckleyet al., 2017; Pasciutet al, 2017), the impact of the segmentation method (or absence
thereof) was never investigated. More importantly, how this parameter relates to usuaheym
indices is not clear and may hinder its interpretation by cliniciararder to gain insight on this recent
symmetry index, it appears therefore relevahto analyze the impact on the iHR values of different
segmentation methods and of the absence of segmentation at alliipiod comparatively assess usual
parameters of temporal and loading symmetmpd the iHR in the same population of lower-limb
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amputees. To the authors knowledge, this was never done in any population andRheasinever
computed in people with transtibial amputation.

Balance control during gait

People with balance impairment have been shown in the literature to bedbksthan sound
subjects to maintain a steady optical flow and vestibular system while watkilego the transmission
of oscillations from the lower limbs to the upper body (Maetal. 2008; losa, Picernet al., 2016)
Therefore, balance control has been quantified in wearable gait analysis literature bynsfutie
oscillations transmitted to the head by the lower-limbs during gait (Menal., 2003; Mazzat al.,
2008; losa, Picernet al., 2016; Bergamirgt al,, 2017) Two parameters issued from the measured
raw acceleration signals have been described to this end: the root mean square of accelg&iM®a)
and the attenuation coefficients (AC). RMSa provides a measure of the amplitudearsidinpof the
acceleration, which has been shown to increase with walking speed (Mextz 2003; losa, Picerno,
et al, 2016) and, when normalized to walking speed, with the level of impairment in patbal agit
(Bergamingt al,, 2017). The ratio of RMSa signals at different levels of the upper(pethjs/sternum,
sternum/head or pelvis/head) have been used to evaluate the transmission oftiso# from the
lower limbs to the head (Mazzat al., 2008). Both these parameters have been studied in the
population of people with transtibial amputation (Paradisial, 2019). In that study, the participants
were required to perform three successive 10-m walking test and the average values of $zedrill
AC at the three levels were computed and compared between 20 transtibial amputeesOand 2
asymptomatic subjects. A few number of strides as typically walked within a 10-m pathayagan
allow to obtain reliable measures of variability (Retal., 2014). Therefore, it would be interesting to
assess the reliability of these parameters in the population of people with limwdér amputation
before providing reference values in this population.

Gap analysis and aim of the chapter
The aim of this chapter was to contribute filling the following observed gaps tertitérature:

- Parameters have been proposed for assessing gait symmetry and balance from IMUs and
were investigated in people with lower-limb amputation, but their reli#pilvas not
assessed prior to providing reference values;

- While RMSa, AC, and temporal or loading symmetry indices were evaluatedaie péth
transtibial amputation, the iHR was never quantified in this population. Furtbezm
these parameters were never assessed simultaneously in the same sample of transtibial
amputees, compromising a complete description of their gait using thesanpeters.
Similar remarks apply to the gait of transfemoral amputees;

- While the iHR is increasingly used in clinical resea@ltonsensus exists about the need
for stride segmentation or not. In addition, this parameter was never comptredore
standard symmetry indices such as the Absolute Symmetry Index (ASI) of stasee-ph
duration (temporal symmetry) or of the vertical ground reaction force peesurring in
early stance (loading symmetry) (Noketnal,, 2003; Loireet al., 2019).

The chapter is organized in two sections in order to contribute fillingetlyagps. The first section
aims at investigating whether RMSa, AC, iHR and temporal and loading M&lyte be reliable and
relevant for gait monitoring along the rehabilitation of people with transtilaiaputation. To do so,
these gait quality indices were assessed during two repetitions dfstbeminute walking test 2MWT)
in people with transtibial amputation and sound participantfThis work was performed in
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collaboration with Julie Durand, physiotherapist at Institution Nationale desidleglduring her
master internship. Her implication in the data collection and analysisilis atknowledged. In the
second section, a special focus on the computation and interpretation of tRewi be proposed.
First, the iHR will be computed using different segmentation methods arskgmentation in order

to clarify the uncertainties regarding its computation. Then, the relation between the iHRathd
temporal and loading ASI will be investigated usingthe ddtae § v $Z }uE&-* }( :po]
internship

2.1. Feasibility and relevance of gait quality monitoring from IMUs- and insoles-
derived parameters in people with lower-limb amputation

Gait quality represents a crucial aspect of gait and is therefore monitored during thieilittieon
of people suffering from motor impairment. In particular, monitoring gaitnmetry and assessing the
risk of falling are crucial elements of the rehabilitation of a person with transtibipli#ation as these
aspects were shown to lead to the development of comorbidities and have an impale @ttivity
or social participation level after discharge from the rehabilitation center (Gatewl., 2008;
Highsmithet al, 2016). Few tools are available in the clinical field to quantitativelycdmjeictively
monitor the evolution of gait symmetry and fall risk along the rehabilitapoocess. Optical motion
capture systems are not always available and are not adapted to frequent assessment due to the long
set up and complex post-processing. On the other hand, clinical walking tests, whighicketo
administer, provide a single metric of performance which is not sufficienaito igsight into the way
aperformance is obtained and, thus, to effectively targeting rehabilitation (Deetlad, 2009)

Recently, the development of small and affordable wearable sensors for gait analysiassuch
inertial measurement units (IMUs) and pressure insoles has allowed the introductionvof ne
parameters for the in-field quantification of gait balance and symmetry (IBe#&rno.et al., 2016)
Pressure insoles allow to estimate the load exerted on each lower limb thriinegmeasure of the
pressure applied on each insole. This allows to quantify two aspects of gait symmetry, namely loadi
and temporal symmetry (Nolaet al., 2003). Similarly, IMUs positioned on the upper body (pelvis,
lower trunk and head) have been proposed to quantify gait symmetry and stdbilitygh the analysis
of the frequency content and dispersion of the accelerations measured at these I 8tiemzet al,
2003; Mazzat al,, 2008; Pasciutet al,, 2017). Several authors have therefore proposed multi-sensor
protocols for the assessment of balance in various pathological popuagalip computing gait quality
indices over a few steps taken while walking in straight line (Suetaia 2016; Bergamirgt al.,, 2017,
Paradiskt al., 2019). Poorer gait balance was shown to be associated with decreased gait symmetry,
increased values of acceleration signals, lower average walking speed and inatitiggnuate the
accelerations transmitted from the lower limbs to the head, highlighting the constalidtity of the
proposed indices (losa, Bieit al, 2016; Bergamiret al., 2017; Bucklewt al,, 2018) None of these
studies evaluated the reliability of the proposed multi-sensor wearable proto€ets.quantifying the
minimal detectable change obtained for a parameter using a defined protegaramount to verify
the relevance and feasibility of monitoring the evolution of this parametenglthe rehabilitation
process (Portney and Watkins, 2015). Furthermore, previous studies evidencedcttederation-
based gait quality indices often require to be computed over a large eumbsteps in order to be
reliable (Rivaet al,, 2014; Pasciutet al, 2017). Therefore, computing gait quality indices over few
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strides may not allow to achieve sufficient reliability. In this respect, instrtimgrhe two-minute
walking test (2MWT) with wearable sensors would allow to capture a great nuofb&raight-line
strides along a standardized protocol, often administered in clinical practice MWAEZappears to be
particularly relevant for gait assessment of people with transtibial amputation as iskasn to be a
valid indicator of mobility in this population, to be relatedfadl risk, and is compatible with frequent
assessment along the rehabilitation as it is sufficiently brief so as to perform othabilitation
exercises and allows the use of assistive devices (Beiakls 2001; Majoret al, 2013; Reict al,
2015; Gaunaurét al., 2020).

The aim of this study was therefore to contribute filling the identified gap§ mientifying the
parameters that are repeatable within-participant and within-session when performing two
repetitions of the 2MWTIi) providing reference values for people with lower-limb amputation and
sound participants in order to comparatively characterize both populations andtain target value
for the rehabilitation,iii) providing an estimate of the minimal detectable change by each parameter
using this protocol, in order to identify parameters susceptible to be relevant for the rgh&bn.

2.1.1. Material and methods

a. Participants

The study was designed according to the Declaration of Helsinki and was granted ethical approval
(CPP N° 2018-A03477-48). Nine people with transtibial amputation (Ade+510.5 years, 8 males,
mass: 78.6 = 17.3 kg; height: 1.73 £ 0.09 m, time since amputaBi® + 6.0 years) and nine
asymptomatic participants (age: 30.1 = 11.1 years, 7 males, mass: 80.9 §;22Rkt: 1.80 + 0.13
m) gave written informed consent to participate in the study. Both groups were matcheagefaler,
height and mass. Inclusion criteria for lower-limb amputees were peogle wviilateral transtibial
amputation due to trauma or tumor, fitted with a definitive prosthesisrwon a daily basis, able to
walk two minutes without any assistance. The amputee participants walked with their usstigsis.
Exclusion criteria for both populations were the concomitance of an orthopedicearoiogic
pathology. = =

b. Acquisition protocol

Each participant was equipped with a pair «
pressure insoles (Loadsol, Novel, Germany, I
* U %o 0-19 | matching his/her shoe sizes and wil
§ZE /Dhe ~DdA £~ veU E 8Z EcC
1), embedding a tri-axial accelerometer (+ 16 g) ant
tri-axial gyroscope (x 2000 deg/s), positioned on t
lower trunk (L4/L5 level), on the center of the sternui
and on the occipital bone of the headrigure 48).
Insoles were calibrated following the instructions « |
the manufacturer, by alternatively loading each IM
with the full body weight after a minimum of fifteer

minutes of wear for sensors warop (Loiretet al,  Fgure48: Participant equipment with IMUs and insoles.
For the acquisitions, IMUs on the pelvis, sternum, and heac
positioned under the Velcro straps to prevent sensors slidil

136



2019). Each participant was given some timeget used to the sensors and to ensure that they did not
hinder his/her motion.

Afterwards, each participant was asked to perform two repetitions of the 2MWT. Participants were
instructed to walk as far as possible along a corridor or squared path includindstirség of at least
25 m within the two minutes, but were not encouraged during the test, in accordaritethg test
administration guidelines (Brookst al, 2001). For synchronization purpose between IMUs and
insoles, each repetition of the 2MWT was followed by a 10-s recordingeafalle sensors signals
during which each participant was standingistatic posture and was asked to strike the ground with
his/her prosthetic leg. The distance covered during the test was measured using graduatiomg prese
in the corridor and a tap meter. Following the first trial, the participant coail as long as necessary.

c. Data processing

IMUs and insoles data were post-processed using MATLAB® software (The Math\W/piM# In
US). Synchronization was performed semi-automatically by aligning the Kkickimapmueaks
occurring at the end of the 2MWT trial in the pelvis vertical acceleration and insphalsi
Synchronization delays had bearpriorievaluated to be within 1 frame at 100 Hz using an electronic
trigger in a motion analysis laboratory to synchronize IMUs, insoledaaod plates data. For each
2MWT, the average velocity of progression was computed as the ratio of the distance cduarep
the test divided by the test duration, i.e. two minutes.

Proper alignment of the IMUs with craniocaudal (CC), anteroposterior (AP), and mediq{isiieyal
anatomical axes was ensured through a verticalization procedure during the initial siatiae of
each 2MWT (Bergamini et al., 2014). Only steady state straight-walking strides wsigeced within
each test for the computation of gait quality indices. Turning strides were identifisithg the yaw
angular velocity measured by the pelvis IMU and were discarded from the analysis.

Gait segmentation was performed using a 20 N threshold on the insoles' greantion force
signals (Loiregt al, 2019). Gait quality indices were then computed for each stride:

- Temporal and loading asymmetrwere quantified using, respectively, the stance phase
duration (SPD) of each lower limb and the magnitude of the weight acceptance pepk (Fz1
in early stance with the absolute symmetry index:

#5+ %EH srt where 5and 2are the SPD or Fz1 values for the sound and

prosthetic limbs respectively (Nola al,, 2003).
- The improved Harmonic Ratio (iIHRyas computed for each of the 3 acceleration
components measured at the pelvis level (Pasciuto et al., 2017). Its compuiatiased

on a spectral analysis of the acceleration and yields values between 0%tq(sttyp
.0

asymmetry) and 100% (perfect stépstep symmetry): E* 4 L,&S,\;,—E@—%3 &rr

%EC))>
where ZJ and 2(2\,( respectively refer to the power associated with the intrinsic harmonics
(contributing to gait symmetry) and extrinsic harmonics (leading to tiemigdrom a
symmetrical pattern) of the acceleration signal (Cappozzo, 1981)
- After mean subtraction of the complete acceleration signed®f mean square of the
accelerations (RMS)vere computed for each stride and each IMU along the three
anatomical axes of the underlying segment. RMS values were then divided by the average
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walking speed in order to mitigate the dependency of accelerations with velocity and will
be designated hereafter as RMSa.

- The capacity to minimize the oscillations transferred from the lower to the uppey bod
was quantified through thattenuation coefficients (ACpetween each level pair of the
body (AGs AGH and AGu between pelvis/sternum, pelvis/head and sternum/head
respectively), and for each acceleration component (Paradisi et al., 2019):

#%oL s F Eigi
Attenuation of the accelerations from lower to upper body levels corresponds to
positive coefficients, while amplification yields negative coefficients.
For each 2MWT of each patient, the median and interquartile range (IQR) of each of the gt quali
index was computed over all the analyzed strides, yielding 23 quantitative p&esrin addition to

the distance covered during the test.

d. Statistical analysis

For each gait quality index, normality of the median values was veriigd) uhe Shapiro-Wilk
test. According to the test result, either parametric tests (paired t-tests) or non-parameists
(Wilcoxon signed-rank tests) were implemented to compare the outcomeseofwo repetitions of
the 2MWT within each population. This step allowed to identify gait quality indices vileag
repeatable within-session for each population. The repeatability coefficient of eachugdity index
was computed following Bland and Altman as twice the standard deviatithedafifferences between
the two repetitions of the 2MWT (Bland and Altman, 1986). Since the standard devidtite o
differences allows to estimate the standard error of measurement, the repeatability coefficient is an
estimate of the minimal detectable change with a 95% confidence interval, andrisssgd in the
same units as the original index (Weir, 2005).

Then, for the parameters that were found to be repeatable in both the asymptomatic and
transtibial amputee populations, descriptive statistics (medians, IQR) were computedhevgait
quality indices for each population. Either parametric tests or non-parametri@itep tests
(respectively, t-tests or Wilcoxon tests) were implemented to compare the outcomes ofrthe fi
repetition of the 2MWT across both populations.

The statistical analysis was performed using R® version 3.5.1. The alpha leveficdrsig was
set to 0.05 for all statistical tests.

2.1.2. Results

I. Identification of within-session repeatable gait quality indices andnastin of the
minimally detectable change

Table 23 provides a visual representation of the results of the statistical tests congpéahnim
outcomes of the two repetitions of 2MWT within each population. Two parametesplayed a
statistically significant difference within session: the attenuation coefficients betwleepelvis and
sternum in the vertical direction in the asymptomatic population and the RMSa measured at sternum
level in the anteroposterior direction in the transtibial amputee population. Therefboth these
parameters will be discarded from further analysis.
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Table 23: Visual representation of the statistical comparisons of the median scores achieved during the two repetitions «
minute walking test (2MWT) for all gait quality indices in asymptomatic panteguad people with transtibial amputation. Gree
empty cells indicate gait quality indices that were not found to differ between both repetitioms BMWT while orange cell:
filled with an asterisk indicate gait quality index for which a statistical differedlexel of significance = 0.05) betwee
repetitions of the tests.
iHR = improved Harmonic Ratio; RMSa = Root Mean Square of Acceleratiedsbglithe average walking speed; AC
Attenuation Coefficient; ASI = Absolute Symmetry Index

Gait quality
indices

Asymptomatic participants

Anteroposterior

Mediolateral

Vertical

Anterop

Transtibial amputee participants

osterior

Mediolateral

Vertical

iHR

RMSa pelvis

RMSa sternum

RMSa head

AC pelvis/sternun

AC pelvis/head

AC sternum/head

Asymptomatic
participants

Transtibial
amputees

Temporal ASI

Loading ASI

2MWT distance

The repeatability coefficients, which represent an estimate of the minimal detectable difference
were computed for each population and each parameter except the two that displayed sikgion
difference (Table 24). Higher repeatability coefficients were observed in people with transtibial
amputation except for the stance-phase duration ASI and the covered distance.

