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Résumé

Depuis que les charges et les déplacements excessifs sont identifiés comme des
causes majeures des blessures de la colonne vertébrale soient d’ordre récréatif ou
industriel, la connaissance des charges imposées sur les différents tissus spinaux est
essentielle pour le développement effectif de programmes de prévention et de traitement.
La limitation au niveau des méthodes de mesures in vivo a obligé les chercheurs a se
tourner vers des techniques de modélisation biomécanique. Les études in vitro
démontrent que la colonne seule (sans 1’apport des muscles) subit le flambement sous
’application de faibles charges de compression (~20 N) suggérant que des analyses de
stabilit¢ mécanique de méme que d’équilibre sont nécessaires pour étudier la tolérance

limite de la colonne.

Les charges imposées sur la colonne s’estiment par des calculs de moments
d’équilibre, a I’aide d’un diagramme de corps libre, considérant différentes charges:
celles externes (comprenant la gravité) et internes produites par les muscles et les tissus
passifs. Le probléme majeur relié a ce type d’analyse est que le nombre de forces
musculaires inconnues dépasse largement celui des équations d’équilibre. Deux
approches peuvent contourner cette situation d’inégalité: des modeéles utilisant soit
I’optimisation soit les signaux d’électromyographie (‘EMG-assisted’). Une limitation
importante dans ces mod¢les est que les muscles et les charges imposées s’estiment en
considérant les conditions d’équilibre seulement sur une section au lieu de I’entiéreté de
la colonne. Cette réduction a une seule section engendre une violation des lois de
I’équilibre dans les autres sections non considérées. En outre, aucune des études
préalables n’a considéré les forces de contact entre les muscles thoraciques et la colonne:
cette simplification peut engendrer une prédiction erronée de la modélisation du tronc

durant la phase de grande flexion.

Récemment, une nouvelle approche a été développée par notre groupe: des

valeurs cinématiques de la colonne mesurées expérimentalement sont appliquées sur un
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modele numérique d’éléments finis non linéaires afin d’évaluer les forces musculaires et
les charges internes ainsi que la stabilité. Cette approche a pour avantage de contraindre
la cinématique de la colonne qui a été mesurée in vivo sous des charges externes et des
forces musculaires. A chaque niveau de la colonne vertébrale une cinématique
particulieére est appliquée (rotation et/ou translation) ce qui génére une (ou plusieurs)
équation(s) d’équilibre additionnelle(s) entre les forces musculaires inconnues et les
charges externes: réduisant ainsi la redondance des équations d’équilibre. Lorsque le
nombre d’équations d’équilibre égale celui des forces musculaires inconnues, le systéme
d’équations devient déterminé et peut étre résolu mathématiquement. Une telle approche
satisfait les conditions d’équilibre selon toutes les directions et pour ’ensemble des
niveaux de la colonne et entraine une réponse cinématique en concordance avec les
forces externes, les forces musculaires et la résistance des tissus passifs. A ce jour,
I’application de cette approche se limite pour des taches de levage statique en position

debout.

Dans la présente étude, cette approche sert a calculer les forces musculaires et les
charges internes a différents niveaux de la colonne de méme que la stabilité de celle-ci
dans des taches de levage dans lesquelles des flexions antérieures dans le plan sagittal du
tronc sont réalisées. Il est bien reconnu dans la littérature que ces taches sont des causes
majeures de blessures lombaires. La cinématique de la colonne, la rotation du pelvis et la
position d’une charge externe ont été enregistrés lors du protocole expérimental chez 15
sujets méles sains. Des électrodes bipolaires de surface ont été placées symétriquement
de chaque coté de la colonne afin de recueillir le signal EMG des muscles superficiels.
Différentes postures (position debout, flexion du tronc de ~40° ainsi que de ~65°) en
combinaison avec des postures lombaires variées (cyphotique, lordotique et libre) ont été
considérées et ce sous I’application ou non d’une charge externe de 180 N posées dans

les mains.
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Un modéle symétrique de la colonne (selon 1'axe sagittal) au niveau T1-S1
considérant 56 muscles a été développé. Les propriétés mécaniques non linéaires et
dépendantes de la direction des segments T12-S1 sont représentées par des €léments
poutres déformables. Le poids du membre supérieur de 387 N est distribué sur la
colonne plus 180 N en sus dans les mains selon le cas considéré. La cinématique
mesurée est appliquée sur le modele pour obtenir les moments de réaction a chaque
niveau de la colonne. Un algorithme d’optimisation s’ajoute a chaque niveau afin de
distribuer ces moments entre les muscles, selon leur implication, et permet de résoudre
le probléme de redondance. Huit fonctions d’optimisation ont été considérées afin de
déterminer celle la plus fiable. La stabilité du systéme a été étudiée sous différentes
postures et charges a 1’aide d’éléments uni axiaux possédant des rigidités variables afin
de représenter les muscles (K=gF/l). De plus, les roles de la pression intra abdominale
(PIA) et de la posture lombaire ont €té investiguées pour leur effet sur la répartition des

charges et la stabilisation de la colonne.

Les prédictions du modele sont qualitativement validées par les mesures des
signaux EMG et les valeurs de pression intra discale. Lors que le tronc est fléchi de 65°,
les forces de compression axiale et de cisaillement antéropostérieure au niveau critique
de L5-S1 atteignent 2 026 et 598 N (sans charge externe) et 3 247 et 869 N (avec la
charge de 180 N) respectivement. Dans cette posture, les forces musculaires des
érecteurs du rachis représentent 716 et 1140 N (sans et avec la charge externe)
démontrant une augmentation de 1 332% (comparativement a 50 N) sans charge externe
et de 149 % (comparativement a 458 N) en chargement versus la position debout. Des
risques €élevés de blessures aux tissus actifs/passifs lors d’activités de levage impliquant
une flexion antérieure du tronc devient alors évident. L’effet des différentes fonctions
d’optimisation sur ces valeurs relatives est minimal. En position fléchie, le risque de
blessures spinales dues a I’instabilité se révele une considération moins importante qu’en
position debout. Par exemple, la valeur ¢ requise pour maintenir la stabilité en position

debout lorsque la charge externe est appliquée de chaque c6té correspond a 17 ce qui
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redevient nulle lorsque le tronc est fléchie de 40° ou 65°. Lors de ces derniéres taches,
les forces musculaires de méme que la rigidité de la colonne de part les tissus passifs se

révelent assez importantes pour stabiliser la colonne.

La posture lordotique, en comparaison a celle cyphotique, diminue le moment de
flexion tout en accroissant I’implication musculaire des extenseurs, de la compression
axiale, de la force de cisaillement au niveau de L5-S1 et la stabilité spinale (Iégérement).
En considérant les forces musculaires et les charges spinales, les résultats de cette étude
supportent le choix d’une posture avec une légére flexion lors des tiches de levage
statiques. En position debout, le role de déchargement de la PIA disparait avec un niveau
bas de coactivité des muscles abdominaux (RA: 0.5%, OE: 1%, OI: 2%) introduit dans
le modéle tandis que son role stabilisateur se renforce avec 1’élévation de la coactivité
abdominale. En position fléchie, le role de déchargement de la PIA disparait seulement
avec un niveau élevé de coactivité abdominale (4 fois plus important que le niveau bas)
tandis que son rdle stabilisateur diminue avec la hausse de la coactivité abdominale. Les
roles de déchargement et stabilisateur de la PIA sont d’abord spécifiques aux tiches et a

la posture.

Dans les positions fléchies, lorsque les lignes d’action des muscles thoraciques
sont considérées non linéaires (en courbes et en ne permettant pas aucune réduction de
leurs bras de levier par rapport a la position initiale), les forces musculaires et les
compressions axiales dans tous les niveaux spinaux diminuent considérablement en
comparaison a ’application de lignes d’action linéaire. Lorsque I’on permet une
réduction du bras de levier de 10% de sa valeur initiale durant la flexion, les forces
musculaires et de compression axiale augmentent dans tous les niveaux spinaux. La
considération de géométrie précise (non linéaire en courbe) pour les muscles et de leurs
bras de levier de maniére physiologiquement réaliste est essentielle afin d’obtenir des
résultats acceptables. Le modele et la méthodologie présentés dans cette €tude, assurent

les conditions d’équilibre dans toutes les directions et pour 1’ensemble des niveaux de la



colonne et entrainent une réponse pour la cinématique spinale en concordance avec les
forces externes, les forces musculaires et la résistance des tissus passifs avec des

propriétés non linéaires.
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Abstract

Since mechanical overload and/or overuse are known as major causes of
recreational and occupational injuries to the spine, knowledge of spinal tissue loads is
essential for design of effective prevention and treatment programs. Infeasibility of
experimental methods to measure these loads has persuaded researchers towards the use
of biomechanical modeling techniques. In vitro studies show that the spine devoid of
muscles buckles under small loads (~20 N) suggesting that both mechanical stability and

equilibrium analyses are needed to investigate the safe load tolerance limits of the spine.

Spinal loads are estimated by satisfying moment equilibrium, in a free-body-
diagram of the spine, between external/gravity and internal loads produced by muscles
and the passive spine. The major problem is that the number of unknown muscle forces
is much larger than that of equilibrium equations. Two approaches have commonly been
employed to tackle this redundant problem; optimization and EMG-assisted. A major
shortcoming in these models is that muscle and spinal loads are estimated by considering
equilibrium conditions only at a single cross section rather than along the entire length
of the spine; a simplification that results in violation of equilibrium at remaining levels.
Besides, none of previous studies has considered wrapping contact force between trunk

muscles and the spine, which could yield erroneous predictions during trunk flexion.

A novel Kinematics-based approach in which the measured kinematics of the
spine are prescribed in a nonlinear finite element model to evaluate muscle/spinal loads
and stability in upright standing postures has, recently, been developed by our group. An
advantage of this approach is in prescribing the in vivo kinematics data that constrain the
spinal deformation under external loading and muscle exertions. Each prescribed
kinematics generates an additional equilibrium equation between unknown muscle
forces and external loads; thus decreasing the degree of redundancy. If the number of
equilibrium equations at a spinal level reaches that of unknown muscle forces, the

problem is solved deterministically. Such approach satisfies the equilibrium conditions
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in all directions along the entire length of the spine and yields spinal postures in full
accordance with external loads, muscle forces, and passive tissues. To date, application

of this method has been limited to static lifting tasks in upright standing postures.

In the current work, the Kinematics-based approach was applied to compute
muscle and spinal loads at different spinal levels as well as system stability in static
lifting activities involving forward flexion of trunk. Such lifting activities have been
indicated as major causes of injuries to the lumbar spine. Posture, pelvic tilt, and load
location were recorded in an in vivo study on 15 healthy male volunteers. Surface EMG
electrodes were placed symmetrically to record the activity of superficial muscle groups.
Upright standing and forward flexion (~40° and 65°) postures with different lumbar

postures (kyphotic, lordotic, and free) with or without 180 N in hands were considered.

A sagittaly-symmetric model of the T1-S1 spine with 56 muscle fascicles was
used. The nonlinear and direction-dependent mechanical properties of T12-S1 segments
were represented by deformable beams. The upper-body gravity load of 387 N was
distributed along the spine in addition to a 180 N applied in hands. The measured
kinematics were prescribed in the model yielding required moments at all spinal levels
that when coupled with an optimization algorithm allowed for the solution of the
redundant system. Effect of eight optimization cost functions on predictions was studied.
The system stability was investigated under given postures and loads with muscles
replaced by uniaxial elements with different stiffness (K=¢F/l). Role of intra-abdominal

pressure (IAP) and lumbar posture on loading and stabilizing the spine was also studied.

Predictions were validated by comparison with measured EMG and intra discal
pressure. When flexing forward by 65°, compression and shear forces in the critical L5-
S1 disc reached 2026 and 598 N (no load in hands) and 3247 and 869 N (180 N in
hands), respectively. In this posture, force in erector spinae was 716 and 1140 N without

and with 180 N in hands, respectively. This shows increases of 1332% (from 50 N) and
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of 149% (from 458 N) compared to the upright posture without and with 180 N held in
front, respectively. High risk of injury to active/passive tissues in lifting activities
involving trunk flexion, hence, becomes evident. The effect of different optimization
cost functions on these relative effects was minimal. In flexed postures, risk of injury to
the spine due to instability was of lesser concern compared to the upright postures. For
instance, the required g value to maintain stability in upright posture when lifting 180 N
on sides was 17 that decreased to zero when trunk flexed by 40° or 65°. In such tasks,

due to great muscle forces and passive lumbar stiffness the spine was sufficiently stable.

Compared to the kyphotic postures, the lordotic postures increased extensor
muscle activities, compression and shear forces at the L5-S1 disc, and (slightly) the
spinal stability while decreasing segmental flexion moments. Considering muscle and
spinal loads, results support free style posture with slight flexion as the posture of choice
in static lifting. In the upright posture, the unloading role of IAP faded away as low level
of abdominal coactivities (RA: 0.5%, EO: 1%, 10: 2%) was introduced in the model
while its stabilizing role continued to improve as abdominal coactivity increased. In
flexed postures, the unloading role of IAP disappeared with high level of abdominal
coactivities (4-fold of low level) while its stabilizing role deteriorated as abdominal

coactivities increased. The IAP unloading/stabilizing roles are posture and task specific.

Compared to the case in which linear line of actions were considered for thoracic
muscles, muscle forces and spinal compression at all levels substantially decreased as
these muscles took curved paths while not allowing any reduction in their lever arm
from upright posture. Allowing for a 10% reduction in these lever arms during flexion
increased muscle and compression forces at all levels. Consideration of thoracic muscles
with curved paths and realistic lever arms is essential. The presented model and
methodology guarantees satisfaction of the equilibrium equations in all directions along
the entire length of the spine while yielding spinal postures in full accordance with

external/gravity loads, muscle forces, and passive tissues with nonlinear properties.
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Condensé en Francais
Introduction

Tant au niveau de la prédominance que des colts reliés, les troubles lombaires
sont reconnus comme les plus significatifs parmi les différents troubles
musculosquelettiques (Praemer et al., 1992; Webster et Snook, 1994). Selon le
consensus général, les causes majeures des blessures de la colonne vertébrale sont la
surcharge mécanique des tissus excédant leurs seuils de 1’endommagement. La
connaissance adéquate des charges imposées sur les tissus spinaux est donc essentielle
pour le développement effectif de programmes de prévention et de traitement.
Cependant, les charges spinales ne peuvent pas étre mesurées directement. Les
estimations indirectes, comme celles basées sur la pression intradiscale, présentent
également un lot de difficultés important en raison des colts et des considérations
éthiques. Les chercheurs ont ainsi opté pour l'utilisation de techniques de modélisation

biomécanique.

En compensant les moments de charges externes dans des tiches de levage, les
muscles de tronc, en raison de leur petit bras de levier par rapport a celui des charges
externes, exercent des forces considérablement plus importantes que les charges externes
sur la colonne vertébrale. La prédiction exacte des forces musculaires est donc critique
pour une estimation adéquate des charges spinales. Les études in vitro démontrent que la
colonne sans 1’apport des muscles subit le flambement sous I’application de faibles
charges (~20 N) (Lucas and Bresler; Shirazi-Adl and Parnianpour, 1996) suggérant que
des analyses de stabilité mécanique de méme que d’équilibre sont nécessaires pour

étudier la tolérance limite de la colonne pour sa sécurité.

Les charges spinales sont estimées en appliquant les conditions d'équilibre entre
les charges externes/gravité/inertie et internes produites par les muscles et les tissus
passifs de la colonne vertébrale. Le probléme majeur est que les équations d'équilibre ne

peuvent pas étre résolues mathématiquement puisque le nombre des forces inconnues de
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muscles est plus grand que le nombre d'équations d'équilibre disponibles. Deux
approches bien-reconnues ont été souvent utilisées pour s'attaquer a ce probléme;
I’assistance par les signaux d’électromyographie (‘EMG-assisted’) et 1’optimisation.
Cette derniére fournit une solution mathématique du probléme en optimisant une
fonction de colit (par exemple la minimisation de somme de tensions des muscles) en
satisfaisant les conditions d'équilibre. ‘EMG-assisted’, utilise les signaux dEMG pour
estimer les forces musculaires en supposant une relation entre I'activit¢ EMG de muscles

et leurs forces.

Une importante lacune des modeéles biomécaniques, anciens et présents, de la
colonne vertébrale est que les forces musculaires et les charges spinale sont estimées en
considérant les conditions d’équilibre sur une seule section (généralement sur le disque
le plus bas comme L5-S1) plutot que de les considérer le long de I’entiére colonne; une
simplification qui s'ensuit dans la violation d'équilibre aux niveaux restants. Les modéles
simples d’éléments finis de la colonne vertébrale avec 'optimisation ou les algorithmes
d’EMG ont été développés pour obvier a cette lacune (Cholewicki et McGill, 1996;
Stokes et Gardner-Morse 1995). Par contre, ces modeéles souffrent de la représentation
inadéquate de non linéarités et de propriétés passives de la colonne vertébrale. Pour une
meilleure fiabilité des résultats, la considération adéquate des propriétés matériclles non
linéaires des segments lombaires avec des propriétés qui dépendent de la direction et de

la charge s’avere importante.

Aucune des études précédentes n'a considéré la force de contact entre les muscles
qui enveloppent la colonne vertébrale et cette derniére pendant les taches de flexion du
tronc. Une telle hypothése pourrait engendrer une erreur importante dans les charges
spinales estimées spécialement dans les charges de cisaillement antéropostérieures. En
plus, le role de la pression intra abdominale (PIA) et son interaction avec les activités
abdominales n’ont pas été souvent correctement modélisé (Cholewicki et Reeves, 2004;

Daggfeldt et Thorstensson, 2004). L'incapacité de déterminer précisément les forces
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musculaires, les charges spinales et la stabilité de la colonne vertébrale est un obstacle
critique dans le développement de directives ergonomiques pour le design de taches plus

sécuritaires.

L’Approche basée sur la cinématique (‘Kinematics-based approach’)

Récemment, une nouvelle approche a été développée par notre groupe de
recherche: des valeurs cinématiques de la colonne mesurées expérimentalement sont
appliquées sur un modéle d’éléments finis non linéaire afin d’évaluer les forces
musculaires et les charges spinales ainsi que la stabilité de la colonne vertébrale (El-Rich
et d'autres., 2004; El-Rich et Shirazi-Adl, 2005). Cette approche a pour avantage
d’appliquer la cinématique de la colonne, mesurée in vivo, pour contraindre la
déformation de celle-ci sous des charges externes et des forces musculaires. En plus, a
chaque niveau, une cinématique particuliere (rotation et/ou translation) est appliquée sur
chacune des vertebres ce qui génére une équation d’équilibre additionnelle entre les
forces musculaires inconnues et les charges externes a ce niveau; réduisant ainsi la
redondance des équations d’équilibre. Si le nombre d'équations d'équilibre a un niveau
spinal particulier atteint celui des forces de muscle inconnues, le probléme est résolu
mathématiquement. Une telle approche satisfait non seulement les équations d'équilibre
selon toutes les directions et pour I’ensemble des niveaux de la colonne, mais aussi
entraine une réponse pour la cinématique spinale en concordance avec les forces
externes, les forces musculaires et la résistance des tissus passifs. A ce jour, ’application

de cette approche se limite aux taches de levage statique en position debout.

Dans la présente étude, cette approche a été appliquée pour calculer les forces
musculaires et les charges spinales a différents niveaux spinaux ainsi que la stabilité du
systeme dans des taches qui sont reconnues comme étant les causes les plus importantes
des blessures de la colonne vertébrale lombaire: les taches de levage statiques
impliquant la flexion du tronc. La posture de la colonne, la rotation du pelvis et la

position de la charge externe ont été enregistrées lors du protocole expérimental chez 15
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sujets males sains. Des électrodes bipolaires de EMG ont été placées symétriquement de
chaque c6té de la colonne afin de recueillir les activités des muscles superficiels.
Différentes postures (position debout, flexion du tronc de ~40° ainsi que de ~65°) en
combinaison avec des différentes postures lombaires (cyphotique, lordotique et libre) ont
été considérées et ce avec ou sans l’application d’une charge externe de 180 N tenue

dans les mains.

Un modele symétrique de la colonne, (selon I’axe sagittal) au niveau T1-S1 avec
46 fascicules musculaires locaux et 10 globaux, est utilisé. Les propriétés mécaniques
non linéaires et dépendantes de la direction du segment T12-S1 sont représentées par des
¢léments déformables de poutre. Un poids de 387 N du corps supérieur, est distribué
excentriquement sur la colonne, auquel s’ajoute 180 N appliqué dans les mains. La
cinématique mesurée est appliquée sur le modele pour obtenir les moments de réaction a
chaque niveau de la colonne. Un algorithme d’optimisation s’ajoute afin de distribuer
ces moments entre les muscles, selon leur implication, et permet de résoudre le probléme
de redondance. Par la suite, la marge de stabilit¢ du systéme a été étudiée sous les
postures et les charges données ou les muscles sont remplacés par des éléments uni-

axiaux avec différents parametres de rigidité (K=qF/l).

Pour étudier l'effet de rigidité passive de la colonne vertébrale sur les charges
spinales et la stabilité, les analyses ont été réalisées en diminuant la rigidité de flexion de
la colonne vertébrale jusqu'a 30 %, chose qui peut se produire en raison d'une blessure
au systéme passif. L’effet des changements dans la posture lombaire (i.c., cyphotique,
lordotique et le style libre) sur les charges spinales et la stabilité pendant le levage
statique a été également étudié. Les résultats d’une telle étude servent a recommander la
posture lombaire la plus sécuritaire en termes de réduction des charges spinales ou de

I’amélioration de la stabilité spinale.
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L'effet de huit différentes fonctions d’optimisation linéaires et non linéaires sur
les prédictions a été étudié. Quatre critéres non linéaire (Istress 3, Xstress 2, Zforce 2 et la
fatigue des muscles) et quatre linéaires (Xstress, Xforce, la compression axiale et la
méthode linéaire-double) ont été considérés. Cette étude avait pour but d'examiner
jusqu'a quel point le choix de la fonction d’optimisation utilisée pourrait influencer les
forces musculaires prédites, les charges spinales et la stabilité du systeme. Elle pourrait
identifier la fonction qui prédit les forces musculaires en accord qualitatif avec 'activité
EMG de muscles de tronc mesurés dans 1’étude in vivo sous la méme posture et le méme

chargement considéré dans le modele.

Pour évaluer le role de la PIA dans le déchargement et la stabilisation de la
colonne vertébrale pendant les tiches de levage, quatre niveaux de coactivité des
muscles abdominaux ont été considérés: nulle, bas (0.5 % dans RA, 1 % dans OE, 2 %
dans OI), modéré (augmentation de 2 fois par rapport au niveau bas) et haut
(augmentation de 4 fois par rapport au niveau bas). Ces niveaux de coactivité ont été
appliqués simultanément avec une augmentation dans PIA de 0 kPa a 4 kPa en soulevant
une charge de 180 N en position debout et de 0 kPa a 9 kPa en soulevant la méme charge

dans les flexions de tronc de 40 ° et 65 °.

Dans cette étude, une approche originale a été développée pour la simulation
nécessaire du phénomeéne d'emballage des muscles d'extenseur autour des vertébres en
tenant compte des forces de contact entre les muscles et la colonne vertébrale. Elle a
aussi pour but d’investiguer les effets probables d'emballage des muscles d'extenseur
globaux et de la réduction ultérieure de leur bras de levier sur les forces de muscle

calculées, les charges spinales et la stabilité de systeme dans des taches de levage.

Finalement, une étude quantitative a été réalisée pour évaluer jusqu'a quel point
les forces musculaires et les charges spinales ainsi que les exigences d'équilibre aux

différents niveaux sont influencées par les résultats des modeles du diagramme du corps
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libre (‘single level free body diagram’, SLFBD) dans lesquels les forces musculaires et
les charges spinales sont calculées en satisfaisant 1'équilibre a un seul niveau de la
colonne vertébrale; pour ce faire, deux tiches symétriques isométriques sont considérées
(la position debout et fléchi de 65°). Les résultats de notre modéle d’éléments finis qui
satisfait la condition d'équilibre a tous les niveaux sont comparés a ceux obtenus par les
modeles de SLFBD. Puisque les moments externes, le bras de levier de muscles et le
nombre des muscles qui traversent chaque niveau changent d’un niveau a un autre, on
pourrait s’attendre a ce que les modeles de SLFBD violent grossiérement 1'équilibre aux

niveaux restants.

Résultats

Les résultats du modele sont validés par les mesures du signal EMG et les
valeurs de pression intradiscale. Lorsque le tronc est fléchi de ~65° sans charge dans les
mains, les forces de compression axiale et de cisaillement antéropostérieure au niveau
critique de L5-S1 atteignent 2026 N et 598 N respectivement, comparé a seulement 570
N et 190 N en position debout. Dans la posture fléchie de 65°, en soulevant 180 N dans
les mains, les valeurs prédites pour la compression axiale et les forces de cisaillement
dans le niveau critique de disque L5-S1 ont atteint 3247 N et 869 N, respectivement.
Dans cette posture, les forces musculaires des érecteurs du rachis représentent 716 et
1140 N (sans et avec la charge externe) démontrant une augmentation de 1332%
(comparativement a 50 N sans charge externe) et de 149 % (comparativement a 458 N
avec charge) en position debout. Des risques élevés de blessures aux tissus actifs/passifs
lors des activités de levage impliquant une flexion antérieure du tronc devient alors
évidents, suggérant ainsi la vulnérabilité de ces muscles a la fatigue dans les conditions
répétitives ou soutenues semblables. L'impact de différentes fonctions d'optimisation sur
ces effets relatifs est minimal puisque les variations dans la compression axiale prédite et
les forces de cisaillement ne dépassent pas 11 % et 9 % respectivement, pour différentes
fonctions d'optimisation non linéaires dont les prédictions correspondent aux données

EMG. Nos conclusions confirment les suggestions avancées par les études



XX

épidémiologiques précédentes qui reconnaissent les tiches de levage comme étant le

facteur de risque le mieux documenté pour les troubles lombaires.

Les résultats de la présente €tude, cependant, montrent que dans les tiches de
levage avec la flexion du tronc, le risque de blessure a la colonne vertébrale en raison de
l'instabilit¢ du systéme est inferieur au risque de blessure causé par des forces
musculaires €élevées et des charges spinales. Par exemple, la valeur de g nécessaire pour
maintenir la stabilité dans la position debout en soulevant 180 N dans les mains était
d’environ 17 qui a diminué jusqu’a z€ro lorsque le tronc fléchi par 40° ou 65°. Dans de
telles taches, en raison de grandes forces musculaires et d'une rigidité lombaire passive,
la colonne vertébrale est suffisamment stable surtout en portant la charge dans les mains.
Une blessure au systéme passif de la colonne vertébrale qui a été simulée en diminuant
la rigidit¢ de celui-ci, aura d’une part entrainé une augmentation compensatrice
substantielle des forces musculaires actives qui auront augmenté les charges spinales et,
donc, le risque de blessure et de fatigue. D'autre part, elle aura détérioré la stabilité du
systéme qui pourrait & son tour causer une activation musculaire supplémentaire plus

importante.

Les modifications dans la posture lombaire durant les taches de levage ont
provoqué des changements significatifs dans les forces musculaires et les charges
spinales. Les valeurs maximales pour la compression axiale et les forces de cisaillement
sont produites au niveau du disque L5-S1 et sont plus €élevées dans la posture lordotique
que dans la posture cyphotique. Les forces de cisaillement ont diminué
considérablement de 23-36 % tandis que les forces de compression ont diminué
seulement de 2-14 % lorsqu’on passe d’une posture lordotique a une posture cyphotique.
Comparées aux postures cyphotiques, les postures lordotiques ont augmenté la
composante active des forces musculaires, la compression axiale, les forces de
cisaillement au niveau L5-S1 et légérement la marge de stabilité spinale mais ont

¢galement diminué la composante passive des forces musculaires et les moments de
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flexion segmentaires. En considérant les charges spinales et les forces musculaires
(actives et passives), la présente étude soutient la posture de style libre ou une posture
avec flexion modérée comme étant la posture de choix dans les taches statiques de

levage.

Toutes les prédictions, sans tenir compte de la fonction d’optimisation, ont
satisfait la cinétique, la cinématique et les conditions de stabilité le long de la colonne
vertébrale. Les activités musculaires correspondant qualitativement aux données dEMG
mesurées ont été prédites par quatre critéres (Zstress®, Istress?, fatigue et la méthode
linéaire-double). Les criteres de minimisation de fatigue et linéaires-doubles sont
inadéquats puisqu’ils associent de plus grandes forces dans les plus grands muscles sans
considérer leurs bras de levier. La fonction de Xstress? ou de Zstress® a été trouvée plus
adéquate dans la production des résultats plausibles comparables avec les données EMG
et la pression intradiscale. Presque la méme marge de stabilité a été calculée dans ces

quatre fonctions d’optimisation.

Pour toutes les tiches de levage quelque soit la posture considérée, une
augmentation de PIA a déchargé et stabilisé la colonne vertébrale lorsqu’aucune
coactivité n'a été considérée dans les muscles abdominaux. En position debout, le role
du déchargement de PIA a disparu méme en présence du bas niveau de coactivité
abdominale tandis que son réle de stabilisation continue a s'améliorer lorsque la
coactivité¢ abdominale a augmenté. En position fléchie, le role du déchargement de PIA a
disparu seulement avec le haut niveau de coactivité abdominale tandis que son rdle de
stabilisation s'est détérioré quand la coactivité abdominale a augmenté. Les roles du
déchargement et de la stabilisation de PIA sont d’abord spécifiques aux taches et a la
posture. Nos résultats démontrent qu'il est extrémement important de considérer la

coactivité¢ abdominale et la PIA ensemble dans un modeéle biomécanique.
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Comparées au cas dans lequel les lignes linéaires d'action ont été considérées
pour les muscles thoraciques,. les forces musculaires et la compression spinale a tous les
niveaux ont considérablement diminué lorsque les muscles d'extenseur ont pris des
sentiers courbés et ne permettent aucune réduction de leur bras de levier par rapport a la
position debout. Le fait de tenir compte d’une réduction de 10% de ces bras de levier
pendant la flexion a augmenté les forces musculaires et les forces de compression a tous
les niveaux. La considération de muscles d'extenseur globaux avec les trajectoires
courbées et les bras de levier réalistes est importante dans 1'analyse biomécanique des

taches de levage.

Les résultats démontrent que 1'équilibre doit étre satisfait simultanément a tous
les niveaux spinaux puisque les modé¢les SLFBD produisent des estimations qui ont
énormément changé dépendamment du niveau de coupe dans la DCL. De surcroit,
'équilibre de moment a grossiérement été enfreint aux niveaux restants avec l'erreur
augmentant dans les tiches plus exigeantes. La comparaison entre les résultats prédits
par notre mod¢le d’élément fini avec les modéeles de SLFBD, sans tenir compte de la
méthode utilisée pour s'attaquer a la surabondance, montre que les différences dans la
force de compression axiale calculée aux différents niveaux sont restées <9 % étant
beaucoup plus basses que celles calculées pour les forces de cisaillement et les forces
musculaires. Autrement dit, la force de compression axiale a l'air d'étre moins sensible
aux manques dans les mode¢les de SLFBD. Pour cette raison et en raison de 1’aisance des
applications de mod¢le de SLFBD, on peut soutenir que de tels mode¢les de SLFBD
pourraient étre réalisés avec l'objectif spécifique d'estimer seulement des charges de

compression, mais pas les forces de cisaillement et les forces musculaires.