Table 24: Repeatability coefficients computed for people with transtibial amputation and sound participants based on the
two repetitions of the 2-minute walking test for the distance covered during the test and the selected gait quality indices.
iHR = improved Harmonic Ratio; RMSa = Root Mean Square of Acceleratiahdylithéeaverage walkng speed; AC =

Attenuation Coefficient; ASI = Absolute Symmetry Index; AP = Anteroposterior; ML =eké&dibtav/ertical.

iHR RMSa RMSa RMSa | AC pelvis| AC pelvig AC sternum| Temporal| Loading| Distance
(%) | pelvis (sY) | sternum (sh) | head (s!) |/ sternum | /head / head ASI (%) | ASI (% (m)
~|AP| 74 0.50 / 0.55 0.58 0.53 0.54
Transtibial ) 156 o1 g 35 0.73 0.22 0.58 0.17 0.42 2.8 100 | 146
amputees
v | 83 0.53 0.50 0.62 / 0.18 0.15
AP| 1.0 0.20 / 0.31 0.18 0.25 0.48
sound F 1y o 0.08 0.05 0.14 0.08 0.16 0.15 3.3 3.3 17.4
participants
v | 13 0.26 0.15 0.21 / 0.08 0.07

il. Description of the transtibial and asymptomatic populations using gait quality indices

The median values of each gait quality index and the covered distance obtained tiharifigst
repetition of the 2MWT for both populations were assessed and compdrabl€25). In addition to
the covered distance, ten out of the 21 remaining gait quality indices wleog/n to be statistically
different between the populations of asymptomatic participants and transtibial amputees.
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Table 25: Median and interquartile range (IQR) of the median scores achieved during the first repetii®-ofinute walking
test (2MWT) by the sound participants and the transtibial amputees. Significant differende{B&g)h both populations ar

indicate pe]vP

« Slete] of sigmificance = 0.05).

iIHR = improved Harmonic Ratio; RMSa = Root Mean Square of Acceleratiahdylitheéeaverage walkng speed; AC =

Attenuation Coefficient; ASI = Absolute Symmetry Index

Anteroposterior Mediolateral Vertical
Median (IQR) Median (IQR) Median (IQR)
Sound Transtibial . Sound Transtibial . Sound Transtibial .
- Sig. - Sig. . Sig.
participants | amputees participants | amputees participants | amputees
iHR (%) 96.9 (2.1) |859(6.5) |* 85.2 (11.1) | 71.4 (8.4) |* 97.6 (1.5) |89.1(6.6) |*
RMSa pelvis (3 2.05 (0.93) |1.78(0.88) 1.77 (1.19) | 1.60 (0.70) | * 3.13 (0.76) | 2.47 (1.41)
RMSa sternum (8 |/ / 1.09 (0.51) |1.27 (0.39) | * 3.37 (1.29) | 2.56 (1.24)
RMSa head (§ 1.17 (0.58) |1.69 (0.75) |* 1.00 (0.27) |1.53 (0.30) | * 3.35(1.07) | 2.55 (1.20)
AC pelvis/sternum | 0.35 (0.29) |0.19 (0.29) 0.31(0.45) | 0.27 (0.25) / /
AC pelvis/head 0.50 (0.38) |-0.03 (0.69) | * 0.20 (0.47) | 0.05 (0.20) -0.01 (0.12)| -0.01 (0.15)
AC sternum/head | 0.26 (0.52) |-0.39 (0.91) | * 0.03 (015) |-0.20(0.23)|* 0.01 (0.09) | 0.00 (0.12)
Sound Transtibial .
s Sig.
participants | amputees
Temporal ASI (%) |-1.4 (3.58) |8.8(9.3)
Loading ASI (%) [0.6(12.2) |5.6(21.3)
2MWT distance (m)| 192 (16) 140 (35) *

The RMSa measured at the pelvis level along the three directions was lowepinegnpeople
compared to sound participants, although this difference was significant onlihéomediolateral
component. To the contrary, RMSaasvsignificantly higher in amputees compared to sound
participants in the mediolateral direction for the sternum and in both mediolateaad
anteroposterior directions for the head. For all three levels of the upper body, RMd&atake vertical

direction were lower in transtibial amputees although not significantly.

The symmetry indices (iHR, temporal and loading ASI) indicated a trend of reduu®eétsy in
people with transtibial amputation compared to sound participants, butyahle iHR differences
proved to be statistically significant between populations.

Attenuation coefficients were similar across both populations in the vertical directione@saty,
people with transtibial amputation exhibited lower coefficients, sometimes negative, & th
anteroposterior and mediolateral directions for the peltéshead and pelvise-sternum coefficients.

2.1.3. Discussion

The aim of this study was to investigate the relevance and feasibility of manjtgait quality
using indices obtained using wearable sensors such as IMUs and pressure insdiesheFirs
repeatability intra-session of the identified gait quality indices was investigatestingmpulations of
transtibial and sound participants. Eleven out of the 22 repeatable indinekiding the distance
covered during a 2MWT) were shown to allow to discriminate transtibial amputees $@mmd

subjects.
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i. Identification of within-session repeatable gait quality indices andnaistin of the
minimally detectable change

Except for the attenuation coefficients between the pelvis and sternum in the vertical direction in
the asymptomatic population and the RMSa measured at sternum level in the antesdpost
direction in the transtibial amputee population, no gait quality indespthyed a statistically significant
difference between both repetitions of the 2MWT. It was s$liecided to discard these indices from
further analysis. Indeed, they were considered less susceptible of detecting subtigeshaithin a
population.

Conversely, the parameters included in the analysis were deemed repeatable as no difigesnce
detected between both repetitions of the 2MWT. However, the present results must be materpin
the light of the following two considerations: first, it is possible that rfeedtnce was detected due
to the small samples included in this study. Second, the repeatabilitficdeats obtained in this study
are likely to underestimate the minimal detectable change by each pair of semdgiaét quality index.
Indeed, these indices were acquired within the same session, without remawthgepositioning the
sensors. A different positioning of sensors would have affected the measured signals, andlence,
values of the retrieved parameters. Similarly, inherent taglay variability within participants could
have contributed in the increase of the repeatability coefficients.

Except for the distance covered within a 2MWT, no prior study reports repeatabilityaierf§
or minimal detectable changes for the parameters and the population irgagsil in this study.
Therefore, for the gait quality indices obtained with wearable sensors, it is not potsibtempare
the computed repeatability coefficients with the literature. Regarding the distance, Resnik and
coworkers evaluated the test-retest reliability of the 2MWT in a sample constituidd4 lower-limb
amputees, including 19 (43.2%) people with transtibial amputation 28d56.8%) people with
transfemoral or though-knee amputation, who performed a 2ZMWT twice within a wEai.minimal
detectable change with a 90% confident interval reported in their study is 34agaimst 14.6 m with
a 95% confidence interval in the present study (Resnik and Borgia, 2011). Sincestémeedi
measurement is not affected by sensor relocation, it is expected that the study desiymt is
accountable for most of the observed difference. In the study retrieved from the literature, the
participants could use mobility aids (although it is not mentioned if any of the paatits did require
any assistance when performing the test), participants were older than in the current study &gean
66 £ 13 years) and a little more than half of them were amputated at a higher vt age and level
of amputation have been shown to be associated with decreased functional capacities. Therefore, we
assume that the results achieved in the present study are more susceptible to represent the papulatio
of experienced walkers with transtibial amputation. According to our results, thé&/ZN& thus able
to detect score changes as low as 15 m. A between-session configursiionlsl nevertheless be
implemented to confirm our results on a bigger sample size.

In general, higher repeatability coefficients (and thus, higher minimal detectable esangre
observed in people with transtibial amputation compared to sound participaxtept for the stance-
phase duration ASI and the distandealple24). This reflects a higher inter-subject variability within
the population of people with transtibial amputation compared to sound subjects. diterent
prostheses used by the recruited participants and the large range of durations sinceéssimpmay
expain the observed variability in this population. The values of the repeatabd#jficients provide
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trends regarding the possible minimal detectable changes in people with transtibj@litation and

in sound participants. However, in order to interpret if a gait quality indetained following the

presented protocol can dete€ epu((] ] vSoC <p So Z vP ¢ 8§} SCE | % S] vSe[ % CE
rehabilitation, baseline values and values achieved during the rehabilitation areedquiherefore, a

study involving a regular follow-up of people with transtibial amputatiodengoing rehabilitation is

necessary. Comparing the repeatability coefficients to the 2MWT score changes obketwegn

baseline and follow-up / discharge would allow to conclude on thlevance of the selected
parameters for rehabilitation monitoring.

il. Description of the transtibial and asymptomatic populations using gait quality indices

Apart from the iHR, all the gait quality indices reported in the present studyahreddy been
investigated in the population of people with transtibial amputatiarthe literature, although never
concomitantly

The distance covered during the 2MWT by both populations is consistent with tesvalported
in the literature for both sound adults (Bohannenhal,, 2015) and people with transtibial amputation
(Gaunaurcet al., 2020). Furthermore, this confirms that self-selected speed of people with transtibial
amputation is lower than that of sound participants. This reduced walking spegd not only be the
sign of higher metabolic cost of walking (Watet al, 1976) but also of decreased stability as it was
shown to be one of the mechanisms allowing to increase the margin of stabilitye{labk2014).

Sound patrticipants achieved similar iHR scores as those reported in the literature (Besgahi
2017; Pasciuteet al,, 2017). Regarding the scores achieved by people with transtibial amputation,
while no reference value could be retrieved in the literature, results seem considtetged, the
achieved iHR scores by people with transtibial amputation in this study wesercto those of
asymptomatic population than people with transfemoral amputation (Pas@&ti#d., 2017), who were
previously shown to have a more asymmetrical gait pattern than people with transimiplitation
(Nolanet al., 2003; losat al., 2014; Cuttiet al,, 2018). losa and coworkers have evaluated the HR in
people with transtibial and transfemoral amputation at dismissal of the rehabilitatiotecélosaet
al,, 2014). The HR was shown to be less reliable and more difficiriteipret than its improved
version (Pasciutet al,, 2017) and therefore was not investigated in the present study. However, the
authors in (los&t al., 2014) observed the same trend as retrieved here: the gait of transtibial amputees
was shown to be statistically more asymmetrical than that of sound participants.

Asymmetry was also quantified in the present study using the ASI computed based on the stance-
phase duration (temporal ASI) and the vertical acceptance peak occurring in the firstthalbtdnce
phase (loading ASI). These parameters have been described in ilalgr2003) in a population of
four people with transtibial amputation, four people with transfemoral ampuwtatand six sound
subjects walking along a straight line at various speeds. Similarly as in éala2003), people with
transtibial amputation were shown to spend more time and put more weight on theindgdeg than
on the prosthetic leg. The asymmetries observed in the present study were less important disan th
reported in (Nolaret al, 2003), which might be explained by the higher distance and number of steps
covered in the present study, allowing to select strides pertaining to the steady state dlgjadugh
people with transtibial amputation exhibited more temporal and loading asymiesthan sound
participants, the difference between both populations was not found to be significant.
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It is interesting to note that among the 3 different kind of parameters quaintfgait (a)symmetry,
the iHR displayed less between-subjects variability than the conventional asympaeamyeters and
was the only index allowing to discriminate people with transtibial amputdtimm sound participants

(Table25).

Interestingly, RMSa measured at the pelvis leva$ lower in the group of transtibial amputees
than in sound participants in all directions, even if the difference was only statigtgigfificant for
the mediolateral acceleration. In the literature, pelvis RMS values were higher in pgitadlgait than
in normal gait at pelvis level when normalized to walking speed (Suetiala 2016; Bergamiret al,,
2017; Bellusciet al., 2019). In (Paradist al., 2019), RMS accelerations at the pelvis level were found
to be significantly higher in the transtibial amputation group thanthie control group in the
mediolateral direction, but the RMSasnot normalized to walking speed while the former was shown
to be significantly more important in the control group. Another reason far difference might again
lie in the reduced time since amputation in the population investigateithe present study compared
to that recruited in (Paradiit al, 2019). Indeed, in (los al,, 2014), lower-limb amputees evaluated
at discharge from the rehabilitation exhibited significantly lower RMS values at ties pmtel along
the anteroposterior and mediolateral directions compared to the control grathe less time spent
walking with a prosthesis may contribute to a lower trust in the prosthesis, resultingluntaaly
restraining motion at the pelvis level to enhance control over the prosthesis.

Conversely, sternum and head RMSa were significantly higher in ampuegared to sound
participants in both the mediolateral and anteroposterior directions. Attenuatifithe accelerations
from pelvis to sternum in the anteroposterior and mediolateral directimese insufficient to regulate
the RMSa at the sternum level in the transtibial amputee group. The higher RM&asiernum in
the mediolateral direction may result from gait compensations involving the tmutthe frontal plane
of people with transtibial amputatio (Michaud et al, 2000) In the amputee group, negative
attenuation coefficients were observed from the sternum to the head, thus leading to an antjgifica
of the accelerations and increased RMSa at head level compared to sternum leviemicgnresults
from the literature (Paradisét al, 2019). Similarly, reduced attenuations of accelerations from the
pelvisto-head accelerations were observed in our sample of amputees compared tod soun
participants or even to the transtibial amputees described in (Paratlial, 2019). This seems to
indicate a lower stability of the transtibial amputees recruited in the present studychamight be
explained by the reduced time interval since amputation of some participants. Tfeulty to
attenuate accelerations from the lower limbs in the anteroposterior and mediolatérattions may
result from the reduced counter-rotation of pelvis and trunk segments in theswrarse plane
observed in people with lower-limb amputation (Goujon-Pidesl., 2008) and was also observed in
patients with subacute stroke (Bergamatial, 2017). This may lead to instability of the head, thus
compromising a steady optical flow and vestibular proprioception, which in oy lead to an
increased fall risk.

All in all, the quantified parameters during the 2MWT tended to indicate @edsed dynamic
balance in people with transtibial amputation compared to sound participants, gy eleven of
the twenty-two remaining parameters (including the distance) allowed to discrimitia¢e two
%} %0 S]}veX /8 eZ}po v}§ 87 § 3Z]e *5u C S eviie30a@Ad B}vEv
parameters for rehabilitation monitoring in people withwer-limb amputation. Indeed, the eleven
parameters that differ between populations may not display a progression during the liédiadn
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and therefore, may not be responsive to change. In particular, the attenuatidficieats were shown
not to display a significative difference between assessments occurring before andrestéyular
rehabilitation training in people with stroke (Tramontaeo al., 2018). Conversely, the parameters
that were not found to be statistically different in sound participants andgbe with transtibial
amputation that have terminated their rehabilitation may display a wide nmaogiprogression during
the rehabilitation. Therefore, obtaining baseline values at the beginningy arf in the course oft
rehabilitation is paramount to draw conclusions on the relevance of the derei parameters.
However, some assumptions can be drawrcomparing the values of the repeatability coefficients of
each gait index with the median values achieved in rehabilitated transtibial ampieesstance,
the high variability of attenuation coefficients within the population of pko with transtibial
amputation leads to repeatability coefficients that are way higher than the achievedamediues as
well as than the difference of median values between transtibial amputees and souncigearts. As

a consequence, these parameters are not expected to capture subtle changes that may oayr du
the rehabilitation of people with transtibial amputation. Conversely, the repeatalitigfficients of
the three components of the iHR are very low compared to the median iHRsvafupeople with
transtibial amputation while being lower than the observed difference between bothulabipns. It
therefore appears that the iHR could allow the detection of subtle improvements in theeiry of
transtibial amputee gait. These hypotheses should be verified in a study invivhmstjbial amputees
undergoing rehabilitation, which, in turn, would allow to quantify and compare qality indices
measured at several periods of the rehabilitation.

This study allowed to demonstrate the feasibility of instrumenting people with trbiasti
amputation during their rehabilitation to quantify gait quality indéicé he latter were acquired by a
physiotherapist during a 2MWT, which is a clinical test easy to implementsually performed in
clinical practice. The participants reported no discomfort or motion hindratueeto the sensors. In
order to facilitate the implementation of the protocol in the clinical routiaetomation of the post-
processing is required (in particular, sensors synchronization) as it would altibein an immediate
report at the end of the rehabilitation session.

2.1.4. Conclusions

This study investigated the feasibility and relevance of tracking gait quality indiceedi from
IMUs or pressure insoles signals during two-minute walking tests (2MWT) perfoymaebple with
transtibial amputation. Most of the investigated gait quality indices (impdofiarmonic ratio, root
mean square of head, sternum and pelvis accelerations, loading and temporalgaitesry and
attenuation coefficients from the lower-limbs to the upper-body) were showhdaepeatable within
session, and therefore to be good candidates for such a monitoring. Furthermore, teof the
twenty-three investigated indices showed that people with transtibial amputagxhibited an
asymmetrical gait pattern and were more prone to falling than asymptomatic peoptetween-
session test-retest reliability study should be implemented to confivenobserved trends regarding
the reliability of the gait quality indices derived from wearable sensors irstitainl amputee gait. A
study allowing to retrieve baseline values of the indices at the beginning and during thelitatiab
must be implemented in order to identify the indices that allow to detect agpeesion of the
participants during the rehabilitation and therefore to confirm the relevance of tlstrumented
2MWT for the follow-up of people with transtibial amputation along their rehbion.
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2.2. Computation and interpretation of the improved harmonic ratio in people with
lower-limb amputation

Despite its wide use for gait symmetry quantification in the recent literatime computation and
interpretation of the improved harmonic ratio (iHR) retains some uncertainties.

This section will therefore be divided in two subsections. The first subsection aicterifying
whether the iHR must be computed on segmented gait cycles or if it could be computed whole
gait signal without segmentation, and if the segmentation method has an impatte computed
score. This study was presented at the 2019 congress of the Société de Biomécaamiguses the
data described in the first chapter of Part 3. The second subsection aims estig@ating the
relationship between the iHR and traditional temporal and loading asymmetigeisdwhich are used
in the clinical practice and are easily interpretable. Indeed, while the iHR was1gb discriminate
people with transtibial amputation from sound participants, where commardgd temporal or
loading asymmetry indices failed (see section 2.1 above), its interpreiatierms of the (a)symmetry
origin or causes remains questionablEhis study uses the data collected on nine people with
transtibial amputation, presented in the preceding section.

2.2.1. Investigating symmetry in amputee gait through the Improved Harmonic Ratio
influence of the stride segmentation method

a. Introduction

The quantification of gait symmetry is extremely important in several cliotgagbxts. Among the
many indices used to describe gait symmetry, the Harmonic Ratio (Hieh, iwfbased on a stridey-
stride spectral analysis of trunk accelerations, is often used (Bellehe&, 2013). Recently, an
improved version of this index (iHR) has been proposed, relying on a rigoaitiematical definition
and on values ranging from 0 to 100% (Pasatitd. 2017). The influence of acceleration realignment
procedures (Bucklegt al., 2017), as well as of the number of considered strides and harmonics on HR
and/or iHR values have been assessed in the literature, and standardized guidelinebekave
proposed in this respect (minimum of 20 strides and 20 harmonics shouldns@ered) (Rivat al,,
2014; Pasciutet al.,, 2017). Concerning stride segmentation approaches, several methods are usually
adopted in the literature, based on different signals (ground reaction forces, peitvishank
accelerations or angular velocities), thus corresponding to different instants of tithenvthe gait
cycle. The whole signal has also been considered, to avoid the propagation of eedcsidaccurate
segmentation (Rivat al, 2013) Nevertheless, despite its role in the computation of iHR, the impact
of the stride segmentation method has never been adressed, especially in people chagddigringh
gait asymmetry, such as people with lower-limb amputation. Thus, theddithis study was to
investigate the influence of different stride segmentation methods and of the absence thereof on iHR
values obtained during gait in people with transfemoral amputation.

b. Methods

i. Participants & protocol

This study was granted ethical approval (CPP IDF VI, N° 2014-A01938-39kanuksple with
transfemoral amputation (5 males, age: 4¥ 3.9 years, mass: 74.5+11.9 kg) gave written informed
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consent prior to their participation. They were instrumented with a pair of pressure insoles ([160el
Hz) and two inertial measurement units (Xsens, 100 Hz) located on their lowkr(trdifv 5 level) and
prosthetic shank. Participants walked a minimum of three times at their self-selected spegdasalon
8-meter linear pathway. At the beginning of each trial, they were required toistaystatic posture
for 3 seconds and to perform a kicking task for synchronization purpose.

. Data processing

Proper alignment of the trunk unit with craniocaudal (CC), anteroposterior (AP), and mediolateral
(ML) anatomical axes was ensured through a verticalization procedure during the initial stati@pos
of each trial (Bergamirgt al,, 2014). Only steady state strides were considered by discarding the first
and last strides of each trial. The iHR was then computed, for each stride and each anadaisjcal
using four different segmentation methods, representative of the state of the art:

X Insoles (REF) (used as a reference): based on the timings of initial foot contacts,
determined using a 20 N threshold on the insole signals;
x Shank (TIB): based on local maxima in the measured ML shank angular veloalt; sig
roughly corresponding to the middle of the swing phase;
X Pelvis (PEL): based on the local maxima in the measured ML lower-trurkrargocity
signals, occurring slightly after initial contacts;
X Zijlstra (ZS): based on an algorithm which identifies initial contacts in the ABratoel
measured at the lower-tnok (Zijlstra and Hof, 2003).
In addition,_no stride segmentation (ABS) was also considered, corresponding to the caiaflati
the iHR on the whole signal for each gait trial, from the first to the last initial contacts detegtdud
insoles.

For each patient and each segmentation method, the medians and interquartile ranges (IQRs) of
the iHR were computed. The IQR/median ratio (IMR) was also calculated to estim@tR reliability.

iii. Statistics

A Shapiro-Wilk test was performed on the iHR medians and IMR. According to ttie oéshis
test, a one-way Repeated Measures ANOVA, or a Friedman test, was performed togatwes
significant differences existed between REF and the other methods (TIB, PELSY R aldise
comparisons were analyzed usimpst-hoc paired t-tests or Wilcoxon signed-rank tests and
consideringa Holm-}v( EE&}v] }EE S8]}vX &]v ooCU W E-*}v[e }E "% &u V]|
investigate correlations between iHR values obtained with IS and the othernfietinods. The
*]PV](] v 0 A 0 ~re A+« 535} iXifi (JE 00 *3 3]+3] 0 & «3«X

c. Results and discussion
A total of 405 strides pertaining to the steady-state phase of gait were analyzed.

Regarding the iHR obtained with IS, results were consistent with those obtained litetature
for the same population (Pasciutet al, 2017) Figure 49). Only iHR scores obtained without
segmentation (ABS) were significantly different to those obtained using insolesf(iRREBF}hree axes
(Figure49 t p < 0.0125 Figure50). Furthermore, iHR scores derived from TIB, PEL, and ZS were very
strongly and significantly correlated with the reference iHR (r>0.97, p<0.05)efSely, correlations
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between REF- and ABS-based iHRs were only moderate and not significant duttwf three
directions.
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Figure49: Median values of the iHR scores for each segmentation method (REF = reference, insole-basetiBietibdn
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absence thereof (ABS = no segmentation) and each participant along all three anateesicahrderoposterior (AF
mediolateral KIL), vertical (CC).

iHR (%)

Figure50: Median and interquartile range values over all participants for all the segmentation m@Edtls reference, insc
based method; TIB = shank-based segmentation ; ZS = segménta }v ¢]lio*SE [¢ oP}@&U8KZhate
segmentation) along all three anatomical xanteroposterior (ARnediolateral KIL), vertical (CC).

Concerning the iHR reliability, consistently with previous findings (Pastiatp2017), IMR values
were found to be higher in the ML than in AP or CC direcfi@ble 26). No statistically significant
difference was found between IMRs obtained with IS and any other methods, for each axis.

Nevertheless, TS-based iHR IMRs tended to be higher than those obtained with the other séigmenta
methods.
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Table 26: Mean and standard deviations of the iHR IMRs (ratio of the interquartile range and medeagh feegmentation

method (REF = reference, insole-based method; TIB = shank-based segmentation ; Z/ $ sepine }v ¢]io*SE |-
algorithm, PEL = lower-trunk based segmentation) and in the absence thereof (ABS memtasieg) for the different

anatomical axis (anteroposterior [AP], mediolateral [ML], vertical [CC]).

iHR IMR values [%]

AP ML cC
S REF  11.3+59  21.4+97 12756
g3 TIB  11.3+2.0 281+229 7.2+44
g g ZS  127+74 29484 13135
S E PEL  126+81 346%160 154:58
o ABS  69+322 4981604 561 14.0

d. Conclusions

This study showed that computing iHR on the whole acceleration signal providéfsaigly
different results than using any of the assessed stride segmentation method. When using stride
segmentation methods, care should be taken to ensure that the method chosen pravidgisble
segmentation for the specific population under study. In particular, special attenticst bwai paid
when using pelvis accelerations due to feet impacts attenuation and inherent sigreddiligriat trunk
level (Trojaniellet al., 2015).

2.2.2. Investigating symmetry in amputee gait through the Improved Harmonic Ratio
comparison with commonly used loading and temporal symmetry indices

In order to investigate the relationship between the iHR and conventional gaihsyry indices
the data previously collected during a 2MWT performed by nine sound partisigand nine people
with transtibial amputation were used (see section 2.1.1). The median iHR values along the three
directions and the median absolute symmetry indices (ASI) of stance-phaseodu(simporal
symmetry) or of the vertical ground reaction force peak occurring in early stgading symmetry)
(Nolanet al, 2003) of each participant were retrieved during the first repetition of the 2MWT.
Spearman correlations were then computed between the temporal and loading ASI andRhe
computed in all three directions, for the population of transtibial amputeesl for the sound
population. The level of significance was set to 0.05.

The achieved correlations between the iHR and the ASI are reporieabie27.
Table 27W "% @&u v—+ }EE o 5]}vpvaluEs betweer te jmproved harmonic ratio (iHR) computed in the

anteroposterior (AP), mediolateral (ML) and vertical (V) directions and the tempabtebding absolute symmetry index (ASI)
in nine people with transtibial amputation and nine asymptomatic participants.

Sound participants (n = 9) Transtibial amputee participants (n = 9)

Loading ASI Temporal ASI Loading ASI Temporal ASI
E p-value E p-value E p-value E p-value
iHR AP 0.15 >0.05 -0.17 > 0.05 0.15 > 0.05 -0.03 > 0.05
iHR ML 0.18 > 0.05 0.48 > 0.05 -0.08 > 0.05 0.05 >0.05
iHR V 0.60 >0.05 0.58 > 0.05 0.43 > 0.05 -0.17 > 0.05

None of the correlations were found to be significamiv@lue > 0.05). Furthermore, the strength
of the correlations between each pair of iIHR component and ASI were shown ¢o aiffoss
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populations (see for instance the correlation between the iHR in the mediolatesaitidin and the
temporal ASI in both populationsTrable27). Therefore, it can be concluded that the iHR components
are not associated with either gait temporal or loading symmetry.

The former indices are easier to interpret than the iHR but were shown not to allew th
discrimination between people with transtibial amputation and sound partidipaTherefore, they
may not allow to detect changes within patients or to detect the differences betweerstitaal
amputees displaying different levels of asymmetry. Conversely, the ibdRdlto discriminate people
with transtibial amputation from sound participants and displayed small repe#tabibefficients,
indicating that it may allow the detection of subtle changes of (a)symmeithin participants.
Futhermore, the iHR is computed from the acceleration signals of one sensor positibtiezlpelvis,
which } ev[§ E «<u]E 3§} 0] E 3 X /88Z E (JE %E}A] « ulE
derived from pressure insoles data. However, it should be noted that the pelvis is dagmint to
emulate the body center of mass. The validity of this assumption when congptiteniHR should
however be verified in pathological gait, as it was shown that the pelvis acceterdties not
accurately emulate the body center of mass acceleration in people with transfeoaltation for
instance (see chapter 2, part 3). Furthermore, the clinical interpretation of the iHR is not
straightforward. It seems to identify overall gait (a)symmetry and, baseidsatefinition, it is likely
influenced by asymmetrical gait pattern of contralateral limbs. However, it is not curqeogisible to
conclude on the origin(s) of the detected asymmetries. Further investigations are therefprieed
to shed light on the interpretation of the iHR in people with lodietb amputation. It might be
relevant to investigate the impact of asymmetries in joint patterns on the iHRs#@h order to better
further understand this parameter.
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Conclusion

This part of the thesis aimed at investigating the feasibility, relevance and intra+seskadility
of using wearable sensors to describe gait quality using parameters deriveddireat signal
processing, which neither require a biomechanical model of the human nor of the perfonotoh.
These parameters can be retrieved from a low number of sensors by instrurgesttimcal wallig
tests, making them particularly relevant for an ecological monitoring of rehabilitation

In the first chapter, the feasibility of deriving temporal parameters from gait evieletstified in
the signals of a single or two segment-mounted IMUs was investigated. Fivighaiggoiaken from the
literature were implemented and tested using gait data of people with transfenaonglutation. Two
algorithms were found to allow an accurate detection of initial and finatact events. However, they
tended to either underestimate the sound stance phase or to overestimate the prosthetic staase p
durations, which prevents their use for the quantification of temporal asymmetrgth€uwork is
required to improve the algorithms in order to use them for temporal asymmetrgitadng in people
with transfemoral amputation. The adequacy of the developed algorithms to the gpéayle with
transtibial amputation, which does not exhibit the same compensations as that of transiemo
amputees, should also be investigated. Although IMUs do not appear to be matufer yetmporal
parameters tracking in people with transfemoral amputation, pressure insoles represemaiid
wearable alternative (Loiredt al., 2019).

In the second chapter, the feasibility and relevance of tracking gait quality sntiqgeeople with
transtibial amputation undergoing rehabilitation by instrumenting the two-minute kivey test
(2MWT) with pressure insoles and IMUs was investigated. In order to fulfill this aim, gjitiy qudices
(improved harmonic ratio [iHR], root mean square of accelerations [RMSa] and attenuation
coefficients between the pelvis, sternum and head) were computed in both rehabilitateplg with
transtibial amputation and sound participants. The study therefore allowed to miderence values
for the population of transtibial amputees and to characterize the risk affalind gait asymmetry of
this population by comparison to sound participants with the above-mentionedjgaliity indices. In
particular, this study was the first to provide values for the iHR in people vattstibial amputation.
The first step conducted in this study is necessary in order to obtain target syalugng the
rehabilitation. Furthermore, the participants were asked to perform two repetitionthef2MWT,
which allowed to obtain a first estimate of the minimal detectable change by paittof sensor/gait
index. Although the retrieved repeatability coefficients may underestimate the actual mlinim
detectable changes, this study was the first proposing to assess the intra-seskanility of gait
guality indices acquired during a clinical test. However, without knowingahees taken by these gait
quality indices by people undergoing rehabilitation, the feasibilitaaifially detecting a gait quality
improvement or deterioration using the proposed protocol cannot be cordidrget. However, it is
worth noting that the protocol presented in this study proved to be compatiblé wlinical context
and could be directly implemented during the rehabilitation of patients

Furthermore, although ten of the investigated gait quality indices corroboratedlitbeature
regarding the higher risk of falling and reduced gait symmetry of pasjpfetranstibial amputation
compared to the asymptomatic population, there is still a lack of hindsight esetigait descriptors,
making their interpretation difficult. As an example, the iHR, computed freiwip acceleration
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signals, indicates overall gait (a)symmetry, but does not provide any indication regytlrdiorigin of
the asymmetry. In particular, this index was found not to be correlated with either teahpo loading
symmetry computed with the absolute symmetry index. It is believed that kinenzsymmetries,
such as an asymmetric knee flexion during gait, might have repercussions on thetittie,dyatocol
implemented did not allow to verify this hypothesis. Computing the iHR ofrafectory of the pelvis
or body center of mass may facilitate its interpretation but would considerabimpbexify its
computation from IMUs.

To conclude, wearable sensors offer the opportunity of easily tracking gait while i@nngally
invasive. Multiple indices have been proposed in the literature to desadigments and body motion
from the analysis of raw signals extracted from these sensors. For instance, the root mean square of
the acceleration within a stride computed at different levels of the upper body has pemosed to
describe the transmission and attenuations of oscillations from the lowerslitalthe head while
walking. Although the methodology is interesting, work has to be donerder to gain insight to
interpret these parameters. This study contributed to a better understanding and magtefin
wearable-based gait quality indices, advancing towards providing bettes fooltherapeutic follow
up. In order to further enhance the understanding of these parameters, futuraéessishould focus on
establishing reference values on larger samples of pathological or asymptgooatitations while
comparing the wearable-based gait quality indices to gold standards. This wilafadiie clinical
interpretation of the retrieved gait quality indices and therefore will promtite clinical transfer of
wearable gait quality analysis, thus having an actual impact on the clinical decision making.
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General conclusion

The aim of this thesis was to contribute to the development of a wearable framework pmpgup
the in-field assessment of people with lower-limb amputation during their functicetabilitation.

The first step to achieve this aim was to identify clinically relevant parasmébat could be
guantified using wearable sensor data. Therefore, fingt part of the thesis aimed at providing an
overview of the literature with regards to lower-limb amputee care (chapter Igmbchanical
parameters usually retrieved in lower-limb amputee gait analysis (chapter 2), apartopities
offered by wearable sensors through a presentation of the different technologies and thesdleriv
parameters from wearable sensor data analysis (chapter 3). In that last chapter, a special focus on
pressure insoles and magneto-inertial measurement units (MIMUs) was develspe®, these
technologies were found to allow capturing a wide variety of gait descriptocdimg a set of
parameters that are usually retrieved to describe the gait of people with lower-limpugation.
Interestingly, since wearable sensors rely on different technologies compared to thestgoldiard
optical motion capture systems or force platforms, the output parameters derived frearable gait
analysis may differ from those of usual laboratory-based gait analysis. Itwfadifferent approaches
have emerged from the literature when dealing with wearable sensors, and most particularly with
MIMUs. A first approach consists in developing biomechanical models of the hbounor the
motion (e.g. inertial model, inverted pendulum, kinematic chains) in ordegttéeve biomechanically-
founded parameters, similar to those that could be obtained (often more quicklyeasdy) with
laboratory-based instruments. A second approach consists in identifying patterttee isignals
measured by wearable sensors to extract new features describing a specific motion or pattmlogy,
learn the relationship between the observed features and a relevant reference gait descdpto
link features in the signal to observed events. In this second approaehp@orimodel of the human
body or motion is not necessary, and the post-processing may seem abosigngal processing than
biomechanical analysis. Both these complementary approaches were deemed relevant snd we
therefore implemented in the course of the thesis, with the aim to retrieve globatdptors of the
lower-limb amputee gait allowing to quantify gait deficiencies andrdlate those to mechanical
parameters. The overview of the literature presented in the first part of the mamisaltowed to
identify such global descriptors as being the kinematics of the center of mass and sydtsstiiptors
of balance and symmetry.

Thesecond partof the manuscript, then, proposed a framework for wearable gait analysis based
on a biomechanical model-based approach. This framework aimed at prg@diaccurate estimation
of body center of mass kinematics from a minimal number of sensors, in order wnig@atble with
the clinical routine. First, optimal sensor locations were identified through g@halysis of the
contributions of fifteen segments (head, trunk, upper arms, forearms, hands, pelvis, thighs, shéinks an
feet) to the total body center of mass acceleration in ten people with transfah@nputation, using
a full-body inertial model and an optical motion capture system (chapter 2helthird chapter, an
almost fully wearable framew& was proposed to retrieve body center of mass motion from inertial
measurement units positioned on the identified segments. The framework allowed to estiratte b
body center of mass acceleration and instantaneous velocity from only fiwosetocated on the
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trunk, thighs and shanks with high agreement compared to reference laboratory-based instruments in
}JV % Ee}v A]J3Z SE ve( U}E 0 UuU%us 3]}v ~W E-}v[e HIE 135£3
acceleration components and r > 0.94 for the instantaneous velocity). To the afikhorsledge, this

is the first study that allowed to estimate the instantaneous velocity of the body center ofimass
inertial Earth-fixed reference frame from wearable sensors, without having formulated thetHegis

that the center of mass of the body lies in the pelvis reference frame. The same methpdolad be
applied in sound or other pathological gait to develop approprigignoal sensor networks for these
populations Finally, an original study was proposed in chapter 4 to investigate thestoess of the
developed framework to erroneous identification of sensors positions. The methodotoggsed in

this chapter could be easily adapted to other sensor networks or other biomezigarameters (for
instance, the instantaneous velocity). It could also be implemented to investigatsgaet of errors
resulting from the proposed static calibration and assumptions in the coedpMIMUSs orientations

in a common global reference frame. It is therefore a precious tool to investigatimpact of sensor
positioning or localization on a parameter of interest.