Conclusion
En conclusion, la colonne vertébrale et ses systémes passifs-actifs deviennent
beaucoup plus vulnérables a la blessure pendant des tiches de levage impliquant la

flexion du tronc en raison des forces musculaires et des charges spinales trop élevées. La
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stabilit¢ du tronc reste, pourtant, d'une inquiétude moins importante dans les taches de
flexion. La prise de posture lordotique aggraverait méme ces conditions en termes
d'augmentation des charges spinales et forces musculaires; suggérant qu'un levage avec
une posture lombaire fléchie impliquerait moins de risque de blessure. La PIA joue un
role dans le déchargement et la stabilisation de la colonne vertébrale pendant les taches
de levage; un role qui cependant reste spécifique aux taches et a la posture. Ces
prédictions sont obtenues a partir d'un modele d'élément fini non linéaire détaillé de la
colonne vertébrale dans lequel les données in vivo cinématiques ont été appliquées pour

s'attaquer au probléme de surabondance.
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CHAPTER 1

INTRODUCTION

1.1 Low Back Disorders (LBDs)

Spine disorders are the most prevalent cause of chronic disability in persons less
than 45 years of age (Ashton-Miller and Schultz, 1997). As many as 85% of adults
experience low back pain (LBP) that interfere with their work or recreational activity
and up to 25% of the people between the ages of 30 to 50 years report low back
symptoms when surveyed (Frymoyer, 1996). According to the Canadian Centre for
Occupational Health and Safety, the largest lost time claim in Canada, accounting for
25% of all claims, is also due to back injuries (Canadian Task Force on Preventive
Health Care, 2003). In 1992, the annual costs associated with back pain in the US ranged
from $20 to $50 billion (Nachemson, 1992). In both prevalence and cost (treatment,
absenteeism, compensation), low back disorders (LBDs) are, hence, recognized as the

most significant disorders (Pracmer et al., 1992; Webster and Snook, 1994).

Although the cause of most LBDs remains unknown, but both personal and
environmental risk factors which include biomechanical and psychological factors need
to be taken into account for an adequate understanding of the mechanism of LBP
(Shirazi-Adl and Parnianpour, 2001). For the latter, the following factors are identified
to be of significance: monotonous work, high perceived workload, time pressure, low
control on the job, and lack of social support (Bongers, 1993). As for the former factors,
the results of epidemiological studies have associated six occupational factors with LBP
symptoms: (1) physically heavy work, (2) static work postures, (3) frequent bending and
twisting, (4) lifting and sudden forceful incidents, (5) repetitive work, and (6) exposure
to vibration (Frymoyer et al.,, 1983). In a large survey, lifting or bending episodes

accounted for 33% of all work-related causes of back pain (Damkot et al., 1984).
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Combination of lifting with lateral bending or twisting that occurs in asymmetric lifts
has been identified as a frequent cause of back injury in the workplace (Marras et al.,
1995; Kelsey et al., 1984; Hoogendoorn et al., 2000; Troup et al., 1981; Varma and
Porter, 1995; Andersson, 1981). Among various work-related activities, lifting, awkward
posture, and heavy physical work have been indicated to have strong relationship with
lumbar musculoskeletal disorders (NIOSH, 1997). Several review studies on the
epidemiology of LBP have also concluded that lifting, in general, is one of the major
documented risk factors for LBD (Ferguson and Marras,1997; Burdorf and Sorock,
1997; Frank et al., 1996).

1.2 Biomechanical Models of the Human Spine

There exists a general agreement that the major cause of injury is associated with
the mechanical overload and/or overuse of the lumbar spine tissues. The above-
mentioned studies confirming an association between heavy work and LBD justify
biomechanical investigations of the human spine. Obviously, the most important
mechanical function of the spine is to support external, gravity and inertial loads during
various activities of daily living. Such Mechanical factors are often identified as the
primary cause of LBD (Adams and Dolan, 1995; Bigos et al., 1986; Frymoyer et al.,
1983; Kerr et al., 2001; Marras et al., 1995; McCowin et al., 1991). Knowledge of spinal
loads, spinal movements, trunk muscle forces, and interactions between spinal
pathologies and mechanical factors, hence, provides appropriate insight for the effective
prevention and treatment of LBDs. Prevention and treatment programs, sport medicine,
and performance enhancement programs would benefit from a more accurate knowledge

of loads on spine and muscle forces.

Excessive mechanical loads likely induce injury (from micro damage to complete
rupture) in the ligamentous spine (e.g., ligaments, intervertebral discs, vertebrae) and
musculotendinous structures. Van Dieen et al. (1999) suggest that generally four

mechanical loads are of more interest: axial compression and shear forces acting on the



spine, tensile stress in posterior spinal ligaments, and muscle forces. These loads, once
calculated or measured, are to be compared with their tolerant limits in order to assess
risk of injury to the spine. Based on in vitro measurements as well as finite element
model studies some tolerant limits have been suggested for different mechanical loads
which the spine should undergo. For instance, tolerant limits of 6.4 kN for axial
compression (National Institute of Occupational Safety and Health), 1981), 2-2.8 kN for
shear force (Cripton et al., 1995), and 60 Nm bending moment in passive ligamentous
spine (Adams et al., 1980 and Adams and Dolan, 1991; Miller et al., 1986) have been
suggested.

Unfortunately, none of foregoing mechanical parameters of interest can be
measured directly. Therefore, other indicators of back load have been considered to
indirectly estimate the parameters of interest. For instance, intradiscal pressure (IDP)
(Nachemson, 1981; Wilke et al., 1999), intra-abdominal pressure (IAP) (Davis, 1981),
and spinal shrinkage (Van Dieen and Toussaint, 1993; McGill et al., 1996a) have been
suggested to be associated with the axial compression acting on intervertebral discs.
There exist, however, some controversies about the validity of rather simple associations
with spinal loads for these indicators (Van Dieen et al., 1999). Cost and ethical concerns
have further limited the feasibility of indirect measurements. The infeasibility of direct
quantification of muscle forces and spinal loads as well as the limitations of indirect
measurement methods have persuaded researchers towards the use of biomechanical
modeling techniques. Biomechanical models have been recognized as indispensable

tools for evaluation of spinal loads in various occupational and recreational activities.

1.3 Biomechanical Models of the Spine and the Kinetic Redundancy

Biomechanical models, both static and dynamic, use the basic principles of
mechanics to estimate muscle forces and spinal loads. Forces in different active (i.e.,
trunk muscles) and passive structures of the spine are calculated by satisfying

equilibrium between external moments due to gravity-external loads and internal



moments produced by all active and passive structures of the spine (Fig. 1.1) as follow
(limiting ourselves to sagittaly symmetric isometric cases by neglecting dynamic loads
in these equations as well as out-of-plane loads and movements, readers could consult

Appendix A for general information on functional biomechanics of the spine):

Fext

Fig. 1.1 Free-body diagram for calculating spinal and muscle loads at a typical lumbar

disc during lifting.

— > = = N  —» m —p — -
rgrxFgr + rextxFext + X rabdxFabd + X rbckxFbek + Mp =0. (Eq. 1.1)

=l =1
in which rgr, rext, rabd, and rbck are moment arms of gravity load (Fgr), external load
(Fext), different (total of #) abdominal muscle forces (Fabd), and different (total of m)

back muscle forces (Fbek) with respect to the center of the disc where the free-body



diagram (FBD) is considered, respectively. Mp is the passive moment resisted by the
ligamentous spine including disc and all passive tissues surrounding the spine which are

cut by the FBD plane.

Moment of external loads (rgrxFgr + rextxFext) is usually estimated using a
static or dynamic link segment model (for more details see Reeves and Cholewicki,
2003). Mp is generally estimated directly from the segmental rotation at the plane of cut
using moment-rotation properties obtained by experimental in vitro or finite element
modeling studies. The equilibrium equation is solved to calculate unknown abdominal
and back muscle forces. Once muscle forces are calculated, equilibrium can be
considered between external and internal forces to compute axial compression and shear
forces acting on the spine as follow:

o o n —» m —» - =)
Fgr + Fext + ¥ Fabd + £ Fbck + Fs + Fc = 0. (Eq. 1.2)
i=1 i=1
in which Fs and Fc¢ are axial compression and anterior-posterior shear forces acting on

the disc considered in this exemplary FBD.

The major problem in dealing with the foregoing equations is that Eq.1.1 can not
be solved deterministically, since the number of unknown muscle forces (n+m) is much
larger than the number of equilibrium equations (e.g., only one for the example in a
sagittaly symmetric lift). Numerous biomechanical models for estimation of spinal and
muscle loads have been developed to tackle the kinetic redundancy in system of
equilibrium equations. In doing so, generally four approaches have been reported in the
literature; single-equivalent muscle approach, optimization-based approach, EMG-

assisted approach, and Kinematics-driven model.

1.4 Single-Equivalent Approach



Earlier attempts to solve the redundancy problem have simplified the role of
muscles by grouping them into synergistic groups, i.e. a single equivalent muscle
represents all back muscles while ignoring abdominal ones (Chaffin, 1969; Leskinen et
al., 1983; de Looze et al., 1996; Morris et al., 1961; van Dieen and de Looze, 1999).
This reduces the number of unknown muscle forces allowing the number of equations
and unknowns to become identical so one could obtain the unique solution to the muscle
forces and, subsequently, spinal loads. Obviously, this method fails to estimate forces in
individual trunk muscles including various fascicles of extensor back muscles each of
which attach to a different spinal level and may play a different role during lumbar
extension and lifting activities (Bogduk et al., 1992a). Besides, there is a wide range of
data reported for moment arms (Bogduk et al., 1992a; Daggfeldt and Thorstensson,
2003; Jorgensen et al., 2001; McGill, 2002; Stokes and Gardner-Morse, 1999; Wood et
al., 1996) and line of action (Cholewicki and McGill, 1996; Han et al., 1992; Stokes and
Gardner-Morse, 1999) of the equivalent single muscle to which predicted muscle and
spinal loads remain very sensitive (Nussbaum et al., 1995; van Dieen and de Looze,
1999). It has, however, been suggested that single-equivalent models could solely be
useful for a crude estimation of spinal compression (van Dieen and Kingma, 2005;
Bergmark, 1989). The error naturally will grow in presence of greater antagonistic

muscle activities which are neglected in this model.

1.5 Optimization-Based Approach

The very widely-used mathematical modeling approach which has been proposed
to resolve the kinetic redundancy is based on the assumption that there may be a cost
(objective) function (or many cost functions) that could be minimized or maximized
(optimized) by central nervous system (CNS) while satisfying the equilibrium
conditions. Optimization was the first approach ever used to partition moment of
external loads between muscles in a multi-muscle model of the spine (Schultz et al.,
1982). In the optimization procedure, constraint equations on muscle forces are

introduced enforcing that muscle forces remain greater than zero and smaller than some



maximum values corresponding to the maximum allowable stress in the muscles.
Various linear and nonlinear cost functions have been used; two of the more common
ones include minimization of intervertebral disc compression forces (Schultz et al.,
1982; Seireg and Arvikar, 1973; Yettram and Jackman, 1982; Zetterberg et al., 1987)
and minimization of summation of muscle stresses to different powers (Crowninshield
and Brand, 1981; Hughes et al., 1994). In general, an optimization problem can be

defined as follows:

Minimize (OF) (e.g.,OF = Zn:(%f ) (Eq. 1.3)

where the objective function (OF) subject to the linear equality constrain corresponding

to equilibrium equation:

Y 1 xF =M-Mp (Eq. 1.4)

i=]

and inequality constraints:

0<F, <o, XPCSA, (Eq. 1.5)

where F,,PCSA,;, ¢ n, 1, and M denote unknown total force in muscle i,

physiological cross-sectional area of ith muscle, maximum allowable active stress,
number of muscles cut by the FBD, moment arm of the ith muscle, and the moment of
external loads, respectively. Note that Eqgs. 1.1 and 1.4 are vectorial representations of
equilibrium equations accounting for the fact that the sagittal moment of abdominal
muscles is opposite to that of extensor muscles. Naturally, in order to minimize the cost
function considered in Eq. 1.3, the optimization procedure usually assigns no forces to
abdominal (antagonistic) muscles. Inability of optimization approaches to predict

activity of antagonistic muscles is recognized as one of the major shortcomings of this



approach. Co-contraction of antagonist muscles, however, has been introduced in
optimization approach by assuming a non-zero lower bound for muscle forces in Eq.
(1.5) (Hughes et al., 1995). The lack of physiological basis for the assumption that CNS
uses an optimization approach to partition loads among muscles as well as the
deterministic nature of optimization-based recruitment predictions despite the presence
of inter and intra-individual variability in performance are other deficiencies of this
approach (Shirazi-Adl and Parnianpour, 2001; Reeves and Cholewicki, 2003).
Nevertheless, optimization methods are still the most common approach used to estimate

individual muscle forces in mathematical models of various joints (Herzog, 1992).

Predicted muscle forces using an optimization approach are qualitatively
validated by comparison with measured EMG activity of muscles. Cost functions whose
predictions for muscle forces correlate with muscle activation in a selected task are
considered adequate (Crowninshield and Brand, 1981; Hughes et al., 1994; Prilutsky et
al.,, 1998; van Bolhuis and Gielen, 1999). It has been suggested that a single cost
function of minimization of axial compression acting on the spine or intervertebral
displacements would not predict muscle activities in good agreement with EMG data
(Stokes and Gardner-Morse, 2001). A multi-criteria cost function in which sum of
weighted cost functions is simultaneously optimized was instead proposed (see Chapter

5 and Appendix B for more details on optimization approaches).

1.6 EMG-Assisted Approach

In the light of foregoing criticisms, the use of processed electromyography
(EMG) from trunk muscles has been advocated to drive biologic solution to the
redundancy present in biomechanical models (McGill and Norman 1986; Marras and
Granata, 1997; Gagnon et al., 2001). As a muscle contracts, electrical signals are created
within the muscles (EMG) which could be measured by surface electrodes on the skin
overlying the muscle or by deep fine wire electrodes inside the muscle. In order to

calculate force in trunk muscles a relationship between EMG activity of trunk muscles



and their force has to be subsequently presumed. Obviously, the calculated muscle
forces in this way will not necessarily assure the satisfaction of equilibrium equations
(Eq. 1.4). Therefore, a gain factor to which all calculated muscle forces are multiplied is
introduced to satisfy equilibrium conditions (i.e., Eq. 1.4). This type of strategy is
referred to as EMG-assisted method which is given credit for its ability to predict force

in antagonistic muscles and for its sensitivity to inter and intra-individual variability.

Apart from the difficulty in recording the activity of all existing muscle fascicles,
a limitation of EMG-assisted modeling is the fact that deep muscles are not accessible
using surface EMG electrodes. One must use intra-muscular wire electrodes to measure
the activity of these muscles or as often done in EMG-assisted models, activities for
these muscles should be assumed on the basis of the EMG collected from select
superficial ones. This disagrees with recent in vivo evidence that deep and superficial
fibers of trunk muscles are controlled independently (Moseley et al, 2002). It has been,
however, shown that appropriately located surface EMG electrodes may adequately
represent amplitude of deep muscle activities for a variety of tasks (McGill et al.,

1996b).

Even for superficial larger flat muscles the EMG activity is measured from one
site of the muscle, despite the existing regional differences in muscle activities (Strohl et
al., 1981; Davis and Mirka, 2000; Mirka et al., 1997; Hodges et al., 1999). Besides, wide
controversy exists regarding the nature of relations between muscle forces and
associated EMG activity. Due to these difficulties, EMG-assisted approach has been
described to be cumbersome (van Dieen and Kingma, 2005) or even impossible (Calisse
et al., 1999) for precise prediction of muscle forces in terms of both data acquisition and

EMG-force relationships.

To improve the accuracy of predictions in terms of providing better match

between the predicted muscle forces and their EMG profiles a hybrid optimization-EMG
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based model was suggested (Cholewicki and McGill, 1994; Cholewicki et al., 1995).
The objective of this approach was to balance net moment and moment produced by
muscles by applying the least possible adjustment to individual muscle forces. In other
words, individual gain factors are calculated for muscles rather than considering one
single gain factor to which all muscle forces, as is the case in a pure EMG-assisted
approach, are multiplied to balance the net moment. It was concluded that using such
hybrid approach would predict muscle activities in best possible match with EMG data
(Cholewicki and McGill, 1994).

1.7 Kinematics-driven approach
Since this method is employed in the current work, it will be fully presented in a

subsequent section.

1.8 Spinal Stability

Both in vitro experimental and mathematical model studies on isolated osteo-
ligamentous lumbar spine without muscular support have estimated critical buckling
loads of less than ~90 N (Crisco and Panjabi, 1992; Crisco et al., 1992; Shirazi-Adl and
Parnianpour, 1993). On the other hand, the entire ligamentous thoracolumbar spine can
support much smaller loads of <20 N (Lucas and Bresler; Shirazi-Adl and Parnianpour,
1996). This indicates that the isolated spine devoid of muscles is unable to sustain
compressive loads and will buckle under very low loads compared to those due solely to
body weight. It becomes, therefore, obvious that equilibrium analysis is not enough to
study the safe load tolerance of the spine as a structure and consequently mechanical
stability analysis is also required. Besides, the crucial role of trunk muscles in providing

stability to the spine becomes clear.

To further illustrate the importance of stability analysis, Granata and Orishimo
(2001) measured EMG activity of trunk muscles when stability of the spine was

challenged by external loads generating the same lumbar moments. By increasing height
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of the load carried in the hands and not the load moment arm, it was revealed that
muscle activation increased in both trunk extensor and flexor muscles. This would not
have been predicted with an equilibrium-based model. For this reason researchers have
also considered stability analyses in order to better understand the mechanics of the
lumbar spine. Complete structural analysis of the spine, thus, requires a two-stage
approach: equilibrium analysis which is performed to estimate tissue loads including
muscle forces and spinal loads, and then stability analyses employing earlier estimations

to examine system stability margin in presence of a perturbation

It is important to differentiate between the term mechanical instability and
clinical instability usually used in spine biomechanics literature. Panjabi (2003) defined
the former one as inability of the spine to carry spinal loads while the latter refers to the
clinical consequences of neurological deficit or pain. In current study wherever we refer

to the term stability, only the mechanical definition is meant.

Simple inverted pendulum models in which spinal stiffness are represented by
torsional springs have been proposed to simulate the spine structure for stability analysis
(Reeves and Cholewicki, 2003). The system stability is subsequently verified by
examination of the second variation of the total potential energy. Muscles are modeled
as preloaded variable stiffness springs that store elastic energy upon perturbation and
provide stability to the system. Stiffness of the muscles has been considered to be both
linearly (Bergmark, 1989; Crisco and Panjabi, 1991) and nonlinearly (Cholewicki and
McGill, 1995; Shadmehr and Arbib, 1992) related to the muscle force, although most
modeling approaches assume a linear relationship (Reeves and Cholewicki, 2003).
Bergmark (1989) used a muscle stiffness proportional to muscle force (F) and inversely
proportional to its length (/) (k=gF/I) with the q as a non-dimensional muscle stiffness
coefficient taken the same for all muscles. Using this relationship Crisco and Panjabi
(1991) demonstrated that the overall stability of a five-vertebrae spinal column model

depends on muscle architecture. In fact, the spine was always unstable if any vertebral
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level was devoid of muscles. This elucidates that to accurately estimate spinal stability,

multisegmental models of the spine considering all trunk muscles are necessary.

Bergmark (1989) was the first to develop a multiple muscle model with five
lumbar rigid vertebrae, a rigid pelvis and rigid thoracic cage to study the spinal stability
during sagittaly-symmetric static lifting in upright standing posture. The rigid vertebrae
were interconnected by torsional springs while neglecting axial and shear stiffness of the
passive spine. Based on whether the muscles crossed a single intervertebral joint or
spanned all joints from the pelvis to the ribcage, he divided trunk muscles into local and
global systems. The critical muscle stiffness coefficient (g) for a stable equilibrium at a
specific posture was evaluated. He found that for g values smaller than 37, stability at a
given posture was not possible at all. He also found that for a given activation level of
the local muscles, there exist a maximum limit of activation for global muscles above
which the spine will buckle. This is because muscles, when activated, increase

compression load on the spine, which could offset their beneficial increase in stiffness.

In a similar biomechanical model of the spine in which lumbar vertebrae, pelvis
and thorax were all considered rigid while neglecting axial and shear stiffness of the
passive spine, Cholewicki and McGill, 1996 investigated stability of the spine during
dynamics activities. They found that there exists an ample stability safety margin in the
tasks that required greater muscular efforts. However, tasks that demanded very little
muscle activity, such as upright standing with no load, were found to be close to the
buckling threshold. It appears that tasks that challenge spine stability the most are the

ones in which the spine is maintained in a neutral posture with small muscle activities.

Using a linear finite element model of the spine with 132 unknown muscle forces
and 36 unknown joint displacements, Gardner-Morse et al. (1995) analyzed stability of
the spine in maximum voluntary trunk extension efforts performed in the upright

standing posture. Critical Value of ¢ was in the range of 3.7-4.7 in order to stabilize the
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spine; implying that at maximal efforts, muscle stiffness is sufficient to stabilize the
lumbar spine. In an additional analysis in which passive spine stiffness was decreased by
10%, it was observed that ¢ must consequently increase from 4.5 to 4.7 in upright
standing posture. This shows the importance of stiffness of ligamentous spine, besides
the muscles, in providing stability to the spine (Stokes and Gardner-Morse, 2003). Intra-
abdominal pressure (Cholewicki et al., 1999a, b; Essendrop et al., 2002; Gracovetsky et
al., 1985; McGill and Norman, 1987; McGill and Sharratt, 1990) and co-activity of
antagonistic muscles (Cholewicki et al., 1999; El-Rich and Shirazi-Adl, 2004, 2005)
have been also indicated as parameters providing stability to the spine. Dysfunction of

stabilizing systems is postulated to lead to LBP and injury (Panjabi, 1992a, b).

1.9 Lifting Techniques

Role of lifting in low-back injuries is well recognized in the literature as
described before. In search of optimal lifting methods, two techniques have been
proposed in the literature for lifting of low-lying objects; squat lift (i.c., knee bent and
back straight) and the stoop lift (i.e., knee straight and back bent) (see Fig. 1.2). The
literature on the safer lifting technique remains controversial; however, the squat lift is
usually considered to be safer than the stoop one in bringing the load closer to the body
and, hence, reducing the extra demand on back muscles to counterbalance additional
moments (van Dieen et al., 1999 and Hsiang et al., 1997). The importance of the squat
versus stoop lifting postures has, however, been downplayed due to the lack of a clear
biomechanical rationale for the promotion of either style (McGill, 1997). Many workers,
despite instruction to the contrary, prefer the stoop lift over squat lift. It is known that
there is an increased physiological cost (Garg and Herrin, 1979) as well as more rapid
fatigue development (Hagen et al., 1993) in squatting and that squat lift is not always
possible due to the lift set up and load size (van Dieen et al., 1999).

In a recent review paper (van Dieen et al., 1999) and a biomechanical model

study (Potvin et al., 1991) of the effect of squat and stoop lifting techniques on the



14

lumbar spine loading, it was suggested that the risk of injury may be influenced more by
the lumbar posture (kyphotic, lordotic, or free styles) rather than the choice of stoop or
squat technique. In a kyphotic lift the lumbar spine is flexed while in a lordotic one the
lumbar lordosis is preserved (see Fig. 1.3). The advantages in preservation or flattening
(i.e., flexing) of the lumbar lordosis during lifting tasks are, however, even less

understood.

Fig. 1.3 Kyphotic (left) versus lordotic (right) lift during a squat lift.
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A kyphotic lift (i.e., flexed lumbar spine) is recommended by some as it utilizes
the passive ligamentous system (i.e., posterior ligaments and lumbodorsal fascia) to their
maximum thus relieving the active extensor muscles (Gracovetsky et al., 1985). In
contrast, however, others advocate lordotic postures indicating that posterior ligaments
cannot effectively protect the spine and an increase in erector spinae activities is
beneficial in augmenting spinal stability (McGill, 1997; Vakos e al., 1994) and in

diminishing the anterior shear force on spine (Potvin et al., 1991).

The inability to accurately determine the loads on the trunk active and passive
components as well as the system stability margin appears as a critical hindrance
towards the development of ergonomic guidelines for the design of safer lifting tasks.
Evidently, an improved assessment of risk of injury depends on a more accurate

estimation of the load partitioning in the human trunk in forward flexion tasks.

1.10 Intra-Abdominal Pressure (IAP)

One parameter with the potential to influence spinal mechanics and stability is
intra-abdominal pressure (IAP) that has been reported to increase during static and
dynamics lifting tasks (Andersson et al., 1976; Bartelink, 1957, Marras et al., 1984,
McGill et al., 1990; Hagins et al., 2004). In neutral standing posture without carrying
any load in hands IAP has been measured as low as 0.2 kPa (Andersson et al., 1977), 0.3
kPa (Marras and Mirka, 1996), and 0.98 kPa (Nachemson et al., 1986). IAP has been
reported to reach 50 kPa in power competitive lifters wearing belt (McGill et al., 1990).

For years, it has been argued that an increase in IAP could unload the spine both
directly by pressing upwards on the ribcage via diaphragm and indirectly by generating
an extensor moment on the lumbar spine that decreases back muscle activities
(Bartelink, 1957; Daggfeldt and Thorstensson, 2003; Essendrop and Schibye, 2004;

Hodges et al., 2001). This relief mechanism can be better understood by considering the
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FBD depicted in Fig. 1.1 while taking into account the force generated due to IAP (Fig.

1.4). Egs. 1.1 and 1.2 can now be re-written as follow:

Fext

Fig. 1.4 Free-body diagram for calculating spinal and muscle loads on a lumbar disc
during lifting while taking account for the IAP force.

—> > = = - - N = > m—> —> —>
RgrxFgr + RextxFext + RiapxFiap + £ RabdxFabd + X RbckxFbck + Mp = 0.
i=1

=1
(Eq. 1.6)
— —> — n —» m —» - —
Fgr + Fext + Fiap + X Fabd + X Fbck + Fs + F¢ = 0. (Eq. 1.7)
i=1 i=1
in which Riap is the moment arm of generated force (Fiap) due to IAP. It becomes clear
from these two equations that IAP has the potential to unload the spine both directly (Eq.

1.7) and indirectly (Eq. 1.6) by generating an extensor moment against moment of
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external loads. According to this mechanism, abdominal belts have been recommended
with the objective to increase IAP and unioad spine (Harman et al., 1989; Lander et al.,

1992); thus reducing risk of injury to the spine.

Using a biomechanical model of the lumbar spine in which IAP was introduced
with no concurrent abdominal coactivities, it was claimed that IAP can unload the spine
at all levels by ~400 N (34-40% of total compression) during maximal back extension in
an extended posture when lying on the side (Daggfeldt and Thorstensson, 2003). This
finding, however, has been challenged by other biomechanical models stating that the
co-contraction of abdominal muscles occurring along with an increase in IAP produces a
flexor moment large enough to offset or even exceed the IAP-generated extensor
moment (McGill and Norman, 1987; McGill et al., 1990; Cholewicki et al., 2002).
Besides, experimental studies have found that IAP increase is associated with a
concurrent increase in the intradiscal pressure during Valsalva maneuvers (Nachemson
et al., 1986) and no reduction in erector spinae EMG activity in lifting (Krag et al., 1986;
McGill et al., 1990) thus raising questions on the unloading role of IAP.

It appears that studies that advocate the unloading effect of IAP usually consider
a raise in IAP to be primarily due to the activity of transverse abdominis (TA) whose
fibers are mostly oriented in the transverse plane thus imposing little or no compression
penalty on the lumbar spine (Daggfeldt and Thorstensson, 2003, 2004; Hodges et al.,
2001). On the other hand, others insist that no appreciable increase in IAP can develop
without simultaneous coactivity of all abdominal muscles including internal oblique
(I10), external oblique (EO), and rectus abdominis (RA) whose activity would
counterbalance both the upward unloading force and the generated extensor moment due

to IAP (Cholewicki et al., 2002; Cholewicki and Reeves, 2004).

The controversy on the unloading role of IAP is due partly to uncertainties about

the magnitude and pattern of abdominal muscle coactivities that occur with an increase
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in JAP. Inability of biomechanical models to accurately partition loads among the trunk
active-passive components and evaluate spinal loads remains as another reason for the
existing controversy. The predictions of EMG-driven models on the effect of IAP on
spinal loading and stability are only as accurate as the many underlying assumptions
made in their formulation and spine model used. Moreover, model studies advocating
unloading role of IAP during maximum back exertions have considered the transverse
abdominis (TA) as the only abdominal muscle generating IAP (Daggfeldt and
Thorstensson, 2003).

In contrast to the unloading action of IAP, there exists a general consensus that
an increase in IAP stabilizes the spine. Any increase in IAP is accompanied by the co-
contraction of abdominal muscles which, in turn, increases spinal stiffness and stability
(Cholewicki et al., 1999a, b). Generated abdominal coactivities due to a raise in IAP
may further increase activity of extensor muscles thus increasing the overall stiffness of

the system.

1.11 Geometry of Trunk Thoracic Extensor Muscles

For a detailed description on the geometry of back muscles see Appendix A.
Wide ranges of data have been reported in the literature for the lever arm of erector
spinae (ES) in the sagittal plane (~4-8 cm) (Bogduk et al., 1992a; Daggfeldt and
Thorstensson, 2003; Jorgensen et al., 2001; McGill, 2002; Stokes and Gardner-Morse,
1999; Wood et al., 1996) as well as for their line of action (LOA) (Cholewicki and
McGill, 1996; Han et al., 1992; Stokes and Gardner-Morse, 1999). Both the lever arm of
ES (Jorgensen et al., 2003; Macintosh et al., 1993; Tveit et al., 1994) and the angle
between their LOA and the longitudinal axis of vertebrae (Macintosh et al., 1993;
McGill et al., 2000) have been observed to decrease as the spine flexes forward in the
sagittal plane. The extent of such alterations, especially for thoracic fascicles of the ES,

needs yet to be determined (Macintosh et al., 1993).
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An equally crucial issue is the pathway of local (i.e., with upper attachments at
lumbar vertebrae) and global (i.e., with upper attachments at the rib cage) ES muscles.
Unlike in upright postures in which these pathways can accurately be assumed as
straight lines between insertion points, such may not be assumed in tasks involving large
lumbar flexions. In latter tasks, a straight line assumption for global muscies could
violate kinematics constraints by penetrating into intervening hard/soft tissues. The local
lumbar muscles have been suggested not to take significantly curved orientations in
flexion (Macintosh et al., 1993). Curved rather than linear pathways have, however, to
be considered for global muscles especially in tasks involving large trunk flexion if

precise estimation of muscle forces and spinal loads are sought.

Some earlier biomechanical models (e.g. Cholewicki and McGill, 1996) report
also to have considered curved pathways for extensor muscles that pass through several
points at different vertebrae. These models, however, appear to have failed to account
for reaction (contact) forces at these points of contact between muscles and vertebrae.
These contact forces are due to changes in muscle orientation and would generate
moment as well as shear/compression forces that need to be considered in associated
equilibrium equations at different levels. Simulation of wrapping without the proper
consideration of these contact forces at the deformed configuration of the spine is not,

hence, adequate and would adversely affect the accuracy of estimations.

1.12 Free Body Diagram-based Models of the Spine

A major shortcoming in many current and earlier biomechanical model studies of
multi-segment spinal structure lies in the consideration of the balance of net external
moments only at a single cross section (typically at lowermost lumbar discs) (see Fig.
1.1) rather than along the entire length of the spine (e.g., Schultz et al. 1982, McGill and
Norman 1986, Cholewicki et al. 1995, Parnianpour et al. 1997, van Dieen et al. 2003,
Granata et al. 2005, Marras et al. 2005). These models are widely employed in

ergonomic applications and in injury prevention and treatment programs. It has been
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indicated, though with no details, that the muscle forces evaluated based on such single-
level equilibrium models, once applied on the system along with external loads, may not
necessarily satisfy equilibrium at remaining levels along the spine (Stokes and Gardner-
Morse 1995). The extent of violations in equilibrium at different levels and their effects

on the estimated muscle forces and spinal loads, however, have not yet been quantified.