The work achieved in this framework has, however, some limitations, the rbegis being that
the original algorithms and methods proposed in chapter 3 and 4 were deseland validated on
the data from a single person with transfemoral amputation, partly due topdmedemic situation in
2020. More patients should be recruited in order to confirm the validihd relevance of the
framework for body center of mass motion tracking. A second important limitatibithe wearable
framework proposed in this work is quite cumbersome due to the neewuitiple sensing modalities
The protocol could be simplified and made 100% wearable by usiiy lao8y scanner instead of
calibrated photographs and an optical motion capture system. However, the accuracy of the scan
based geometric inertial model and of MIMUs positions retrieved from the scan shewddaluated.
A few tracks for improvement regarding the framework consist in improving the identificati
MIMUs location by positioning MIMUs on top of the stretch Velcro bands afy/@ositioning colored
stickers on top of the location of MIMUSs origin. This could paveaag for the development of an
algorithm that would automatically detect the position of MIMUs origins tbe photograph or
textured mesh issued from the 3D body scan in order to reduce the interventidimeobperator.
Eventually, the development of a kinematic model of the lower limbs and/oripebuld allow to
further reduce the number of required sensors.

In parallel with these improvements, the framework could be expanded to propose the
guantification of other clinically relevant parameters. For instance, the instantaneous kot of
mass velocity could further be integrated to estimate the body center of mass displacament
excursion, which was used for instance to quantify inter-limb symmetry istipetic gait (Askevet
al., 2019). Another parameter of great interest, especially for the rehabilitation of pedfiidawer-
limb amputation (Cuttiet al., 2018; Loireet al,, 2019) is the ground reaction force under each foot
while walking. Several models have been proposed but they generally use the assurapti
symmetrical gait to distribute the force during the double stance phase of{Ayacillaoet al., 2018)
which is obviously not applicable in people with lower-limb amputation. Lastdiieast, combining
the estimation of the ground reaction force under each foot with the instantaneeiscity of the
body center of mass would allow to investigate mechanical energy exchanges witldithdual limb
method (Donelaret al., 2002b), therefore providing relevant information regarding the effect of a
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rehabilitation procedure or a prosthetic component on gait efficiency (Boenhel., 2014; Askevet
al., 2019)

In the third part of the manuscript, the relevance and feasibility of the second wearable gait
analysis approach which consists in identifying features or computing metrics from the sigifals
wearable sensors without the use of biomechanical modeltings investigated in people with lower-
limb amputation, with the perspective of a clinical transfer for rehabilitation monitoring.

First, the accuracy of statfthe-art methods for temporal parameter estimation using IMUs was
assessed in people with amputation. To this aim, five inertial-measurement-units-bageelvgnt
detection algorithms were implemented and tested in people with transfemoraldation. Although
two of the five algorithms displayed a good accuracy in the timingcofimence of initial and final
contact events, validating their use for gait cycle segmentation, they tendedhterainderestimate
the sound stance phase duration or to overestimate the prosthetic stance phase duration, igesultin
the underestimation of stance phase duration asymmetry. This comparative analysisghlighted
the need for the development and extended validation of algorithms that are spécipeople with
transfemoral amputation ambulating overground. It however providedva fieicks to enhance the
current algorithms in order to further improve gait event detection.

In the second chapter, a protocol consisting in the instrumentation ofwerhinute walking test
(2MWT) with three inertial measurement units and two pressure insoles was proposedwi¢@lo
guantify recent gait quality indices in a group of transtibial amputees arsafid participants and
was proved to be compatible with the rehabilitation. The investigated indices edlde quantify
either gait symmetry or the ability to attenuate acceleration from the loweb#no the upper body,
which was described in the literature as a pre-requisite to stabilize the meakk walking and
therefore, avoid falling. The study allowed to comparatively assess the populatitrarstibial
amputees and of sound participants, and showed that people with transtibial amputation walk with a
more asymmetrical gait than young and healthy participants (as evidencedItyea improved
harmonic ratio) and were more prone to falling (as evidenced by the highasr mean square
accelerations at the head and sternum level and the tomegative attenuation coefficients exhibited
by people with transtibial amputation). The study was the first to propose an estimafighe
reliability of the investigated gait quality indices in both people wiginstibial amputation and healthy
participants. However, the participants were tested twice within the same session, whitddlithe
influence of intra-participant variability and prevented to consider errors witiculd occur while
setting up or calibrating sensors in the repeatability analysis. Therefore, the estimaitgchal
detectable changes found in this study are to be carefully interpreted as they maydeeastimated
Still, the results obtained allowed to provide original reference values foethtices in rehabilitated
people with transtibial amputationin order to complete these results and advance towards clinical
transfer of the protocol, future studies should focus on retrieving the values of thaeggality
indices during the rehabilitation. Only then would it be possible to confitenrelevance of a gait
guality index for monitoring gait symmetry and/or assessing the risk afdadliring the rehabilitation.
Lastly, there is still a lack oindsight on the investigated gait quality indices, especially the improved
harmonic ratio, which makes their interpretation difficult and compromise theé in the clinical field
for clinical gait assessment. Concomitantly assessing the investigated gait quatig indh wearable
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sensors and kinematic and balance biomechanical parameters issued from laboratedy-bas
instruments may provide relevant information regarding how to interpret these pararseind how

to benefit from these indices in the rehabilitation pathway. Furthermore, standardpretbcols
across laboratories may allow to develop a database to better charactefieesdt populations using
these parameters.

All in all, the work achieved during this thesis allowed to investigate ¢amplementary
approaches for the wearable gait analysis of people with lower-limb amputation. Thagpsbach
allowed to develop a comprehensive method based on a biomechanical nbdelallows to
characterize the kinematics of the body center of mass with promising results, which should be
confirmed on larger cohorts. This method could be used to adapt and notht® effects of
rehabilitation protocols as the retrieved synthetic global parameter (the irataous velocity or
acceleration of the body center of mass) is directly linked to segmental madiiore development is
required to improve the usability of wearable gait analysis in the clinicdl(fisker-friendly acquisition
system, quick post-processing, easy interpretation) and other synthetic parametddshmretrieved
based on the proposed protocol. The second approach allowed to further valaatearable
framework that is mature for in-the-field quantification of gait quality indidest tare intelligible to
both the patients and the clinicians and allow to evaluate gait symmetrybatahce. More work is
required to further understand the implications of the different gait quality eedi notably the
improved harmonic ratio, in order to propose rehabilitation protocols targeting these aspégtst.

It is worth noting that all the methodologies that were proposed in this framévemd developed
for people with lower-limb amputation could be adapted to otherthgdogies as well. It should
however be kept in mind that if the methodologies are transferable, most of theqs®g algorithms
rely on specificities of the gait of people with lower-limb amputatiord may require some specific
development for other populations.
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Appendix A t Marker set usedin Part 2

In the second part of the present manuscript, the participants were equipped with a full-body
marker set as displayed in the following figurBgy(re appendix 1Figure appendix R

The marker clusters on the thorax (markers THOXX) and feet (PHXX and PBXX) were only present
on the patient equipped with inertial measurement units (see chapters 3 and 4):
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Fgure ppendk 1 - Full-body marker set (face view)
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Appendix B t Canpardive assessment of M-M algorithm

Given that M-M algorithm had both a very good sensitivity and higsitive predictive values
(PPV), close to that set as a criterion for further investigation, the possilalithecrease the PPV
threshold criterion was considered

Therefore, the accuracy achieved by this algorithm in detecting gait events and estimating
temporal parameters was investigated.

However, results obtained with M-M are very poor compared to the other two dlgos, with a
large dispersion of timing errors for gait event detection, and a dataillution far from the normality
(as evidenced by a mean very different than the median) Esgere appendix B

Iv §Z p S Z } e dup%e]thé thuge variability of its results, the M-M algorithm cannot be
adopted in an actual clinical context and therefore, providing its resuliseircore of the manuscript
was thought not to add significant/useful information to the study. Last mitleast, making a clear
graphical representation of the results was jeopardized by this error variability, dsecseen in the
figures below (gait event detection timing Figure appendix 3and temporal parameters errors in
Figure appendix ¥ For all these reasons, we finally decided to strictly respect the PPV threshold and
to restrain the analysis to M-L and M-T algorithms.

Fgure ppendk 3: Gait event timing errors with M-M, M-L and M-T (ms). Mean values are indicated with the ¢
shape within the boxplot.
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Figure ppendik 4: Temporal parameters errors in % as obtained with M-M, M-L, M-T
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Ré&umé détillé de la these en francas

1. Introduction et objectifs de la these

1.1.0bjectifs et déroulement de la rééducation des personnes amputées de membre
inférieur
S[ u%pusS S]}v [pv u u & ]v( EdéfinEf surdes ¢apféciteéS locomotrices et la

qualité de vie des personnes amputées (Gaidtyal, 2008; Samuelssoet al, 2012). Apres
O[ U% S SJ}vU 0 ¢ % 8] v3e *}vs % E&J]e Vv Z EP %¢VvES]SW <ili% up
u ]v DWZ ~D lv. WZCe]<pn § Z %3S S]tveU [Jv ]SZ & % US °
orthoprothésiste, et de tout autre personnel soignant jugé nécessaire (pour asparezxemple, un
suivi psychologique). Cette équipe en charge de la rééducation a vocatiorrérdssatour du patient
a son domicile avec la meilleure qualité de vie possible. Pour ce faire, la réédwcpour objectif de
E MU]E o0 ¢ o]u]lS S]}ve (}v S]}vv 00 * Jv H]S * %o ESO] Y%d4usSSENY X0 > H(E]
% Eu SS vsU uv %0 %0 (E ]00 P %o }J.§ ISE %oCE}%o}' X ° OE°U (o} ‘
o[ <u]Jo] & %o}*SUE o0 § 0 iuelEuné majohe lx pliis pliEystadogique possible. En
effet, les compensations et asymétries mises en place par la personne amputée apppgeilléat

v U JE pu A 0}% % u v JUYE ] ]S » ~ ESZERS® Wuoyh faibdey ZE}Vv]«<
sur-solli 1§ §]}ve ¢ &S] po S]}ve }vSE}o § ESawers and Haner, 20E3EVilla, v S
Bascouet al,, 2017)

WIHE +u]AE o Affenp péhdant da Wéducation, des évaluations régulieres sont

nécessaires. En clinique, cellek- ¢ [ W@rboprincipalement sur les observations des cliniciens ainsi
gue sur le ressenti du patient a propos de sa prothése (notamment inconfort etusl(Cuesta-
Vargaset al,, 2010; Hafner and Sanders, 20123gs indicateurs de performance peuvent étre attribués
par les cliniciens lors de la réalisation de taches motrices spécifiques giedietéfinies par des tests
JU e YJE ¢ 0o]v]<p oX "}HA vEU e Jv ] S UE®e ¢}VvE V % ES] ep i 3](e

S ol A% E] v Certaing tept$ ciques, tels que le Timédpland-Go test ou le test de
deux minutes, consistent a réaliser une tache locomotrice bien définie visantueélamobilité. Ces
tests reposent alors sur une mesure quantitative objective telle que la durée nécessairdap
réalisation de la tache ou la distance parcourue pendant la durée de la tacligudmyent, ces deux
tests ont été validés chez les personnes amputées de membre inférieur (Deteahe2009) et sont

Jve] & Ppo] & u v8 & o]* * 0}E+ o & p 3IMBIEIFIA} § A @puy]}vh
de la performance lors de la marche. Toutefois, une bonne performantadgt pas nécessairement
une bonne qualité de marche (Calmetsal, 2002)X ]Jve]U o[ A op 3]}von dait p@ndrey 3]

V }u%S [ USE ¢ *% S*U S 0 <p 0 *Cu SE] S 0o & PHROEE]S 0

[ <ulJo] E U § X

1.2. /v E!Ss 3§ oJu]d e+ <0 }E $3}JE « [ v oCe pnUu}pA u vs

>e0 }E S}JE + [V OoCe pulpuA uviU }ved]Sp e+ (JE v & duUV %0
*Ce3 U }%S} o SE}V]<p U % Eu $5 vs [} S Vv]CE S&E 3]A}u E que ¢}
marche (Cappozzet al, 2005; Goujon, 2006). lls ont largement été utilisés en recherche pour
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caractériser la locomotion des personnes amputées de membre inférieur (GougrePdl., 2008;
Houdijket al., 2009; Sagawet al., 2011; Villa, Loiregt al,, 2017)

Les parameétres spatiotemporels de la marche font partie des paramétres les phligseen,
0 }E S3}JE [v oCe pulpA uvsd Z 1 0 % E-}nférieur (Sagpsat « uu G
al., 2011). lls peuvent étre calculés a partir de la trajectoire de marqueurs optoéleatsség niveau

* %] <+ Sl}pu o[]veS vS§ %0 ** U VS e ulo [ ((}&ES (BEESSX*uE O
parameétres spatiotemporels permettent notamment de calculer la vitesse de marche, indicateur
associé alaqualitt ddA] & p v]A p (}v 3]}vv o (Aery, 1992@Baitent al., 2019)
ainsiqueles*Cu SE] - nE [ %0% ] I o}vPu pE&E %o 9 @E]e}vv v A]
amputées (Jaegemt al, 1995; Goujoret al, 2006; Roerdinlet al, 2012) et pouvant traduire une
instabilité a la marche (Het al., 2005; Halet al,, 2014).

Les systemes optoélectroniques permettent de décrire les trajectoires de segments ou

ES] po SJtve U }E%e % vV VS 0 U E Z SU o}Ee<u[ **} ] $EHW» u} o0
comme un ensemble de soliddsy (}&u o U [} S Vv]E o ]Jv u 8]<p un VvSE u
(analyse segmentaire)> « *Cu SE] » WL * Z u u @ Z <«u of[}v E SE}uA Z
amputées de membre inférieur au niveau segmentaire ou articulaire ont des répercussioks
trajectoire ou la vitesse du centre de masse du corps (Btsibh 1998; Agrawadt al., 2009; Askevet
al.,, 2019; Strutzenbergest al,, 2019)X ]ve]U o[ v 0C= o ]JvuS8]«<p uu VSE u
0 }E S3}]E  [UVURICA u VS % Eu 3 [ ((E v Z]E o[ v oCe o ]Jv 1
articulation ou segment tout en mettant en évidence la présence de compensations oatasgtors
de la marche.

Les plateformes de force, quant a elles, fournissent des informations sur les effortsregnts de
E S]}v MU c}o <u] [ %o %o 0]« pursvde laumakde%iar gpplitation de la seconde loi de
Newton, la somme des efforts de réaction au sol permet ainsi de calculer la cinématique du eentre d
U sese O}Ee<u[ u pv PSE&E ((JE&S A£S v V[ *S %0 %0]<uu <o }ELoesX >
chaque pied présentent un intérét non négligeable lors de la rééducation des personnes amputées de
membre inférieur en quantifiant la mise en charge de la prothése et les éventuelles asyrdétries
charge entre le membre sain et prothétique (Loie¢tl., 2019). Par ailleurs, en combinant les efforts
de réaction au sol et les informations de la cinématique articulaire, il est poskglralculer les efforts
§ ulu v8e ES3] po ]E X V(]vU 0}Ee<pu[ *¢} ]« o0 A]S e¢ Jved v3 v
de réaction au sol sous chaque pied fournissent des informations sur Iéefgétique de la marche,
SE A E+ 0+ Z VP « [ v(Oofearetal, 2002a; Bonnett al, 2014)
La quantification de tous ces aspects biomécaniques de la marche est pertinente las de |
rééducation des personnes amputées de membre inférieur. Elle fournit endef§ renseignemesta
la fois sur la qualité et la performance de la marche. Par ailleurs, elle peerfetichir des données
objectivee & <p v3]38 §]A ¢ [ A op §]}v o u®zU <u] veZo E %olocpue v 9
oJv]cu A o[ u E R pratique tondée sur la preuve » dwidence-based practics,
notamment pour prescrire des composants prothétiques les plus adaptés posaiblegpatient ou
pour en justifier le remboursement (Hafner and Sanders, 2014; Agrawal, 2016; HawtiRsddick,
2018 X v E Av ZU o0+ o0 }ESE =+ [VoOCe W UIMA u WS ejvs SE -
technicien/ingénieur formeé et imposent une prise de mesure uniguement en laboratoicgi denite
leur utilisation en routine clinique (Loiret al., 2005). Par ailleurs, les données issues des laboratoires
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[ voCe puluA u viU etgEet précisesosmnt trés nombreuses, ce qui peut allonger et

tu% o A£](] & o[]vS E% E S SJ}v ¢ U *PE * %o IE]0] 8]¥] ] VXC B 5
[ <u]*]18]1}v }vv ¢ 08 Ev S](*U u}]ve }.8S HE S RBoOJEde IS vS pv
marche, est attractive pour la rééducation.

1.3 Emergence des capteurs embarqués et opportunités pour la rééducation des personnes
amputées de membre inférieur

> u]v] SUE]e s]tv %S HWEes S o[ u EP v cloWmIWE se[ EQOIC °
du mouvement ces dernieres années offrent de nombreuses opportunités de prise de mesure
guantitative en situation écologique (Woegal., 2007, 2015; losa, Picerret,al, 2016; Bensoet al,,

2018) Ainsi, les technologies embarquées telles que les centrales inertielles ou ledesede|

%o E se]}V %Bo}UEE ] vE % Eu $SE [} § vV]E archd,sans perjurbes ¢&lles]A - 0
JU u uEs [ £ E] - E L 8]} v Wiactlel He barééducRiofsgrace eudes

données quantitatives et objectives acquises au cours de séances avec les praticiens, mais également

~

en télé-rééducation. S (Eu U o[uS]o]e S§]}v o § Zv}o}P] u E«pu U JUE:

pourrait également bénéficier au systeme de santé publique \
en réduisant les colts globaux de la rééducation (Hafner and JRN ‘?\E&
. N
Sanders, 2014)Cependant, le transfert en clinique de ces %\\ =
Yu&]oe V[ +& % <(Cuitiet 4, 2015 losa, Picernet \‘m
al, 2016). En effet, les technologies sous-jacentes des \ L.
capteurs embarqués different de celles des laboratoires Vissge. | ﬂ e e
srebechesreronee. \N&(i\\\\‘:'\‘ [ Urasdiiad
[ voCe U}HA u viX BN

Les centrales inertiellesnagneto-inertial measurement 5y, re51 - orientation du repére local d'une centi
units, ou MIMU en anglais) fournissent des donnédnertielle (local MIMU frame) dans le repere terre
ifi | s6rati . | ._de référence (Earth-fixed reference frame) percu ¢
quantifiant le mouvement (accélération et vitesse angulair . ... (axe z vertical alignéha  exBlération d
ainsi que le champ magnétique terrestre dans un repégravité g et axe x dirigé vers le nord magnétique)
inertiel associé au boitier du capteur (en mouvement). Par
]Joo uE-U o[}E] vS eSlihertielles dan$ @ cepere
inertiel terrestre (fixe), comprenant un axe aligné avec
of o & §]}v PE A]§ ~A E#lavecde § pv £ 0]Pv
nord magnétique (Roetenberg, 2006; Sabatini, 2011) est
obtenue par fusion des informations des différents capteurs
qui la composent (accélérométre, gyroscope et
éventuellement magnétomeétrefFigure 51) (Sabatini, 2011,
Bergaminiet al, 2014; Ligoricet al, 2020). En revanche, la
position de la centrale inertielle dans ce repere ne peut pas
étre obtenue directemer$ X >[]JvS P& S§]}v o Al e+ vVvPpo ]JE

ou o[ élération mesurée par la centrale, apres
JUSE §]}v of o GE §]}v permetentP— -
[} g VIE E °*%o §]A uvsS o %0 O u Hgure 520 Semelle de pression fournissant

L ... distribution des pres]}ve p JUE- C
linéaires de la centrale. On retrouve alors, aux condltlorhaut) et la composante normale des efforts

initiales pres, les parametres qui sont directement issus deéaction au sol (en bas).
\ . - . - . . Tiré de https://peakpodiatry.com.au
systemes optoélectroniques mais ceux-ci sont soumis a ui
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dérive du fait du bruit contenu dans les signaux bruts des capteurs (losa, Pitesthd?016; Hannink
et al, 2017). De nombreuses études se sont alors attachées a développer des algorithmetgrer

[} S V]E * % E uSE * Jlu V]<p e % E}UA o § oPicamno,R07;vPo ¢ &
Poitraset al, 2019; Pacheet al., 2020). Ceux-] v *<]S vS S}us (}]- lvv "SE o[}CE
relative de la centrale et du segment sous-jacent, ce qui requiert de procéder a des caliborati
fonctionnelles ou & 3}u]<p ¢ % }uA vE8 o00}vP E o Packeset &, 2090)] SNV

o[JVA E- U viu E PAE % E u SE «} S vue JE S uvs S%%,6BS]|E - ]
particulier des accélérations, ont émergé etwsd p3]o]e ¢« %}pE& €E S E]e €& v}S uu vS o
symétrie de la marche (losa, Picerebal, 2016; Bensoet a., 2018; Ghisliert al., 2019)

> e o U 00 ¢ % E **]}Vv % PA v (JUEV]E o Ju%Be v} @ESJoo

[ %0%00]<hu VS *pE& 0o <+ u oo U <u] % €& atémporell€du de BdrgeddrondeCu S E
la marche (Nolan et al. 2003; Cultti et al. 2018; Loiret et al. 2H§ure 52. Toutefois, les autres

Ju%}e VS o ol ((}&ES E 3]}v M <}o }pu o ulu vse AE o03{}v
plateformes de force ne peuvent étre obtenu directement a partir des semelles de pression.

Jve]U ve 0 campagher la rééducation avec des capteurs embarqués, il apparait donc

v o JE [] VS](] E 0 % & uSE * J}u V]cg * % ES]v Vg <u] %op]e
de ces capteurs et de développer des algorithmes spécifiques aux technologiesjedds pour les
obt v]EX /o ( US % E ]Joo PE-* Vv}S E p U %}uE © ]8]SZ&EodPUs]o]-

u E<«<p U o] <ule]s8]1}v Jvv ¢ }]3 ISE o AivepossihlgHes clidiciensu}]ve v
ayant souvent peu de temps a passer avec leurs patients. Ainsi, limiter le nhombre tdersap
Vv ¢ JE ¢ 8§ ¢Ju%o0](] E M u AJupu o0 * % E}S} }o %o EJupEJISPbXe v(] W
les altérations du schéma de marche des personnes amputées se reflétant dans les signaaz mesur
par les capteurs¥%o}*]S]}vv ¢ suE * % Ee}vv U Jo 5 v e |E o[ eenCE
développés prennent en compte les spécificités de la marche des personnes amputiestetaidés
pour cette population.

1.4.Objectif de la these

>[} iif gle cette thése e§ }v JIVEE] u E A 0}% % u vs [}us]oe }

embarqués permettant de quantifier la marche des personnes amputées de membre inféricaurau
de leur rééducation. Les protocoles développés devront permettf} § v ] @er@nbides données
guantitatives pertinentes. Suite a la revue de littérature présentée dans les sections précgdente
o[ <«Mu]*]S8]}v [Iv] S puE- E]JA v8 o <p 0]8 0 aw @EvZu 81Qu SE] U
centre de masse (qui permetnotu vS [] v Zp6Jal@rations du schéma de marche et donne

e JV(}EuU S]}ve su& of ((] 18 -&)@@mb]particulierenteat pertinente. Une
attention particuliére sera portée a la compatibilité de ces protocoles a une utiisati clinique. En
outre, des données pertinentes devront}pA}]JE !'SE } § v o % ES]E [pv viu E
capteurs, soit & partir de données acquises rapidement en quelques pasnsoistrumentant des
tests cliniques éprouvés et validés chez les personnes amputées de membre inférigug teltest
de deux minutes, afin de ne pas perturber la rééducation.

Afin de répondre a ces objectifs, deux approches complémentaires ont été implémentées et
suivies au cours de cette thése.
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La seconde partie de la these présentera donc une premiére approche, qui consistera efsai
parameétres biomécaniques pertinents et éprouvés a partir des données des capteuasqent

S %o%oCE} Z '[ %o%ol,l.] 'I.J.GE (0] A O}%o%o uvs [ OP}CE]§@EU e %o GE(]
modéliser le corps et/ou le mouvement. La seconde partie de la thése aurgpdanbut de proposer
MV % E}S} }o u E«p § uv oP}E]3Zu }E]P]v 0 % Buo33AYS «{ «3]u
Jved vS§ v M VvSE U e [HUV % u@vdaumransfémprd® % ES]E [uv viu E
limité de centrales inertielles.

Dans la troisiéme partie de la these, une approche alternative sera mise en place. La seconde
approche consiste en effet a extraire des paramétres des signaux bruts des captesiesj@arecours
a une modélisation complexe du corps ou du mouvement. Les sighauxdesitsapteurs embarqués
étant différentsdecgt £ Jeephe ¢ JVveSEUU VEe % E « v8e ve o 0 }CE S}|E « |
la pertinence du suivi de parameétres issus de ces capteurs pour la caractérisation deHa desrc
% Ee}VV * U US uu € Jv( E] HE V[ *S % ¢ § O0OFX e]velJ}0pESE}
}i S]( [ £Aulv @ o (] ]ol]S8 S 0 % ES]v Vv %c]qEprqués pdurs]o]es ST}
la caractérisation de la symétrieetae] <puJo] & 0O UG Z Z10¢*% Es}vv e U%US
inférieur.

2. Approche biomécanique A 0}%o% U VS [HV % E}S} }o u E<gu % }pd
de la cinématique du centre de masse chez les personnes amputées au niveau
transfémoral

La% ES]v v o[ <u]*]8]}v 0 Jv uSsl<p H VSE V U ve S u]

o E Ap 0]58 E SUE €& -+35]8pu ve o[ § 8 of] ES EB] %o @S] %o
thése a pour objectif de proposer un protocole etun &l§dSZu % Eu $S vS [ «<p E]JE o v

H VSE u ee o[ ] %S HEe+* u E < lusteursvméthodes| 8t 68 SUE U
proposées dans ce but et validées chez des sujets sains. Elles peuvent étreissgggm deux
typologies selon le nombre de centrales inertielles utilisées.

> % E u]l] & SC%}0}P] U SZ} o 8§ o oopuE B{TQE&} ST <]S{PIMY g

VIA p p ee]v % Eu § [ «u E]E o ]v u &(kgseretpal, 208FEFloor- u e
Westerdijket al, 2012) § %o uS [ ecJu]o &E o u S8z} M uEcy hE « E o0
optoélectroniques (Garaet al, 2004; Paveet al, 2017). Lorsque la tache étudiée implique des

UIMA U v3e Ju%}ES vie n Z U3 M }E%e* }u Ve 0 o JUSZIUu €& Z CL
capteur/marqueur unigue au niveau du bassin ont montpv  § v v *UE *SJu E o] £ LE
centre de masse (Eamesal,, 1999; Meichtnyet al., 2007; Myklebuset al,, 2015; Huntlewt al,, 2017,
Paveiet al, 2017; Mohamed Refait al, 2020). Pour cette raison, ces méthodes, bien que trés
attractives par leur simplicité (Huntlest al, 2017; Jeongt al., 2018), ne semblent pas pertinentes
pour étudier la cinématique du centre de masse chez les personnes amputées de nieféteer.
Une seconde catégorie de méthodes consiste alors a estimer la trajectoire (ou vitemsgatration)

U vSE u e B FE %o o[ ] [UV U}C VV % PIpUC@A]S e20 }BE |
accélération) des centres de masse des segments du corps, comme ceSqui ]S o[ ybtémes
}%38} o SE}v]<p e § [Huv u} o Jv ES] 0 % E Vv oCe =+ P}V JE X
multi-segmentaire, deux approches sont proposées dans la littérature : soit les acoélerdes
centres de masse des segments sont directement estimée o[ ] . VEE o0 ¢« v ES]
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positionnées sur lesdits segments (Lintmegeal., 2018; Shahabpoat al., 2018), soit les positions

des centres de masse des segments sont estimées de maniere récursive en utilsastiaime
]Jv u Sl«p S o[ *S]u S]}v O[}&E] vsS S§]}v Z <p ¢ Pu v&@S}Twwo % E
positionnée sur celui-ci (Fasel, Spoetial,, 2017; Karatsidist al., 2017)X hv % Z ¢ []vS P& §]}v ]
E]A 3]}V % ps 1SE 0}E+* v ¢ JE | 8 i<uS}p@Ev }E o EZ E S]}H

vSE U e X o MAE %% E} Z ¢ Jukoo]cpu v8 [uS]o]e E GEwlu E pA
[ %@E « 0 » u $Z} « E SE}PA - Kanatsidis ed 35 BOTZ; BaveEet al. 2017; Fasel et
al. 2017J o]Ju]s vS o[uS8]o]e ]Jo]s o u S8z} v oJv]«p X

Plusieurs auteurs ont envisagé de diminuer le nombre de capteurs nécessdstra €Zil., 2010;
Fasel, Sporret al, 2017; Shahabpoat al., 2018)

Dans le cas de la chaine cinématique, des capteurs doivent toutefois étre positionnassdest
segments de la chaine, limitant ainsi la réduction possible du nombre de caffeaudieu de 11, en
enlevant les capteurs positionnés sur les bras dans (Fasel, Syiéati, 2017) par exemple). Par
ailleurs, cette approche implique de connaitre préais v3§ o hdlon relative entre les repéres
locaux des centrales inertielles et les repéres anatomigues des segments (Kibaaifa2019), ce qui
peut étre chronophage et nécessiter des instruments additionnels (Piatrab, 2008; Cuttet al.,
2010; Pacheet al.,, 2020)

v <u] v EV O] %% E} Z <pu] € %} *uE o0 upgdescentsdsy E .

de masse de segments, une méthode intéressante a été proposée pour déterasrecalisations

}%S]u O %S WE® %}UE O *S]u S]}v o o GusHiv |0 wSE Z [
chez des sujets sains, et pourrait étre adaptée aux personnes amputées (Shahettgdo@018). Les
uS HE-+ }vsS ulvsSE «on dJ centoe @ masse pouvait étre &3u o[ ] .

accélérations des centres de masse des segments du tronc, du bassin et de la cuitse sijets
sains (erreur quadratiqgue moyenne - RMSE < 18 % dans les trois directions - Shababp@918).

Kv % pusS P o u vs v}$S & e[mé&Hode veposantsur le principe de la chaine

]Jv u Sl<p U ule (] vS 0[ZC%}5Z » <<u O vsSE uspPul«es (pHE Ve
bassin (Yuanand l. Chen, 20%4) §8 u §Z} % Eu § E U]E o+ EE pE-* ]V u]:
]E 8§ of o & S]}v [pv vau@assin, %ndis]eppses sur la méme hypothése

[Juu} Jo]$§ H  vsSE u ee H JE % %o E E %% }ES Sp *See]veln o0

tout autant susceptible de surestimer les excursions du centre de masse.

Cette analyse de la littérature nous a alors conduit a nous diriger vers urrecagpmulti-
segmentaire, ne reposant pas sur le principe de la chaine cinématique. Dans un premiestevas,
la méthodologie proposée par (Shahabpetl., 2018), une analyse des contributions segmentaires
Ve 0] o & S]}v pu VvSE uee Hn }E%- S u%wSéctoooigue [pVv *C
(Iv [l vS](] & o« o} o] S]}ve }%SJu o ° vSSEFw ¢ Jof ESG GO [P}
du centre de masse du corps chez les personnes amputées transfémoralesagdépur sol plan.
] % Eule [] vS](] & 1(( & vSes u} 0 * }%S]u PAE %] EuU |§S VSE[ *S]
uee n }E%e o] [uv viu E GnerBales](gdction 2.¥)STANS um second
temps, cette approche a été transférée et validée en embarquéEs o « }vv e u € z [pv
personne amputée transfémoraX hv % &}S} }o }E]P]v 0 % &u 8§58 vS8 [} S V]E o
VSE - Uee o Puvs JE * %] U }E%es % ES]E [ ausE u]v]
ainsi été proposé (section 2.2). Pour finir, la précision des accélérations desscée masse des
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segments étant dépendante de la précision avec laquelle la position relative des centealietiés
et des centres de masse des segments est obterufluence des erreurs dans la localisation des
VSEE o0 ¢ ]Jv ES] 00 ¢ *uE o *S]Ju S]}v = o E S]}ve < VSE - u
S A%o}E o[ ] [MVv v 0Ce 23 ve] ]JO]S ~< S]}v
2.1ldentification des contributions des segmengs ¢S]Ju S]}v o[ o & S]}v
u ee H JE %+ % ES]E [pv Viu E & SE ]Jvs e Pu vSe

>[} i 8]( §§ % E u] & Spu S 1S [HUVv % ESIE]IH vS]6] G mpe *
of o & §]}v u VvSE Use H JE%s Z1 0 % Ee}vy u3@ous o :
% E3SU [ Aoy E J(( E vie u} o+ [ *3Ju 3]}v of o & S]}v p  vS(
des accélérations des centres de masse des segments préalablement identifiés (« accélérations
segmentaires »).

Dix personnes amputées au niveau transfémoral (&5 + 113 ans ; mass: 68,8 + 15,2 kg

taille : 1,73 £ 0,07 m ; 8 hommes et 2 femmes) ont participétée étude. Chaque participant a été
équipé de marqueurs optoélectroniques sur le corps complet selon (Al Ab&d 2020) >} &+ [pv
phase statique en position debout, les positions des marqueurs ont été enregistréesraggsteme
optoélectronigue (VICON, Oxford, UK, 200 Hz) simultanément a la prisettes gle face et profil. A
la suite de cette acquisition, les participants ont effectué plusieurs allers a vitessetabtgalans la
* 00 [ voCe U ulpA u vs « otfignede SorhRau milleu de laquelle se trouvaient
trois plateformes de force (AMTI, 1000 Hz). Dans le cadre de cette étude, seuls legmsdasquels
SE}]e %o%op]le }ve HS](* *HE O * %0 S (}EU - (}Es ($v]igfj@n S S « }v
cycle complet sur les plateformes. Les parameétres inertiels segmentaires (masse mestseet
positions des centres de masse dans les reperes anatomiques segmentaiges)®n  (]v]- o[ ]

[ Lwodéle inertiel comprenant 15 segments, personnalisé selon (Rillat, 2010)a partir des
photographies de face et profil des participants. Les accélérations des centres de nmsegrdents
(SCoM) et du centre de masse du corps (BCoM) ont alors été obtenues.