1.13 Finite Element Models of the Spine and the Kinematics-Based Approach

As mentioned before, biomechanical models based on optimization or EMG-
assisted approaches share often major deficiencies; the balance of net external moments
is considered only at one cross-section rather than along the entire length of the spine. It
has been indicated that the muscle forces evaluated based on such single-level
equilibrium models, once applied on the system along with external loads, may not
necessarily satisfy equilibrium at remaining levels along the spine (Stokes and Gardner-
Morse 1995). Therefore, the evaluated muscle forces, once applied on the system along
with external loads, may not necessarily generate the same spinal kinematics under
which they were initially calculated. Naturally, accuracy in calculation of the stability
margin of the active-passive system is also influenced by simplifying assumptions made

in the model.

To overcome these shortcomings, linear finite element models along with
optimization algorithms have been developed and used to evaluate muscle recruitment,
internal loads, and stability margin (Dietrich et al., 1991; Gardner-Morse et al., 1995;
Gardner-Morse and Stokes, 1998; Stokes and Gardner-Morse, 1995, 2001). A simplified
geometrical model of the spine with rotational degrees-of-freedom and nonlinear
stiffness properties along with EMG-assisted approach was used to evaluate muscle
forces and stability margin in various tasks (Cholewicki and McGill, 1996). The
translational degrees-of-freedom at various joints and, hence, associated shear/axial

equilibrium equations were totally neglected in this latter model which would adversely
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influence predictions on muscle forces and system stability (Stokes and Gardner-Morse,

1995).

Proper considerations of the nonlinear material properties of the thoraco-lumbar
motion segments in different directions with load- and direction-dependent properties, of
realistic distribution of gravity/external loads, and of verification of the stability using
nonlinear analysis are important to obtain reliable results. Adequate nonlinear
representation of passive spine particularly in presence of large compression forces and
flexion rotations expected in lifting tasks (Patwardhan et al., 2003; Shirazi-Adl, 2006,
Stokes and Gardner-Morse, 2003) is important not only in proper partitioning of the net
moments among passive-active components but also in the stability analysis of the
system. Besides, realistic consideration of spinal geometry and deformation under
loading is crucial in proper determination of both active and passive spinal loads as well

as spinal stability.

A novel iterative kinematics-based approach has, recently, been developed and
validated in which the a-priori measured kinematics of the spine are prescribed in a
nonlinear finite element model to evaluate muscle, spinal loads, and stability in neutral
standing postures (Kiefer et al., 1997; El-Rich et al., 2004; El-Rich and Shirazi-Adl,
2005; Shirazi-Adl et al., 2002 and 2005). An advantage of this approach is in prescribing
the in vivo kinematics data that constrain the spinal deformation under external loading
and muscle exertions. Besides each prescribed kinematics on the spine provides an
additional linear equilibrium equation between unknown muscle forces and external
loads; thus decreasing the degree of redundancy of the system. If the number
equilibrium equations at a particular spinal level reaches that of unknown muscle forces,
the problem is solved deterministically. Such approach not only satisfies the equilibrium
equations in all directions along the entire length of the spine but yields spinal postures
in full accordance with external/gravity loads, muscle forces, and passive tissues with

nonlinear properties. The stability margin of the spine under muscle forces, kinematics,
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and gravity/external loads considered can subsequently be determined under deformed

configuration.

This method has been employed to investigate muscle activities, spinal loads, and
system stability in upright standing postures without load in hands or with a load of 380
N carried either in front or on sides (El-Rich et al.; 2004 and 2005). Predicted muscle
activities were in satisfactory qualitative agreement with measured EMG activities.
Intra-discal pressure in the L4-L5 disc, with or without load in hands, was predicted to
be in excellent agreement with in vivo data measured under similar tasks. Large
compression forces of approximately 2000 N were computed in lower lumbar levels
when 380 N was held in front. Prescribed coactivity of abdominal muscles markedly
increased internal loads and improved system stability. Large critical ¢ values of about
75 was predicted in neutral upright standing posture which decreased to about 20 when
carrying 380 N load in hands on sides or in front. Coactivity of only 3.5% in all
abdominal muscles (rectus and obliques) further decreased critical ¢ to about 4. This
confirms previous finding of Cholewicki and McGill (1996) that during heavy efforts,

muscle stiffness is ample to provide necessary stability to the lumbar spine.

The studies of El-Rich et al. (2004 and 2005) was nevertheless limited to
investigation of static lifting tasks in upright standing postures while neglecting the
effect of interaction between intra-abdominal pressure and abdominal coactivities on
spinal loads and stability. They, however, studied the effect of lumbar posture (lordotic
vs. kyphotic) on predictions and found that the lordotic posture is a safer one in terms of
imposing smaller loads on the spine. Moreover, in agreement with Granata and
Orishimo (2001), they found that the spinal stability substantially deteriorates as the
height of the load in hands increases (El-Rich et al., 2005).



CHAPTER 2

OBJECTIVES AND THESIS ORGANIZATION

2.1 Application of the Kinematics-Based Approach for Lifting Tasks Involving
Forward Trunk Flexion

One of the principal objectives of this thesis has been to develop and apply the
Kinematics-based approach to compute muscle forces and spinal loads at different spinal
levels in static lifting activities involving forward flexion of trunk. The system stability
margin is also determined using nonlinear analysis, linear buckling, and perturbation
analyses at deformed configurations assuming various muscle stiffness values.
Moreover, as a part of this investigation to obtain input data for the model and to
validate model predictions, existing measured trunk kinematics by skin markers and
selected extensor/flexor muscle EMG activities by surface electrodes in normal subjects
under isometric lifting postures are analyzed as a part of this investigation. This study
has the specific objectives:

1- to determine the role of external load, trunk-pelvic flexion angles on muscle
forces, internal ligamentous loads, and system stability which are crucial in
understanding the risk of back injuries in lifting tasks;

2- to investigate the relative load-bearing role of passive (ligamentous spine and
muscles) and active components in supporting the net trunk moment in flexion postures;
and

3- to quantify the effect of changes in passive ligamentous properties which may
occur due for example to injury to the spine on load partitioning and spinal stability in

lifting tasks.

2.2 Addressing the Controversial Issue of Lifting Techniques Using the Kinematics-
Based Approach



The second objective of the study was set to investigate the relative effect of
changes in the lumbar posture (lordotic vs. kyphotic) on the load partitioning and
stability of the human trunk in static lifting tasks by using the Kinematics-based
approach. Again, in the experimental in vivo part of the investigation, kinematics of the
spine (required as input data into the model) and EMG activity of major trunk muscles
(required to qualitatively validate model predictions) were collected under same postures
studied in the model study, i.e., static lifting during forward trunk flexion with three
different lumbar postures of kyphotic, lordotic, and free style. Results of this study serve
to recommend one of these lumbar postures as the safest one in terms reducing back

loads or improving spinal stability.

2.3 Effect of Optimization Cost Function Used in the Kinematics-Based Approach
on Predictions

In the Kinematics-Based approach, the measured kinematics data are prescribed
into the finite element model of the spine to generate additional equations at each spinal
level in order to alleviate the kinetic redundancy; each displacement component
introduces an equilibrium equation in the form of £ rxf = M where r, f, and M are lever
arm of muscles with respect to the vertebra to which they are attached, unknown total
forces in muscles attached to the level under consideration, and reaction moment at the
vertebra under prescribed rotation, respectively. If the number of prescribed kinematics
at a vertebral level reaches that of unknown muscle forces attached to that level, the
problem can be solved deterministically, otherwise an optimization approach should also
be employed. Since only sagittal rotations have been measured and prescribed in the
current version of the Kinematics-based approach, the optimization criteria of sum of
cubed muscle stresses were also employed to solve the existing redundancies at different

levels.

Effect of different optimization criteria on estimated muscle forces and joint

loads have been studied in models that consider equilibrium at only one cross-section
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(Hughes et al., 1994; Hughes, 1995; Parnianpour et al., 1997; Herzog and Leonard,
1991). For instance, Parnianpour et al. (1997) investigated the effect of six different cost
functions on spinal loads by using six different anatomical models of the spine under
different loading conditions. Although in their study the effect of cost function on
estimated compression and anterior-posterior shear forces was found statistically
significant, but the fidelity of the anatomical models played a more dominant role than
the choice of the cost function. Similar results were found by Hughes (1995) whose
findings demonstrated as high a difference as 3600 N for predicted axial compression at

the L.2-L3 level between models based on four different cost functions.

Using a linear finite element model that considered equilibrium at all levels,
unacceptable segmental displacements/forces were found with the cost function of sum
of muscle stresses cubed which led authors to suggest that the trunk muscle activation
strategy was likely controlled by a multi-criteria cost function and not a single one
(Stokes and Gardner-Morse, 2001). In these formulations, both intervertebral
displacements and muscle forces were treated as unknown so that when minimizing one

set there existed no guarantee that plausible results could be predicted for another set.

The influence of various optimization criteria on spinal loads and stability has
not been addressed in biomechanical models that consider equilibrium along the entire
length of the spine such as the Kinematics-based approach in which the muscle forces
are evaluated separately at each individual vertebral level in an iterative method using a

nonlinear finite element model. This work, hence, aims to investigate:

1- to what extent the choice of optimization cost function used in the Kinematics-
based biomechanical model could influence predicted trunk muscle forces, spinal loads,

and sagittal spinal stability; and
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2- which cost function(s) (total of eight) predicts muscle forces in qualitative
agreement with the EMG activity of trunk muscles measured in vivo under the same

posture and loading considered in the model.

Since measured vertebral rotations are prescribed into the current kinematics-
based model and only muscle forces remain as unknowns of the problem, it is
hypothesized that a single cost function is adequate enough to predict plausible muscle

forces in qualitative agreement with measured EMG data.

2.4 Addressing the Controversial role of Intra-Abdominal Pressure (IAP) in
Unloading and Stabilizing the Spine during Lifting Tasks

An investigation was set to delineate controversial role of IAP on muscle forces,
spinal loads as well as on spinal stability during regular static lifting activities involving
upright standing and forward flexed postures. The Kinematics-based approach combined
with a nonlinear finite element model of spinal active-passive components was applied
to estimate trunk muscle forces, spinal loads, and stability. Two hypotheses were
examined:

1- the beneficial role of IAP in unloading the spine would depend on IAP
magnitude and relative coactivity of abdominal muscles.

2- an increase in IAP with or without concurrent abdominal co-activation would

stabilize the spine.

The study has also the specific objective of determination of the extent of
abdominal coactivity beyond which the beneficial unloading and stabilizing effects of

IAP disappear.

2.5 A Novel Approach for Proper Simulation of Wrapping of Trunk Thoracic

Extensor Muscles around Vertebra
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Another objective of the current work was to introduce a novel approach for
proper simulation of wrapping phenomenon of global extensor muscles around vertebrae
in the Kinematics-based approach while taking account for the contact forces between
muscles and the spine. It is also to investigate the likely effects of the wrapping of global
extensor muscles and of subsequent reduction in their lever arm on computed muscle
forces, internal spinal loads and system stability in lifting tasks. The effect of lumbar
posture on spinal loading and stability was re-evaluated using this new modified

approach.

2.6 The Importance of Satisfaction of Equilibrium Conditions At All Spinal Levels
and Not Only At One Single Level of the Spine on Model Predictions

The last objective of this study was set to quantify the extent to which the
muscle/spinal loads and equilibrium requirements at different levels are influenced by
results of wide-spread single-level free body diagram (SLFBD) model studies. In order
to do this while considering two isometric symmetric lifting tasks, the results of our
Kinematics-based model that satisfies kinematics and equilibrium requirements at all
levels and directions are compared with those based on SLFBD models. Since the net
external moments, lever arm of muscles, and number of muscles that cross each level
change from a level to another, it is hypothesized that SLFBD models grossly violate
equilibrium at remaining levels and that the estimated muscle forces and spinal loads

would alter depending on the level considered and the posture (task) simulated.

2.7 Thesis Organization

Including the previous and current chapters, this thesis consists of nine chapters
six of which (chapters 3 through 8) address each of the abovementioned studies (2.1-2.6)
in the format of an article having its own abstract, introduction, method, results,
discussion, and list of references (see section 2.8). In the last chapter a full discussion on
the methodological issues, findings of this investigation, and implications is presented.

Finally, two annexes are given at the end of thesis one of which deals with functional
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anatomy of the spine and associated musculature while the second one is a brief
explanation on the method used to analytically solve the optimization algorithm.
Readers who are not acquainted with anatomical function of the spine are inspired to

read Appendix A.
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3.1 ABSTRACT

To resolve the trunk redundancy to determine muscle forces, spinal loads, and
stability margin in isometric forward flexion tasks, a combined in vivo-numerical model
studies was undertaken. It was hypothesized that the passive resistance of both the
ligamentous spine and the trunk musculature plays a crucial role in equilibrium and
stability of the system. Fifteen healthy males performed free isometric trunk flexions of
~40° and ~65° + loads in hands while kinematics by skin markers and EMG activity of
trunk muscles by surface electrodes were measured. A novel kinematics-based approach
along with a nonlinear finite element model were iteratively used to calculate muscle
forces and internal loads under prescribed measured postures and loads considered in
vivo. Stability margin was investigated using nonlinear, linear buckling, and perturbation
analyses under various postures, loads and alterations in ligamentous stiffness. Flexion
postures significantly increased activity in extensor muscles when compared with
standing postures while no significant change was detected in between flexed postures.
Compression at the L5-S1 substantially increased from 570 and 771 N in upright
posture, respectively for £180 N, to 1912 and 3308 N at ~40° flexion, and furthermore
to 2332 and 3850 N at ~65° flexion. Passive ligamentous/muscle components resisted up
to 77% of the net moment. In flexion postures, the spinal stability substantially improved
due both to greater passive stiffness and extensor muscle activities so that, under 180 N,
no muscle stiffness was required to maintain stability. The co-activity of abdominal
muscles and the muscle stiffness were of lesser concern to maintain stability in forward
flexion tasks as compared with upright tasks. An injury to the passive system, on one
hand, required a substantial compensatory increase in active muscle forces which further
increased passive loads and, hence, the risk of injury and fatigue. On the other hand, it
deteriorated the system stability which in turn could require greater additional muscle
activation. This chain of events would place the entire trunk active-passive system at

higher risks of injury, fatigue and instability.
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3.2 INTRODUCTION

Knowledge of load distribution among passive and active components of the human
trunk during various occupational and athletic activities is essential both to assess risk of
injury and to improve effective prevention, treatment, and rehabilitation of spinal
disorders. Due to the difficulty and invasiveness of direct measurements, indirect
estimation of muscle forces and internal loads has been attempted (Nachemson, 1981;
Rohlmann et al., 2001, 2002; Wilke et al., 1999, 2001). Despite previous experimental
and biomechanical model studies, satisfactory determination of active/passive loads and
spinal stability in different tasks remains yet to be achieved. Biomechanical models have
become indispensable tools in partitioning estimated net moments among various
components of the human trunk. For this purpose, reduction methods, EMG-assisted
models, optimization approaches or a combination thereof have been used (e.g., Dolan
and Adams, 1993; Gagnon et al., 2001; Granata and Marras, 1995; Hughes et al., 1994).
These biomechanical models share often major deficiencies; the balance of net external
moments is considered only at one cross-section rather than along the entire length of
the spine. Moreover, the evaluated muscle forces, once applied on the system along with
external loads, may not necessarily generate the same spinal kinematics under which
they were initially calculated. Naturally, accuracy in calculation of the stability margin
of the active-passive system is also influenced by simplifying assumptions made in the

model.

To overcome the foregoing shortcomings, linear finite element models along with
optimization algorithms have been developed and used to evaluate muscle recruitment,
internal loads, and stability margin (Dietrich et al., 1991; Gardner-Morse et al., 1995;
Gardner-Morse and Stokes, 1998; Stokes and Gardner-Morse, 1995, 2001). A simplified
geometrical model of the spine with rotational degrees-of-freedom and nonlinear
stiffness properties along with EMG-assisted optimization approach was used to
evaluate muscle forces and stability margin in various tasks (Cholewicki and McGill,

1996). The translational degrees-of-freedom at various joints and, hence, associated
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shear/axial equilibrium equations were totally neglected in this latter model which would
adversely influence predictions on muscle forces and system stability. Direct in vivo
measurements of loads in internal fixators and of intradiscal pressure have also been
used to estimate trunk muscle forces in experimental (Wilke et al.,, 2003) and finite
element model studies (Calisse et al., 1999). Proper considerations of the nonlinear
material properties of the thoracolumbar motion segments in different directions with
load- and direction-dependent properties, of realistic distribution of gravity/external
loads, and of verification of the stability using nonlinear analysis are important to obtain
reliable results. Adequate nonlinear representation of passive spine particularly in
presence of large compression forces and flexion rotations expected in lifting tasks
(Patwardhan et al., 2003; Shirazi-Adl, 2004; Stokes and Gardner-Morse, 2003) is
important not only in proper partitioning of the net moments among passive-active

components but also in the stability analysis of the system.

We have recently developed and validated a novel iterative kinematics-based
approach in which the a-priori measured kinematics of the spine are exploited in a
nonlinear finite element model to evaluate muscle and internal loads in neutral standing
postures resulting in a synergistic solution of the active-passive system (El-Rich et al.,
2003; Kiefer et al., 1998; Shirazi-Adl et al., 2002, 2004). This iterative approach not
only satisfies the equilibrium equations in all directions along the entire length of the
spine but yields spinal postures in full accordance with external/gravity loads, muscie
forces, and passive tissues with nonlinear properties. The stability margin of the spine
under muscle forces, kinematics, and gravity/external loads considered has subsequently

been determined.

In this study, the foregoing approach is applied to compute muscle forces and
spinal internal loads at different levels at two isometric forward flexions of ~40° and
~65° under gravity £180 N held in hands. The system stability margin is also determined

using nonlinear analysis as the gold standard as well as linear buckling and perturbation
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analyses at deformed configurations assuming various muscle stiffness values.
Moreover, as a part of this investigation to obtain input data for the model and to
validate model predictions, trunk kinematics by skin markers and selected
extensor/flexor muscle EMG activities by surface electrodes are measured in normal
subjects under foregoing postures and loads. This study has the specific objectives: 1- to
determine the role of external load and trunk flexion angles on muscle activations,
internal ligamentous loads, and system stability which are crucial in understanding the
risk of back injuries in lifting tasks; 2- to quantify the stability margin of the trunk in
forward flexion tasks due to alterations in passive stiffness of the spine; and 3- to
investigate the relative load-bearing role of passive (ligamentous spine and muscles) and
active components in supporting the net trunk moment in flexion postures. It is
hypothesized that the passive resistance of both the ligamentous spine and the trunk
musculature plays a crucial role in equilibrium and stability of the system and that the
extent of this role depends on the load carried, trunk flexion angle, and injury to

ligamentous tissue.

3.3 METHODS

In Vivo Measurements: Fifteen healthy male with no recent back complications
volunteered for the study after signing an informed consent form. Their mean age, body
height and mass were 30+6 years, 177+7 cm, and 74+11 kg. While bending slightly
forward, infrared light emitting markers, LED, were placed on tip of the spinous
processes at T1, TS, T10, T12, L1, L3, L5, and S1 levels. Three extra LED markers
were placed on the ilium (left/right iliac crests) and posterior-superior iliac spine for
evaluation of pelvic rotation and one on the bar to detect the position of weights in
hands. A three-camera Optotrak system (NDI International, Waterloo/Canada) was used
to collect 3D coordinates of LED markers. To record EMG signals, five pairs of surface
electrodes were positioned bilaterally over the following trunk muscles (McGill, 1991;
O'Sullivan et al.,, 2002): longissimus dorsi (~3 cm lateral to midline at the L1),

iliocostalis (~6 cm lateral to midline at the L1), multifidus (~2 cm lateral to midline at



the L5), external obliques (~10 c¢m lateral to midline above umbilicus and aligned with
muscle fibers), and rectus abdominis (~3 cm lateral to midline above the umbilicus). The
raw EMG signals were collected at 1500 Hz, amplified, band-pass filtered at 10-400 Hz
by a 2™ order Butterworth filter, rectified and RMS was calculated over 4s trial duration
and averaged for both sides. For normalization, EMG data at maximum voluntary
contraction (MVC) was collected in standing (in cardinal planes while loaded via a

strapped harness (Sparto and Parnianpour, 1998)), prone, and supine positions.

In standing posture, subjects were handed load of 0, 90 N or 180 N symmetrically
via dumbbells on sides. Subsequently, starting from the upright standing position with
straight knees (£ 90 N or 180 N in hands), subjects were asked to flex the trunk by ~40°
and then 65° in the sagittal plane. During tests, subjects were instructed to keep arms
extended in the gravity direction. Total trunk and pelvic rotation relative to the upright
standing posture were computed (Table 3.1). EMG data were analyzed with two-way
ANOVA with repeated measures on two factors (posture at 3 levels and load magnitude
at 3 levels) using Tukey’s post hoc multiple comparisons with p<0.05 as significance

level (Statistica, StatSoft, Tulsa, OK).

Thoracolumbar Finite Element Model: A sagittally-symmetric T1-S1 beam-rigid
body model (Kiefer et al., 1998; Pop, 2001; Shirazi-Adl et al., 2002, 2004) comprising
of 6 deformable beams to represent T12-S1 discs and 7 rigid elements to represent T1-
T12 (as a single body) and lumbosacral vertebrae (L1 to S1) was used (Fig. 3.1). The
beams modeled the overall nonlinear stiffness of T12-S1 motion segments (i.e.,
vertebrae, disc, facets and ligaments) at different directions and levels. The nonlinear
load-displacement response under single and combined axial/shear forces and
sagittal/lateral/axial moments along with the flexion versus extension differences were
represented in this model based on numerical and measured results of previous single-
and multi-motion segment studies (Oxland et al., 1992; Pop, 2001; Shirazi-Adl et al.,
2002; Yamamoto et al., 1989). Based on our recent studies (Shirazi-Adl, 2004), the
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stiffness of motion segments in sagittal rotation was further modified to account for the
stiffening effect observed in presence of moderate to large compression loads
(Patwardhan et al., 2003; Stokes and Gardner-Morse, 2003). The insertion points of
beams to rigid vertebrae were shifted posteriorly from the end-plate centers by 4 mm to
account for the posterior movement in the disc axis of rotation observed under loads in
different directions (Shirazi-Adl et al., 1986a, b). In all cases, gravity load of 387 N was
distributed at different levels (Pearsall, 1994; Takashima et al., 1979) (Fig. 3.1). To

simulate load in hands, 180 N was also considered in some cases.

Prescribed Postures: Mean measured trunk and pelvic rotations were prescribed on
the T12 and S1 levels, respectively. As for the individual lumbar vertebrae, the total
lumbar rotation was divided in accordance with proportions reported in earlier
investigations (Dvorak et al., 1991; Pearcy et al., 1984; Plamondon et al., 1988; Potvin
et al., 1991; Shirazi-Adl and Parnianpour, 1999; Yamamoto et al., 1989) and prescribed
at individual segments (Table 3.1).

Muscle Model and Muscle Force Calculation: A sagittaly-symmetric muscle
architecture with 46 local (attached to lumbar vertebrae) and 10 global (attached to
thoracic cage) muscles was used (Bogduk et al., 1992; Daggfeldt and Thorstensson,
2003; Stokes and Gardner-Morse, 1999) (Fig. 3.2 and Table 3.2). For the global
muscles, since the entire T1-T12 was taken as a rigid body, each muscle was represented
by a single fascicle inserted into the center of its attachment area. To evaluate muscle
forces a novel kinematics-based algorithm (Fig. 3.3) was employed to solve for the
redundant active-passive system under prescribed measured kinematics and external
loads (El-Rich et al., 2003; Shirazi-Adl et al., 2002, 2004). In this manner, calculated
muscle forces at each instance of loading were compatible with the prescribed
kinematics (i.e., posture) and external loading while accounting for the nonlinear
realistic stiffness of the passive system. This approach exploits kinematics data to

generate additional equations at each level in order to alleviate the kinetic redundancy of
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the problem. If, insufficient number of prescribed displacements is available at a level,
which is the case in this study, then an optimization approach should also be employed.
In the current study, the cost function of minimum sum of cubed muscle stresses was
considered in the optimization with inequality equations of muscle stresses remaining
positive but smaller than 0.6 MPa (Gagnon et al., 2001). The finite element program
ABAQUS (Hibbit, Karlsson & Sorensen, Inc., Pawtucker, RI, version 6.3) was used to
carry out nonlinear structural analyses while the optimization procedure was analytically
solved using an in-house program based on Lagrange Multipliers Method (Raikova and
Prilutsky, 2002). The total computed muscle force in each muscle was partitioned into
active and passive components with the latter force evaluated based on a length-tension

relationship (Davis et al., 2003).

Stability Analyses: The external load, when present, was applied at its measured
height due to its effect on stability margin (Granata and Orishimo, 2001). In each
simulation case, after the muscle forces were calculated, the model was modified with
uniaxial elements to represent muscles between their insertion points. Nonlinear
analyses were repeated under loads but with no prescribed segmental rotations (with the
exception of the pelvic tilt). Stiffness of each uniaxial element, &, was assigned using the
linear stiffness-force relation k=qF/l (Bergmark, 1989; Crisco and Panjabi, 1991) in
which the muscle stiffness was proportional to the muscle force, F, and inversely
proportional to its current length, /, with the ¢ as a non-dimensional muscle stiffness
coefficient taken the same for all muscles. Nonlinear analyses were performed for
different g values thus identifying the minimum (critical) g value above which a
convergent solution in a force-controlled loading environment existed. In addition to
nonlinear analyses, linear buckling and perturbation analyses at loaded, deformed,

configurations were also carried out to estimate stability margin as a function of g.

3.4 RESULTS
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In in vivo measurements, EMG activity of extensor muscles in forward flexions of
~40° and ~65° increased significantly (p<0.009) when compared to those in standing
posture under identical load in hands (Fig. 3.4A). Moreover, for the flexion postures, a
significant increase (p<0.04) in EMG activity of back muscles was observed at 180 N
load when compared with 0 N. Bending forward from ~40° to ~65° under the same load,
however, had no significant effect on EMG activities. In standing posture, no significant
changes in EMG activity of back muscles were detected under loads. Both abdominal
muscles (EO and RA), though relatively silent during the entire tests, showed a decrease
in EMG activity during forward flexion tasks with identical load in hands, being
significant only at the EO in 180 N (p<0.004) (Fig. 3.4B).

Under prescribed segmental sagittal rotations based on the mean measurements
(Table 3.1 and Fig. 3.5), both external load of 180 N (in flexion postures only) and
flexion postures (when compared to standing posture only) substantially increased
muscle forces as well as internal loads in ligamentous spine at all levels (Fig. 3.6 and
Table 3.3). In the nonlinear stability analysis phase (Fig. 3.3), predicted kinematics,
muscle forces, and internal loads remained identical to those computed in the earlier
phase regardless of the stiffness coefficient (g) assigned to the muscle elements. These
nonlinear and subsequent linear buckling and perturbation analyses at deformed
configurations showed that small muscle stiffness coefficients, g, was needed to
maintain stability of the spine in flexed postures without load in hands (Fig. 3.7A). On
the contrary, no muscle stiffness was at all needed in the flexed postures while carrying
180 N. In this case, the stability of the spine was mainly provided by the passive
stiffness of motion segments, an observation which was confirmed by additional

analyses when altering the flexion stiffness of passive spine by up to £30% (Fig. 3.7B).

3.5 DISCUSSION
The objectives of this study were to determine trunk muscle forces, spinal loads,

and stability margin for different muscle and ligamentous stiffness values during



isometric forward flexion tasks + external loads. Such postures and loads are common in
many activities such as athletic and manual material handling tasks and have been
recognized as a risk factor for back injuries (Hoogendoorn et al., 2000). In this study, the
application of the Kinematics-based approach to solve the redundant trunk system and
the validation of its predictions required parallel in vivo measurements on normal

subjects under same postures and loads.

3.5.1 Methodological Issues

The assumption of rigid body for the T1-T12 segments was confirmed by measuring
nearly equal rotations from lines attaching T12 to T5 and T12 to T1, e.g., respectively
41.4+ 7.5° and 41.0 + 7.3° for flexion of ~40° without load in hands, in agreement with
others (Nussbaum and Chaffin, 1996). The geometry of muscle fascicles was modeled
by straight lines with no initial strain before applying gravity load. The transverse
abdominus, latissimus dorsi, lumbodorsal fascia, intersegmental and multisegmental
muscles were neglected. The transverse abdominus has been recognized to unload the
spine indirectly by increasing intra-abdominal pressure (Daggfeldt and Thorstensson,
2003) as well as to play a role in controlling the spinal stability (Hodges, 1999; Hodges
and Richardson, 1996; Pietrek et al., 2000). Latissimus dorsi has been known to produce
trunk extensor moment via the lumbodorsal fascia, a contribution suggested not sizable
during lifting tasks (Bogduk et al., 1998; McGill and Norman, 1988). The
intersegmental and multisegmental muscles have been reported not to play important
stabilizing role (Crisco and Panjabi, 1991). For qualitative validation of predicted
muscle forces, the maximum allowable muscle stress was assumed for all muscles to be
0.6 MPa. The normalized passive tension-length relationship was also assumed to be the
same for all muscles despite the fact that the specific architecture of each muscle could
influence this relationship (Woittiez et al., 1984). Moreover, the effect of muscle
activation level on this passive relationship (Lee and Herzog, 2002; Rassier et al., 1999,
2003) was neglected. For the stability analyses, the muscle stiffness coefficient, g, was

chosen the same for all muscles while a linear stiffness-force relation, rather than a



nonlinear one (Cholewicki and McGill, 1995; Shadmehr and Arbib, 1992), was taken.
The controversial mechanical role of the intra-abdominal pressure (IAP) in unloading
the spine and generating a net extensor moment as well as its likely stabilizing role
during flexion tasks was not considered (Arjmand et al., 2001; Cholewicki et al., 2002;
Cresswell et al., 1992; Cresswell, 1993; Cresswell and Thorstensson, 1994; Daggfeldt
and Thorstensson, 1997, 2003). The neglected co-activation, although measured to be

small, could serve to increase the stability of the lumbar spine especially in standing

postures (Cholewicki et al., 1997, 1999a, b; El-Rich et al., 2004).

Calculation of the trunk and pelvic rotations from skin markers, despite non-
invasiveness and ease of measurements, is recognized to have important errors involving
identification of anatomical landmarks, skin movement relative to the underlying bony
landmarks, and deformability of vertebrae themselves (Lee et al., 1995; Shirazi-Adl,
1994; Zhang and Xiong, 2003). Due to inherent errors, in this work, the measurements
were used only to evaluate pelvic tilt and trunk T1-T12 rotations with the intervening
lumbar segmental rotations evaluated based on relative values reported in the literature.
Study of the effect of alterations in lumbar rotations on results (e.g., lordosis versus
kyphosis) is the subject of future works. Moreover, the measurement of the maximum
EMG activity (MVC) in each muscle required for normalization depends amongst others
on the task design, subject and electrode location (O'Sullivan et al., 2002; McGill, 1991).
Since the electrodes for the multifidus at the L5 level are more likely to yield activity of
adjacent longissimus (Stokes et al., 2003), comparisons between predictions and

measurements were avoided for the Multifidus.