> ¢ }vSE] us]lve ¢ ¢ Pccélétationde ceftre de masse du corps ont été calculées
selon deux critéres, définis dans (Shahabpetal.,, 2018)

X Le «poids» e o & S]}ve ¢ Puvs JE - ve O] o & S]}v vSi
corps, 0O*”"S  em L :mo 1o.y.avecl pgla masse du segment, 5 3 xja masse
Iula
du corps ett.,.y. 0] o E S]}v p VvVSCE u ee uH e Puvs } § vp !

dérivation)
X La similarité des accélérations segmentaires a celle du centre de masse du corps exprimée
o[ ] u o} ((]] vs } @edEsam Slow les directions antéropostérieure
(AP), médio-latérale (ML) et verticale (V).
Les contributions moyennes de chaque segment ont été obtenues en prenant la moyenne sur
o[ ve u o * % ES] J% vSeX
Une fois les contributeurs les plus importants identifiés, deux types de réseaux ohergsg
}%S]Ju WAE ~KM"Ee* }vE § % E}%o}e © %o} UE <SJu & o] +0 % HIVEU [puwS
viu E & SE& ]vS§ *:Pu vs8e ~G 0O-
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Le deuxiéme type de réseau de segments correspond au modele proposé dans (Shababahoor
2018) Il requiert le calcul de la matrice de corrélation croisée entre«gh %o ] E [ o G S]}ve
segmentaires. La masse de chacun des segmigrda inclus est alors redistribuée au segmesinclus
qui présente le coefficient de corrélation le plus éleW (ygls 6t Ngy.d& r ve o[ <u §]}v ]
dessus).
> . o0 E S]}ve nu }D } S vy e o[ ] . U dle 81€ tomparfEs"E jvs Ve
of aioEde reférence du BCoM .y 4~ Je Calculée a partir des efforts mesurés par les
%0 § (}JEU » (JE X > %E ]J*]}v -« o E $oJvk $Ju} ¢(] I3vS A op
corrélation de Pearson et des erreurs moyennes quadratiqu-EZD” U A % E]u v 9 o[ u %o
o o & S]}v E (EV X > u} 0¢°]voOoud VS UV]<Ph VSe]Jor * Pu
ont également été investigués (par exempg,o.y L Foeya-gmim.-

Les « poids » moyens des contributions segmentaires sont représentésKguta53. Celle-ci

% Eu 3 us3SE v AVS <p 0+ ¢ Puvde }VEE] H VS 0 %OH* Ve O
masse du corps en termes de « poids » sont le tronc, le bassin, les cuissgsailastéte. Les bras
}JVEE] p VS %o}pE u}l]ve i1 &ion duv certre de nsse du corps et ont des

}IVEE] pusS]ive }%o%o}e e o o}v o[ £ VS E}%}*S E] HEX > esonuSE ¢ P

également des contributeurs importants.
> e oJujo E]S » - 0 E 3]}ve » Pu v3 ]Ecentrédde mogsse da o@Eps$,|}v U

guantifiées a travers les corrélations de Pearson (non représentées dans ce résumeé)qraroet
mettre en évidence des corrélations significatives et importantes entre le centre de ahasseps et
le tronc, le bassin, les cuisses et les tibias. Les accélérations des tibias sont égaileemeent et
«]Pv](] 8]JA uvs }EE o « A 00 * * %] X >[ «Sou@@]&i}u vso
significativement corrélée a celle du centre de masse du corps, ce qui peut étreedimodvements
volontairement décorrélés de la téte par rapport au reste du corps.

(7213
7,18

Finalement, le tronc, le bassin, ainsi que les segments des membres inférieurs apparaissest com
e }VSE] US PE-* U i PE- o[ o & Ifcorps. VS E u ee
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Fgure53W }vS@&E] pusS]}ve ¢« Pu vS JE - o[ de masEe & kerpsu(BCoM)E&ompesra la contribution totale issue
modeéle inertiel (ligne noire) et/ou o[ aborle référence issue des plateformes de force (GBRfRe pointillée) dans les directic
antéropostérieurgaet d.), médio-latéraleb. et e) et verticale(c. et f.).

(a-c.) Contributions segmentaires axiale§ Eu o] * % E o$§ aobiribytions totales (accélération du modeéle inertiel)

(d.-f.) Contributions segmentaires exprimées en pourcentage de la contribution totale
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Plusieurs OSN ont ainsi été construits incluant 3 & 6 segments parmi leldess:, les cuisses

ainsi que les tibias ou les piedsdure54).

> Ju% E ]e}v o[

] ool o . MAE U }
mettre en évidence plusieurs éléments :

x Une approche multie Pu vs J]&E

o[ o & S]}v

170

o & S]}v
0O * V[]v op VS

}D

<

%0

Figure54: Moyenne et écarts C %  ccétéfation d
centre de masse du corps (BCoM) awcB » [P\
prothétique (prosthetic gait cycle) estimée ave
méthode sacrale (bassin, courbe bleue en point
O[K"E § Chéant e fronc et les tibias (cou
jaune discontinue),[DSN de type 2 incluant le tro
le bassin, les cuisses et les tibias (courbe o
continug }u% E - o[ o & 3]}
issue des plateformes de force (courbe grise) le
des axes antéropostérieur (AP), médio-latéral (V
vertical (CC).

Les zones colorées autour des courbes représe
les intervalles [moyennél écat-type ; moyenne +
écart-type]

E ( E v WA 0 E X}wve Jeeu
o SE}V M <4u 0 % €]lMe }uu < P
Eu 3§ [+*8]JuE A uv %ope PE



X

>[]v ope]}v g * Puvs SE}v U %ope PE v }vSEJUuS 8 E o[
privilégier plutét que celle du segment bassin pour les modéles OSN
x Un modéle OSN de type 1 a trois segments, incluant le tronc et les deux pibiasst
[ *3]Ju & o] o E S]}v p }D A %opue PE vV %E §e-]}v ~EZ
de Pearson r > 0,82) que le modéle a 3 segments proposé dans (Shahetbalo@018)
pour les sujets sains
x Les modeéles OSN incluant 5 segments (tronc, cuisse et tibias ou pieds) permettent
[ e3]u E o] o E 8]}v p VSE Use H }E%e* A %E
coefficient de Pearson r >89)
X Les OSN de type 2, plus complexes car requérant notamment le calcul deemde
corrélatov &}l ¢ VvSE o0 ¢ ]J(( & vS - o0 E S]}ve *» Pu vs ](
Pv & ouvsS % * o[ *S]Ju S]}v o[ o &E SJ}v pu  }D % & E %o
Ces derniers sont donc a privilégier.
/o 8§ Vv}S E <u 0 }u% E ]Je}v férerce duoB@MS] telle isslie du modele
]Jv ES] o % ES]E p<g 0 0 e u} 0 KME }vs §  }veSEQU]Se (PpuEV]S
les trois plans, ce qui peut expliquer pourquoi les modeles OSN fournissestrdess minimales de
o[}E @&,5 %.
Les modéles OSN proposés dans cette étude ont été construits et validgtiradp données
} Svp e of ] U E<p ME* }%3} 0 SE}IV]<H X > W@&] 45 v HaF]od -
%o }UE SJu & of o ( S]}v porps &@e donawa démontrer.

22D A 0}% % u v3 [PV % E}S} }o u E<«u %}IUE of *3]o 3]}v
vitesse instantanée du centre de masse des personnes amputées transfémorales

>[} i §]( §§ <¢udg\était ainsi de vérifier que la méthodologie et les OSN de type 1
] v3](] « o}E- o[ U % E vE8 % HA v ISE p3]o]e «EA .
o[ *SJu §]}v o[ o & S]}v u  VS&E,., 4.4 8ans yn rep@Edglobad, selon
I[ <p 8]}v -déssols:

ou | 5 gt i.so.y.désignent respectivemen masse & 0| o E 3§]}vdeumassesdE2?
segment inclut dans le mod2DOSN.
Plusieurs difficultés sont rencontrée3E+<yu  o[}v psS]o]e . VSE o0 ¢ Jv (ES] o0 -
Z <u VSE o ]Jv &S] oo (}uEV]S pv u suCE o[} ® Eesdtidle, o[}E]P
qui doit étre transférée au centre de masse du segment (SCoM). Pour appliqueddadistribution
des accélérations dans un solide rigide indéformable, il est alors radEese connaitre la position
relative entre le SCoM et la centrale inertielle :
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O Vuyiimony 50 A S UE  SE veo §]}v E]WEoo} @Y FIucri ov3

Dans la littérature, certains auteurs ont proposé de positionner les centiradetielles au niveau

des SCoM (Lintmeijeat al, 2018; Shahabpocet al, 2018) § [uS]o]e E ]JE S u vS 0 U spl
o[ o ofEd8 ]Jla centrale comme une estimation de celle du SCoM correspondant, eafin d
[ ((E Vv Z]E 0 § Eu]v S]}v 0 %}*]3]}v E o0 330 VFE-pupe V3
jacent. Ceci peut cond] E pv EE& pE& [ *S]Ju 3]}v é¢nafior} €EISNVES segmefts o
considérés et les mouvements effectués. En effet, cela revient a considérer la distance relative entre
0 VSE o ]Jv ES] oo S o N~ }D }uu 3§ pilafoowle dé dEstrhutiom[des %o %o O
accélérations (équation 2) et donc a négliger la vitesse angulaire du segment. Cepeatiantjrebr
précisément la position relative entre une centrale et le SCoM du segment sur lequel telle es
E]P] u vs 8§38 Z imnjédiat & les données issues des centrales inertielles ne permettent
%0 * & u}lvs E 0 HE %o}e]S]}v cjop X Wohe(E p¥Elpe pFUSTO] * }EES
% Z}SYPE % Z] - 0] E ¢ }Hu MV *C*S U }%S} 0o WWI}¥]kw o(Jop [ <S]u

VSE o0 ¢ Jv ES] oo *« ve pv (Be %aliltEatioR statiqoe (QajBabadi al., 2006; Teufl
et al,, 2018; Guaitolinet al., 2019). Ces méthodes pourraient étre adaptées pour obtenir a la fois la
position absolue de la centrale et du SCoM sous-jacent.

Une fois les accélérations des SCoM estimées dans les reperes locaux des céptralgs ode]

o[ <u §]}v ~TeU Jo S v ¢ |JE 0 * /& %o (o E, avant depolvote E PO}
uSJo]e €& o[ <u S]}v ~ie %}u@E& +SJu E o] o & S]}v u }D

Fow.L 2omagitoy. (3)
(aveC2i, 2459 O[}E] V3 §]}v E o &¢ M, et\eSrdpere 4 EEr)%o
Or, si les capteurs contenus dans une centrale inertielle peuvent étre, en théorie, fusionmés pou
*SJu E o[}E] vS S]}v o] eré @olml comprepant @ &ee aligné avec la verticale

et un axe aligné avec le nord magnétique, ces capteurs sont, en praticuestiéns différemment par
des distorsions locales dans le champ magnétique mesuré par la centrale. Il en résldte @peres
de référence4, ;percus par différentes centrales peuvent étre incohérents (Picerno et al. 2011; Lebel

et al. 2018; Guaitolini et al. 20 . Il est donc nécessaire de définir un repére global commun
dans lequel exprimer les accélérations des SCoM.
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Fgure55: Incohérence entre les reperes de référence pergus par deux centrales inettietlaple pour des centra
positionnées au niveau du tronc et de la cuisse

4 A mile repere local déa centrale E2x A &t A /@ matrice de transformation entre le repere local et le reper
référence 4, ,percu parlacentralef L PNKJ?32 ?QEOOA

v(JvU pv  (}]e o] o E obfenue gans WD repére global, il semble pertinent de
chercher a exprimer la vitesse instantanée du BCoM. Celle-ci peut étre décomposée en une
composante cyclique et une composante moyenne. La vitesse de marche moy¢eneést utilisée
en clinique paqu E E]J]E o 3 5us (}v S]}vv (@BaRempt ab, 2019), &blasVitesSe
instantanée (composant cyclique et moyenne) peut étre utilisée pour obtenir f@snations sur le
co(t énergétique (Donelaet al., 2002b; Detrembleuet al, 2005) ou surl <p]Jo] €&  CyHafl<p
et al, 2005, 2007) de la marché >[]vs P& S]}v JE& § of o & §]}v u }D } 8
centrales inertielles peut dériver du fait de la présence de bruit dans les signaux deseserRmlr
limiter cette dérive, la vitesse instantanée du BCoM peut étre obtenue en deux temmslculant

[MV % ES 0 }u%}e vS§ u}C vv uCE pv C o u® Z § [PUSE % C

premiere peut étre estimée via le ratio de la distance parcourue par le tibia péndgpas et la durée
du pas (obtenue par exemple en utilisant le modéle cinématique du tibia projpose (@uraffourget
al., 2019)), tandis que la seconde peut étre estimée par intégration direct® o0 E 3]}vU «ulA]
o[ % %0] S§]}v [p-ha(lpcu@eniéaerda composante moyenne et le bruit du signal (&ein
al., 2014).

>[} i 8]( S Sétaidonc de proposer un protocol#e GEu S5 vS [ «SJu & o] o E
et la vitesse instantanée du BCoM a partir de centrales inertielles montéedesusegments, en
utilisant des réseaux optimaux de capteurs (OSN),[viad]Ju S]}v o[ o & S]}v e« "~}D v
repéere global communs o[]vS P&E S]}v o[ o & S]}v pu }DX

hv % &e*}vv U%o s SE ve( u}® o ~07TlIPU iUo0bGaUSAluu ~ELSVS %
dans la section précédente a été equipée, en plus des marqueurs optoélectroniquesedeales
inertielles positionnées sur le tronc, les cuisses, les tibias et les pieds.
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d}usd }uu ve o S %0 E V3 U 0 ¢ %Z}S}PE %Z] ¢u%oE]* * %o V
o[ <u]*]S]}v }vs o] E «emeodptbélectponig@e et sont utilisées pour définir un
modeéle inertiel personnalisé selon (Pilkttal,, 2010)X ] % CEu S [} S V]E 0 ¢ %}e]S]}tve
dans le repere global du systeme optoélectronicqe £ X > fiification des positions des centrales
inertielles dans ce méme repére est alors possible par Dikdc( Linear Transforen cliqguant sur les
photographies calibrées. Ceci permet de calculer la position relative des centrales lewesrietles
SCoMdanslerepérég £/0 5 0}Ee v ¢ ]JE [} S V]E o u SE] %0 ¢ P
de chaque centrale inertielle4,,; _et le repere 4g £y, pour exprimer la position relative de la
centrale et du SCoM dans le repére local de la centrale.

Comme indiqué plus haut, W[ ¢S %o ¢ %o}e*] O [MS]o]s E J]E S uvsS o+ u SCE
fournies par les centrales inertielles, cellep- § v3 epue %3S] 0 (JMEV]E o[}E] vS 8]}
dans des repéres globaux différents. EnAr v. Z U e ZC%}8Z o o euE& o[ 0]PV u v3 L

VEE 0 * *UE 0 * ¢« Pu vSe S ¢uE& o[ o]Pv u v « o Puraegtiisées¥% }*]S]}v
% }UE S]u & o[} E] 25£5kb AGEntee fepAcentrales et le repére global du systéme
optoélectronique (Ligoriet al., 2020). On peut en effet supposer dans un premier temps que pendant
o[ <M]*]S8]}v 8 S]<u Vv %o}e]8édaxes dnafochiqueses segments sont alignés avec
la verticale et la direction de progression. Si les centrales sont parfaitement algumdes segments,
}Jv } 8] vd }v puv % E u] E  +3]u 3]}v el 55 1 AiaSe B JovatiGiieo $]A
o[ o]PvuvSuvpgo ¢ VSE 0 % HUS }lu% E v E e EE pE-X S5
JEE]P v pS]lo]e v3 o[¢anrtiale Pas fapport aola verticale (donnée par la centrale
inertielle et non perturbée par les distorsions magnétiques) pour obterérnouvelle estimation plus

correcte de 2 £v,i» £ AxeidFigure56) S Joo o0 ¢ S % o [} S VS]}v §§ u SCE]

centrale située sur le tronc.
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Fgure56: Approximationded}{E] vS S1}v p E % E o0} 0 [p4adedsHe epée dEsFdteone optoélectroniqde (-)
% v vS o[ <pu]e]S]}v ¢S Sl<pu  VvP%ol} g ®PEXEMple gqusla centrale du tronc.
- Lamatrice2g A £ i, €St directement obtenue en sortie de la central® al 1)
- Lamatrice2g 5 £1~ & £88t inconnue & L f2) mais peut étre estimée en utilisaBg) + @b) :
Une premiére approximation de la matrice de transformation du repére giigbal, vers le repére local de laMU 2: £ 1,1z A 4
*§ 3} 8§ vp v puS]ole vS e« ZC %o }alignementimmandElle deslaegntrale positionnée sur le tronc dansy,[3a).
Ensuite, en utilisant la t&tion de la direction verticale par la centrale, robuste car indépefidany u Pv S}u S @4 ,duo| |
repéere E (EV % E U % E o VEE o0 S Gy (4o 4 £ A uneoded@ndelaprdimation peut ¢
cdculée ¢).
- Enfin, 2z A £i-¢ £85t obtenue &P L 4PV % E v Vv Sedp]d A, F £ G

175



> 0] & 3]}v ¢S SJ<yu %o U S [} S V]E % }lpE& Z < vS§E o v ES
X Son orientation dans le repere de la photographie calibrée, ici le repgre,; o[]veS vS§
R de la statique : 2 £v.i7 & Ayf
x >[}E] v§ §]}v (Bnstarit¢)Ades repéres percus par deux centrales inertielles
différentes 2 oA o En effet, celle-] <[} S] v§ o[ ] o[}&] vs 8]}v J&
fournie par les centrales dans leur repere globd (> £ A &) €t par leur matrice
[}E] vS S]}v  ve & £ & fF> £ A4QU leurs inverses :
- 2Awhipsl RposAmiBH ZimiesviR H 2Evioeaiel H
2Ehm A
Pour les essais dynamiques, le repere de référence percu par la centrale dwigng , tfourne

pour avoir un axe orienté selon la direction de progres est utilisé comme repére global
commun atoutes les centrale$a: 2 ,,,9A L 4:&;

Fgure 57: Rotation 4;:a; du repére d
référence percu par la centrale du tr
(4a49ppi %0 tHE O]PV & ofpv
de référence a la direction de progressior
E}S S]}v v e |JE 3 s &
o[} @liom du repére local de la centr
4k A mi o) dans son repere global. En effe
centrale est positionnée sur le corps
% ES] 1% vS § 0 <u[pv .
direction de progression.

On obtient alors, a tout instanPJ o[} E] vS S]}v [uv V & & @anwe@dllean
repere global de référence comme sUitZe A g9 A P L £22 iAo P HaZoAsvool Ravoi?A
En somme :

X > 0] & 3]}v 5 3]<u % Eu 3 [} 8 VIE 0 %}+]3]}v E o 3]A

inertielle et SCoM sous-jacent dans le repdie vpuis dans celui de la centrakee A i

~yuye.
cuye,?™oey

x On peut utiliser cette position relative, constante dans le repére de la centrale as cour
e <Hu]*]8]1}veU %}pE S CEulv & o] o & 3]}v ocal pv e N}

de la centrale qui lui est associgg’ ) " (équation 2)

X Kv % pns8 (Jv o u vs pslo]e & o[}&E] vS 8]}v }vv v <} ES]
2EAmiAs P33 O[}E] v8 8]}v & o S]JA VvSE o E %edHaleet& ( E v
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le repere global commun obtenu a partir de la centrale du tror,, A pour estimer
o[ o & $]}v u " }D ve o #fE. %edEation 8} o
X Kv % pu38 pus]o]e E o0 * KME % }uE <SJu & o] obdappwr pu }D
[uv u}C vv %}v @Geélérations des SCoMEy . (équation 1)
x Enfin, on peut estimer pour chaque cycle de marche la vitesse instantanée du BCoM en
décomposant la vitesse en une composante moyenne et une composante cyclique.