The kinetic redundancy of the trunk system can be deterministically resolved if the
number of prescribed kinematics data at a level reaches the number of muscles inserted
into the same level. In the current study, since only sagittal rotation of vertebrae was
prescribed, an optimization approach based on minimum sum of cubed muscle stresses

was also used. Although, this cost function was recognized to agree better with the EMG
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data (Hughes et al., 1994; Van Dieen, 1997), it has been associated with unrealistic joint
displacements (Stokes and Gardner-Morse, 2001), an issue that is irrelevant to our work
in which in vivo kinematics were prescribed. Moreover, the convergence of the
nonlinear optimization solution on a global minimum was assured by solving the

problem analytically using Lagrange Multiplier Method.

3.5.2 Comparisons and Implications

Compared to neutral standing postures, forward flexions of ~40° and ~65°
substantially increased extensor muscle forces and internal loads (Table 3.3 and Fig.
3.6). These loads further increased in presence of 180 N in hands. The axial compression
at the L4/L5 level significantly increased by 251% at ~40° flexion and by 337% at ~65°
flexion compared to the neutral standing with no external load. When holding 180 N in
hands, these values further increased to 338% and 420% of those in neutral standing
with 180 N, respectively (Table 3.3). In standing posture, however, the magnitude of
load in hands had no significant effect on EMG activity of global extensor muscles (Fig.
3.4A). The maximum shear and compression forces in the tasks considered in this study,
occurring at the lowermost L5/S1 level (Table 3.3), remained smaller than segmental
tolerant limits (McGill, 1997; NIOSH, 1981). Accounting for the axial compression-disc
pressure relations in lumbar specimens (Shirazi-Adl and Drouin, 1988), the current
predicted compression loads at the 1.4-L5 level agree well with in vivo intradiscal

pressure measurements reported under similar load magnitudes and postures (Wilke et

al., 1999, 2001) (Fig. 3.8).

The computed total force in erector spinae, as the sum of ICpt and LGpt muscle
forces, was 700 N and 950 N for flexion angles of ~40° and ~65° without external load
and 1328 N and 1545 N in presence of 180 N in hands, respectively. The predicted
active component of global muscle forces when normalized to their maximum values
(i.e., 0.6xXPCSA) was in satisfactory agreement with normalized EMG activities under

both flexion postures = 180 N (Fig. 3.9). In accordance with our in vivo measurements,
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the model predicted only a slight change in active extensor muscle forces when flexing
forward from ~40° to ~65° under identical load in hands while, in contrast, a large
increase was noted under 180 N at the same posture (Fig. 3.9). These are due to the
greater contribution of passive components under larger flexion angles (under same
loads) and of the active components under larger net moments (at the same posture)
(Fig. 3.10). The model confirmed the hypothesis on the important contribution of
passive components to resist net moments under flexion tasks especially when no load
was carried in hands (Fig. 3.10). This passive contribution likely becomes increasingly
more important as trunk flexion further increases towards the full trunk flexion which is
in accordance with the flexion-relaxation phenomenon (McGill and Kippers, 1994;
Nussbaum and Chaffin, 1996). The ligamentous and muscle passive resistant moments
were, respectively, ~22 Nm and 27 Nm at ~40° and ~35 Nm and 42 Nm at ~65° for
cases without load in hands. These values are in very good agreement with reported
maximum resistance of lumbar motion segments in flexion (Adams and Dolan, 1991;
Miller et al., 1986) and estimated total passive extensor moment that increases with
trunk flexion reaching ~100 Nm at full flexion during isometric exertions (Dolan et al.,

1994; Nussbaum and Chaffin, 1996).

Abdominal muscles were measured to have rather small EMG activity in standing
postures that further diminished with trunk flexion (statistically significant for EO under
180 N). Similarly, significant decrease in antagonistic muscle co-activations during
isometric submaxiaml trunk flexion has been recorded (Tan et al., 1993). It has been
suggested that the co-activity of abdominal muscles, despite a substantial increase in
compression on spine, is essential to maintain stability in neutral standing postures (EI-
Rich et al., 2004; Granata and Orishimo, 2001; Granata and Wilson, 2001). The spine
appears, however, to be adequately stabilized in forward flexion tasks by greater
ligamentous stiffness and muscle activation with lesser need for muscle stiffness (Figs.

3.7A, B) or muscle co-activity (Fig. 3.4B).



3.5.3 Stability

The issue of structural stability of the human spine is recognized as an important
consideration in avoiding injury and functioning safely (Bergmark, 1989; Cholewicki et
al., 1997, 2000; Cholewicki and McGill SM, 1996; Cholewicki and VanVliet, 2002;
Crisco III and Panjabi, 1991; El-Rich et al., 2003; Gardner-Morse et al., 1995; Gardner-
Morse and Stokes, 1998; Granata and Orishimo, 2001; Kiefer et al., 1998). The
nonlinear analysis under applied forces is the gold standard in evaluating the system
stability. Other complementary approaches, as used in the present study, would be the
linear stability and perturbation analyses on the deformed configurations of the structure.
In these latter methods, the error involved in estimation of buckling loads is expected to
diminish as the applied loads and deformed configurations approach the critical state. By
varying the muscle stiffness coefficient, g, the critical value was found in the nonlinear
analyses below which the system became unstable; i.e., no convergent solution existed
under applied forces. These g values were further utilized in linear buckling and
perturbation analyses at deformed configurations in order to estimate system stability

margins.

In contrast to neutral standing postures, the spine appeared to be rather stable in
forward flexion tasks due primarily to the greater stiffness of both active and passive
sub-systems that significantly increased with flexion angles and compression forces
(Fig. 3.7A), an observation in agreement with previous works (Cholewicki and McGill,
1996). The lowest g value required to maintain stability of the spine under ~40° and
~65° flexions with no load in hands was ~10 and 6, respectively (Fig. 3.7A). In contrast,
no muscle stiffness was at all required in flexed postures when carrying 180 N (Fig.
3.7A). In these cases, the system stability was primarily provided by passive stiffness of

motion segments that nonlinearly increased with axial compression and flexion angle.

To further investigate the relative importance of motion segment stiffness on the

spinal stability in flexion tasks, the nonlinear flexural stiffness of all passive segments



was altered by either £10% or £30% and analyses were repeated at ~40° flexion under
180 N. The system stability further increased with stiffer passive tissue whereas it
decreased as the passive stiffness diminished (Fig. 3.7B). Interestingly, these trends in
the system stability occurred despite opposite compensatory changes in muscle
activation. The increase in stability margin despite smaller muscle activation and its
deterioration despite larger muscle activation reiterates our hypothesis on the important
role of passive stiffness in the system stability. Muscle forces increased as the passive
stiffness diminished by 10 and 30% resulting in larger compression on L4-L5 disc by
4.9% and 14.4%, respectively. In contrast, larger passive stiffness decreased muscle
forces and axial compression on the L4-L5 disc by 7.6% and 18% respectively. Such
alterations in passive stiffness are expected due to spinal injuries and degenerations.
These results confirm our hypothesis on the need for compensatory muscle activations in
order to maintain equilibrium and stability in presence of injuries, degenerations, or
alterations in ligamentous spine which in turn could increase the risk of fatigue and
injury in active/passive tissues. It is to be noted that an increase in muscle activation,
even in cases with no muscle stiffness g=0, would improve the system stability via its

contribution through the stress stiffness matrix.

In conclusion, a novel kinematics-based finite element approach was used that
simultaneously satisfied the kinematics, equilibrium and stability requirements at all
levels and directions and not just the equilibrium at one level only. The proposed model
allowed for the incorporation of realistic nonlinear load- and direction-dependent
properties of spinal motion segments. The results confirmed our hypothesis that the
passive resistance of both the ligamentous spine and the trunk musculature played a very
important role in the system equilibrium and stability as the trunk flexion increased. The
co-activity of abdominal muscles as well as muscle stiffness could, hence, be of lesser
concern to maintain stability in such forward flexion tasks as compared with upright
tasks. Moreover, any injury to the passive system, on one hand, requires a substantial

compensatory increase in active muscle forces which would further increase passive
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loads and, hence, the risk of injury and fatigue. It would, on the other hand. deteriorate
the system stability which in turn may require greater additional muscle activation.
Altogether, this chain of events would place the entire trunk active-passive system at

higher risk of injury, fatigue and instability.
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Table 3.1 Mean measured, prescribed thorax and pelvis rotations from the neutral
standing posture as well as prescribed lumber rotations in the FE model assuming
relative rotations of 8% at T12-L1, 13% at L1-L2, 16% at L2-L3, 23% at L3-L4, 26% at
L4-L5, and 14% at L5-S1 level for both flexion postures of ~40° and 65° (based on

reported in vivo kinematics measurements).

. o| Flexion 40° + . o| Flexion 65° +
Flexion 40 180 N Flexion 65 180 N
41.0 46.0 62.0 65.0
39.2 43.8 59.5 62.2
36.0 40.0 55.0 57.4
31.9 35.1 49.3 51.2
26.1 28.2 41.2 42.4
19.6 20.3 32.0 324
16.0 16.0 27.0 27.0

* The angle between T1-T12 and gravity lines was calculated as the trunk rotation in
standing and flexed postures.

+ Computed by evaluating the orientation of normal to the plane passing through the
three markers on the pelvis.

1 Was computed as the difference between the total thorax and pelvic rotations (Granata

and Sanford, 2000).
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Table 3.2 Physiological cross sectional areas (PCSA, mm?) and initial length (in
brackets, mm) for muscles on each side of the spine at different insertion levels. ICpl:
[liocostalis Lumborum pars lumborum, ICpt: Iliocostalis Lumborum pars thoracic, IP:
Iliopsoas, LGpl: Longissimus Thoracis pars lumborum, LGpt: Longissimus Thoracis
pars thoracic, MF: Multifidus, QL: Quadratus Lumborum, 10: Internal Oblique, EO:
External Oblique, and RA: Rectus Abdominus.

L1

(170)

2 154 | 295 [ 91 | 138 | 80
(118) [ (241) | (132) | (135)] (104)

L3 182 | 334 | 103 | 211 | 75
84) | (206)| (88) [(106)] (74)

L4 189 | 311 | 110 | 186 | 70
0y |(169)| 52) | 82) | (46)

Ls 182 | 116 | 134

567 | 1576 | 1

TI-TI2 3531 (239)




55

[890] S (N 313y

“(N) UOIO3IIp JIOLIdJUER UI dA+ “WYTISY-PIW 18 9010] JBYS

-p1w Je uorssardwiod [erxe [e20] 1) {(WN) UOIX3[J Ul A + ‘IYBI9y-pIw Je judwow [enides ;N 4

80, 0s8¢ | 1'8€[90s [ceec |8 1€ |9z [8oce [ 1Le]os cl6l|v6l] 81€
L1 |6ssc|ese| €L |otec|coz| €L |osze[1pz| s6 |2o81|891] 19
coc |8zse | 19 [osc | ooz [e'6e | Liz |16t | Lve €Lt [6991 |TLl] be-
85¢ | 6€0¢ | 8°8€ | pTT| LEL1 |07 | 20T |909T | 28T | 111 | vivl | € 12| SL-
L9 | wrhe| 1og|ose [oovl € 1¢ |65v |981c | €82 |vee | 11T |1 Ce| LL-
2o 1821|979z [8ov | 1011|8czosr 691 |vzz]osz| se6 [s81]ect-
s|o|w|s|o|w|s|olw|s|o[w]s
NosL |  No | Nost [ No®
o9 HOXaLL pisaiog OF B PIBMIOT | gupueyg

‘spuey ur N 08] ¥ saanjsod

paxayj pue Suipue)s [eNNdU IOJ S[AJ] SnoLeA Je sulds snojuowredi] salssed ur Speo| [BUIU] €€ AqEL



56

350
T1 ® -- T1-S1 vertebrae
A. © Disc centers
300 o/ T5 0 Gravi
W ravity - arms
250 - . +  Gravity - head and neck
T1-T12 / S 3 & Gravity - trunk
Rigid body ~.._T10
200
- T12
T 5 -
£ 150 / o, LI
N .. o
Rigid element to .
: Rigid elements to
100 | apply load in hands 2 y
g apply gravity loads A/‘ ;.I}
0
50
Anterior X GA‘LS
0 (mm) ol o1
-3‘50 -300 -250 -200 -150 -100 -50 g (
vy
..... <
e, |
Barbell ()< ~ 210 mm p
i [ 180 N (measured in vivo)

Fig. 3.1 Sagittal profile of the FE model at ~40° flexion prescribed based on
measurements. Positions of distributed gravity loads (total of ~ 387 N: 256 N anteriorly
at T1-L5 levels for the torso, 58.5 N for the head/neck at 1 cm anterior to T1, and 72.2 N
for arms/shoulder at 3 cm posterior to T2-T4) and concentrated 180 N held in front via a
barbell are shown. The external load is applied on the T4 at a location based on mean of

measured data.
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Fig. 3.2 Representation of global and local musculatures in the sagittal and frontal
planes used in the FE model. Only fascicles at one side have been shown. ICpl:
Iliocostalis Lumborum pars lumborum, ICpt: Iliocostalis Lumborum pars thoracic, IP:
[liopsoas, LGpl: Longissimus Thoracis pars lumborum, LGpt: Longissimus Thoracis
pars thoracic, MF: Multifidus, QL: Quadratus Lumborum, IO: Internal Oblique, EO:
External oblique, and RA: Rectus Abdominus.
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Fig. 3.5 Mean measured kinematics along with deformed finite element model in

standing and flexed postures without load in hands.
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Fig. 3.7A Variation of computed T1 sagittal translation with the muscle stiffness
coefficient, g, for different postures with and without load of 180 N in hands using linear
perturbation analysis at deformed configurations due to 1 N horizontal force at the T1
(in agreement with nonlinear analyses). The smallest ¢ in each case is the critical value

below which the system becomes unstable.
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Fig. 3.7B Variation of computed T1 sagittal translation with the muscle stiffness
coefficient, g, for the case with ~40° flexion and 180 N load in hands (while altering the
flexion stiffness of passive ligamentous spine by up to + 30%) using linear perturbation
analysis at deformed configurations due to 1 N horizontal force at the T1 (in agreement

with nonlinear analyses).
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Fig. 3.8 Measured (in vivo) and computed intradiscal pressure values at the L4-L5
disc under different loads and postures. Values have been normalized to their respective

values in the neutral standing posture.
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Fig. 3.9 Comparison of measured normalized EMG activity with computed muscle

forces normalized to their respective maximum active force (0.6XPCSA, Table 2) for

global muscles in flexed postures with and without load of 180 N in hands.
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4.1 ABSTRACT

Study Design: In vivo measurements and model studies are combined to
investigate the role of lumbar posture in static lifting tasks.

Objectives: Identification of the role of changes in the lumbar posture on muscle
forces, internal loads, and system stability in static lifting tasks with and without load in
hands.

Summary of Background Data: Despite the recognition of the causal role of
lifting in spinal injuries, the advantages of preservation or flattening of the lumbar
lordosis while performing lifting tasks is not yet clear.

Methods: Kinematics of the spine and surface EMG activity of selected muscles
were measured in 15 healthy subjects under different forward trunk flexion angles and
load cases. Apart from the free style lumbar posture, subjects were instructed to take
either lordotic or kyphotic posture as well. A Kinematics-based method along with a
nonlinear finite element model were interactively used to compute muscle forces,
internal loads and, system stability margin under postures and loads considered in in
vivo investigations.

Results: In comparison with the kyphotic postures, the lordotic postures
increased the pelvic rotation, active component of extensor muscle forces, segmental
axial compression and shear forces at the L5-S1 level and spinal stability margin while
decreasing the passive muscle forces and segmental flexion moments.

Conclusion: Alterations in the lumbar lordosis in lifting resulted in significant
changes in the muscle forces and internal spinal loads. Spinal shear forces at different
segmental levels were influenced by changes in both the disc inclinations and extensor
muscle lines of action as the posture altered. Considering internal spinal loads and
active/passive muscle forces, the current study supports the free style posture or a

posture with moderate flexion as the posture of choice in static lifting tasks.
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4.2 INTRODUCTION

Epidemiological studies have associated physically heavy work, static work
postures, frequent bending, and lifting with low-back pain (LBP) symptoms (Frymoyer
et al,, 1983). In a large survey, lifting or bending episodes accounted for 33% of all
work-related causes of back pain (Damkot et al., 1984). Combination of lifting with
lateral bending or twisting has been identified as a frequent cause of back injury in the
workplace (Andersson, 1981; Hoogendoorn et al., 2000; Kelsey et al., 1984; Marras et
al., 1995; Troup et al., 1981; Varma and Porter, 1995). Among various work-related
activities, lifting, awkward posture, and heavy physical work have been indicated to
have strong relationship with lumbar musculoskeletal disorders (MSDs) (NIOSH, 1997).
Trunk motion and velocity of trunk movement have also been identified as significant
risk factors for occupational low-back disorders (Davis and Marras, 2000; Marras et al.,
1995; Norman et al., 1998). Search for a safe lifting technique has, thus, attracted
considerable attention due to the high risk of injury and LBP associated with frequent
lifting specially in industrial manual material handling (MMH) tasks. Compression force
limits have been recommended (NIOSH, 1981; Waters et al., 1993) for safer MMH

manoeuvres based on the premise that excessive compression loads could cause injury.

Despite the well-recognized role of lifting in low-back injuries, the literature on
safer lifting techniques remains controversial. In search of optimal lifting methods, squat
lift (i.e., knee bent and back straight) is generally considered to be safer than the stoop
lift (i.e., knee straight and back bent) in bringing the load closer to the body and, hence,
reducing the extra demand on back muscles to counterbalance additional moments. The
importance of the squat versus stoop lifting postures has, however, been downplayed
due to the lack of a clear biomechanical rationale for the promotion of either style
(McGill, 1997). Many workers, despite instruction to the contrary, prefer the stoop lift
over squat lift. It is known that there is an increased physiological cost (Garg and Herrin,
1979) as well as more rapid fatigue development (Hagen et al., 1993) in squatting and

that squat lift is not always possible due to the lift set up and load size (Van Dieen et al.,
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1999). In a recent review paper (Van Dieen et al., 1999) and a biomechanical model
study (Potvin et al., 1991a) of the effect of squat and stoop lifting techniques on the
lumbar spine loading, it was suggested that the risk of injury may be influenced more by

the lumbar posture rather than the choice of stoop or squat technique.

The advantages in preservation or flattening (i.e., flexing) of the lumbar lordosis
during lifting tasks are even less understood. A kyphotic lift (i.e., flexed lumbar spine) is
recommended by some as it utilizes the passive ligamentous system (i.e., posterior
ligaments and lumbodorsal fascia) to their maximum thus relieving the active extensor
muscles (Gracovetsky et al., 1981, 1985). In contrast, however, others advocate lordotic
and straight-back postures indicating that posterior ligaments cannot effectively protect
the spine and an increase in erector spinae activities is beneficial in augmenting spinal
stability (Aspden, 1989; Delitto et al., 1987; Hart et al., 1987; McGill, 1997; Vakos et
al.,, 1994) and in diminishing the anterior shear force on spine (McGill et al., 2000;
Potvin et al., 19914, b). In an earlier irn vivo study, it was noted that professional power
lifters accomplished their heavy lifts with remarkably small intersegmental flexion
angles (Cholewicki and McGill, 1992). Experimental studies have advocated a moderate
lumbar flexion under high compressive forces (Adams et al., 1994). The lever arm of
erector spinae muscle group has been measured from MRI to decrease significantly by
10-24% from a lordotic to a kyphotic posture (Tveit et al., 1994) indicating its greater

moment-resistant capacity in the former posture.

The inability to accurately determine the loads on the trunk active and passive
components as well as the system stability margin appears as a critical hindrance
towards the development of ergonomic guidelines for the design of safer lifting tasks.
Evidently, an improved assessment of risk of injury depends on a more accurate
estimation of the load partitioning in the human trunk in forward flexion tasks. Spinal
loads have indirectly been estimated by measurement of intradiscal pressure

(Nachemson, 1981; Wilke et al., 1999), load on spinal instruments (Rohlmann et al.,
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2001, 2002), spinal shrinkage (Van Dieen and Toussaint, 1993; McGill et al., 1996), and
EMG activity of trunk muscles (Mouton et al., 1991; Potvin et al., 1996). Due to the
limitations in foregoing methods, biomechanical models have been recognized as
indispensable tools for evaluation of spinal loads and system stability in various

occupational and athletic activities.

The current work aims to employ a combined model studies-in vivo measurements
approach to investigate the relative effect of changes in the lumbar posture on the load
partitioning and stability of the human trunk in static lifting tasks. In the in vivo part of
the investigation, kinematics of the spine (required as input data into the model) and
EMG activity of major trunk muscles (required to qualitatively validate model
predictions) are collected under isometric trunk flexions of ~40° and 65° with and
without a load of 180 N in hands. Volunteers carry out the sagittally-symmetric tasks
with three different lumbar postures; kyphotic, lordotic, and free style (with no
instruction on posture). Subsequently, the biomechanical model study uses a nonlinear
thoracolumbar finite element model coupled with a Kinematics-based approach
(Arjmand and Shirazi-Adl, 2006; El-Rich et al., 2004; Kiefer et al., 1998; Shirazi-Adl et
al., 2002; Shirazi-Adl et al., 2005) that calculates muscle forces, spinal loads and

stability under prescribed measured postures and loads considered in vivo.

4.3 MATERIALS AND METHODS
4.3.1 In vivo measurement

Fifteen healthy males with no recent back complications volunteered for the study
after signing an informed consent form approved by the Institut de réadaptation de
Montréal. Their mean (£S.D.) age, body height, and mass were 30+6 years, 177+7 cm,
and 74+11 kg. While bending slightly forward, infrared light emitted markers, LED,
were attached on the skin at the tip of T1, T5, T10, T12, L1, L3, L5, and S1 spinous
processes for evaluation of lumbar and torso flexions. Three extra LED markers were

placed on the posterior-superior iliac spine and ilium (left/right iliac crests) for
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evaluation of pelvic rotation, and one on the load to track the position of weights in
hands. A three-camera Optotrak system (NDI International, Waterloo, Ontario) was
employed to collect 3D coordinates of LED markers. Simultaneously, five pairs of
surface electrodes were positioned bilaterally (McGill, 1991; O'Sullivan et al., 2002)
over longissimus dorsi (~3cm lateral to midline at the L1), iliocostalis (~6¢cm to midline
at the L1), multifidus (~2cm to midline at the L5), external obliques (~10cm to midline
above umbilicus and aligned with muscle fibers), and rectus abdominis (~3cm to midline
above the umbilicus). The raw EMG signals were amplified, band-pass filtered at 10-
400 Hz by a 2" order Butterworth filter, rectified over 4s trial duration and averaged for
both sides. For normalization, EMG data at maximum voluntary contraction (MVC) was
collected in standing (in cardinal planes while loaded via a strapped harness (Sparto and

Parnianpour, 1998)), prone, and supine positions.

Subjects held either no load or 180 N in hands via a bar during isometric forward
flexion tasks with torso at ~40° or ~65°. These tasks were performed either with no
instruction on the posture (free style) or with specific instruction that subjects
voluntarily take lordotic and kyphotic lumbar postures by controlling their pelvic tilt. In
all three postures, the overall trunk forward rotations were kept nearly unchanged as
subjects primarily altered their pelvic tilt to achieve various lumbar postures. During
measurements, subjects were also instructed to keep knees straight and arms extended in
the gravity direction. Three-way analyses of variance (ANOVA) for repeated measure
factors were performed to study the effect of lumbar posture (3 levels: lordotic, free, and
kyphotic), load magnitude (2 levels: 0 N and 180 N), and torso flexion (2 levels: ~40°
and 65°) on EMG activities. Besides, one-way ANOVA for repeated measure factors
were used to study the effect of lumbar posture on the pelvic rotation, torso flexion, and
load position. Tukey’s post hoc tests were performed to further reveal any significant

trends (p<0.05).

4.3.2 Thoracolumbar Finite Element Model
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The details of the model have been given elsewhere (Arjmand and Shirazi-Adl,
2006; El-Rich et al., 2004; Kiefer et al., 1998; Shirazi-Adl et al., 2002; Shirazi-Adl et al.,
2005) and are briefly described here. A sagittaly-symmetric T1-S1 beam-rigid body
model consisting of 6 deformable beams to represent T12-S1 segments and 7 rigid
elements to represent T1-T12 (as a single body) and lumbosacral vertebrae (L1 to S1)
was used (Fig. 4.1). The nonlinear load-displacement response under single and
combined axial/shear forces and moments along with the flexion versus extension
differences were represented in this model based on numerical and measured results of
previous single- and multi-motion segment studies (Oxland et al., 1992; Patwardhan et
al., 2003; Pop, 2001; Shirazi-Adl, 2006; Shirazi-Adl et al., 2002; Stokes and Gardner-
Morse, 2003; Yamamoto et al., 1989). The nonlinear response in flexion moment and
axial compression is given for different segmental levels in Fig. 4.2 while the shear
modulus (kGA) is assumed constant varying from 5502 N at the T12-L1 level to 6736 N
at the L5-S1 level. In all cases, based on the mean body weight of our subjects and
percentage of body weight at each motion segment level reported elsewhere (Pearsall,
1994; Takashima et al., 1979), a gravity load of 387 N was considered and distributed
eccentrically at different levels. To simulate the cases with an external load in hands,
180 N was applied at the location measured in vivo via a rigid element attached to the T3

vertebra.

4.3.3 Prescribed Postures

Mean measured sagittal rotations at the upper torso (evaluated based on the change
in the inclination of the line attaching the T1 marker to the T12 one) and pelvis
(evaluated based on the change in the orientation of the normal to the plane passing
through the pelvis markers) were prescribed onto the model at the T12 and S1 levels,
respectively. As for the individual lumbar vertebrae, the total lumbar rotation, calculated
as the difference between the foregoing two rotations, was partitioned in accordance
with proportions reported in earlier investigations (8% at T12-L1, 13% at L1-L2, 16% at
1L.2-13, 23% at L3-L4, 26% at L4-L5, and 14% at L5-S1) (Dvorak et al., 1991; Frobin et
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al., 1996; Pearcy et al., 1984; Plamondon et al., 1988; Potvin et al., 1991a; Shirazi-Adl
and Parnianpour, 1999; Yamamoto et al., 1989).

4.3.4 Muscle Model and Muscle Force Calculation

A sagittaly-symmetric muscle architecture with 46 local (attached to lumbar
vertebrae) and 10 global (attached to thoracic cage) muscles was used (Fig. 4.1 and
Table 4.1) (Bogduk et al., 1992; Daggfeldt and Thorstensson, 2003; Stokes and Gardner-
Morse, 1999). To evaluate muscle forces a novel Kinematics-based algorithm (Fig. 4.3)
was employed to solve the redundant active-passive system subjected to prescribed
measured kinematics and external loads (Arjmand and Shirazi-Adl, 2006; El-Rich et al.,
2004; Shirazi-Adl et al., 2002; Shirazi-Adl et al., 2005). In this manner, calculated
muscle forces at each instance of loading were compatible with the prescribed
kinematics (i.e., posture) and external loading while accounting for the realistic
nonlinear stiffness of the passive system. This approach exploits kinematics data to
generate additional equilibrium equations at each level in order to alleviate the kinetic
redundancy of the problem. If, insufficient number of prescribed displacements is
available at a level, then an optimization approach should also be employed. In the
current study, the cost function of minimum sum of cubed muscle stresses was
considered in the optimization with inequality equations of unknown muscle forces
remaining positive and greater than their passive force components (calculated based on
muscle strain and a tension-length relationship (Davis et al., 2003)) but smaller than the
sum of maximum physiological active forces (i.e., 0.6 PCSA) and the passive force
components (Gagnon et al., 2001; Guzik et al., 1996). The finite element program
ABAQUS (Hibbit, Karlsson & Sorensen, Inc., Pawtucker, RI, version 6.4) was used to
carry out nonlinear structural analyses while the optimization procedure was analytically
solved using an in-house program based on Lagrange Multipliers Method (Raikova and
Prilutsky, 2001). For the sake of comparison with our in vivo measurements, the active

muscle force was initially computed for each muscle by subtracting the passive force
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(using a tension-length relation (Davis et al., 2003)) from the calculated total muscle

force and was then normalized to its own maximum physiological force.

4.3.5 Stability Analyses

In each simulation case, after the muscle forces were calculated, the model was
modified with uniaxial elements replacing muscles between their insertion points.
Stiffness of each uniaxial element, k, was assigned using the linear stiffness-force
relationship k=gF/I (F: known muscle force, /: instantaneous muscle length, g: muscle
stiffness coefficient chosen a priori) (Bergmark, 1989; Crisco and Panjabi, 1991).
Nonlinear analyses under same external loads and prescribed pelvic tilt were performed
for different g values thus identifying the critical ¢ for which the system ceased to be
stable. In addition to nonlinear analyses, linear buckling and perturbation analyses
(Reeves and Cholewicki, 2003) at loaded, deformed, configurations were also carried

out as complementary approaches to estimate trunk stability margin as a function of g.

4.4 RESULTS
4.4.1 In vivo study

In accordance with instructions, torso rotations remained nearly the same
irrespective of changes in the lumbar posture from the free style to either lordotic or
kyphotic curvature (Fig. 4.4). Similarly, location of the load in hands was negligibly
influenced by changes in the lumbar posture. The pelvic rotation was, however,
significantly decreased from the lordotic posture to the kyphotic one (Fig. 4.4) with that
for the free style remaining in between. The lumbar flexion evaluated as the difference
between the torso rotation and the pelvic tilt, hence, significantly increased from the
lordotic posture to the kyphotic one. The change in the lumbar curvature in between

these two postures was larger in the absence of the external load (Fig. 4.4).

EMG activities in global extensor muscles (LGPT and ICPT) increased, though

not significantly, in the lordotic lumbar posture compared with those in the kyphotic
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posture for the cases with no load in hands (Fig. 4.5 and Table 4.2). EMG activity of
extensor muscles significantly increased in all cases as 180 N was added in hands (Table
4.2). Abdominal muscles, though relatively quiet in all tasks (with means remaining <
20% of MVC) (Fig. 4.5), demonstrated a significant change with both lumbar posture
and load in hands (Table 4.2). The EMG activity of abdominal muscles increased as the
posture was altered from the free style. Tukey’s tests revealed that the EO activity
significantly increased from the free style to the kyphotic posture. For the RA, the
difference between the kyphotic and free postures was significant only under 180 N
while the difference between lordotic and free styles was significant regardless of the

load magnitude.

4.4.2 FE model study

Due to the measured small and non-significant variations in torso rotation in
various postures (Fig. 4.4), in the FE simulations and under each load condition, the
mean torso rotation measured in the free style posture (listed in Fig. 4.4) was considered
for all three lumbar postures. The pelvic tilt was, however, different and taken as the
mean of measured values (listed in Fig. 4.4). In agreement with our in vivo
measurements, active component of force in global muscles (LGPT and ICPT) increased
in the lordotic posture compared with that in the kyphotic posture when no load was
carried in hands. This variation, however, disappeared in presence of 180 N in hands
(Table 4.3 and Fig. 4.5). For all conditions considered, the passive components of
extensor muscle forces increased in the kyphotic posture and decreased in the lordotic

posture (Table 4.3) in accordance with the computed changes in their lengths.

Under identical torso rotation and external load, change in the lumbar posture had
a greater relative effect on the segmental flexion moment and shear force than on the
axial compression force (<14%) (Table 4.4). Maximum local segmental shear and
compression forces were computed at the L5-S1 disc and were found to be greater in

lordotic postures. In contrast, segmental moments were much larger in kyphotic postures
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(Table 4.4). For all postures, the system stability substantially increased as torso flexion
increased from ~40° to 65° and as load increased from 0 to 180 N. In cases without load
in hands, the spinal stability further improved from a kyphotic to a lordotic posture (Fig.
4.6). No muscle stiffness was at all required to maintain system stability in all postures

when holding 180 N in hands.

4.5 DISCUSSION

In an attempt to search for the safer lumbar posture in static lifting tasks, this study
aimed to investigate the relative effect of alterations in the lumbar posture on load
partitioning and system stability. Subjects performed different isometric lifting tasks
either with no instruction on the lumbar posture or instructed to take lordotic or kyphotic
posture. It is to be noted that the findings of this study should be applicable to both squat

and stoop static lifting techniques.

Despite several studies on the effect of changes in the lumbar posture on the EMG
signals of the trunk and hip muscles (Delitto and Rose, 1992; Delitto et al., 1987; Hart et
al., 1987; Holmes et al., 1992; Vakos et al., 1994) the issue of the safest lumbar posture
during lifting activities remain controversial. This is partly due to the lack of a
comprehensive biomechanical model that can accurately determine passive-active load
partitioning and spinal stability under different postural and loading conditions. Towards
such goal, a combined model studies-in vivo measurements investigation was employed
in this work. The Kinematics-based finite element approach simultaneously satisfied
kinematics, equilibrium, and stability requirements at all levels and directions while
accounting for realistic nonlinear load- and direction-dependent properties of the passive
spine. The results indicated that under identical torso rotation and load in hands, the
lordotic posture as compared with the kyphotic posture significantly increased pelvic
rotation, slightly increased net total moment at the S1 level, markedly increased active
component of global (in absence of 180 N only) and local extensor muscle forces,

substantially decreased passive component of extensor muscle forces, decreased the
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inclination of extensor muscles with respect to the horizontal plane, slightly increased
segmental axial compression at the distal L5-S1 level, significantly increased anterior
shear force at the distal L4-S1 levels while decreasing them at upper levels, considerably
decreased segmental flexion moment/rotation at all levels, and improved spinal stability.
In lordotic postures due partly to an increase in the lever arm of global muscles, the
muscle forces had a greater relative role in balancing net external moment. Finally,
measured and computed results with the free style posture in which subjects performed
static lifting with no instruction on the lumbar posture were generally much closer to

those with the kyphotic posture than those with the lordotic one.

4.5.1 Methodological Issues

Calculation of the segmental rotations from skin markers is recognized to involve
errors in identification of vertebral positions, skin movement relative to the underlying
vertebrae, and deformability of vertebrae themselves (Lee et al., 1995; Zhang et al.,
2003). Due to these inherent errors, the measurements were used in this work only to
evaluate pelvic tilt and torso rotations with the intervening lumbar segmental rotations
evaluated based on relative values reported in the literature. The foregoing proportions
remained the same in all three lumbar postures considered. Moreover, measurement of
the maximum EMG activity (MVC) required for normalization depends amongst others
on the task design, subject, and electrode location (McGill, 1991; O'Sullivan, 2002). The
electrodes for the multifidus at the L5 level more likely yield activity of adjacent
longissimus (Stokes et al., 2003), therefore comparisons between predictions and
measurements were avoided for the Multifidus. The collected data for these electrodes,
however, demonstrated exactly the same trends as those observed for the data of other
electrodes at the L1 level (Fig. 4.5) with mean normalised values being almost always

greater (at most by 6%) than those measured for the LGPT markers (Fig. 4.5).

Regarding the model study, the assumption of rigid body motion at the T1-T12

segments (upper torso) was confirmed, in agreement with others (Nussbaum and
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Chaffin, 1996), by measuring nearly equal rotations at lines attaching either the markers
T12 to TS5 or markers T12 to T1 (Arjmand and Shirazi-Adl, 2006). The geometry of
muscle fascicles was modeled by straight lines with no initial strain before applying
gravity load. This assumption might be a crude one for global extensor muscles
attaching the pelvis to the upper thorax when the lumbar spine approaches full flexion in
which case these muscles wrap around the other surrounding tissues. The likely effect of
wrapping on results is currently under investigation in an on going project. The
transverse abdominus, latissimus dorsi, lumbodorsal fascia, and
intersegmental/multisegmental muscles were neglected. The transverse abdominus has
been recognized both to unload the spine indirectly by increasing intra-abdominal
pressure (Daggfeldt and Thorstensson, 2003) and to contribute to the spinal stability
during lifting (Hodges, 1999; Hodges and Richardson, 1996; Pietrek et al., 2002).
Latissimus dorsi has been known to produce trunk extensor moment via the lumbodorsal
fascia, a contribution suggested not to be sizable during lifting tasks (Bogduk et al.,
1998; McGill and Norman, 1988). The intersegmental and multisegmental muscles have

been reported not to play important stabilizing role (Crisco and Panjabi, 1991).

For qualitative validation of predicted muscle forces, the maximum allowable
muscle stress of 0.6 MPa was assumed for all muscles. The passive tension-length
relationship was also assumed to be the same despite the fact that the specific
architecture of each muscle could influence this relationship (Woittiez et al., 1984).
Moreover, the effect of muscle activation level on this passive relationship was
neglected (Lee and Herzog, 2002; Rassier et al., 1999, 2003). For the stability analyses,
the muscle stiffness coefficient, g, was chosen the same for all muscles while a linear
stiffness-force relation, rather than a nonlinear one (Cholewicki and McGill, 1995;
Shadmehr and Arbib, 1992), was considered. It is important to emphasize that the
passive load-length and stiffness relationships considered for muscles in the current
study have absolutely no bearing at all on the predicted spinal loads (shear and

compression forces, sagittal moments) and total muscle forces. The partitioning of the
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calculated muscle forces into active and passive components in post-processing of the
data would, however, be influenced by the choice of passive force-length relation while
the muscle stiffness coefficient q would only affect the system stability margin. The
controversial mechanical role of the intra-abdominal pressure (IAP) in unloading the
spine and generating a net extensor moment as well as its likely stabilizing role during
flexion tasks were not considered (Arjmand et al., 2001; Cholewicki et al., 2002;
Daggfeldt and Thorstensson, 1997, 2003). The relatively low co-activity of abdominal
muscles observed in this work, specially in free style postures (Fig. 4.5), was not
considered in this study. The cost function of minimum sum of cubed muscle stresses
used in the optimization algorithm has been recognized to be in agreement with the
EMG data (Hughes et al., 1994; Van Dieen, 1997). Moreover, the convergence of the
nonlinear optimization solution on a global minimum was assured in this study by

solving the optimization problem analytically using Lagrange Multiplier Method.

4.5.2 Lumbar posture and muscle activities

Active force in almost all extensor muscles increased from the kyphotic postures
to the lordotic ones (Table 4.3 and Fig. 4.5), a trend that disappeared for the global
muscles when 180 N was added in hands. It appeared that the local muscles attached to
lumbar vertebrae acted primarily to control the lumbar posture and, hence, experienced
substantially greater activities in lordotic postures. To resist only slightly smaller net
external moments, the smaller active force in kyphotic postures was, however,
compensated by larger contributions from passive components (Table 4.3 and Fig. 4.7).
The moment-carrying role of the ligamentous spine was much greater in kyphotic
postures (27 to 44 N-m) than that in lordotic postures (16 to 37 N-m) (Fig. 4.7). The
contribution of passive muscle forces in kyphotic postures was also crucial (Table 4.3
and Fig. 4.7); a role that has been neglected in previous works when suggesting that in
kyphotic postures the subjects hang on their ligaments (Hart et al., 1987) or the spine is
without much muscular support (Holmes et al., 1992). In agreement with previous

observations (Tveit et al., 1994), the lever arm of global muscles increased in lordotic
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postures (by 6-15% compared to the free style) whereas they decreased in kyphotic
postures (by 3-7% compared to the free style). Finally, in vivo measurements indicated
that EMG activities in abdominal muscles were the least in the free style posture as
compared with lordotic and kyphotic postures which could partly be due to the fact that

the subjects lacked training in efficient voluntary control of their lumbar curvature.

4.5.3 Lumbar posture and spinal loads

Maximum compression and shear forces primarily occurred at the distal L5-S1
segmental level and were larger in lordotic postures than in kyphotic ones (Table 4.4).
The shear forces decreased substantially by 23-36% while the compression forces
decreased by only 2-14% as the lordotic posture changed to a kyphotic one. At the L5-
S1 level and under identical external loading, an increase in trunk flexion substantially
increased compression force and flexion moment while the shear force remained nearly
unchanged. On the other hand, under identical trunk flexion angle, all these loads

significantly increased as the external load of 180 N was added in hands (Table 4.4).

At the uppermost T12-L2 and lowermost L5-S1 disc mid-height planes, muscle
forces generated shear forces in the anterior direction adding to those due to external
load/gravity (Fig. 4.8). At the L4-L5 disc mid-height plane, however, global thoracic and
local lumbar muscles generated posterior shear forces in opposition to the anterior shear
force of gravity/external loads (Fig. 4.8). This alteration from the L5-S1 level to the L4-
L5 level was due to the less oblique inclination (by ~10-12°) of the disc mid-height
plane at the latter level. The beneficial role of the lumbar extensor muscles in reducing
the anterior shear force in lordotic postures as suggested elsewhere (Potvin et al., 1991a,
b) does not, hence, hold true at the L5-S1 level which is subjected to the greatest shear
force and, hence, risk of shear injury. In fact at this level, the lordotic posture, by
causing much greater pelvic rotation, substantially increased the disc inclination and,
hence, the shear component of muscle forces and gravity/external loads in the anterior

direction (Fig. 4.8). The beneficial role of back muscles in counterbalancing the



83

gravity/external load-caused anterior shear forces appeared to decrease from the L4-L5

level upward to L2-L3 level and then to reverse at the uppermost T12-L2 levels.

Apart from the disc inclination, the relative magnitude of shear and compression
forces is also influenced by the changes in the line of action (LOA) of extensor muscles
in the sagittal plane which varies as the lumbar posture changes. For instance, the LOA
of both global and local extensor muscles, in accordance with in vivo data (McGill et al.,
2000), became more horizontal (by up to ~4° in global muscles and ~8° in local
muscles) as the kyphotic posture changed to the lordotic one. These changes diminish
the ability of extensor muscles in supporting segmental anterior shear force in kyphotic
postures. The prediction of greater anterior shear forces at the upper levels (Table 4.4
and Fig. 4.8) in kyphotic postures is in accordance with these changes as the disc
inclination at these levels remained nearly the same in both lordotic and kyphotic

postures.

4.5.4 Lumbar posture and spinal stability

Calculation of relatively small critical g values in lifting irrespective of the lumbar
posture (Fig. 4.6), as compared with those in standing postures (Arjmand and Shirazi-
Adl, 2006; El-Rich et al., 2004), demonstrate that the spinal stability is of a lesser
concern in tasks involving forward flexion. In the presence of 180 N in hands, no muscle
stiffness was at all required as the system stability was adequately maintained by passive
stiffness of motion segments that nonlinearly increased with axial compression and
flexion angle. As far as the lumbar postures are concerned, the lordotic posture was
found to somewhat improve the system stability, in agreement with earlier suggestions
(Vakos et al., 1994), which could be due to the greater activity of extensor muscles
recorded in these postures (Fig. 4.5). The system stability, however, should not be
associated solely with the activity in muscles as the passive stiffness of the ligamentous
spine and muscles as well as the position of load also play important roles (Arjmand and
Shirazi-Adl, 2006).
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4.5.5 Lordotic, kyphotic, or free-style posture?

Under the loads and trunk flexion angles considered in this study, the maximum
segmental anterior shear and compression forces occurred in the lordotic posture while
the maximum segmental flexion moment occurred in the kyphotic posture. None of
these loads, however, exceeded the injury tolerant levels of lumbar segments reported in
the literature (Cripton et al., 1995; McGill, 1997). Neither posture can, hence based on
the results of this study, be indicated as the one to be associated with a substantial
increase in the risk of injury to the ligamentous spine. The greater activity in extensor
muscles found in lordotic postures suggests the vulnerability of these muscles to fatigue
under repetitive or sustained loading conditions when carried out with lordotic lumbar
spine. The kyphotic postures exploited primarily the passive ligamentous/muscle force
components while the active muscle forces played more important role in lordotic
postures. Although the system stability was of a lesser concern in forward flexion
postures as compared with upright postures, the lordotic posture was found to somewhat
improve the stability margin. Finally, kinematics, muscle forces and internal loads for
the free style posture in which subjects performed static lifting with no instruction on the
lumbar posture appeared to be much closer to results for the kyphotic postures than to
those for the lordotic ones. Notwithstanding the need for additional investigations, the
current study appears to advocate the free style posture or a posture with moderate
flexion as the posture of choice in static lifting tasks when considering both internal

spinal loads and active/passive muscle forces.
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Table 4.1 Physiological cross sectional area (PCSA, mm?) and initial length (in
brackets, mm) for muscles on each side of the spine at different insertion levels. ICPL:
liocostalis Lumborum pars lumborum, ICPT: Iliocostalis Lumborum pars thoracic, IP:
Iliopsoas, LGPL: Longissimus Thoracis pars lumborum, LGPT: Longissimus Thoracis
pars thoracic, MF: Multifidus, QL: Quadratus Lumborum, IO: Internal Oblique, EO:
External Oblique, and RA: Rectus Abdominus.

567 | 1576 | 1345 | 600 | 1100
353) [ (239)| a35) | (250)| 297

T1-T12
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Table 4.2 Three-way analysis of variance for repeated measures for trunk muscle
EMG activities during lifting tasks (values with statistical significance at p<0.05 are
highlighted). ICPT: Iliocostalis Lumborum Pars Thoracic, LGPT: Longissimus Thoracis
Pars Thoracic, MF: Multifidus, EO: External Oblique, and RA: Rectus Abdominus.

LGPE | 1 e _EO A
0.91896 |0.58610(0.80385]0.45781|0.17174
0.01555{0.00731 | 0.00967 | 0.00006 | 0.00331
0.49660|0.08425]0.16325 | 0.04417 | 0.02556
0.60527(0.51487|0.9242210.4995310.56191
0.60426 | 0.88741|0.67970]0.64106 | 0.32868
0.64897|0.4144410.40476 ] 0.57909 ] 0.03705
10.3314210.49928{0.24299|0.55038 | 0.71228

*T: torso flexion, W: weight in hands, P: lumbar posture (free, lordotic and kyphotic)

T F: free, L: lordotic, K: kyphotic
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L5-S1 Disc

Anterior

Disc mid-height plane KYPHOTIC LORDOTIC

Fig. 4.8 Axial compression and anterior shear force components acting on the L4-
L5 and L5-S1disc mid-height planes presented separately due to gravity, global muscle
and local muscle forces in static flexion of ~65° with 180 N load in hands for lordotic
and kyphotic lumbar postures. As it is noted, the inclination of the disc mid-height
planes is much larger in the lordotic posture than in the kyphotic posture and that
especially at the L5-S1 disc. Moreover, the relative magnitude of different loads due to

muscle forces is also affected by the instantaneous line of action of muscles.
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CHAPTER 5

SENSITIVITY OF KINEMATICS-BASED MODEL PREDICTIONS TO
OPTIMIZATION CRITERIA IN STATIC LIFTING TASKS

N. Arjmand, A. Shirazi-Adl
Department of Mechanical Engineering, Ecole Polytechnique, Montréal, Québec,

Canada

Articled published in Medical Engineering & Physics 2006; 28 (6): 504-14
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5.1 ABSTRACT

The effect of eight different cost functions on trunk muscle forces, spinal loads and
stability was investigated. Kinematics-based approach combined with nonlinear finite
element modeling and optimization were used to model in vivo measurements on
isometric forward flexions at ~40° and ~65° in sagittal plane with or without a load of
180 N in hands. Four nonlinear (Zstress®, Zstress?, Zforce? and muscle fatigue) and four
linear (Xstress, Xforce, axial compression, and double-linear) criteria were considered.
Predicted muscle activities were compared with measured EMG data. All predictions,
irrespective of the cost function used, satisfied required kinetic, kinematics and stability
conditions all along the spine. Four criteria (Zstress?®, Zstress?, fatigue, and double-linear)
predicted muscle activities that qualitatively matched measured EMG data. The fatigue
and double-linear criteria were inadequate in predicting greater forces in larger lumbar
muscles with no consideration for their moment arms. Nearly the same stability margin
was computed under these four cost functions. At the lower lumbar levels, the
compression forces differed by <20% and the shear forces by <14% as various cost
functions were considered. Smaller axial compression and anterior shear forces (by
<~6%) were computed when only the active components rather than the total muscle
forces were taken as unknowns in the Zstress® cost function. Overall, one single cost
function of Zstress? or Istress® rather than a multi-criteria one was found sufficient and
adequate in yielding plausible results comparable with measured EMG activities and

disc pressure.
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5.2 INTRODUCTION

Accurate evaluation of trunk muscle forces, spinal loads and stability margin is
crucial in effective injury prevention and rehabilitation programs, especially in industrial
manual material handling tasks. Spinal loads have indirectly been estimated by
measurement of intradiscal pressure (IDP) (Nachemson, 1981, Wilke et al., 1999), load
on spinal implants (Rohlmann et al., 2001, 2002), spinal shrinkage (McGill et al., 1996;
van Dieen and Toussaint, 1993), or EMG activity of select trunk muscles (Mouton et al.,
1991; Potvin et al., 1996). Due to the limitations in indirect measurement methods (van
Dieen et al., 1999), biomechanical models are recognized as effective tools in evaluation

of spinal loads and system stability in different occupational and recreational activities

(Reeves and Cholewicki, 2003).

Trunk kinetic redundancy creates a hindrance in determination of muscle forces
and joint loads. Several prediction models using reduction methods, optimization
approaches, EMG-assisted models, or a combination thereof have been used to
overcome this indeterminate problem (Callaghan and McGill, 1995; Dolan and Adams,
1993; Gagnon et al., 2001; Hughes et al., 1994; Reeves and Cholewicki, 2003; Schultz et
al., 1983). These model studies with some exceptions (Cholewicki and McGill, 1996;
Stokes and Gardner-Morse, 1995, 2001), however, have considered the balance of net
external moments at only one single cross-section (often at the lower lumbar levels)
rather than along the entire length of the spine; a simplification that likely results in

inaccurate estimation of muscle forces, spinal loads and stability margin.

To improve predictions, we have recently introduced and applied a novel
Kinematics-based nonlinear finite element approach in which the measured kinematics
and passive nonlinear properties are incorporated into a finite element model to analyze
various tasks (Arjmand and Shirazi-Adl, 2005, 2006; El-Rich et al., 2004; Shirazi-Adl et
al., 2002, 2005). The final solution of this iterative procedure verifies stability and

satisfies kinematics and kinetic conditions at all spinal levels and directions. This
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approach exploits measured kinematics data to generate additional equations at each
spinal level in order to alleviate the kinetic redundancy; each displacement component
introduces an equilibrium equation. If the number of prescribed kinematics at a vertebral
level reaches that of unknown muscle forces attached to that level, the problem can be
solved deterministically, otherwise an optimization approach should also be employed.
Since only sagittal rotations were prescribed in these model studies, the optimization
criteria of sum of cubed muscle stresses were also employed to solve the existing
redundancies at different levels (Arjmand and Shirazi-Adl, 2005, 2006; El-Rich et al.,
2004).

Numerical optimization is a popular technique employed in biomechanical models
to resolve the redundancy by optimizing some performance criteria presumed to be in
accordance with the central nervous system (CNS) in controlling muscle activation
patterns (Bean et al., 1988; Crowninshield and Brand, 1981; Dul et al., 1984; Seireg and
Arvikar, 1973; Wynarsky and Schultz, 1991). Effect of different optimization criteria on
estimated muscle forces and joint loads have been studied in models that consider
equilibrium at only one cross-section (Buchanan and Shreeve, 1996; Herzog and
Leonard, 1991; Hughes, 1995, 2000; Hughes et al., 1994; Parnianpour et al., 1997).
Using a linear finite element model that considered equilibrium at all levels,
unacceptable segmental displacements/forces were found with the cost function of sum
of muscle stresses cubed which led the authors to suggest that the trunk muscle
activation strategy was likely controlled by a multi-criteria cost function and not a single
one (Stokes and Gardner-Morse, 2001). In these formulations, both intervertebral
displacements and muscle forces were treated as unknown so that when minimizing one

set there existed no guarantee that plausible results could be predicted for another set.

The influence of various optimization criteria on spinal loads and stability has not
been addressed in biomechanical models that consider equilibrium along the entire

length of the spine such as the Kinematics-based approach in which the muscle forces
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are evaluated separately at each individual vertebral level in an iterative method using a

nonlinear finite element. This work, hence, aims to investigate

(a) to what extent the choice of optimization cost function used in the Kinematics-
based biomechanical model could influence predicted trunk muscle forces, spinal loads,

and spinal stability; and

(b) which cost function(s) predicts muscle forces in qualitative agreement with the
EMG activity of trunk muscles measured in vivo under the same posture and loading

considered in the model.

Since measured vertebral rotations are prescribed into the current kinematics-
based model and only muscle forces remain as unknowns of the problem, it is
hypothesized that a single cost function is adequate enough to predict plausible muscle

forces in qualitative agreement with measured EMG data.

5.3 METHODS

5.3.1 In vivo-biomechanical model studies

The Kinematics-based algorithm was used to solve the trunk redundant active-
passive system under static symmetric lifting tasks involving trunk flexions of ~40° and
~65° in the sagittal plane with or without a load of 180 N in hands (Arjmand and
Shirazi-Adl, 2005, 2006; El-Rich et al., 2004; Shirazi-Adl et al., 2005). Infrared light
emitted markers, LED, were attached on the skin at the tip of T1, T5, T10, T12, L1, L3,
L5, and S1 spinous processes for evaluation of lumbar and torso flexions. Three extra
LED markers were placed on the posterior-superior iliac spine and ilium (left/right iliac
crests) for evaluation of pelvic rotation, and one on the load to track the position of
weights in hands. A three-camera Optotrak system (NDI International, Waterloo,
Ontario) was employed to collect 3D coordinates of LED markers. Surface EMG
electrodes bilaterally recorded the activity of superficial muscles; longissimus,
iliocostalis, multifidus, external oblique and rectus abdominis. After data processing,

EMG activities were normalized to their maximum values registered in MVC tests.
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During tests, subjects were instructed to keep arms extended in the gravity direction. All

data were recorded for a period of 4 seconds and then were averaged over time.

The details of the model have been given elsewhere (Arjmand and Shirazi-Adl,
2005, 2006; El-Rich et al., 2004; Shirazi-Adl et al., 2002, 2005) and are briefly
described here. A sagittaly-symmetric model of the T1-S1 spine with 46 local (attached
to lumbar vertebrae) and 10 global (attached to thoracic cage) muscles was used to
investigate the foregoing isometric flexion tasks (Fig. 5.1 and Table 5.1) (Arjmand and
Shirazi-Adl, 2005; Bogduk et al., 1992; Daggfeldt and Thorstensson, 2003; Shirazi-Adl
et al., 2002; Stokes and Gardner-Morse, 1999). The nonlinear and direction-dependent
mechanical properties of T12-S1 segments were represented by deformable beams while
the T1-T12 segments were taken as a single rigid body. A gravity load of 387 N based
on the mean body weight of our subjects and percentage of body weight at each motion
segment level was distributed eccentric to the center of vertebrae at different levels
(Arjmand and Shirazi-Adl, 2006). To simulate load in hands, 180 N was applied at the
location measured in vivo via a rigid element attached to the T3 vertebra. Mean
measured sagittal rotations at the upper torso (evaluated based on the change in the
inclination of the line attaching the T1 marker to the T12 one) and pelvis (evaluated
based on the change in the orientation of the normal to the plane passing through the
markers on the pelvis) were prescribed onto the model at the T12 and S1 levels,
respectively. As for the individual lumbar vertebrae, the total lumbar rotation, calculated
as the difference between the foregoing two rotations, was partitioned in accordance
with proportions reported in earlier investigations (8% at T12-L1, 13% at L1-L2, 16% at
L2-L3, 23% at L3-L4, 26% at L4-L5, and 14% at L.5-S1) (Dvorak et al., 1991; Pearcy et
al., 1984; Plamondon et al., 1988; Potvin et al., 1991; Shirazi-Adl and Parnianpour,
1999; Yamamoto et al., 1989). The finite element program ABAQUS (Hibbit, Karlsson
& Sorensen, Inc., Pawtucker, RI, version 6.4) was used to carry out nonlinear structural

analyses.
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5.3.2 Optimization approaches

Since the number of prescribed displacements at each vertebral level (i.e., flexion
rotation) is less than that of unknown muscle forces directly acting on the same level, an
optimization approach must also be used. Eight different cost functions, four nonlinear
(sum of cubed muscle stresses Xstress®, sum of squared muscle stresses Lstress?, sum of
squared muscle forces Xforce?, and muscle fatigue) and four linear (sum of muscle
stresses Istress, sum of muscle forces Xforce, axial compression at disc mid-heights, and
maximum muscle intensity known as the double linear method (Bean et al., 1988))
functions, were used. The muscle fatigue criteria determines muscle forces such that the
activity endurance time as a nonlinear function of muscle forces, maximum muscle
forces, and percentage of slow twitch fibers is maximized (Dul et al., 1984). Value of
slow twitch fibers, in the current study, was taken as 40% in all muscles (Buchanan and
Shreeve, 1996; Johnson et al., 1973). The coupled iterative optimization problem within

the Kinematics-based approach is formulated at each level as:

Minimize (Cost Function) (Eq.5.1)

subject to the linear equality constrain corresponding to the prescribed sagittal rotation:
YrxF =M (Eq. 5.2)
i=1

and inequality constraints:

F,<F <0, XPCSA +F, (Eq. 5.3)

where F, I, PCSA4,, 0

R n, ¥,, M denote unknown total force in muscle i, passive

nax ?

component of the force in muscle i, physiological cross-sectional area of ith muscle,
maximum allowable active stress in muscles (taken as 0.6 MPa for all muscles), number

of muscles attached to the vertebra, moment arm of the ith muscle, and the required

moment in the sagittal plane, respectively. Fp, is calculated based on instantaneous

muscle strain obtained from the finite element model and a tension-length relationship

(Davis et al., 2003).
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An in-house program based on Lagrange Multipliers Method (Raikova and
Prilutsky, 2001) was developed to analytically solve the nonlinear optimization for cost
functions of Istress®, Istress?, and Zforce?. Since only one equality constraint equation
(Eq. 5.2) was considered, the solution for the double linear and fatigue criteria could also
analytically be determined (Bean et al., 1988; Dul et al., 1984) in which case the double
linear method became equivalent to minimizing maximum muscle intensity by using a
single linear program (Bean et al., 1988). The MATLAB® (the MathWorks Inc., Natick.
MA, USA, version 6.1) optimization toolbox (i.e. linprog procedure) was used to solve
remaining linear optimization criteria. Solutions of the nonlinear optimization problems
were further validated by MATLAB® optimization toolbox (i.e. guadprog and fmincon

procedures).

Thirty two cases in total (4 tasks and 8 different cost functions) were analyzed to
compute trunk muscle forces, internal loads and stability margin. For the sake of
comparison with in vivo EMG measurements, the active force in each muscle was
initially computed by subtracting the passive force (estimated using a tension-length
relation (Davis et al., 2003)) from the calculated total force which was subsequently

normalized to its own maximum physiological force (0.6xPCSA).

5.3.3 Stability analyses

In each case, after the muscle forces and internal loads were calculated, the model
was modified with uniaxial spring elements replacing muscles between their insertion
points. Stiffness of each uniaxial element, k, was assigned using the linear stiffness-force
relationship k=qF/l (F: total muscle force, 1: instantaneous muscle length, ¢q: muscle
stiffness coefficient) (Bergmark, 1989; Crisco and Panjabi, 1991). Nonlinear analyses
under external loads and prescribed pelvic tilt were performed for different g values thus
identifying the critical ¢. In addition, linear buckling and perturbation analyses at loaded

configurations were also carried out to estimate trunk stability margin as a function of q.
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Alternatively, additional analyses were also performed in which the muscle
passive stiffness, kp, was calculated directly from the slope of the passive tension-length
relationship (Davis et al., 2003). The total muscle stiffness was subsequently calculated
as the sum of this passive stiffness (kp) and the active muscle stiffness calculated as
before (ka=gFa/l with Fa as active component of muscle force). Analyses were carried
out only for the cost function of Xstress® to calculate critical ¢ using this modified

approach.

5.3.4 Passive-active separation in optimization

In foregoing optimization methods, the total muscle force was treated as the
unknown in the optimization. Active muscle force was then computed for each muscle
by subtracting the passive force from the calculated total muscle force. One, however,
can argue that the CNS (or the optimization method) controls only the active component
of muscle forces while the passive component is a muscle property as a function of
muscle elongation. In order to investigate the effect of this latter consideration on
results, the analyses were repeated, for the cost function of Zstress?, by considering only
active muscle components in the cost function. The total muscle force was then
calculated as the sum of the unknown active component and the passive one evaluated a-
priori using the tension-length relationship (Davis et al., 2003) independent of
optimization procedure. In this manner, mathematical formulation of the optimization

procedure (Egs.5.1-5.3) would be modified as follows:

n F
Minimize (Cost Function = ——a )} Eq. 5.4
( Z( PCAS ) (Eq. 5.4)
subject to the equality constrain:
ler, XF,=M-M, (Eq. 5.5)

and inequality constraints:
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0<F <0, XPCS4, (Eq. 5.6)

where F,, is active force component in ith muscle and M, = >rx F, .

a
=1

5.3.5 Statistical analyses

Three-way analyses of variance (ANOVA) for repeated measure factors were
performed to investigate effect of trunk flexion angle (2 levels: 40° and 65°), load
magnitude (2 levels: 0 N and 180 N), and optimization cost function used (8 levels) on
the axial compression and anterior shear forces at all segmental levels. Tukey’s post hoc

tests were performed to further reveal any significant trends (p<0.05).

5.4 RESULTS

5.4.1 Effect of cost function

All nonlinear optimization approaches (except Xforce?) and the double linear
method predicted active muscle forces that, when normalized, were qualitatively in good
agreement with measured normalized EMG activity in global muscles (ICPT, LGPT)
(Fig. 5.2, Table 5.2). The predictions based on the cost function of minimization of
muscle fatigue were similar to those using the double linear method. The results of
ANOVA analyses demonstrated that the main effect of trunk flexion, load magnitude,
and cost function on axial compression force was statistically significant (Fig. 5.3). The
interaction effect of cost function and each of trunk flexion and load variables was also
significant. Tukey’s post hoc test revealed the cost functions with significant differences
in prediction of axial compression (Table 5.3). When considering the anterior shear

force, only the main effect of carried load was statistically significant (Fig. 5.4).

Predicted ¢ value as the index of spinal stability was influenced by the
optimization cost function used (Table 5.4). No muscle stiffness was at all required

(g=0) to maintain system stability under trunk flexion of 40° and 65° when load of 180
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N was carried in hands. Predicted g for the cost function of Istress® substantially
diminished from 9 to 2 in 40° and from 5 to 0 in 65° forward flexion angles (both cases
with no load in hands) when muscle passive stiffness was calculated from the nonlinear

tension-length relationship.

5.4.2 Passive-active separation in optimization

Optimization procedure defined based on Egs. (5.4-5.6) predicted, at all spinal
levels, smaller axial compression (by <139 N or ~6%) and anterior shear forces (by <32
N or ~6%) when compared to the strategy based on Egs. (5.1-5.3) (Table 5.5). Total
force predicted in local muscles was only slightly influenced while differences in the

predicted global muscle forces were more pronounced (Table 5.5).