Le protocole décrit ci-avant a été misve %o 0 % }UE § 5 E 3 A o] & o[ps]o]e &
E - UAE %S WE-* S 0 <lidbeat<]fo} pEe0¢ *S]u S]}v o[ o E S]}v S§
Jved v3 v U VvSE Use H JE%*X > %E ]]}v o[o*3A035{}v of

o[ ] [Uv VEE 0 pv]<p p Vv]A p u SE}v Pouvs § 3Su] X

Tableau 1: Liste des réseaux de capteurs testés

Nombre de .
Segments inclus
segments
5 Tronc, cuisses, tibias
5 Tronc, cuisses, pieds
3 Tronc, tibias
1 Tronc

Les accélérations des SCoM et du BCGMe+] <pu 0 A]E ee Jved v3 v H D } S v e

e VS3E 0+ ]v E3] 00 * }v3 3 Ju% E + pPE Vo ESHMhve DA]S e
des plateformes de force (accélération du BCoM) ou du modele indatiebrps complet (accélération

e A}ID 3§ A]S ee p }DeX > % @E Je]}v e +5[u §]}we } (] 1AV DU o)
corrélation de Pearson (r), des erreurs quadratiques moyennes (RMSE), des RMSE nonpaalisées
o[ u%o]spu o Ao puE E (ol lavvitessE dbyenme, ddJla RMSE exprimée en
pourcentage de la vitesse moyenne de référence.

Les résultats obtenus dans cette étude sont encourageants et suggerent que les centrales
inertielles sont une alternative valide aux instruments des laboratoird v oCe p U}HA u v3 % }pd
o[} § v8]}v of o & S]}v § 0 A]§ e+ Jved v3 v E*lvyE u

U%HUS « p V]IA p SE ve( onde anyg certpaddsafert@lles situées au niveau du tronc,
des deux cuisses et despu/ZE 3] ] * % Eu § [ *3]Ju E A % E& ]Je]}v o] o &E §
centre de masse obtenues avec les plateformes de force et le systéme optogigqae (coefficients
de Pearson r > 0.89 et r > 0.94 respectivement, NRMS3B6= 2,1 %140+ 2,1 % ; 7,7 + 0,4 % pour
o[ o E s16V %51 %132 =+ 3,0 %; 6,0 £ 0,8 % pour la vitesse dans les directions
antéropostérieure, médio-latérale et verticale respectivemetnloi. La vitesse moyenne
de marche est notamment estimée avec une précision de 0,05 m/s (RMSE) coreasparddl % de
la vitesse nominale. Seules deux études dans la littérature ont permis une &stirda la vitesse de
marche avec une précision similaire ou accrue, chez des sujets sains (Maalar#010; Yang and Li,
2012a) Dans le futur, plus de sujets devront étre recrutés afin de confirmer les résultats abodsea
ce protocole et ce réseau de capteurs chez les personnes amputées transfémorales. Par lailleurs
protocole devra étre adapté afin de permettre une acquisition en embarqué, sé@osssiter un

177



systeme optoélectroniqueW}uE o0 U pv «C+S u o] & 3]}v *]Jo%anhel }H O[uS
i +8 VA]e P X e u 3Z} ¢ E %} Eipatiod ppostedor deldmposifionelative

des centrales et des centres de masse de segmeifite S %o } 1 E < | } des|[dree¥ss dé localisation

des centralesy (ES] o0 ¢ euE o *S]Ju S]}v o o E S]}virre G]3AISE.
étudiee.

Fgure58: Accélération (a gauche) ef§ ¢ ]JveS v§ v ~ (E&}]S+ p VvSE u ee M ihGEcéatrals
inertielles situées sur le tronc, les cuisses et les tibias (courbe orange discontinue) comparé a la référence (courbe grise)
2.3 Analyse de sensibilité dg 1l o €& S]}v u vS E u ee U JE% e PA
localisation des centrales inertielles
>[}i 8] §8 3P 8135 [&n] & o[Jlu%e & o (P EPE P +5]u
VEE 0 ¢ Jv (ES] 00 « su&E o] o & S]}v pu VvSE u@e } §vpus o |

de cing centrales inertielles situées sur le tronc, les cuisses et les tibias.

Une analyse de sensibilité a été menée pour répondre a cette problématique, lsanities

}vv e o[ SH % CE v X Ve pv % E u] E S u% U OopJuboc]s@ ou A]
localisation des centrales inertielles a été estimée. Les centrales étaient insérées dans dets suppor
rigides imprimés en 3D contenant quatre marqueurs optoélectroniguie®e Eu $3 vS Jve] [} § v]d
O[}E] v8 8§]}v 8§ 0 %o}e*]S]}v - VSE 0 Ve 0 E % JHE pesDwrIEuU 1} %
o[ u%o0]spu rsfleBcAisation possible avec le protocole décrit dans la section préeédientx
opérateurs ont calibré les photographies de face, dos et profils du getitien posture statique et
ont cliqué sur les positions des origines des centrales inertielles a cinq reghaam. Les positions
obtenues en cliquant sur les photos ont été comparées aux valeurs de réféfemaees par le
systeme optoélectronique. Des erreurs allant jusque 2 cm ont ainsi été mises en évidence.

Les accélérations des centres de masse des segments (SCoM) et du centre de masse du corps
(BCoM) ont ensuite été estimées en simulantunegd ]« 0o} o] §]}v  + -adli@ uneU [ 3
EE PE ve of *3]u 3TW. M. A cRéquaion 2 de la section précédente), pouvant
00 E ipe<p T wu Ve Z UV e ]J]& S]}ve O *%o -latéraleSet@E }%o}*S Q
verticale, selon les axes du repéde £1); Afin de quantifier uniquement les erreurs liées a une
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mauvaise localisation des centrales, les orientations des centrales inertiellestétaterminées dans
le repere 4g g1, O 1] e U Ecu HWE* %o}e]S]}vv ¢ epE o0+ Vv ]JoOo JE * 0 ¢ ]
util]e vs o u sZ} E]s ve o[ [Figure3Q)E vsS ~

Fgure59: Photo du profil droit du participant équipé de centrales inertiell
de marqueurs. Les centrales sont insérées dans des ancillaires rigides §
en 3D spécifiqguement congus pour cette application et équipés de 4 mar
optoélectroniques (HD, HG, BD, BG).

La matrice de passage entre le repéere local de la centrale (origine olM
Tagi gt S 0 E % & Te oW J)gest t@BNue par concepti

§ % Eu § [} 8 V]IE Oo[}E] vs 8]}v o[/Dh
optoélectronique.
v uSJo]e v8 o 38Z }E] o %d(Goupy, 20B¥%. S vo e %o}ec] 0 ¢ [ ECE |
% }*]S]}vv u v8U eJuposS v ¢ }p vivU ¢ Jvc VSE o[ GEVEGSE 0vSE}VH !
o0 E S]}ve e ANID § } D <]updonnées as]centrates inertielles et les
accélérations de références (modeéle inertiel pour le SCoM et plateformes degfour le BCoM) a été
calculée. Par ailleurs, pour chacun des composants des accélérations, un npadéglemial
multilinéaire avec interactions a été proposé pour décrire la relation entreriesirs de localisation

de chaque centrale selon les axes du repdgeg.,iS 0 % E ]°]}v o[ *$]Ju S]}v ~ v §
EZDAN o of o & S]}v} § vy o[ ] e VSE 0 ¢ Jve (B8} PO {uA[ S|
différents termes du poly€u % Eu S [ *SJu E 0 % }uE vVvS P Ade] v Ve

o[ *S]Ju S]}v o[ o & S]}v ~EZD™ « AE%O0]<h % E (Qupyyv2016y). EE pE
Les erreurs de localisation des centrales inertielles engendrent des variations dans larpoézisio

o[ *SJu S]}v - o E S]}ve ¢ VSE - U -6 % et 6.9Pwu(tous segnieds

et axes confondus) et entre - 1%et 1.7 % en ne considérant que le tronc et les cuisses. Les plus

PE v « A E] §]}ve Ol EE PE ] VS](] * %}UE 0 4S]EP p@Ees & ]

A E3] 0 % HA v3 e[afp glandeEte¥se @ngulaire du tibia dans le plan sagittal pa

rapport aux autres segments. La précision des accélérations des SCoM des membres inférieurs est

principalement affectée par les erreurs de localisation des centrales selon les axes antrepost

vertical. Les erreurs de position selon la direction médio-latérale ont une influencemuémnte

HV]<p U VS *puE 0 % E ]°]}v o[ a dectdr} antéuogodérieure et daos une

moindre mesure, dans la direction verticale ainsi que sur la précisibpabélération de lauisse dans

la direction antéropostérieurfrfgure6lfs X« J(( & v + VSE 0+ Pu V3 % LA V§ -
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les différents mouvements des segments lors de la marche (tronc vs segments degesiemb
inférieurs).
}v E&v vS8 o[ *S]u S§]}v o[ o0 E S]J}v 4 }DU of]v 0@Q+33CE- vv¥] ]J0]

A] v  «<u[qcalisation précise des centrales inertielles du tronc, de la cuisse saine et du tibia sai
selon les directions antéropostérieure et verticale permet de réduire la variabditgstimation de
of o & 8]}v pu VSE u } Bxemple pour la composante
antéropostérieure du BCoM). En effet, des erreurs dans les localisations de ces centraleeselon
directions expliquen92 %,77 % et’9% de laval S]}v 0 % E ]Je]}v o[ *S]Ju S§]}v o[
du BCoM dans les directions antéropostérieure, médio-latérale et verticale respectivement

Figure61: Sensibilité de la précision des accélérations des seg Fgure 60: Sensibilité de la précision de la compos
(S = sain ; P = prothétique) selon les directions médio-latérale vS E}%}*S E] pE o[ o & S]}v
antéro-postérieures (AP) et verticales (V) en fonction des erre corps au positionnement antéropostérieur  (ps
localisation pX des centrales et de leurs interactions pX*pY (X, médiolatéral (pML) ou vertical (pV) des segments (tibia
ML, V) Shanks, tronc : Trunk, cuisse saine : ThighS)

La variabilité de la précision deptcélération du BCoM estiraé |hide de la méthodologie
présentée ici peut étre maintenue a moins de 1 % en identifiant correctengsniolcalisations
antéropostérieure et verticale des centrales du tronc ainsi que des tibia et cuissi#él sain. Le role
prépondérant de ces cento ¢ %o US ¢[ £ %O0]<u E % E 0 U ** % E %}v E VvS§
saine par rapport aux autres segments chez une personne amputé au niveau transfémomginsi
par la plus grande vitesse des tibias dans le plan sagittal au cours de l&march
LapE » vS§ Vv oC- e ve] JO]S Vv e[ ¢S %o e JvS (E - o[Ju% § o
centrales inertielles, contrairement & ce qui a pu étre fait dans €fal, 2019)X ve o[ WdeoCe
sensibilité implémentée ici, les accélérations des SCoM sont estimées dampéara global avant
[!SE (He]}vVv * %}uE +S]Ju E o] Ainsh et ulilishnt leuprotddd & proposé dans
cette étude, un mauvais alignement manuel de la centrale avec les axes anatomigsegmests ne
devrait pas conduire a une erreur prépondérantev o[ *S]Ju S]}v 0 G S]}veX un }v
ve o[ Su (Tanet al, 2019)U o] o & S]}v u }ID 3 «3]u o[ 1] [UV
[ %0% E vS]ee P u Z]v % E v v3éexbrutes@e centrales ihertielles, ce qui peut
expliquer la forte influence des errewr [}e@Edtion des centrales sur la sortie du modéle. Dans le
% E}S} }o Ju%o u vs ] ]JU e po e e« EE pEes [}E] vS 8S]}v <« VSE o
commun aux centrales devraient avoir un impact, supposé négligeable. Cette égpatbvra étre
vérifiée dans de prochaines études.
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3. Deuxieme approche : faisabilité et pertinence clinique de la caractérisation de la qualité
de la marche (équilibre, symétrie)o ] %S HUE* u E<Y »

Dans cette partie, la faisabilité et la pertinence clinique ot{ligation de centrales inertielles et/ou
U 00 %o E& ¢*]}v %o }uE E S E]* E 0 *Cu SE]% EEofvvuio] &
amputées sont explorées.
Une premiere étude avait pour objectif de déterminer si les algorithmesdétection des
événements de la marche a partir de centrales inertielles peuvent étre utilisés pour estimaélaisy
temporelle de la marche chez les personnes amputées de membre inférieur (oheeseconde
étude explore la faisabilité[uS]o]e E ¢ Jv ] - <d 0]8 0 u @& Z Jeepe uSE ]
%S WE* u E<H * %}UE *u]AE o Alous]}v %o MEUrJacoursu %o us o
o nE & H S]}v  wdmentationadu] test de deux minutes (sectjon B.2

3.1.hs]o]e 8]}v . VESE 0 ¢ Jv ES] 00 ¢ %o}uE O *S]u%dchsw] o]
chez les personnes amputées transfémorales

SE » viu E pAE oP}E]SZuU ¢ }vS § % E} %} ¢« & &vénempdts & SpE
du cycle de marche, notamment les instants de début et de fin de contact dapied|, a partir de
centrales inertielles. Le foisonnementde laliE SHE & v ]J((] Jo o <+« o 38]}v [uv oP
une certaine population et une situation donnée. Ainsi, le but de cetidé@tait de comparer cing

oP}E]SZu -« § 8]})v. ¢ A v u vSse 0 u@ Z Jeephuerld o0]35 E
faie ]o]S8 [MS]o]s E <+ VvSE 0 ¢ ]Jv ES] 00 *» %}pE o]uClre dee % E u
uE %Z o [ %o%op] Z 1 0 s % Ee}vv o U%uUS * SE ve( U}E 0 X

Trois des algorithmes, utilisant deux centrales inertielles au niveau de chaguetibété choisis
car ils ont été développés et validés sur les données de marche de personpetasnde membre
inférieur (Sellet al,, 2005; Magbookt al., 2017; Ledoux, 2018). Un algorithme utilisant une unique
centrale au niveau du tronc (McCamley al, 2012), jamais testé chez les personnes amputées,
égalemevs § ¢ 0 S§]}vv E pv Su Ju% E S]A ve 0 Juds & SucE
o[ oP}E]S8Zu psS]o]e v8 pv « po VEE 0 0 %o0p* A%y @E (YU VI %}
marche dans des populations pathologiques (Trojanietlal, 2015). Enfin, un dernier algorithme
utilisant deux centrales au niveau des tibias a également été implémenté (TrlmaBieteatti, Pelosin,
et al, 2014). Ce dernier algorithme a été trés largement validé sur une populatortante de sujets
pathologiques (236 patients parmi lesquels 125 Parkinsoniens et 31gatétiques t Bertoli et al.
2018). La performance des algorithmes a été appréciée au regard de la foégderdétection des
A vuvseU 0 % E ]-elidm des pdraniles temporels et enfin de la précision de
o[ *$]Ju S§]}v o[ *Cu SE&E] uE %o Z o [ %o %o ndIKIEéesechezules O * %o
personnes amputées transfémorales (Loiehl., 2019), ont été utilisées comme référence.
Sept personnes amputées au niveau transfémoral (age : 47 3an9, masse74,5 + 11,9 kg
taille : 1,80 £ 0,10 m; 5 hommes) ont participé a cette étude et éalisé plusieurs passages de
marche sur sol plan horizontal a vitesse confortable, rapide et lente. Au4btalpas sains et 623 pas
% E}SZ S]<nu » }vs § }ve] E ¢ ve O[] VOCe X
Sauls deux des cing algorithmes présentaient une valeur positive prédictiveidelel99 % (taux
de faux positifs < 1 %) pour la détection des instants de contact initiabépfir les pas prothétiques
et sains (Trojaniello, Cereatti, Pelosth,al, 2014; Ledoux, 2018). Un faible taux de faux positif est
181



primordial pour une utilisation de ces algorithmes sans méthode de @dbé;, ainsi, seuls ces
algorithmes sont étudiés en détails. Ces deux algorithmes permettent Iati#iedes instants de

contact du pied au sol avec une précision suffisante. Toutefois, la divergence des erreurs de détection

des événements de contact final pour le pied sain (Ledoux, 2018) ou lerpiétique (Trojaniello,

Cereatti, Pelosirgt al,, 2014) contribue a la surestimationC*3 u S]<u W S U%oe [ %o %o ] %o E} S

ou a la sous-*35Ju 8]}v 4 S u%oe [ %o%op] * JvU <«u] }v pddim@lionaden v § o]
o[ *Cu SE] uE %Z * [ %o%op] A Z UV o U FRE®/]SZuU X
variabilité dansladé 3$]J}v ¢ A v u v3e vul]3 o0 % E ]°]}v o[ 8] S]}v C

[ %0%oh]U %o} uES vS % ES]V VS % }uE ipP &E O W¥o]iod & pCW] Al qu
transfémoral (Goujoret al, 2006; Kendekt al.,, 2010).
v }v oue]}vU 8§ Su UIvVEE <p U ¢] 0 © JlvedsSV¥Eles dVg 3 ]Jv]¢
algorithmes de détection des événements de la marche peuvent étre utilisés pour segneenter
marche des personnes amputées transfémorales de maniére robuste, des développements
}u% o0 u vsS JE ¢ *s}vS v e |(E ¢ %}UE 0 ¢ pS]o]e EE SopdEE %o }uE -
la marche.