5.5 DISCUSSION

The main goals of this study were to determine (i) the effect of 8 different
optimization cost functions on computed muscle forces, internal loads and system
stability under static lifting tasks in the Kinematics-based biomechanical approach, and
(i1) cost function(s) that yield muscle activities in better qualitative agreement with in
vivo measured EMG activity. All predictions, irrespective of the cost function used,
satisfied the kinematics, equilibrium and stability requirements at all levels and
directions along the entire length of the spine and not just the equilibrium at one specific

cross-section only.

5.5.1 Methodological Issues

Additional details on the Kinematics-based finite element model studies and in
vivo measurements along with assumptions made were presented elsewhere (Arjmand
and Shirazi-Adl, 2005, 2006). The assumption of rigid body for the T1-T12 segments
was confirmed by our measurements of nearly equal rotations from lines attaching
markers T12 to T5 and T12 to T1, an observation in agreement with others (Nussbaum

and Chaffin, 1996). The geometry of muscle fascicles was modeled by straight lines
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which could influence muscle length and line of action which in turn would influence
predictions (Nussbaum et al., 1995) especially at larger flexion angles. The maximum
allowable active muscle stress was assumed to be 0.6 MPa in all muscles. The
normalized passive tension-length relationship was assumed to be the same in all
muscles despite the fact that the specific architecture of each muscle (Woittiez et al.,
1984) and the activation level (Lee and Herzog, 2002; Rassier et al., 2003) could
influence this relationship. It is to be noted that although the optimization equations
accounted for the contribution of muscle forces in equilibrium of moments at different
levels, the penalty of muscle forces in shear and axial directions were taken into account
by the finite element approach in an iterative procedure. Thus the equilibrium of the
spine in deformed configuration under external, gravity and muscle forces was satisfied

in all directions and at all levels.

Based on the EMG measurements (not presented here), both abdominal muscles
(RA and EO), though relatively silent in the entire test, demonstrated a decrease in EMG
activity during forward flexion tasks as compared to the standing postures with identical
load in hands (Arjmand and Shirazi-Adl, 2005, 2006). For the isometric flexion tasks
investigated in this study, the negligence of co-activity in abdominal muscles for all cost
functions could, hence, be justified. The abdominal co-activity could enhance stability
(El-Rich et al., 2004; Shirazi-Adl et al., 2005) and unload the spine via the activation of
the intra-abdominal pressure (IAP) (Daggfeldt and Thorstensson, 1997, 2003). The co-
activity in abdominal muscles could, however, be introduced via incorporation of non-
zero lower bounds on the muscle stresses (EI-Rich et al., 2004, Forster et al., 2004;
Hughes et al., 1995; Shirazi-Adl et al., 2005). In this work and for each task, model and
muscle input parameters (i.e. moment arm and PCSA) remained the same for different
optimization algorithms. Changes in the muscle parameters have been reported to have
substantial influence on muscle forces (Brand et al., 1986; Buchanan and Shreeve, 1996;

Herzog, 1992; Parnianpour et al., 1997; Raikova and Prilutsky, 2001).
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5.5.2 Adequacy of one cost function

The hypothesis of this study regarding the adequacy of a single cost function to
predict plausible muscle activities that also match EMG data was confirmed by the
nonlinear cost functions (with the exception of Xforce*) and the double linear method
(Fig. 5.2). The computed compression forces were also in general agreement with in
vivo intradiscal pressure measurements (Wilke et al., 1999, 2001) when accounting for
the disc pressure-compression relationships (Shirazi-Adl, 2006). The hypothesis that one
single cost function is adequate enough to predict plausible muscle activities in
agreement with EMG data has been confirmed by earlier works (Crowninshield and
Brand, 1981; Dul et al., 1984; Hughes et al., 1994; Prilutsky et al., 1998; van Dieen,
1997) while refuted by others (Buchanan and Shreeve, 1996; Stokes and Gardner-Morse,
2001). One likely reason for failing to predict muscle activities in accordance with EMG
data has been reported to be the high sensitivity of estimated muscle forces to model
input parameters, i.e. moment arms and PCSAs (Nussbaum et al., 1995; Raikova, 2000;
Raikova and Prilutsky, 2001). Another reason is the treatment of joint
displacements/forces and muscle stresses both as unknowns in the optimization problem
(Stokes and Gardner-Morse, 2001) as minimization of one would yield unrealistic values
for the other. In the current study, however, the intervertebral rotations were prescribed
based on direct measurements while the computed intervertebral translations or
associated compressive and anterior shear forces were in reasonable physiological

ranges (Figs. 5.3 and 5.4).

5.5.3 Effect of cost functions

All nonlinear cost functions (with the exception of Xforce?) as well as the double
linear method predicted muscle activities in qualitative agreement with experimental
data; being larger in the LGPT than in the ICPT (Fig. 5.2). In contrast, the cost functions
of Zforce?, Zforce, and axial compression in mid-disc heights assigned more activity to
the ICPT. The latter two cost functions did not indeed activate the LGPT until the ICPT
was fully saturated (Fig. 5.2). The cost function of Zstress, on the other hand, activated
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the ICPT only after the LGPT was fully saturated. This demonstrates the high
dependency of predictions in these cost functions on the lower/upper limits of muscle
forces considered in the optimization. In contrast, predictions of Istress® and Istress?

cost functions were least dependent on these extreme limits.

Effect of all linear cost functions (with the exception of the double linear method)
as well as the nonlinear cost function of Zforce? on the relative activity of global muscles
with respect to each other was task dependent; i.e., modified as the load and trunk
flexion changed. For example, considering the flexion task of 40° with the cost function
of Istress, the relative magnitude of the predicted LGPT and ICPT activities was much
larger when subjects carried load in hands. This disagrees with our own EMG
measurements as well as those of others (Lavender et al., 1992) indicating small changes
in relative trunk muscle activities from a task to another. This observation questions the
validity of foregoing cost functions. Effect of remaining cost functions on the predicted

relative activity of trunk muscles, in contrast, remained nearly the same in various tasks.

All cost functions that qualitatively compared well with EMG data predicted larger
force in the LGPT than in the ICPT (Table 5.2). The criteria of minimizing muscle
fatigue and the double linear method generated more force in muscles with larger PCSA

regardless of muscle moment arms while the criteria of Zstress? and Xstress® yielded

more force in muscles with larger »x PCSA4* and rx PCSA’, respectively. Therefore,
the local ICPL muscles were subjected to maximum forces in former two criteria while

the MF carried the greatest forces in latter ones. The argument that for a cost function of
a general form z c,F" , larger forces are predicted in muscles with smaller ¢, ( Raikova,
1999), did not hold true in our study in which greater forces were computed in muscles
with smaller ¢, /r,, i.e. larger r, x PCS4," with ¢, taken as 1/PCSA4" (in cases of
Tstress, stress?, and Zstress®) and larger r, with ¢, taken as 1 (in cases of Xforce and

Xforce?). Since the simulated tasks in this study were planar movements, the double
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linear method became equivalent to minimizing the maximum intensity in muscles
(Bean et al., 1988) yielding results identical also to those obtained with the minimization

of muscle fatigue (maximization of muscle endurance time) (Dul et al., 1984).

Maximum values of axial compression and anterior shear forces occurred,
respectively, at the L4/S1 levels and L5-S1 level irrespective of the optimization cost
function used and tasks considered (Figs. 5.3 and 5.4). Effect of the optimization cost
function used in the Kinematics-based approach on the predicted compression was
statistically significant. The maximum difference in compression force remained <~20%
(maximum between the double linear method and the minimization of axial
compression) (Fig. 5.3 and Table 5.3) which was much smaller than 160% reported
elsewhere (Hughes et al., 1994). In contrast, anterior shear forces were not significantly
affected by the optimization cost function used (<~14% at the L5-S1 level) (Fig. 5.4).
These observations suggest a more careful consideration of the cost function when the
axial compression force (NIOSH, 1981) rather than the anterior shear force (McGill,

1997) is considered as the primary measure to evaluate the risk to injury.

The spine appeared rather stable in all tasks studied (Table 5.4). This was due
primarily to the greater stiffness of both active and passive sub-systems that significantly
increased with flexion angles and compression forces. The index of stability (g) was
influenced by the choice of cost function being smaller (more stable spine) for the cases
when Zforce, force?, and axial compression were minimized. Almost no difference in
estimation of stability margin was found between the four cost functions whose
predictions matched reasonably well the measured EMG data (Table 5.4).
Decomposition of the muscle force into passive and active and subsequent evaluation of
the passive stiffness from the tension-length relationship (rather that the linear force-
stiffness used for the active stiffness) resulted in a much more stable configuration

associated with smaller g values.

5.5.4 Passive-active separation in optimization
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This issue is important for flexion tasks in which changes in muscle length are not
negligible and passive forces constitute non-negligible proportions of total muscle
forces. If the passive component of muscle force disappears, as expected in neutral
sitting and standing postures, both approaches would then predict identical results (Egs.
(5.1-5.3) and (5.4-5.6)). In this study, all optimization cost functions were initially
applied using the total (active plus passive) muscle forces as unknowns in Egs. (5.1-5.3)
yielding predictions independent of the assumed passive length-tension relationship. The
strategy based upon Egs. (5.4-5.6), however, appears to be a plausible one in which only
the active component of the muscle forces enter into optimization methods as unknowns
while the passive components are determined a priori based on muscle properties.
Naturally, the relative accuracy in these approaches depends directly on the adequacy
both of the length-tension relationships chosen for trunk muscles and of the cost
functions used. Comparison of results for the cost function of Zstress® indicated slightly
smaller axial compression and anterior shear forces (by <~6%) at all spinal levels when
only the active muscle forces were taken as unknowns. Total force predicted in local
muscles was only slightly influenced by the strategy adopted while differences were
more pronounced in global muscles being smaller in the LGPT and larger in the ICPT

when the 2" strategy was considered (Table 5.5).

5.5.5 Cost function(s) to use

Predictions of optimization approaches in which the relative muscle forces are not
dependent either on the moment arm magnitudes (i.e., the minimization of fatigue and
double linear method when moment equilibrium is considered in one plane) or on
muscle PCSAs (i.e., Zforce and axial compression) remain questionable. The former two
methods were reported to be promising (Bean et al., 1988; Dul et al., 1984; Prilutsky and
Zatsiorsky, 2002; Schultz et al., 1983) and predicted global muscle activities in
agreement with experimental data of this study (Fig. 5.2). As for local lumbar muscles,
for instance in the IP with a large PCSA but very small moment arm (see Table 5.1 and

Fig. 5.1), large forces were computed when using these cost functions in all tasks
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considered in this study (up to 100% activity when at 65° with 180 N). Reported small
EMG activity measured in the IP during trunk flexions (Andersson et al., 1996) as well
as anatomical considerations (Bogduk et al., 1992) suggest that the IP cannot be a major
contributor in balancing trunk sagittal moment. As a consequence of large forces
assigned to large muscles with small lever arms, segmental axial compression forces
reached maximum when using these two cost functions (Fig. 5.3). Large axial
compression has also been reported elsewhere when using the double linear approach for
moment equilibrium condition at a single section (Hans et al., 1991; Hughes, 1995;
Hughes et al., 1994). Force in the IP (as an example of a muscle with large PCSA but

small moment arm) is predicted more reasonably when using cost functions of Xstress®
or Zstress® in which larger share is given to muscles with greater rxPCSA’ and

rx PCSA®, respectively. In addition, it has been reported that the double linear method
does not compare as well with EMG data as the Zstress® criterion does (Hughes and
Chaffin, 1995; Hughes et al., 1994). This corroborates our findings that, despite good
agreement with measured activities in global muscles, the double linear and fatigue
criteria yield unreliable forces in local muscles. Predictions based on minimization of
force, Zforce? and axial compression failed to match neither trends nor magnitude of
normalized EMG activity measured in global muscles (Fig. 5.2). Predictions of cost
function of Zstress matched pattern of EMG activity of global muscles but not their

magnitudes. This cost function yields more activity in the muscles with larger »x PCSA4.

The cost functions of Zstress? and Zstress® appeared most adequate with results in
good agreement with measured EMG activity in global muscles under all tasks
considered. Predictions of these two cost functions remained within the lower/upper
limits of muscle forces in the optimization approach; same results would have been
obtained had limits not been introduced. Besides, force-sharing in between muscles
accounted for both muscle lever arm and PCSA. No significant difference in spinal loads
was found between predictions of these two cost functions (Table 5.3, Figs. 5.3 and 5.4).

Although predictions of Istress® was even less dependent on the inequality constraint
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equations but the criteria of stress? would be easier to analytically implement especially
when equilibrium is considered in more than one plane (Crowninshield and Brand, 1981;
Hughes et al., 1994; Prilutsky et al., 1998; van Bolhuis and Gielen, 1999; van Dieen,
1997).

In the Kinematics-based approach, the diverse choice of cost functions considered
in this work appeared to have significant effect on muscle forces. The spinal
compression forces varied by < ~20% while the shear forces changed by < ~14% at the
L5-S1 level. In prevention and rehabilitation programs in which a more accurate
estimation of muscle forces and spinal loads is needed, one single cost function of
Ystress? or Istress® appears to be sufficient when compared with multi-criteria ones and

adequate when compared with other cost functions used here.
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Table 5.1 Physiological cross sectional area (PCSA, mm?2) and initial length (in
brackets, mm) of muscles on each side of the spine at different insertion levels. ICPL:
[liocostalis Lumborum pars lumborum, IP: Iliopsoas, LGPL: Longissimus Thoracis pars
lumborum, MF: Multifidus, QL: Quadratus Lumborum, RA: Rectus Abdominus, EO:
External Oblique, 10: Internal Oblique, ICPT: Iliocostalis Lumborum pars thoracic, and

LGPT: Longissimus Thoracis pars thoracic.

L1

(170) | (276)| (172) [ (158) ] (137)
154 | 295 91 138 80

L2 118) | 24| (132) [ a35)| (104)
0 182 [ 334 ] 103 | 211 | 75
34) [206)| 38) |106)] (74)
P 189 | 311 | 110 | 186 | 70
s0) |a69)| 52) | 82 | @s)
i " [ 1s2 | 16 [ 134 ]

132)| @5 | 6

567 11576 | 1345 | 600 | 1100
353) | (239)| (135) [ 250) | 297)
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Table 5.2 Predicted total force in global muscles (ICPT and LGPT) for different

cost functions and tasks (each side of the spine, N)

Optimization

Cost Function
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Table 5.3 Tukey’s post hoc tests preceded by three-way analysis of variance
(ANOVA) to determine significant differences in predicted axial compression based on
eight different cost functions during lifting tasks (statistical significance at p<0.05 is

highlighted)

Optimization

Cost

Function

0.04077 0.02606 | 0.23490| 0.00022 | 0.00022 | 0.04077
0.00045| 0.65916 | 0.99498 | 0.01486 | 0.01480 | 0.00045
0.00013 [ 0.00016| 0.00013 |0.00013|1.00000
0.97093 0.51924 10.518180.00013
0.08940 |0.08907(0.00016
1.000000.00013
0.00013

Table 5.4 Predicted critical muscle stiffness coefficient (q) based on different cost

functions used in simulation of various lifting tasks

Flexion
Task
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Table 5.5 Spinal loads and global muscle (ICPT and LGPT) forces predicted based
on cost function of sum of cubed muscle stresses using two optimization strategies; (1)

with and (2) without the muscle passive force components considered also as unknowns

in optimization

* Strategy 1: based on equations (5.1-5.3), 2: based on equations (5.4-5.6)

tAxial compression at disc mid-height, § Anterior shear force at disc mid-height
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optimization cost functions for different flexion tasks. The forces differ at most by ~20% at the lowest levels.
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6.1 ABSTRACT

The role of Intra-abdominal pressure (IAP) in unloading the spine has remained
controversial. In the current study, a novel kinematics-based approach along with a
nonlinear finite element model were iteratively used to calculate muscle forces, spinal
loads, and stability margin under prescribed postures and loads measured in in vivo
studies. Four coactivity levels (none, low, moderate, and high) of abdominal muscles
(RA, EO, and I0O) were considered concurrently with a raise in IAP from zero to 4 kPa
when lifting a load of 180 N in upright standing posture and to 9 kPa when lifting the
same load in forward trunk flexions of 40° and 65°. For comparison, reference cases
with neither abdominal coactivity nor IAP were investigated as well. A raise in IAP
unloaded and stabilized the spine when no coactivity was considered in foregoing
abdominal muscles for all lifting tasks regardless of the posture considered. In the
upright standing posture, the unloading action of IAP faded away even in presence of
low level of abdominal coactivity while its stabilizing action continued to improve as
abdominal coactivity increased to moderate and high levels. For lifting in forward flexed
postures, the unloading action of IAP disappeared only with high level of abdominal
coactivities while its stabilizing action deteriorated as abdominal coactivities increased.

The AP unloading and stabilizing actions, hence, appear to be posture and task specific.
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6.2 INTRODUCTION

Estimation of spinal loads, trunk muscle forces, and stability of the human trunk
during various activities, especially lifting that has been associated with higher incidence
of back disorders (Damkot et al., 1984; Hoogendoorn et al., 2000), is essential to
properly assess risk of injury in various loading conditions and postures. The prevention,
treatment, and rehabilitation programs would subsequently benefit from such improved
knowledge. One parameter with the potential to influence spinal mechanics and stability
is intra-abdominal pressure (IAP) that has been reported to increase during static and
dynamics lifting tasks (Andersson et al., 1976; Bartelink, 1957; Davis, 1956; Davis and
Troup, 1964; Hagins et al., 2004; Marras and Mirka, 1996; Marras et al., 1984; McGill
et al., 1990; Morris et al., 1961). For years, it has been argued that an increase in IAP
could unload the spine both directly by pressing upwards on the rib cage via diaphragm
and indirectly by generating an extensor moment on the lumbar spine that decreases
back muscle activities (Bartelink, 1957; Daggfeldt and Thorstensson, 1997, 2003, 2004;
Essendrop and Schibye, 2004; Harman et al., 1989; Hodges et al., 2001; Hodges and
Gandevia, 2000; Keith, 1923; Morris et al., 1961). This relief mechanism has also been
suggested as a remedy to the paradox in biomechanical model predictions in which
spinal loads exceed tissue tolerant limits during heavy lifts (Chaffin, 1969; Cyron et al.,
1975). Accordingly, abdominal belts have been recommended with the objective to

increase IAP and unload spine (Harman et al., 1989; Lander et al., 1992).

Experimental studies, however, have found that IAP increase is associated with a
concurrent increase in the intradiscal pressure during Valsalva maneuvers (Nachemson
et al.,, 1986) and no reduction in erector spinae activity in lifting (Krag et al., 1986;
McGill et al., 1990); thus raising questions on the unloading role of IAP. The co-
contraction of abdominal muscles occurring along with an increase in IAP produces a
flexor moment large enough to offset or even exceed the IAP-generated extensor
moment (Cholewicki et al., 2002; McGill and Norman, 1987; McGill et al., 1990). Large

cross sectional area of diaphragm and moment arm of the net IAP force considered in
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biomechanical model studies have been suggested to be the reason for over estimation of
auxiliary extensor moment generated by IAP (McGill and Norman, 1987; McGill and
Norman, 1993).

The controversy on the unloading role of IAP (Cholewicki and Reeves, 2004;
Daggfeldt and Thorstensson, 2004) is due partly to uncertainties about the magnitude
and pattern of abdominal muscle coactivities that occur with an increase in IAP. Studies
that advocate the unloading effect of IAP usually consider a raise in IAP to be primarily
due to the activity of transverse abdominis (TA) whose fibers are mostly oriented in the
transverse plane thus imposing little or no compression penalty on the lumbar spine
(Daggfeldt and Thorstensson, 1997, 2003, 2004; Hodges et al., 2001). On the other
hand, others insist that no appreciable increase in IAP can develop without simultaneous
coactivity of all abdominal muscles including internal oblique (IO), external oblique
(EO), and rectus abdominis (RA) whose activity would counterbalance the upward
unloading force and generated extensor moment due to IAP (Cholewicki et al., 2002;
Cholewicki and Reeves, 2004). Inability of biomechanical models to accurately partition
loads among the trunk active-passive components and evaluate spinal loads remains as
another reason for the existing controversy. The predictions of EMG-driven models on
the effect of IAP on spinal loading and stability (Cholewicki et al., 2002; McGill and
Norman, 1987) are only as accurate as the many underlying assumptions made in their
formulation and spine model used. Moreover, model studies advocating unloading role
of IAP during maximum back exertions have considered the TA as the only abdominal
muscle generating IAP and have neglected spinal passive moment even in forward

flexed postures (Daggfeldt and Thorstensson, 2003).

Normal function of IAP in unloading of the spine cannot adequately be
investigated during the Valsalva maneuver or maximum voluntary strength exertions in
which the concurrent presence of abdominal coactivities and IAP at high levels likely

offset one another (Hodges et al., 2001). The current study was set to delineate IAP role
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on muscle forces and spinal loads during regular static lifting activities involving
standing and forward flexed postures. The Kinematics-based approach combined with a
nonlinear finite element model of spinal active-passive components was applied to
estimate trunk muscle forces, spinal loads, and stability (Arjmand and Shirazi-Adl,
2006; El-Rich et al., 2004; Shirazi-Adl et al., 2002). This realistic nonlinear finite
element model circumvents many shortcomings in other biomechanical models by
accounting for kinematics and kinetics conditions as well as passive-active synergies at
all spinal levels. Direct in vivo measurements under same postures and loads are used to
both provide prescribed kinematics into the model and validate model predictions with
measured EMG activities. It is hypothesized that (a) the beneficial role of IAP in
unloading the spine would depend on IAP magnitude and relative coactivity of
abdominal muscles and (b) an increase in IAP with or without concurrent abdominal co-
activation would stabilize the spine. Determination of the extent of abdominal coactivity
beyond which the beneficial unloading and stabilizing effects of IAP disappear is the

objective of this work.

6.3 METHODS
6.3.1 In vivo Measurement

More details for both in vivo and finite element model studies can be found
elsewhere (Arjmand and Shirazi-Adl, 2006; El-Rich et al., 2004; Shirazi-Adl et al.,
2002). Kinematics of the spine under standing posture as well as trunk flexions of 40°
and 65° with 180 N in hands were measured in fifteen healthy males (age: 30+6 years,
height: 177+7 cm, mass: 74+11 kg) using infrared light emitted markers, LED, attached
on the skin at the tip of T1, T5, T10, T12, L1, L3, L5, and S1 spinous processes. Three
extra LED markers were placed on the posterior-superior iliac spine and ilium (left/right
iliac crests) for evaluation of pelvic rotation, and one on the load to track the position of
weights in hands. A three-camera Optotrak system (NDI International, Waterloo,
Ontario) was used to collect 3D coordinates of LED markers. Simultaneously, five pairs

of surface electrodes were positioned bilaterally over longissimus dorsi (~3cm lateral to
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midline at the L1), iliocostalis (~6¢cm to midline at the L1), multifidus (~2cm to midline
at the L5), external obliques (~10cm to midline above umbilicus and aligned with
muscle fibers), and rectus abdominis (~3cm to midline above the umbilicus). The raw
EMG signals were amplified, band-pass filtered at 10-400 Hz by a 2nd order
Butterworth filter, rectified over 4s trial duration and averaged for both sides. For
normalization, EMG data at maximum voluntary contraction (MVC) was collected in
standing (in cardinal planes while loaded via a strapped harness), prone, and supine

positions.

6.3.2 Thoracolumbar Finite Element Model

A sagittaly-symmetric T1-S1 beam-rigid body model consisting of 6 deformable
beams to represent T12-S1 segments and 7 rigid elements to represent T1-T12 (as a
single body) and lumbosacral vertebrae (L1 to S1) was used (Fig. 6.1). The nonlinear
load-displacement response under single and combined axial/shear forces and moments
along with the flexion versus extension differences were represented in this model based
on numerical and measured results of previous single- and multi-motion segment studies
(Oxland et al., 1992; Patwardhan et al., 2003; Shirazi-Adl, 2006; Shirazi-Adl e al., 2002;
Yamamoto et al., 1989). In all cases, based on the mean body weight of our subjects and
percentage of body weight at each motion segment level reported elsewhere (Pearsall,
1994; Takashima et al., 1979), a gravity load of 387 N was distributed eccentrically at
different segmental levels. To simulate the external load carried symmetrically in hands,
180 N was applied at the location measured in vivo via a rigid element attached to the T3

vertebra (Fig. 6.1).

6.3.3 Prescribed Postures

Mean measured sagittal rotations at the upper torso (evaluated based on the change
in the inclination of the line attaching the T1 marker to the T12 one) and pelvis
(evaluated based on the change in the orientation of the normal to the plane passing

through the markers on the pelvis) were prescribed onto the model at the T12 and S1
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levels, respectively. As for the individual lumbar vertebrae, the total lumbar rotation,
calculated as the difference between the foregoing two rotations, was partitioned in
accordance with proportions reported in earlier investigations; i.e., 8 % at T12-L1, 13 %
at L1-L.2, 16 % at L.2-1L3, 23 % at L3-L4, 26 % at L4-L5, and 14 % at L5-S1 (Dvorak et
al., 1991; Pearcy et al., 1984; Plamondon et al., 1988; Potvin et al., 1991; Yamamoto et
al., 1989).

6.3.4 Intra-abdominal Pressure (IAP)

Magnitude of IAP while holding 180 N in hands was taken as 4 kPa in standing
posture (Mueller et al., 1998) and 9 kPa at trunk flexions of 40° and 65° (Essendrop and
Schibye, 2004; Mueller et al., 1998) (Table 6.1). The diaphragm areas and total force
magnitudes/lever arms considered in different cases are also listed in Table 6.1. The IAP
was represented by an upward force applied to the thorax via a rigid element attached to
the T12 level. The direction of this force was taken in the vertical direction in the case
simulating the upright posture. For the forward flexion simulations, however, this force

changed direction to follow the thorax rotation (Fig. 6.1).

6.3.5 Abdominal Muscle Coactivity

Among abdominal muscles (I0, EO, and RA), the largest and smallest coactivity
during lifting tasks has been observed in 10 and RA, respectively (Cresswell, 1993; De
Looze et al., 1999; Essendrop and Schibye, 2004; Ng et al., 2002; Silfies et al., 2005).
To simulate a wide-range of likely situations in the model, therefore, three different
levels of relative coactivity were considered in abdominal muscles: low level 1) RA:
0.5%, EO: 1%, 10: 2%, intermediate level 2) RA: 1%, EO: 2%, 10: 4%, and high level
3) RA: 2%, EO: 4%, 10: 8%. These activities were considered as a % of the maximum
active force which in turn was calculated for each abdominal muscle as its physiological
cross section area (PCSA) (Table 6.2) times the maximum active stress (taken as 0.6
MPa) (see Table 6.3). Additional cases were also studied in which the above coactivities

were neglected altogether in which cases IAP was assumed to be solely generated by the
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TA activation. Moreover, reference cases were considered for comparison where neither

IAP nor abdominal coactivity was represented.

6.3.6 Muscle Model and Muscle Force Calculation

A sagittaly-symmetric muscle architecture with 46 local (attached to lumbar
vertebrae) and 10 global (attached to thoracic cage) muscle fascicles was used (Fig. 6.1
and Table 6.2) (Bogduk et al., 1992; Stokes and Gardner-Morse, 1999). To evaluate
muscle forces, Kinematics-based algorithm was employed to solve the redundant active-
passive system subjected to prescribed measured kinematics and external loads. In this
manner, calculated muscle forces at each instance of loading were compatible with the
prescribed kinematics (i.e., posture) and external loading while accounting for the
realistic nonlinear stiffness of the passive system. Each sagittal rotation applied a priori

at all spinal levels of the model generated an equilibrium equation at that level in the

form of Zrl X f, = M (r: muscle lever arm, f: muscle force, and M: required sagittal

moment due to the applied rotation). To resolve the redundancy problem an optimization
approach with the cost function of minimum sum of cubed muscle stresses was used
along with inequality equations of unknown muscle forces remaining positive and
greater than their passive force components (calculated based on muscle strain and a
tension-length relationship (Davis et al., 2003)) but smaller than the sum of their
respective maximum forces (i.e., 0.6 PCSA) and the passive force components. Once
muscle forces were calculated, the axial compression and horizontal shear penalties of
these muscle forces were fed back into the finite element model as additional updated
external loads. This iterative approach was continued till convergence was reached. The
finite element program ABAQUS (Hibbit, Karlsson & Sorensen, Inc., Pawtucker, RI,
version 6.5) was used to carry out nonlinear structural analyses while the optimization
procedure was analytically solved using an in-house program based on Lagrange

Multipliers Method (Raikova and Prilutsky, 2001).

6.3.7 Stability Analyses
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In each simulation case, after the muscle forces were calculated, the model was
modified with uniaxial elements replacing muscles between their insertion points.
Stiffness of each uniaxial element, k, was assigned using the linear stiffness-force
relationship k=gF/I (F: known muscle force, /: instantaneous muscle length, q: muscle
stiffness coefficient chosen a priori) (Bergmark, 1989; Crisco and Panjabi, 1991).
Nonlinear analyses under same external loads and prescribed pelvic tilt were performed
for different ¢ values thus identifying the critical g below which the system ceased to be
stable. These nonlinear analyses under applied forces serve as the gold standard to
evaluate the system stability and to verify validity of the calculated muscle forces under
the prescribed kinematics performed in the earlier stage of the analysis. In addition to the
nonlinear analyses, linear buckling and perturbation analyses at loaded, deformed,
configurations were also carried out as complementary approaches to estimate trunk

stability margin as a function of q.

6.4 RESULTS

Forces in abdominal muscles and associated moments at the T12 level were
calculated based on prescribed % coactivities, muscle PCSAs, and lever arms at
deformed configurations (Table 6.3). In all tasks, when IAP was introduced into the
model without any concurrent coactivity in abdominal muscles, the spine was markedly
unloaded in compression at all levels and under all tasks considered (Fig. 6.2). Shear
forces decreased at all levels in upright posture whereas they generally increased in
flexion tasks (Fig. 6.3). Furthermore, activity of thoracic (global) extensor muscles

considerably dropped due to the extensor moment generated by IAP (Fig. 6.4).

When coactivity of abdominal muscles was also introduced into the model along
with IAP, the foregoing decreasing trend in the axial compression reversed at all spinal
levels and under all tasks (Fig. 6.2). As a result of changes in global extensor muscle
activity (Fig. 6.4), the beneficial role of IAP actually disappeared and even reversed in

upright standing posture for all coactivity levels and in flexion postures under highest
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activity considered. Although larger abdominal coactivity increased segmental shear

forces in standing posture, but the effect was less pronounced in flexion tasks (Fig. 6.3).

Neglecting IAP and abdominal coactivity (i.e., in reference cases), the spinal
stability substantially improved as trunk flexed forward from upright standing (critical
g=17) to 40° and 65° positions (critical @g=0). Introduction of IAP alone into the model
without any abdominal coactivity improved spinal stability in all tasks considered (e.g.,
q decreased from 17 to 14 in the standing posture). The presence of abdominal (RA, EO,
and 10) coactivity consistently increased the spinal stability in standing posture (e.g. q
decreased to 10 and further to 8 for the low and intermediate levels of abdominal
coactivities, respectively). In flexion tasks, critical q remained always equal to zero
while linear stability analyses demonstrated a slight decrease in the system stability
margin. The stability margin in flexion tasks, however, slightly improved in all cases
when compared with the reference cases in which neither IAP nor abdominal coactivity

were considered.

6.5 DISCUSSION

The main objective of this study was to investigate the effect of IAP in
concurrence with different activity levels of abdominal muscles on extensor muscle
forces, spinal loads and system stability during static lifting tasks in both upright
standing and forward flexed postures carrying 180 N in hands. A novel kinematics-based
finite element approach was used in which the a-priori measured kinematics of the spine
were prescribed into a nonlinear finite element model to evaluate muscle and internal
loads resulting in a synergistic solution of the active-passive system (Arjmand and
Shirazi-Adl, 2006; El-Rich et al., 2004; Shirazi-Adl et al., 2002). This iterative approach
not only satisfied the equilibrium equations in all directions along the entire length of the
spine but yielded spinal postures in full accordance with IAP/external/gravity loads,

muscle forces, and nonlinear ligamentous stiffness properties. The stability margin of the
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spine under muscle forces, kinematics, and IAP/gravity/external loads considered were

subsequently determined.

In agreement with other studies (Daggfeldt and Thorstensson, 2003), IAP values
considered in this study (i.e., 4 kPa in standing and 9 kPa in flexion tasks) unloaded
compression on the spine by a mean value of ~19% at all levels when no concurrent
coactivity was considered in abdominal muscles (RA, EO, and 10). In these cases,
activity of both thoracic extensor muscles (LG and IC) decreased by ~55% in standing
and ~30% in flexion tasks. In presence of low coactivity in abdominal muscles (level 1:
RA: 0.5%, EO: 1%, 10: 2%), the unloading effect of IAP in standing posture faded away
while that in flexion tasks reduced to a mean of ~13% at all levels (Fig. 6.2). In this case
in standing posture, the activity of thoracic extensors very slightly exceeded their
reference values computed under no IAP and no abdominal coactivity (Fig. 6.4). In
flexion tasks, as the abdominal coactivity further increased to the moderate level, IAP
unloaded the spine by an average of only ~7% (level 2: RA: 1%, EO: 2%, 10: 4%) while
at the highest level of abdominal coactivity (level 3: RA: 2%, EO: 4%, 10: 8%),
compression on the spine actually increased in average by ~5% at all levels (Fig. 6.2).
Accordingly, the activity in extensor muscles increased beyond that in the reference case
only in the case with highest abdominal coactivity (Fig. 6.4). These results confirm the
first hypothesis of the study that IAP has the potential to substantially unload the spine
in standing and flexion tasks; a role that depends directly on the IAP magnitude and
concurrent level of coactivity in abdominal muscles in such tasks. That is, IAP could
indeed even increase back muscle forces when large coactivity is generated in 10, EO,
and RA muscles. The hypothesis of the study regarding the stabilizing effect of
abdominal coactivities in various tasks in presence of IAP, however, was only confirmed
in standing postures and not in flexion tasks in which a slightly lower stability margin

was predicted when higher levels of abdominal coactivity were considered.

6.5.1 Methodological Remarks



150

The assumption of rigid body motion at the T1-T12 segments (upper torso) was
confirmed, in agreement with others (Nussbaum and Chaffin, 1996), by measuring
nearly equal rotations at lines attaching either the markers T12 to TS or markers T12 to
T1. The assumption of global extensor muscles as straight lines attaching the pelvis to
the upper thorax may be a crude one when the lumbar spine approaches full flexion in
which case these muscles wrap around the surrounding tissues. Although the simulated
tasks in this study involved rotations of the thorax much smaller than those at full
flexion, determination of the extent of such consideration on results needs additional
studies. The Latissimus dorsi, lumbodorsal fascia, and intersegmental/multisegmental
muscles were neglected. Latissimus dorsi has been known to produce trunk extensor
moment via the lumbodorsal fascia; a contribution suggested not being sizable during
lifting tasks (Bogduk et al., 1988; McGill and Norman, 1988). For the reference cases in
which no coactivity was assumed in concurrence with IAP, this latter was assumed to be
generated solely by TA coactivity. In this case, fascicles of TA were considered to be
oriented in the transverse plane without having any axial compressive force penalty
despite the fact that some of its fascicles especially in middle and lower regions are
somewhat oblique (Urquhart et al., 2005). Other abdominal muscles (RA, EO, and 10)
were all modeled by a single fascicle. Consideration of several fascicles instead of just
one for oblique muscles (EO and 10) has influenced the estimated spinal loads
significantly in asymmetric lifting tasks but only slightly in symmetric ones (Davis and
Mirka, 2000). The values for IAP, Intra-abdominal area, and level arm of intra-
abdominal force were all selected from those reported in the literature for the tasks

similar to the ones considered in this study (Table 6.1).

For qualitative comparison of predicted extensor muscle activities with EMG data
(Fig. 6.4) as well as to calculate abdominal muscle forces, the maximum allowable
muscle stress of 0.6 MPa was assumed for all muscles which is in the mid-range of those
in the literature (0.3-1.0 MPa) (Davis and Mirka, 2000; Farfan, 1973). It is important to

emphasize that any changes in this maximum stress value would directly influence
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forces considered in abdominal muscles for different cases. The passive tension-length
relationship was also assumed to be the same for all muscles despite the fact that the
specific architecture of each muscle could influence this relationship (Woittiez et al.,
1984). The passive tension-length curve used in the current study was adapted from
recent experimental data (Davis et al., 2003) which is in the range of those reported by
others (McGill SM, Norman, 1986; Nussbaum MA, Chaffin, 1996; van Dieen, 1997). It
is important to emphasize that the passive force-length and stiffness relations considered
for muscles in the current study have absolutely no bearing at all on the predicted spinal
loads and muscle forces. The partitioning of the calculated muscle forces into active and
passive components in post-processing of the data (Fig. 6.4) would, however, be
influenced by the choice of passive force-length relationship. The cost function of
minimum sum of cubed muscle stresses used in the optimization algorithm has been
recognized to predict muscle activities in agreement with the EMG data (Hughes et al.,

1994; van Dieen, 1997).

6.5.2 IAP and Abdominal Coactivity Values

The IAP during maximum voluntary exertion or Valsalva manoeuvre has reached
as high as 26.2+9.6 (mean+sd) kPa (Cholewicki et al., 2002), 28 kPa (Essendrop et al.,
2002), ~19+6 kPa (Daggfeldt K, Thorstensson, 2003), 26.6+6.7 kPa (Harman et al.,
1988), and 38.8+5.2 kPa (Essendrop and Schibye, 2004). It has been reported to reach
50 kPa in power competitive lifters wearing belt (McGill et al., 1990). In neutral
standing posture without carrying any load in hands IAP has been measured as low as
0.2 kPa (Andersson et al., 1977), 0.3 kPa (Marras and Mirka, 1996), and 0.98 kPa
(Nachemson et al., 1986). The magnitude of 4 kPa considered in this study for IAP in
standing posture with 180 N in hands is in the upper range of reported values (~0.5-4
kPa) (Andersson et al., 1977; Mueller et al., 1998; Nachemson et al., 19869). Different
IAP measurement techniques could influence the recorded data (Andersson et al., 1977).
Although the choice of this value would undoubtedly influence the predictions but the

conclusion regarding the ineffectiveness of IAP in unloading the spine in standing
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postures based on the assumed value of 4 kPa would remain unchanged. This is due to
the large flexor moment produced by abdominal muscles, especially 10, even in

presence of low coactivity levels.

Large scatter also exists in IAP magnitudes reported for forward flexed postures;
however there is a general consensus in that IAP increases as trunk flexion and moment
increase (Andersson et al., 1977; Chaffin, 1969; Daggfeldt and Thorstensson, 2003;
McGill and Norman, 1987, Mueller et al., 1998; Nachemson et al., 1986). The
magnitude of 9 kPa considered in this study for IAP in flexion tasks with load in hands
is at the middle range of mean values reported in the literature (1-21) kPa (Andersson et
al., 1977; Essendrop and Schibye, 2004; Harman et al., 1989; Mairiaux et al., 1988;
McGill et al., 1990; Mueller et al., 1998; Nachemson et al., 1986).

Despite general accord in the literature that 10 is much more active than RA in
lifting tasks; there is a large variation in reported normalized activity in abdominal
muscles (Cresswell, 1993; De Looze, 1999; Essendrop and Schibye, 2004; Ng et al.,
2002; Silfies et al., 2005). This discrepancy could partly be due to different techniques
used to measure MVC activities required for EMG normalization. In the present study,
the forces considered in abdominal muscles could correspond to much greater muscle
activity levels had a smaller allowable stress been assumed; the same forces would
correspond to abdominal activities increased by twofold when the maximum stress of

0.6 MPa is replaced by 0.3 MPa.

6.5.3 Unloading Effect of IAP in Standing Postures

Our results suggest that IAP could hardly unload the spine in standing postures
unless if no or very low coactivity occurs in abdominal muscles. The lowest abdominal
activity in this study (RA: 0.5%, EO: 1% and 1O: 2%) generated ~4 Nm flexor moment
(Table 6.3) that exceeded 3.2 Nm extensor moment due to IAP (Table 6.1). To

compensate this additional flexor moment, slightly larger forces were needed in extensor
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muscles which exceeded those in the reference case with no IAP/coactivity (Fig. 6.4).
This, in turn, resulted in an increase in spine compression at all levels that offset almost

all beneficial unloading action of IAP (Fig. 6.2).

The foregoing flexor moment of 4 Nm is mainly produced by 10 (~3.2 Nm) due to
its relatively large lever arm with respect to the thorax and large PCSA. In vivo studies
demonstrate that TA and IO are the most active muscles during back extension activities
(Bartelink, 1957; Cresswell, 1993; De Looze, 1999; Essendrop and Schibye, 2004,
McGill and Norman, 1987; Ng et al., 2002; Silfies et al., 2005). Fascicles of 10 are
suggested to be primarily oriented transversely in which case, similar to TA, would not
cause appreciable flexor moment and axial compression penalties on the spine
(Daggfeldt K, Thorstensson, 1997, 2004). Although this might be true for IO fascicles at
lower regions (Ng et al., 1998; Urquhart et al., 2005) but remaining fascicles attaching
iliac crest and rib cage are oriented obliquely at ~50° to 75° to the horizontal plane
(Stokes and Gardner-Morse, 1999; Urquhart et al., 2005) which can generate
considerable flexor moment and axial compression on the spine. Those fascicles of 10
which are oriented more transversely may redirect their force to RA sheath via linea

semilunaris to enhance their effective moment arm (McGill, 1996).

Using a biomechanical model of the lumbar spine in which IAP was introduced
with no concurrent abdominal coactivities, it was claimed that IAP can unload the spine
at all levels by ~400 N (34-40% of total compression) during maximal back extension in
an extended posture when lying on the side (Daggfeldt K, Thorstensson, 2003). In direct
contrast, in another biomechanical model study in which only coactivity of abdominal
muscles was incorporated into the model without IAP, abdominal coactivities were
found to overload the spine by ~500 N at the L5-S1 level (22% of total compression)
when holding 22.5 Kg in hands in erect posture (De Looze et al., 1999). Our results
demonstrate that it is extremely important to consider both abdominal coactivities and

IAP into a biomechanical model of upright standing postures. In support of others
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(Cholewicki et al., 2002), our results refute the unloading role of IAP in standing
postures in presence of even low coactivity in IO acting alone or along with other

abdominal muscles.

6.5.4 Unloading Effect of IAP in Flexion Tasks

Based on the results of this study it appears that the unloading effect of IAP is
more prevalent in flexion tasks in which only the highest abdominal coactivity level
(RA: 2%, EO: 4%, 10: 8%) erased the beneficial unloading effect of IAP (Fig. 6.2). This
relative effectiveness in flexion as compared with the upright posture is mainly due to
the larger IAP, greater IAP area and lever arm in flexion which generate ~11.3 Nm
extension moment. Given that the coactivity of 10, as the primary flexor generating
abdominal muscle, decreases in forward flexion as reported in the literature (De Looze
et al., 1999; McGill and Norman, 1986), the possible unloading effect of IAP under
flexion could then become more important. The coactivity of both RA and EO has been
measured by some to decrease in forward flexion tasks compared to the standing
postures (Arjmand and Shirazi-Adl, 2006; Chen et al., 1998; Tan et al., 1993) while
others report an opposite trend (De Looze et al., 1999; Nachemson et al., 1986). If
indeed a fall in abdominal muscle (RA, EO, and 10) coactivities occur from standing to
flexed postures, then the increase in IAP from standing posture to flexed posture should
be provided mainly by contraction of the TA, diaphragm and pelvis floor muscles. Intra-
muscular EMG measurements (Cresswell, 1993; Cresswell and Thorstensson, 1989;
Cresswell et al., 1992) as well as model studies (Arjmand et al., 2001; Daggfeldt and
Thorstensson, 2003) have also provided evidence that the TA is the most significant

contributor to raising IAP during back extension.

6.5.5 Stability
There is a general consensus that an increase in IAP stabilizes the spine; however
the mechanism behind this stabilizing action is not yet well understood. One such

mechanism is based on the premise that any increase in IAP is accompanied by the co-
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contraction of abdominal muscles which in turn increase spinal stiffness and stability
(Cholewicki et al., 1999a, b). In this case, it is assumed that the generated flexor moment
due to abdominal coactivities cancel out the extensor moment produced by IAP thus
requiring no additional activity in extensor muscles. Our results demonstrate that, in the
upright standing posture, the combination of IAP and abdominal coactivity generates a
net flexion moment that is offset by additional back muscle activity. Therefore, the
associated improvement in stability observed in the current study is due to increases in
both abdominal and extensor muscle activities in presence of IAP. On the other hand,
such was not the case for lifting tasks in flexion in which spinal stability slightly
deteriorated as abdominal coactivities increased. In these postures, since no muscle
stiffness was needed to provide the stability (critical qg=0), any increase in muscle
activities would augment compression on the spine causing a drop in the critical load of

the structure.

6.6. CONCLUSION

The IAP unloading and stabilizing actions seem to be posture and task specific.
While the stabilizing effect of IAP and concurrent abdominal coactivity in the upright
standing posture is evident but the IAP ability to unload the spine holds true only for
very low abdominal coactivities or for the case in which only TA is responsible for any
IAP increase. In contrast, the unloading action of IAP appears more effective in forward
lifting tasks while its stabilizing role disappears. This study is the first to satisfy all
kinetics, kinematics and stability requirements at all spinal levels in presence of gravity,

external load, extensor/flexor muscle activations and IAP.
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Table 6.1 Characteristics considered for the application of IAP in the model

Task IAP Area Total Force Lever Arm Extensor
. 2 Moment (Nm)
(+180 N in Hands) | (kPa) | (cm®)* N) @ T12 (cm) * @ T12
Standing Posture 4 200 80 4.0 3.2
Flexion 40° and 65 ° 9 250 225 5.0 11.25

* Daggfeldt and Thorstensson, 2003

Table 6.2 Physiological cross sectional area (PCSA, mmz) and initial length (in

parentheses, mm) for muscles on each side of the spine at different insertion levels.

ICPL: Iliocostalis Lumborum pars lumborum, ICPT: Iliocostalis Lumborum pars

thoracic, IP:

Iliopsoas,

LGPL: Longissimus Thoracis pars lumborum, LGPT:

Longissimus Thoracis pars thoracic, MF: Multifidus, QL: Quadratus Lumborum, I10:
Internal Oblique, EO: External Oblique, and RA: Rectus Abdominus.

L1 a70) | 76| a72) | 158) | a37)
5 154 | 295 | 91 | 138 | 80
a1y |@an| as2) [ a3s)| aos
0 182 | 334 | 103 | 211 | 75
34) 206)| (88) |(106)| (74)
iy 189 | 311 | 110 | 186 | 70
0y |a69)| 52) | 82) | 46)
s ~ (182 | 116 | 134 |
a3 @s) | 61
567 [1576] 1345 | 600 | 1100
TITIZ 1353y [239)| (135) [ 250) | (297
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Table 6.3 Three levels of abdominal muscle coactivities and the generated

force/flexor moment

% Force on Each Lever Arm @ Flexor
Level | Coactivity | Side (N) + T12 mm) | ioment
(Nm) @ T12

St 140.0 0.48
RA: 0.5 1.7 F403 150.0 0.51
F65% 151.2 0.51
S 17.7 0.33
1- Low EO: 1 9.5 F40 12.0 0.23
F65 10.9 0.21
S 98.7 3.19
10: 2 16.1 F40 98.4 3.18
F65 98.8 3.19
S 139.9 0.95
RA: 1 34 F40 150.0 1.02
F65 151.2 1.03
S 17.7 0.67
2-Moderate EO: 2 18.9 F40 12.0 0.45
F65 10.9 0.41
S 98.8 6.38
10:4 323 F40 98.5 6.36
F65 98.9 6.38
S 140.0 1.91
RA:2 6.8 F40 149.9 2.04

F65 151.1 2.06
S 17.6 1.33
3- High EO: 4 37.8 F40 12.0 0.91
F65 10.9 0.82

S 98.7 12.75

I0: 8 64.6 F40 98.6 12.74

F65 99.0 12.79

T (0.6 MPa)*PCAS*(% Coactivity)

I S: Standing posture, F40: Flexion posture at 40°, F65: Flexion posture at 65°
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Fig. 6.2 Axial compression (N) acting normal to different intervertebral disc levels
(T12/S1) in reference cases (no IAP and no abdominal coactivity) and four cases with

different abdominal coactivities along with IAP.
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Fig. 6.3 Anterior-posterior shear force (N) acting parallel to mid-planes of
different intervertebral disc levels (T12/S1) in reference cases (no IAP and no abdominal

coactivity) and four cases with different abdominal coactivities along with IAP.
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Fig. 6.4 Normalized in vivo measured EMG activity (mean = SD) of thoracic

extensor muscles (Longissimus Thoracis pars thoracic, LGPT, and Iliocostalis

Lumborum pars thoracic, ICPT) for different lifting tasks. Predictions have also been

shown in reference cases (no IAP and no abdominal coactivity) and four cases with

different abdominal coactivities along with IAP of 4 kPa when lifting a load of 180 N in

upright standing posture and of 9 kPa when lifting the same load in forward trunk
flexions of 40° and 65°.
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Wrapping of Trunk Thoracic Extensor Muscles Influences Muscle

Forces and Spinal Loads in Lifting Tasks
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7.1 ABSTRACT

Background: An improved assessment of risk of spinal injury during lifting activities
depends on an accurate estimation of trunk muscle forces, spinal loads and stability
margin which in turn requires, amongst others, an accurate description of trunk muscle
geometries. The lines of action of erector spinae muscles are often assumed to be linear

despite the curved paths of these muscles in forward flexion postures.

Methods: A novel approach was introduced that allowed for the proper simulation of
curved paths for global extensor muscles in our Kinematics-driven finite element model.
The lever arms of global muscles at different levels were restrained either to remain the
same or decrease only by 10% relative to their respective values in upright posture.
Based on our earlier measurements, static lifting tasks at two trunk flexions (40° and
65°) and three lumbar postures (free style, lordotic and kyphotic) with 180 N in hands

were analyzed.

Findings: Muscle forces and spinal compression at all levels substantially decreased as
the global extensor muscles took curved paths. In contrast, the shear force at lower
levels increased. Allowing for a 10% reduction in these lever arms during flexion
increased muscle forces and compression forces at all levels. Despite smaller muscle

forces, wrapping of global muscles slightly improved the spinal stability.

Interpretation: Consideration of global extensor muscles with curved paths and
realistic lever arms is important in biomechanical analysis of lifting tasks. Reduction in
the erector spinae lever arms during flexion tasks could vary depending on the lumbar
posture. Results advocate small flattening of the lumbar curvature in isometric lifts

yielding smaller compression and shear forces at the critical L5-S1 level.
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7.2 INTRODUCTION

Accurate estimation of trunk muscle forces and spinal loads in various activities is
essential for a better assessment of risk of tissue injury towards improvements in manual
material handling techniques as well as prevention and treatment procedures. The
infeasibility of direct quantification of muscle forces and spinal loads has led researchers
to exploit biomechanical modeling techniques. For an improved estimation of spinal
loads in lifting activities, biomechanical models require precise data on the geometry of
trunk extensor muscles such as lever arm (LA) magnitude and line of action (LOA) with

a straight or curved pathway.

Wide ranges of data, however, have been reported in the literature for the LA of
erector spinae (ES) in the sagittal plane (~4-8 cm) (Bogduk et al., 1992; Daggfeldt and
Thorstensson, 2003; Jorgensen et al., 2001; McGill, 2002; Stokes and Gardner-Morse,
1999; Wood et al., 1996) as well as for their LOA (Cholewicki and McGill, 1996; Han et
al., 1992; Stokes and Gardner-Morse, 1999). The discrepancy exists partly due to
different descriptions for the ES muscles themselves. Traditionally, ES group has been
defined as a collection of fascicles originating from the sacroiliac region and running up
to insert into vertebrae and the rib cage (Jorgensen et al., 2001, 2003; Moga et al., 1993;
Wood et al., 1996). In some studies while not including the multifidus, the ES group is
divided into four parts (longissimus thoracis pars thoracis/lumborum and iliocostalis
lumborum pars thoracis/lumborum) each possessing several fascicles with different
LOAs and LAs (Bogduk et al., 1992; Macintosh et al., 1993). As for the muscle LA,
some studies (e.g., Jorgensen et al., 2001, 2003) have considered the distance in a
transverse plane between the disc and ES centroid while others (Tveit et al., 1994)
measure it as the perpendicular distance between the disc center and LOA of the ES. The
former naturally ignores the effect of muscle fiber orientation resulting in overestimation
of its LA. Both the LA of ES (Jorgensen et al., 2003; Macintosh et al., 1993; Tveit et al.,
1994) and the angel between their LOA and the longitudinal axis of vertebrae
(Macintosh et al., 1993; McGill et al., 2000) have been observed to decrease as the spine
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flexes forward in the sagittal plane. The extent of such alterations, especially for thoracic
fascicles of the ES, needs yet to be determined (Macintosh et al., 1993). Neglecting such
variations in model studies simulating flexion tasks has resulted in a substantial
underestimation of the compression force (by up to 46%) and overestimation of anterior-
posterior shear force (by up to 300%) at the L5/S1 level (van Dieen and de Looze,
1999).

An equally crucial issue is the pathway of local (i.e., with upper attachments at
lumbar vertebrae) and global (i.e., with upper attachments at the rib cage) ES muscles.
Unlike in upright postures in which these pathways can accurately be assumed as
straight lines between insertion points, such may not be assumed in tasks involving large
lumbar flexions. In latter tasks, a straight line assumption for global muscles could
violate kinematics constraints by penetrating into intervening hard/soft tissues. The local
lumbar muscles have been suggested not to take significantly curved orientations in
flexion (Macintosh et al., 1993). Curved rather than linear pathways have, however, to
be considered for global muscles especially in tasks involving large trunk flexion if

precise estimation of muscle forces and spinal loads are sought.

In our earlier investigations modeling static lifting activities with different
lumbar postures (Arjmand and Shirazi-Adl, 2005, 2006a), detailed description of the ES
was used (Bogduk et al.,, 1992; Macintosh et al., 1993; Stokes and Gardner-Morse,
1999). Although the LA of both global and local ES muscles diminished as the spine
flexed forward from the standing upright posture, they remained, nevertheless, linear in
between their insertion points. Magnitude of the LA of local muscles under flexion tasks
were in overall agreement with those reported under flexed lumbar postures (Macintosh
et al., 1993). The assumption of global ES muscles (i.e., iliocostalis and longissimus)
remaining straight even in large forward flexion postures needs, however, to be critically
investigated. The objective of the current work was, hence, to study the likely effects of

the wrapping of global ES muscles and of subsequent reduction in their LA on computed
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muscle forces, internal spinal loads and system stability in lifting tasks. It is
hypothesized that the wrapping (i.e., curved path) of global muscles in larger trunk
flexion angles markedly influences the model predictions, the extent of which depends
on the trunk flexion angle and lumbar posture. For this purpose, a novel approach was
introduced that accounted for the wrapping of global ES muscles in our Kinematics-
driven finite element model (Arjmand and Shirazi-Adl, 2005, 2006a) by allowing these
muscles to alter orientation while passing over various T12-L5 levels. Results were
compared with our earlier predicted (assuming straight paths for global ES muscles) and

measured results under same isometric lifting tasks.

7.3 METHODS
7.3.1 Tasks Simulated

Fifteen healthy male with no recent back complications volunteered for the study
after signing an informed consent form. Their mean age, body height and mass were
3046 years, 177£7 cm, and 74+11 kg. While bending slightly forward, infrared light
emitting markers, LED, were placed on tip of the spinous processes at T1, T5, T10, T12,
L1, L3, L5, and S1 levels. Three extra LED markers were placed on the ilium (left/right
iliac crests) and posterior-superior iliac spine for evaluation of pelvic rotation and one on
the bar to detect the position of weights in hands. A three-camera Optotrak system (NDI
International, Waterloo/Canada) was used to collect 3D coordinates of LED markers. To
record EMG signals, five pairs of surface electrodes were positioned bilaterally over the
following trunk muscles: longissimus dorsi (~3 cm lateral to midline at the L1),
iliocostalis (~6 cm lateral to midline at the L1), multifidus (~2 cm lateral to midline at
the L5), external obliques (~10 cm lateral to midline above umbilicus and aligned with
muscle fibers), and rectus abdominis (~3 cm lateral to midline above the umbilicus). The
raw EMG signals were collected at 1500 Hz, amplified, band-pass filtered at 10-400 Hz
by a 2nd order Butterworth filter, and RMS was calculated over 4s trial duration and

averaged for both sides. For normalization, EMG data at maximum voluntary
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contraction (MVC) was collected in standing (in cardinal planes while loaded via a

strapped harness, prone, and supine positions.

Subjects held 180 N in hands via a bar during isometric forward flexion tasks
with torso at ~40° or ~65°. These tasks were performed either with no instruction on the
posture (free style) or with specific instruction that subjects voluntarily take lordotic and
kyphotic lumbar postures by controlling their pelvic tilt. In all three postures, the overall
trunk forward rotations were kept nearly unchanged as subjects primarily altered their
pelvic tilt to achieve various lumbar postures. During measurements, subjects were also

instructed to keep knees straight and arms extended in the gravity direction.

7.3.2 Model Study

A sagittaly-symmetric T1-S1 beam-rigid body model consisting of 6 deformable
beams with nonlinear properties to represent T12-S1 segments and 7 rigid elements to
represent T1-T12 (as a single body) and lumbosacral vertebrae (L1 to S1) was used to
estimate muscle forces, spinal loads, and system stability during the aforementioned
tasks (Fig. 7.1) (Arjmand and Shirazi-Adl, 2005, 2006a). In all cases, based on the mean
body weight of our subjects and percentage of body weight at each motion segment level
reported elsewhere (Pearsall, 1994; Takashima et al., 1979), a gravity load of 387 N was
considered and distributed eccentrically at different levels. The weight of 180 N was
applied at the location measured in vivo via a rigid element attached to the T3 vertebra.
Mean measured sagittal rotations at the upper torso (evaluated based on the change in
the inclination of the line attaching the T1 marker to the T12 one) and pelvis (evaluated
based on the change in the orientation of the normal to the plane passing through the
pelvis markers) were prescribed onto the model at the T12 and S1 levels, respectively.
As for the individual lumbar vertebrae, the total lumbar rotation, calculated as the
difference between the foregoing two rotations, was partitioned in accordance with
proportions reported in earlier investigations (Dvorak et al., 1991; Pearcy et al., 1984,

Plamondon et al., 1988; Potvin et al., 1991; Yamamoto et al., 1989).
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A sagittaly-symmetric muscle architecture with 46 local and 10 global fascicles
having straight LOAs in neutral standing posture was used (Bogduk et al., 1992; Stokes
and Gardner-Morse, 1999) (Fig. 7.1). The Kinematics-driven approach was employed to
evaluate trunk muscle forces subject to prescribed measured kinematics and external
loads (Arjmand and Shirazi-Adl; 2005, 2006a; EI-Rich et al, 2004; Shirazi-Adl et al.,
2002). This approach exploits kinematics data to generate additional equilibrium
equations at each level in order to alleviate the kinetic redundancy of the problem.

Sagittal rotations applied a priori at different spinal levels generated an equilibrium

equation at each level in the form of Zr, X f, = M (r: muscle lever arm, f: muscle force,

and M: required sagittal moment due to the prescribed rotation). To resolve the
redundancy problem an optimization approach with the cost function of minimum sum
of cubed muscle stresses (Arjmand and Shirazi-Adl, 2006b) was used along with
inequality equations of unknown muscle forces remaining positive and greater than their
passive force components (calculated based on muscle strain and a tension-length
relationship (Davis et al., 2003) but smaller than the sum of maximum physiological
active forces (i.e., 0.6 PCSA) and the passive force components. The finite element
program ABAQUS Inc. version 6.5 was used to carry out nonlinear structural analyses
while the optimization procedure was analytically solved using an in-house program

based on Lagrange Multipliers Method (Raikova and Prilutsky, 2001).

To simulate curved paths in forward flexion tasks, global muscles (i.e., thoracic
iliocostalis and longissimus) were assumed to wrap around pre-defined points that were
located on and moved with T12-L5 vertebral levels. During the iterative analyses, the
wrapping contact at each T12-L5 level occurred only when the instantaneous LA
distance at that level decreased below its corresponding (critical) value in the neutral
standing posture; being 58, 56, 56, 56, 52 and 44 mm for global iliocostalis and 53, 53,
55, 56, 54 and 48 mm for global longissimus at T12, L1, L2, L3, L4, and L5 vertebral

levels, respectively. In these cases, no reduction in the LA distances was, hence, allowed
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as the trunk flexed from the upright posture. To investigate the likely effect of alterations
in these critical LA values set for beginning of the contact on results, an additional case
under trunk flexion of 65° was also studied assuming 10% smaller critical LAs.
Nonlinear finite element formulation of the curved paths was performed based on our
earlier works on modeling of wrapping elements (Shirazi-Adl, 1989, 2006; Shirazi-Adl
and Parnianpour, 2000). The wrapping reaction forces at each T12-L5 level was
calculated in each iteration of the analysis by application of equilibrium at instantaneous
deformed configurations taking identical muscle force in adjacent segments (i.e.,
frictionless contact). These wrapping reaction forces along with the axial and horizontal
force penalties of the calculated muscle forces were fed back into the finite element
model as additional updated external loads. This iterative approach was continued till
convergence was reached. Once muscle forces were computed, the model was modified
with uniaxial elements to represent muscles between their insertion points. Stiffness of
each uniaxial element, k, was assigned using the linear stiffness-force relation k=qF/L
where q is the muscle stiffness coefficient, F is the muscle force and L is the muscle
length. Nonlinear stability and linear perturbation analyses (Arjmand and Shirazi-Adl,
2005, 2006a) were performed to properly investigate the system stability. In the linear
perturbation analyses, a unit force was applied at the T1 vertebra at deformed

configuration and resulting horizontal displacement was calculated at different q values.

7.4. RESULTS

As the trunk flexed from the upright standing to 40° or 65° forward flexion, the
global muscles followed a curved path while wrapping at different lumbar levels (Fig.
7.2). For the case allowing a 10% reduction in LA, no wrapping however occurred at
L1-L3 levels in all postures as the LA distances at these levels did not fall below their
corresponding critical values for contact. The muscle and spinal compression forces at
all levels substantially decreased in both trunk flexion angles and in all three lumbar
postures as the global ES took curved paths by wrapping around the T12-L5 levels while

preserving their LA distances (Table 7.1). In contrast, the segmental shear forces at
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distal L3-S1 levels increased in these cases (Table 7.1). A 10% reduction in critical LA
of wrapping global muscles substantially increased compression forces at all levels.
Wrapping of global muscles resulted in smaller muscle activities as compared with the
cases with straight muscles, as depicted in Fig. 7.3 where the normalized active
component of predicted muscle forces are compared with the normalized EMG data.
When allowing for a 10% reduction in global muscle LAs for the case with the trunk
flexion of 65°, the muscle activities increased to magnitudes in between the foregoing

values for cases with either straight or curved global ES (Fig. 7.3).