3.2.W ES]v v o]Jv]l<pu p *plA] e Jv] < [ <pulo] & S *Cu Sd
o[ ] e %3 HEe u E<p e+ Z1 0 % Ee}vv ¢ U%US o |

Ces derniéres années, de trés nombreuses études se sont intéressées a la caractérisation de |
*Cu 3E] o uE&?z 3 o[ <pJo] & Cv ul<u * PV pAlv ] vEEEDAs -
inertielles portées sur le haut du corps (Maztaal, 2008; losaet al, 2014; Summat al, 2016;
Bergaminiet al, 2017; Pasciutet al,, 2017; Bellusciet al., 2018) ou de semelles de pression (Nolan
et al,, 2003; Cuttet al, 2018; Loirett al, 2019), dans de diverses pathologies. Ces indices de qualité
de la marche comprennent :

- Lessymétries p&E [ %0 %] S Z &P «<p vS8](] * of Jetde * u oo -

o[ +}ous ~Cuu sCECm}u A

- #5+ IZ—HsrravecSetZIesvaleursde laduréedef®Z « [ %o%op] }U M
%o | [ ((JES &Ii %o}UE 0 « i u o ]v e 3 % @EJ&etal]20B). E *% S]A

Figure62: Durée de Z [ %o¥ance duration S %o ] [ ((}ES Fz)
dérivé de la composante normale des efforts de réaction au sol (Vertical GRF)
semelles de pression droite (Rightourbe bleue) et gauche (Leftourbe orange)
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- Le ratio harmonique, selon sa plus récente définition, leUHR o po % ES]E [V VvV
fréquentielle des accélérations mesurées par une centrale au niveau du bassineseliais|
]E S]}ve qPaséuto et al., 2017).

o] . .
E*4 LAS’Y’%SE%: &rr avec QU-Y et 2,2}(Ia puissance associée, respectivementx au

&

harmoniques intrinséques (contribuant a la symétrie de la mgrehextrinseques (traduisant
Qv Al 8]1}v [uv emarane symétriqup o[ o (Cagdgozzo, 1981)
- Les valeurs efficaces des accélérations ou RMS, calculées au niveau du bassin, du sternum et
0 38!3 e 0}voe+3SE}s ]E §]}ve o[ *% X M]d weE P DY pv
traduit une instabilité du segment auquel elle est mesurée.
- > } ((]]vSe [ 85 vu 8]}v VSE o esJv S 0 +SSEbapanlU o <3 E
et la téte, calculés a partir du ratio des RMS des accélérations entre deux niveaesssfs du

haut du corps (Paradisi et al., 2019 %L s F E;Eg.

- Un coefficient positif indique une atténuation des accélérations du niveau bas vers le

VIA. u Z p8 o}E- <p[pv } ((1 1 v8 v P SI(]v ]cp @EVE]Iu%xo]($88]}v
(1Jv]8]1}v & %o} que @ns ph schéma de marche physiologique, les accélérations

dues au mouvement des jambes sont transmises vers le haut du corps en étant atténuges po

assurer un flux optique stable et une interprétation efficace des signaux du systeme

vestibulaire

Ces 23 indices ont été calculés dans diverses populations, y compris chez les personnessamputé
H VIA p 3E ves] ] oU o[ £ %S]}v 0[], ZX d}u& (}]=Ulove % E}S}
1(( E v8 [uv S VRY; MSE U 8§ p pv Vv }vv PV Ap ve[ ¥ u o
méme échantb o} v % Ee}vVv ¢ U%US X W E Joo PE*U g puv  Spy  v[ A
indices de qualité de la marche, ce qui est essentiel pour caractériser la sendislii@dices a
détecter une évolution réelle de la qualité de la marche.

Cette étuak avait donc pour objectif de répondre a ces limitations en étudiant simultanémaeist to
les indices sus-cités chez neuf sujets sains et neuf sujets amputés au niveau transtibial @& cours
deux tests de deux minutes, instrumentés avec trois centrales inertielles au niveau du Hassin,
«§ Evpu § 0 S!183 U 8§ <u]% ¢ [HUV %o |V E 0o @E-U%RE AepPucE-
}Svh e p JHuEe ¢ 8 e5e }vs § lu% E - |RAUS|avec less¢meleas (BED] }
o[ ] pficignt de corrélation de Pearson dans le but de clarifier le sens de ce paraneetre d
symétrie globale.
> e Jv] ¢ E % S 0 [HVv § 5§ o[ UMSE }vsS [ }1®@S]|GE]* I» BSHUTES %
caractéris & 0 ¢ %o} %0 S]}ve * Wi Sés wahstibiadx. Enadiepld différence minimale
§ § 0 % E Z pv e Jv ] - § «3]u o[ ] 118 Poo(@E}¥o}S %o EE %
(Bland and Altman, 1986).
Sur les 23 indices étudiés, 21 indices ne présentent pas de différences signifieatieese
premier et le second test de deux minutes pour les deux populations. De meédistdnce parcourue
est similaire entre les deux tests. Les deux indices présentant des différences significatidescont
S ES - o[ v oC- E v e+ u 0 v3 %adem%niueipbE une@opdatEd & E
o[ ] n{gstde deux minutes. Pour les autres indices, des valeurs cohéreetetadittérature ont
été retrouveées. Les 21 indices restants ainsi que la distance parcourue pentisttde deux minutes
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ont alors été utilisés pour caractériser les populations saine et amputée. Seelsies parametres (y
compris la distance parcourue) permettent de distinguer les personnes amptregestibiales des
sujets sains et démontrent un moins bon équilibre dynamique et une asymétnaedes personnes
amputées par rapport aux sujets salisbleau 2.

Tableau 2 : Médiane et écart interquartile (IQR) des valeurs des indices de qualité de la marche quantifiés lors du premier test
de deux minutes pour les sujets sains et amputés. Les différences significatives entre les deux popuéations (0d5)

sont identifiées par la présenc [uv 8§ E]e<u ve 0 }olvv ~]IPX ~<]Pv](] 8]A]S -
Anteropostérieur Médio-latéral Vertical
Médiane (IQR) Médiane (IQR) Médiane (IQR)
Sujets sains fr\;nn?sl:itlfisaux Sig. Sujets sains :[Ar;nnpsLtjitt()éiZux Sig. Sujets sains ﬁ;psl:itt()éisaux Sig.
iHR (%) 969 (21) |859(65) |* 852 (111) |714(84) |* 97,6 (15) |891(66) |*
RMSa pelvis (¥ 2,05 (093) | 1,78 (088) 1,77 (119) |1,60 (070) |* 3,13 (076) | 2,47 (141)
RMSa sternum (§ |/ / 1,09 (051) |[1,27 (039) |* 3,37 (129) | 2,56 (124)
RMSa téte(s?) 1,17 (058) |1,69 (075) |* 1,00 (027) |1,53(030) |* 3,35 (107) | 2,55 (120)
AC pelvis/sternum | 0,35 (029) |0,19 (029) 0,31 (045) | 0,27 (025) / /
AC pelvis/téte 0,50 (038) |-0,03 (069) |* 0,20 (047) | 0,05 (020) -0,01 (012) |-0,01 (015)
AC sternum/téte 0,26 (052) |-0,39 (091) |* 0,03 (015) |-0,20 (023) | * 0,01 (009) | 0,00 (012)
Sujets sains ﬁ?nil:itbéiZux Sig.
ASltemporelle (%) | -1,4 (358) | 8,8 (93)
ASIcharge (%) 0,6 (122) |5,6 (213)
Distance test (m) | 192 (16) 140 (35) *

/o 8 ]J]vS E e+ VS v &8t Ieseulides frpisfparametres de symétrie qui présente une
1(( @ v <]Pv](] 8]A VSE o - MAE %o} %o u0 S]}veKvSe EHpES%EG 1w %o
o[].Z <}vS v :en fiet,«cet indice de symétrie ne présente aucune corrélation avec les ASI
caractérisant la symétrie temporelle et de charge ni chez les sujets sains ni chez les personnes
amputées au niveau transtibial. Si dix des paramétres ne permettent pas de différias sujets sains
des sujets amputés, ils ne sont pour autant pas nécessairement a écarter lorgidiesypatients en

JHE- E u SJ}vX Jo 8 v ((S S}us (]S %}ee] 0o péufuv J(( C

& U 8]}v S <u[ oo <}]8 }u o U JUE- 0 E @}sVty (W% HSveXoo
Seule une étude pEu 33 v3 [} S V]E o0« Ao pE+s E 3 EJ]*s vS3 0+ % Ee}vv
& M S]}v %o HUS %o Eu SSCE }vV OLE *uE o[]vS E&!S & Jvu] 2P XuE

En effet, la comparaison des valeurs des indices au cours de la réédudaitanfen de celle-ci avec

la différence minimale détectable permettrait de juger si les indices sont sensibles @ukans de

la marche et donc pertinents pour suivre les progrés des patients au cours de leur rédniucag

toutefois intérese v 3§ v}§ & <u[ pn € P E e Ao uEs oA « « J((E vV U
e } ((]]1v8e [ 835 vu 8]}v SEIPA « ve 33 Spuflhelpermaitedb E} o0 <

pas de détecter une évolution des patients au cours de la rééducation.
Cette étude a contribué a améliorer la compréhension des indices de qualité darthe. La

faisabilité de la caractérisation de ces indices en clinique lors duged¢ux minutes, validé chez les

personnes amputées, a par ailleurs été démontrée. Afin de conclure pertiaence du suivi de ces

Jv] <U Jo ee JE [} 3 V]I]E <« Ao pE- GIIVE v ] % EFuESSE
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de mettre en évidence si les indices sont suffisamment sensibles pour détecter unécévde la
qualité de la marche au cours de la rééducation, et ainsi de conclure sur leur pertinence clinique.

4. Conclusion générale

>[} i 8]( §8 §Z + 38 JWSE] UM E p AP} % w VE<ps]oe
% Eu 33 v3 o[ A op 8]}v <p v3]S afiphtées de dmedbrd infémeur pendant leur
rééducation.

> % & u] & % ES] 0 SZ - % Eul]e [] vS](k Eclniquese E u SE
% ES]v v8eU %}3 v8] oo u vS <u v38](] o - o[ ] Vi @ -°]JyVvES] o
Deux approches complémentaires ont alors été implémentées pour développernldesthmes
originaux ou valider, chez les personnes amputées de membre inférieur, des extdtants
permettant de quantifier la cinématique du centre de masse, la symétriedeu E Z § o[ <p]Jo] &
dynamique.

La premiere approche, fondée sur la modélisation biomécanique du corps, a ééériemiée dans
la seconde partie de la these (sec@nﬂ E epu X hv oP}E]SZu }E]P]v avetho Eu SS
% E ]e]}v o] 0 E 3]}v 5 0 A]3 e¢ Jved viw[] p VIE VSUEco -
inertielles a pu ainsi étre proposé et validé chee personne amputée transfémorale. La robustesse
du protocole aux erreurs de localisation des centsal] v ES] 00 ¢ % }uE o[ *S]Ju S]}v o[
centre de masse du corps a été étudiée a travers une étude de sensibilité. Caiteeapourrait étre

}u%o § % E pv S o[Ju% 8§ + EE& pE-s [}E] VP E]UVVE E]S -
e VSE 0 °* %}UE O (Jv18]}v [uv B % E Po} o0 JuupvX[>33% A ]Jo
E u%o S oJu]d X >[ v 0C= e ve] J0]3 A30G %%oE }SIA @] JVEUE 0 ¢}V

[UV HV]<H % Ee}vv  u%usd X entd dedaRnt étredeciltés afin de confirmer la
validité et la pertinence g % E}S} }0 %o E}%}e X W E ]Joo PE*U Vv O]*SSEW 0 %o &

[MV *C*S U }%S} o SE}IV]<H %}uE o 0] & S]}v Of}%EZYSUHPUE %o Z] *
modele inertiel personnalisé et la position absolue des centrales inertielleddéYeoppements et
Hv SE A Jo A 0] 3]}v *}v3 v Vv  ee JE ¢ %}UuTE *C% #e-G%S} O[S
électronique, par exemple, en utilisant des scanners 3D. Enfin, le protocalajp@ire adapté pour
% Eu S$SE [ «u (pd@netfeq Bi@nécaniques pertinents tels que le déplacement du
centre de masse et les efforts de réaction au sol sous chaque pied.

> o }v %o%o E}Y Z U (}v * U EsignaEdasahpteusd ¢mbarqués pour identifier

des indices caractérisant le mouvement, a été implémentée dans la troisieme partie desta th
(sectiorB H E epu ¢ ve o uS [ £ u]v E 0 % ES]v wdequaild&ERSZu « }u
marche déja proposés dans la littérature pour le suivi de la rééducation des persampesées de
uuE Jv( E] HEX hv % E u] E 3u A 18 %}UE }o[pE]c]f BAlow E o
centrales inertielles pour caract¢e E o[ reeCtenmporelle de la marche. Si deux des cing

oP}E]SZuU - § 38]})v. ¢« A v uvse 0 uUuE& Z % Eu s3ves [] vs](]
% & ]e]}v 0 ¢ Jved v3e [} MEE v « AV uvse Iws 5 {¥s8] o 3 (
*3Ju & o[ *Cu 3E] uE %Z o [ %o%op] § u]e v eA] v U
OP}E]SZu « v HEX  ve uv HE] u S U o[]MBEhwusssSIBV 3

des centrales inertielles sur le haut du corps et des semelles de pression a été prapeéetude
a permis de démontrer la faisabilité de caractériser, en milieu clinique,dbtéule la marche des
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% Ee*}VvV e U%MUS *» SE veS] ] o v S EU-** [ <UBEIE GVvlul<pv B « -
issus des capteurs embarquées. % ES]v Vv e Jv ] - S %0} E o[ 1] [
répétabilité intra-session, dont les résultats devront étre confirmés sur une étude de répétatidr-

session avec une cohorte de personnes amputées plus importante. Par aill@stsnécessaire de
comparerlesvaleursd @ ( €€ v } S vu s U }UE- o[ Su HAE A o HE+ % E]
cours de la rééducation afin de vérifier la sensibilité au changemenhdiegs et de conclure sur leur

utilité pour le suivi clinique de patients pendant la rééducation.

Les deux approches implémentées dans cette thése ont donc contribué, chateureéchelle, au

transfert vers la clinique des capteurs embarqués. La premiére a, en effet, exploré de nouvelles pistes

[ L8] do»d@s capteurs embarqués chez les personnes amputées de membre inférieur tandis que la
e }v % % E}(}v ] 0 }vv ]ee v ¢ 50 PE <pu Ald] Spvu@®E T <z 1
les personnes amputées. Des travaux complémentaires de validation sont toutefois nécessmites
de pouvoir implémenter les protocoles proposés en clinique. Il est intérestmmoter que les
algorithmes et protocoles proposés dans cette thése pourraient également semaléeéla marche

[ USCE ¢ %o} %o O cEll§ \des <personnes amputées de membre inférieur, mais de légéres
adaptations des algorithmes pourraient étre nécessaires (par exemple, concdmantioix des
segments a instrumenter pour la cinématique du centre de masse) et la validationditesgténrs ou
algorithmes devra étre vérifiée au préalable dans la population visée.
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Emeline SIMONETTI

Contribution to the development and validation of
wearable-sensor-based methodologies for gait assessmen
and rehabilitation of people with lower limb amputation

Résumeé

Un des objectifs majeurs de la rééducation des personnes amputées de membre inférieur appareill®es est |
a une marche physiologiqueH I ILFDFH pQHUJpWLTXHPHQW HW PLQLPLVDQ
S3HX GTRXWLOV FOLQLTXHV SHUPHWWHQW DXMRXUGTKXL GH|TX
capteurs embarqués miniaturisés offre des opportunités pour la description quantitative et écologique
PDUFKH 'DQV FH FRQWH[WH OfREMH Fdéelopgpdinedtie \pétocdles ¢nvid [°3:3
pour apporter des données quantitatives pertinentes lors de la rééducation a la marche des personnes ar
de membre inférieur. Deux approches complémentaires ont été adoptées. La premiere approche consiste a

OfLGHQWLILFDWLRQ GH SDUDPgQWUHV ELRPpPpFDQLTXHV HW F
permettant la quantification de la marche des amputés de membre inférieur.

Mots clés: Analyse quantifiée de la marche, capteurs embarqués, centre de masse, équilibre dynam
symeétrie, personnes amputées de membre inférieur

Résumé en anglais

One key objective during the rehabilitation of people with lower-limb amputation fitted with a prosthesis is 1
restoration of a physiological and energy-efficient gait pattern minimizing falling risks due to the loss of balar
Few practical tools are available to provide quantitative data to assist the follow-up of patients in the clin
routine. The development of wearable sensors offers opportunities to quantitatively and objectively describe
in ecological situations. In this context, the aim of the thesis is to contribute to the development of wearable
and protocols to support the functional rehabilitation of lower-limb amputees by providing clinically releve
guantitative data. Two complementary approaches have been implemented. The first approach consi:
developing biomechanical models of the human body in order to retrieve biomechanically founded parname
A protocol allowing to accurately estimate the body center of mass acceleration and instantaneous velocit
therefore been proposed based on gait data of ten people with transfemoral amputation and was validated
person with transfemoral amputation. The second approach consists in identifying patterns in the sic
measured by wearable sensors to extract concise descriptors of gait symmetry and dynamic batdimiealThe

relevance and reliability of these descriptors have been investigated for the first time in people with lower-|
amputation. The work produced in the course of this thesis has contributed to the clinical transfer of weat
sensors into the clinical practice through the identification of clinically and biomechanically relevant parame
and the validation of original algorithms allowing to quantitatively describe the gait of lower-limb amputees.
Key words: Quantitative gait analysis, wearable sensors, center of mass, symmetry, dynamic balance, pe
with lower-limb amputation