Contact forces at wrapping points generally increased with trunk flexion but
decreased from kyphotic postures to lordotic ones regardless of the task considered
(Table 7.2). In linear perturbation analyses, with identical q values, slightly smaller T1
translations were computed when curved LOA was considered for global muscles (Fig.
7.4); the spinal stability was slightly improved in the case with curved global muscles.
The relative effect of changes in lumbar posture (i.e., lordotic vs. kyphotic) on results
remained nearly the same in both cases with straight or curved global ES muscles;
lordotic posture increased active muscle forces as well as maximum compression and
shear forces occurring at the lowermost L5-S1 level (Table 7.1). The segmental
moments, however, were much greater in the kyphotic posture regardless of the global

muscle path.

7.5 DISCUSSION

In earlier works assuming linear paths for global ES muscles (Arjmand and
Shirazi-Adl, 2005, 2006a), excessive reductions in the LA of global muscle fascicles
were evaluated compared with those reported (Tveit et al., 1994); e.g., 25%, 28%, and
20% at the T12 vertebra in free, kyphotic, and lordotic lumbar postures, respectively. An
unrealistically close muscle path could also violate the kinematics requirement by
passing through intervening hard/soft tissues. A novel approach was subsequently

introduced in the current study in order to allow for global ES muscles with curved paths



178

while still assuming local muscles to have straight LOAs. Two cases with wrapping
global muscles were considered in which as the spine flexed from the neutral standing
posture the critical LAs of global muscles required for wrapping either remained as their
initial values at upright standing or allowed to reduce by 10% from these initial values.
The hypothesis of this study regarding the importance of wrapping of global muscles in
large flexion postures was confirmed by predicting substantially smaller axial
compression and muscle forces at all levels whereas greater shear forces at lower levels
(Table 7.1 and Fig. 7.3). The former predictions are expected as larger LAs of global
muscles in cases with wrapping muscles demand smaller muscle forces and, hence,
smaller compression force at different levels while the latter predictions are due to the
presence of wrapping contact forces. The mechanical effect of the wrapping of global
ES muscles increased at greater trunk angles. Despite much smaller forces in global
muscles in cases with wrapping global muscles, the system stability was only slightly
improved which could be due to smaller compression forces on the spine in these

cases.

Wrapping contact forces, with the exception of that at the L5/S1 level, acted
approximately perpendicular to the compressive axis of the spine (Fig. 7.5) thus
primarily increasing anterior shear forces with smaller effect on the axial compression.
The effect of contact forces in increasing anterior shear force was especially obvious at
the lower levels (L3-S1) (Table 7.1) while at the upper levels this effect disappeared due
to more horizontal LOA of global muscles in cases with curved paths (Fig 7.2). The
wrapping contact forces generally increased as the trunk flexion angle increased and
kyphotic posture was adopted (Table 7.2). These are due to the fact that the magnitude
of the contact force depends not only on the muscle force but on the change in LOA of
the muscle at a contact point; the larger this change is the greater the contact will
become. The curved muscle LOA and associated wrapping contact forces resulted in a
slight improvement in the system stability and that despite much smaller muscle forces

when wrapping muscles were considered. Irrespective of the paths of global muscles,
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straight or curved with or without 10% reduction in LAs, maximum compression and
shear forces occurred at the distal L5-S1 segmental level and were larger in lordotic

postures than in kyphotic ones.

Some earlier biomechanical models (e.g. Cholewicki and McGill, 1996) report
also to have considered curved pathways for extensor muscles that pass through several
points at different vertebrae. These models, however, appear to have failed to account
for reaction (contact) forces at these points of contact between muscles and vertebrae.
These contact forces are due to changes in muscle orientation and would generate
moment as well as shear/compression forces that need to be considered in associated
equilibrium equations at different levels. Simulation of wrapping without the proper
consideration of these contact forces at the deformed configuration of the spine is not,

hence, adequate adversely affecting the accuracy of estimations.

Since the exact extent of reduction in LAs of global muscles in flexion tasks
remains unknown (Jorgensen et al., 2003; Macintosh et al., 1993; Tveit et al., 1994), a
case was simulated with a 10% reduction which remained the same at all levels and in
both kyphotic and lordotic postures. This resulted in a considerable increase in spinal
compression and muscle forces compared to the case in which no reduction in LA was
allowed (Table 7.1 and Fig 7.3). Comparison of trends in predicted active forces in
global muscles with their measured EMG as posture changed (Fig. 7.3) would appear to
indicate a better qualitative agreement had the reduction of 10% in LAs of global
muscles been considered only for free and kyphotic postures and not for the lordotic
postures. In other words, though not considered in this work, the reduction in the LAs of
wrapping global muscles may be posture dependent; being greater in kyphotic postures
than in lordotic ones, an observation that is in agreement with earlier works (Tveit et al.,
1994). Results also reiterate, in agreement with others (Nussbaum et al., 1995;
Parnianpour et al., 1997; van Dieen and de Looze, 1999), the sensitivity of the estimated

spinal loads to anatomical assumptions including LOA and LA of global muscles.
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It must be noted that, in this work, the EMG data were normalized with their
measured MVC values whereas the predicted active muscle forces were normalized with
their maximum value of 0.6*PCSA. Due to major concerns on the EMG data collected
at the MVC tasks, the EMG data collected on the skin at one level for each muscle, the
maximum stress value of 0.6 MPa taken for normalization of predicted active muscle
forces, the passive force-length relationship used for muscles in the model, and the
existence of EMG-force relationships, no attempt was made to adjust input data to arrive
at specific activation values in better agreement with measurements. It is evident that
changing the maximum active stress from 0.6 MPa to, for example, 0.5 MPa or inversely
to 0.7 MPa, while remaining still in the range of reported values in the literature, would

shift all predicted values in Fig. 7.3 substantially upward or downward, respectively.

In conclusion, the assumption of straight and not curved LOA for global
muscles in biomechanical models simulating lifting tasks results in much greater spinal
compression forces and muscle activities whereas smaller shear forces at lower levels.
The spinal stability is slightly improved by the wrapping of global muscles and that
despite much smaller muscle activities. While providing almost the same spinal stability
margin, the kyphotic lift decreases active muscle forces as well as maximum spinal
compression and shear forces. Therefore, a posture with moderate flexion is preferable
during lifting activities which agrees with the same finding in our previous study
assuming linear paths for global muscles (Arjmand and Shirazi-Adl, 2005). The extent
of reduction in the LA of global muscles during flexion that maybe posture dependent

also influences results as such reductions substantially increase muscle forces and spinal

compression.
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Table 7.2 Wrapping contact forces at various vertebral levels for different lifting
tasks and lumbar postures without and with (no reduction or 10% reduction in lever arm)

wrapping of global muscles

Global Curved + Curved + Curved

Vertebra Muscles Wrapping Wrapping = | 10% reduced LA
Posture | F* | L* | K* F L K F L | K

T12 Cx**| 28 { 14 | 61 | 1.1 | 03 | 3.1 |69 [39] 9.0
Cy** | 23 | 12 | 50| 17104 ]| 48| 89 |51]113

L1 Cx | 451 34.1 [49.0|451|355]|46.7| 0.0 {0.0]| 0.0
Cy [345] 268 |36.7]652|526[663]| 00 |0.0]| 0.0

12 Cx | 590|459 | 63.0|57.8|520]59.0| 0.0 {0.0] 0.0
Cy [389] 323 [399]693|659(68.7| 00 |[0.0| 0.0

L3 Cx | 749 ] 549 | 84.0 | 775 | 62.0| 79.7 | 95.6 |74.0| 99.9
' Cy (407 | 336 | 423 | 75.5]65.9| 74.4 [101.6/84.9]102.3

L4 Cx 1109.3| 84.6 {120.6(121.9(100.2|123.4{139.8(85.1|144.8
Cy |44.6| 428 | 42.5]190.2 | 855 | 85.8 |115.2|81.3[113.0

15 Cx | 793 53.8 190.1 (107.9| 85.8 |106.5| 54.4 {45.7| 55.7
~Cy 228|223 |19.5| 583 |57.7|52.7]36.1[37.1| 34.0

* F: free, L: lordotic, K: kyphotic
** Cx: contact force in global horizontal direction (N), positive for anterior; Cy:

contact force in global vertical direction (N), positive for downward direction;
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—@— T1-S1 Vertebrae

- -0 - ICPT (curved)

—>¢— LGPT (curved)
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Fig. 7.2 Geometry of global muscles (Longissimus Thoracis pars thoracic, LGPT,
and [liocostalis Lumborum pars thoracic, ICPT) in upright standing posture with straight
LOA and in flexion of 65° with curved LOA considering no reduction in LA or with a
10% reduction. No wrapping happens at L.1-L3 levels for the case with 10% reduction as
the LA distance did not decrease below the critical values set for wrapping at these

levels.
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Flexion 40° + 180N
40 -

—o— Straight LOA
30 | —A— Curved LOA

20

Muscle Stiffness Coefficient, q

0.0 0.3 0.6 0.9 1.2
T1 Sagittal Translation (mm)

Fig. 7.4 Horizontal translation of T1 vertebra under a unit horizontal perturbation
force at deformed configurations as a function of q for the flexion task (40° with 180 N

in hands, free style) with straight and curved LOA.
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8.1 ABSTRACT

Accurate estimation of muscle forces in various occupational tasks is critical for a
reliable evaluation of spinal loads and subsequent assessment of risk of injury and
management of back disorders. The majority of biomechanical models of multi-
segmental spine estimate muscle forces and spinal loads based on the balance of net
moments at a single level with no consideration for the equilibrium at remaining levels.
This work aimed to quantify the extent of equilibrium violation and alterations in
estimations when such models are performed at different levels. Results are compared
with those of Kinematics-driven model that satisfies equilibrium at all levels and EMG
data. Regardless of the method used (optimization or EMG-assisted), single-level free
body diagram models yielded estimations that substantially altered depending on the
level considered. Equilibrium of net moment was also grossly violated at remaining
levels with the error increasing in more demanding tasks. These models may, however,

be used to estimate spinal compression forces.
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8.2 INTRODUCTION

In manual material handling tasks and during movements involving relatively
large trunk rotations, the trunk extensor muscles are at a clear mechanical disadvantage
relative to the external and gravity loads when considering their respective lever arms.
While counterbalancing the moment of external loads (including gravity and inertia
loads), trunk extensor muscles exert forces substantially greater than external loads so
much so that they could account for up to 90% of the total axial compression force
acting on the spine during such activities (Reeves and Cholewicki 2003, Arjmand and
Shirazi-Adl 2005a). Accurate prediction of muscle forces required to maintain trunk
equilibrium and stability is, hence, critical for an adequate estimation of spinal loads,
and thus, for the assessment of risk of injuries in passive and active tissues. Such
improvements would also benefit searches for safer lifting techniques as well as more
effective prevention and treatment procedures. The infeasibility in direct quantification
of muscle forces and spinal loads as well as the limitations in indirect measurement
methods have persuaded researchers towards the use of biomechanical modeling

techniques.

Faced with the intricate anatomy, complex nonlinear properties and Kkinetic
redundancy of the trunk musculoskeletal system, investigators have been obliged to
make simplifying assumptions in order to estimate muscle forces and internal spinal
loads. In doing so, anatomy/kinematics/passive properties/gravity loading have been
simplified, nonlinearities were neglected, some muscles have been overlooked or
grouped as synergic sets, straight lines of action (LOA) have been assumed for global
trunk muscles, and finally different cost functions or limited surface EMG data along
with gain factors have been introduced. The importance of adequate representation of
trunk extensor muscle anatomy (McGill and Norman 1986, Bogduk et al. 1992), passive
properties of the ligamentous spine (Arjmand and Shirazi-Adl 2006a) and wrapping of
global muscles in large forward flexions (Arjmand and Shirazi-Adl 2006b) on model

predictions have been well recognized.
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Another major shortcoming in many current and earlier biomechanical model
studies of multi-segment spinal structure lies in the consideration of the balance of net
external moments only at a single cross section (typically at lowermost lumbar discs)
rather than along the entire length of the spine (e.g., Schultz et al. 1982, McGill and
Norman 1986, Cholewicki et al. 1995, Parnianpour et al. 1997, van Dieen et al. 2003,
Granata et al. 2005, Marras et al. 2005). This shortcoming naturally exists in dynamic
and quasi-static model studies alike while simulating either sagittaly symmetric (2D) or
asymmetric (3D) movements. These models have widely been employed in ergonomic
applications and in injury prevention and treatment programs. It has been indicated,
though with no details, that the muscle forces evaluated based on such single-level
equilibrium models, once applied on the system along with external loads, may not
necessarily satisfy equilibrium at remaining levels along the spine (Stokes and Gardner-
Morse 1995, Arjmand and Shirazi-Adl, 2006a). The extent of violations in equilibrium
at different levels and their effects on the estimated muscle forces and spinal loads,

however, have not yet been quantified.

The objective of the present study is, hence, set to quantify the extent to which the
muscle/spinal loads and equilibrium requirements at different levels are influenced by
results of wide-spread single-level free body diagram (SLFBD) model studies. In order
to do this while considering two isometric symmetric lifting tasks, the results of our
Kinematics-driven (KD) model that satisfies kinematics and equilibrium requirements at
all levels and directions (El-Rich et al. 2004, Arjmand and Shirazi-Adl 2005a, Arjmand
and Shirazi-Adl 2006a) are compared with those based on SLFBD models. The SLFBD
model is applied separately at different disc levels (from L5-S1 to T12-L1) using the
deformed configuration of the spine identical to that in the reference KD model. The
violation of equilibrium at remaining levels as well as muscle forces and spinal loads are
subsequently quantified and compared with each other and with the results of KD

model. Two isometric lifting tasks are analyzed; one in upright standing and another in
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forward flexed posture of 65° while holding symmetrically in both cases 180 N load in
hands. Since the net external moments, lever arm of muscles, and number of muscles
that cross each level change from a level to another, it is hypothesized that SLFBD
models grossly violate equilibrium at remaining levels and that the estimated muscle
forces and spinal loads would alter depending on the level considered and the posture

(task) simulated.

8.3 METHOD
8.3.1 Kinematics-Driven (KD) Model

For the reference cases, the nonlinear finite element model and the KD algorithm
were employed to resolve redundancy in load distribution while satisfying equilibrium
and kinematics conditions at all spinal levels and directions. The details of in vivo data
and their model studies have been described elsewhere (El-Rich et al. 2004, Arjmand
and Shirazi-Adl 2005a, Arjmand and Shirazi-Adl 2006a). In brief, a sagittaly-symmetric
T1-S1 beam-rigid body model consisting of 6 deformable beams with nonlinear
properties to represent T12-S1 segments and 7 rigid elements to represent T1-T12 (as a
single body) and lumbosacral vertebrae (L1 to S1) is used along with 46 local and 10
global muscle fascicles having straight LOAs initially in neutral standing posture (Fig.
8.1). To simulate curved paths in forward flexion tasks, global extensor muscles are
assumed to wrap around vertebrae. The wrapping contact at each T12-L5 level occurs
only when the instantaneous lever arm distance at that level decreases below 10% of its
corresponding value in the neutral standing posture (Arjmand and Shirazi-Adl 2006b).
In both cases investigated, based on the mean body weight of subjects in the in vivo
study and percentage of body weight at each motion segment level reported elsewhere
(Takashima et al. 1979, Pearsall 1994), a gravity load of 387 N was considered and
distributed eccentrically at different levels from T1 to L5 vertebrae. The weight of 180 N
was applied at the location measured in vivo via a rigid element attached to the T3

vertebra.
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Mean measured rotations at pelvis and thorax obtained from our parallel in vivo
studies were prescribed on the nonlinear FE model along with the gravity forces and
external load carried in hands by subjects. The total lumbar rotation is calculated as the
difference between preceding measured thorax and pelvis rotations and is partitioned
between individual lumbar vertebrae based on earlier measurements (see Arjmand and
Shirazi-Adl 2006a). Each prescribed rotation generates an equilibrium equation at its
corresponding level in the form of  rxf = M where 1, f, and M are lever arm of muscles
with respect to the vertebra to which they are attached, unknown total forces in muscles
attached to the level under consideration, and reaction moment at the vertebra under
prescribed rotation, respectively. To resolve the redundancy problem, optimization
algorithm with the cost function of sum of cubed muscle stresses is employed along with
inequality equations of unknown muscle forces remaining positive and greater than their
passive force components (calculated based on muscle strain and a tension-length
relationship, Davis et al. 2003) but smaller than the sum of maximum physiological
active forces (i.e., 0.6xphysiological cross-sectional area, PCSA) plus the passive force
components (Arjmand and Shirazi-Adl 2006a). The value of 0.6 MPa taken for the
maximum allowable stress in muscles lies in the mid-range of reported values (0.3-1.0
MPa) (McGill and Norman 1986) and is an appropriate one in simulation of forward
flexion tasks (Guzik et al. 1996). Axial and horizontal components of the calculated
muscle forces along with the wrapping contact forces due to contact between muscles
and vertebrae at wrapping points are fed back onto the FE model as updated external
loads and the iteration is repeated till the convergence is reach, i.e., the calculated
muscle forces remain almost identical in two successive iterations. This method satisfies
equilibrium at all levels and directions while accounting for the nonlinear passive
stiffness of the ligamentous spine under prescribed deformed geometry of the spine that

is based on in vivo measurements.

8.3.2 Single-Level Free Body Diagram (SLFBD) Model
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Under the final deformed configurations of the ligamentous spine, local and
global wrapping muscles as well as gravity/external load magnitudes/locations identical
to those in foregoing reference KD cases, muscle forces were re-calculated based on
SLFBD equilibrium at different (L5-S1 through T12-L1) intervertebral disc mid-planes
(see Fig. 8.2 as an example for the L.5-S1 level under trunk flexion of 65°) expressed as
follows:

n
z rl X f; = M ext M passive

i=]

in whichn, M_,, and M, .  denote the number of all muscle fascicles crossing the
cutting plane under consideration, the total net external moment due to gravity and
external load carried in hands, and passive ligamentous resistant moment at that level,
respectively. The passive ligamentous moments at different levels were taken exactly as
those calculated in the reference KD models at the final deformed configurations.
Unknown muscle forces were subsequently evaluated by the same optimization
algorithm used in the reference models (i.e., sum of cubed muscle stresses). Spinal
compression and shear forces at different levels were then computed by consideration of

equilibrium in local axial and shear (anterior-posterior) directions.

In order to examine whether or not the muscle forces estimated based on the
SLFBD model at the L5-S1 level verify the equilibrium at remaining levels, the
calculated muscle forces at this level were applied onto the FBDs at each of remaining
L4-L5 through T12-L1 levels. An index of equilibrium violation (IEV), defined below,
was computed at each of these levels:

+M
M

wive) =M oy
passive ) e X 1 OO

ext

(M muscles
IEV % =

in which M M and M,, denote moments at the disc level under

muscle ° Passive *

consideration generated by muscle forces calculated based on SLFBD equilibrium at the

L5-S1 level, the passive ligamentous spine, and gravity/external load carried in hands,
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respectively. This index, IEV, represents, hence, an indication of the extent of moment
equilibrium violation at different levels when applying the muscle forces estimated at the

L5-S1 level.

Furthermore, based on the same muscle forces, axial compression force at the
upper T12-L5 levels were also computed and compared at each level with their
respective value estimated based on the SLFBD performed at that level rather than at the
L5-S1 level. In this case, the index of error signifies the relative difference between the
estimated axial compression at each level when SLFBD model is performed either at the
distal L5-S1 level or at that particular level. It is to be re-iterated that the geometry of the
spine and muscles for both loading cases used in the SLFBD models is taken identical to
that in the final deformation of corresponding reference cases evaluated based on the KD

models.

In order to investigate the relative effect of optimization cost function used in
SLFBD models on predictions, the forward flexed task was also reanalyzed using the
sum of either squared or linear muscle stresses instead of the sum of cubed muscle
stresses. In this manner, muscle forces at the L5-S1 level were computed using either of

these cost functions and the indices of error in equilibrium of moments (IEV) at upper
levels (L4-L5 to T12-L1) were calculated.

Finally, for the task of upright standing posture with load in hands, the muscle
forces were estimated by the SLFBD performed at the L5-S1 level using the EMG-
assisted approach instead of an optimization algorithm (Marras and Granata 1997,
McGill 1992). For this purpose, our measured normalized EMG data under the same
task and loading were considered to drive the model (El-Rich et al., 2004). The
normalized EMG activity in each abdominal muscle (Rectus Abdominus, External
oblique, and Internal Oblique) was taken the same and varied from 12% (as measured)

to 5% or 0% while the activity in local longissimus and iliocostalis lumbar muscles was
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assumed the same as that measured in the multifidus. The activity in quadratus
lumborum was taken half of this latter value. The violation of equilibrium (IEV) was,

subsequently, calculated at other levels.

8.4 RESULTS

Except otherwise specified, results are obtained using the optimization-based
approach with the cost function of sum of cubed muscle stresses. For the same spinal
configuration, gravity/external load magnitudes/locations and passive ligamentous
resistant moment as those used in the reference KD models, muscle forces at both global
and local levels substantially altered when calculated based on SLFBD model applied at
different levels and that regardless of the task considered (Table 8.1A, B and Fig. 8.3).
Results indicate greater global thoracic muscle forces whereas generally smaller local
lumbar muscle forces when comparing SLFBD models to KD reference cases. The
differences in estimated forces in global muscles for the lifting task with 65° flexed
posture further increased as the SLFBD equilibrium was considered at a more distal
lumbar level reaching maximum values of 66% in the longissimus thoracis pars thoracic
and 57% in the iliocostalis lumborum pars thoracic muscles when the SLFBD was
performed at the lowermost L5-S1 level (Table 8.1A, B and Fig. 8.3). In accordance
with the constraint requirements in KD model, many local muscles in the forward flexed
lifting task were assigned lower-bound forces based on the muscle passive resistant

force-length relationship and muscle instantaneous length (Table 8.1A, B, underlined
bold).

Local compression and shear forces at different spinal levels were also
influenced when calculated based on SLFBD models; the former being smaller in both
lifting tasks by as much as 9% compared with the reference KD results (Table 8.2). In
lifting with 65° forward flexion, the local shear force at the critical L5-S1 level,
however, substantially increased by 22.4% compared to the reference case when the

SLFBD was performed at this level.



When comparing the results of SLFBD models against each other, there was a
marked alteration in estimated muscle forces depending on the level considered (Table
8.1A, B and Fig. 8.3). Furthermore, when applying the muscle forces initially estimated
by the SLFBD at the L5-S1 level as known forces onto the SLFBD at remaining levels,
the equilibrium of sagittal moment was found to be grossly violated. The extent of error
in maintenance of equilibrium, identified as the index of equilibrium violation (IEV),
increased as higher proximal levels were considered for this purpose and reached
maximum values of 40% and 7% for the cut at the T12-L1 level under flexed and
upright postures, respectively (Fig. 8.4). Similarly, axial compression forces at different
levels altered substantially by as much as 51% when calculated based on SLFBD models

performed either at that level itself or at the L5-S1 level (Fig. 8.5).

When cost functions of sum of squared and linear muscle stresses were used to
partition moment of L5-S1 level among muscles, the violation of equilibrium at upper
levels markedly exacerbated (see Fig. 8.4). In order to satisfy equilibrium at the L5-S1
level, the EMG-assisted approach predicted gains of 0.36, 0.52, and 1.32 MPa when no
coactivity, coactivity of 5%, and 12% were considered for abdominal muscles,
respectively. Moment equilibrium (IEV) was violated at L4-L5 through T12-L1 levels
by 5.2, 12.5, 23.9, 32.5, and 24.8%, respectively, when no coactivation was considered
in abdominals. These errors further increased in presence of abdominal coactivities. To
simultaneously satisfy moments at different levels, one would need to alter gains for the

same muscles from a level to another a remedy that would not make much sense.

8.5 DISCUSSION

This work aimed to quantify the extent to which the muscle forces, spinal loads and
equilibrium requirements at different levels are influenced when considering single-level
free body diagram (SLFBD) equilibrium at a specific spinal level. Such models, driven

either by optimization cost functions or by EMG data, are widely employed in
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biomechanical model investigations of the human spine in order to estimate muscle
forces and spinal loads (Schultz et al. 1982, McGill and Norman 1986, Cholewicki et al.
1995, Parnianpour et al. 1997, van Dieen et al. 2003, Granata et al. 2005, Marras et al.
2005). For this purpose, the results of Kinematics-driven (KD) model based on in vivo
measurements of two lifting tasks at upright and forward flexion postures were used as
reference values to compare with those obtained by single-level cuts at different spinal
levels. The SLFBD model at different disc levels (from L5-S1 to T12-L1) was carried
out using the deformed configurations, external/gravity load magnitudes/positions and
passive resistant moments of the reference KD cases. Results of this investigation
confirmed the hypotheses of the study in that SLFBD models yield results that grossly
violate the equilibrium at levels other than the one considered in the model and that the
extent of such violations as well as the magnitude of muscle forces and spinal loads alter

as a function of disc level considered and task simulated.

In the KD model, the optimization algorithm was employed at all levels separately
one from another in order to partition the required moment calculated for a given
prescribed rotation in between muscles that are attached only to the level under
consideration. The remaining muscles not attached to this specific level, either crossing
over or attached to lower ones, would therefore be absent in equilibrium equations under
investigation. Consideration of all levels, one by one, would therefore yield all unknown
muscle forces under given kinematics and external/gravity loads. On the contrary in the
SLFBD model, the forces in all muscles passing through the cross-section in question,
inserted or not into that specific level, were treated as the unknowns in a single equation
of equilibrium. For this reason and since identical data were shared, almost the same
results were obtained in both reference and single-level models for global extensor
muscle forces and local spinal loads at the T12-L1 level when the FBD was considered
at the T12-L1 level (Tables 8.1A, B, 8.2, and Fig. 8.3). Substantial differences in global
muscle forces, especially for the forward flexion task, were however found when the

lower levels were considered in SLFBD model.
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The SLFBD model at the lowermost L5-S1 level dealt with all global and local
muscle forces as unknowns in one single equation. The optimization algorithm at this
level resulted in allocation of much greater forces in global muscles due to their
relatively larger PCSAs than in local muscles as compared with the muscle forces
computed in KD model (Table 8.1A, B, Fig. 8.3). For the SLFBD cut at the L5-S1 disc
level and under forward flexed lifting task, global longissimus muscle activation in the
optimization procedure reached 86% of its maximum force-carrying capacity far
exceeding the range of normalized measured EMG data (Fig. 8.3). Similarly, very large
values of 79% and 69% were computed for the global longissimus muscle when the
SLFBD was performed at the upper L.4-L5 and L3-L4 levels, respectively (Fig. 8.3). The
KD model, on the other hand, resulted in larger forces in local muscles and, hence, a
more uniform partitioning of the external moment among local and global trunk extensor

muscles.

The index of violation in moment equation of equilibrium at different levels (Fig.
8.4) indicating the error in estimated muscle forces based on the SLFBD at the L5-S1
level increased proximally from the L5-S1 level to its maximum values of 7% and 40%
at the T12-L1 level for the upright and forward flexed lifting postures, respectively.
These errors clearly lend support to the fact that equilibrium equations at all levels and
directions should be treated simultaneously as are done in KD finite element model and
not in isolation one from the rest as done in SLFBD models. The substantial differences
between muscle forces when calculated based on the SLFBD at different levels (Table
8.1A, B and Fig. 8.3) also suggest the major shortcoming in such model studies. It
should be re-iterated that large differences predicted in this study between the results of
SLFBD models both among themselves depending on the level considered and with KD
results occurred despite the use of identical deformed configurations (ligamentous spine
and muscles), external/gravity magnitudes/locations, passive resistant moment of the

ligamentous spine, passive properties of muscles, and optimization algorithm of sum of
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cubed muscle stresses. It is evident that had the muscle forces estimated from different
SLFBD models been applied as additional external loads on the spine, substantially
different deformed (and possibly unstable) configurations would have been generated
depending on the level considered in the SLFBD. The resulting spinal configurations
would also be quite different from the initial configuration considered in SLFBD

calculations.

Comparison of results of KD and SLFBD models for two lifting tasks suggests
that the differences increased as a function of task demand associated with the trunk
forward flexion angle. In fact, the larger the net moment of external/gravity loads
becomes the greater differences (Fig. 8.3) and errors in equilibrium (Fig.s 8.4 and 8.5)
one should expect from SLFBD models. That is why, the indices of error in moment
equilibrium (Fig. 8.4) and in axial compression (Fig. 8.5) substantially increased when
the task became physically more demanding under forward flexion lifting. Such
differences are expected to exist also in dynamic lifting tasks as well as those involving
asymmetry in movements (e.g., asymmetric lifts). It can, hence, be argued that the
heavier and more physically demanding tasks would further deteriorate the results of

SLFBD models.

Regardless of the method used to resolve the redundancy problem and partition the
net moment among muscles, i.e. optimization methods or EMG-assisted approach, the
equilibrium was not satisfied simultaneously at levels other than the one used to estimate
muscle forces. These findings further confirm the hypothesis made in this study on the
shortcoming of SLFBD models. Comparison of predicted results of KD model with
SLFBD models regardless of the method used to tackle the redundancy also
demonstrated that the differences in computed axial compression force at different levels
remained <9% (Table 8.2) being much lower than those for shear forces and muscle
forces. In other words, the axial compression force appears to be less sensitive to the

shortcomings in SLFBD models. Earlier investigations have also found that the effect of
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different optimization cost functions (especially nonlinear ones) on the estimated axial
compression in both KD models (Arjmand and Shirazi-Adl 2005b) and SLFBD ones
(Parnianpour et al., 1997) is not significant. For this reason and due to the relative ease
in SLFBD applications, one may argue that such SLFBD models could be carried out
with the specific objective to estimate only local compression loads on the spine but not

the shear forces and muscle activation levels.
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Fig. 8.1 The FE model as well as global and local musculatures in the sagittal
plane (only fascicles on one side are shown) in upright standing posture at initial
undeformed configuration. ICPL: Iliocostalis Lumborum pars lumborum, ICPT:
Iliocostalis Lumborum pars thoracic, LGPL: Longissimus Thoracis pars lumborum,
LGPT: Longissimus Thoracis pars thoracic, MF: Multifidus, QL: Quadratus Lumborum,
IP: Iliopsoas, 10: Internal Oblique, EO: External oblique, and RA: Rectus Abdominus

(axes are not to the same scale).
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Fig. 8.2 Deformed configuration of the spine and the global muscles (Longissimus

Thoracis pars thoracic, LGPT, and Iliocostalis Lumborum pars thoracic, ICPT) with

curved lines of action under flexion of 65°. The cutting transverse plane for the single-

level free body diagram (SLFBD) model at the L5-S1 disc level is also depicted

(abdominal muscles are not shown).
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Fig. 8.3 Normalized (to 0.6 times physiological cross sectional area) activity of
global muscles (Longissimus Thoracis pars thoracic, LGPT, and Iliocostalis Lumborum
pars thoracic, ICPT) for both loading cases predicted using kinematics-driven (KD)
approach and single-level free body diagram (SLFBD) models considered at different
T12-L1 through L5-S1 levels. Normalized (to the MVC) in vivo measured EMG activity

(mean + SD) of these muscles is also shown.
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functions of sum of squared and linear muscle stresses, respectively, used to partition net

moment at the L5-S1 level between muscles.
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CHAPTER 9

DISCUSSIONS AND CONCLUSIONS

9.1 Overview

In lack of any gold-standard in vivo quantifications, biomechanical models of the
spine to estimate spinal loads and stability are used towards design of injury prevention
and rehabilitation programs. Facing with the hindrance of kinetic redundancy in spinal
joints, investigators have been obliged to make simplifving assumptions in order to
estimate muscle forces and internal spinal loads. Three existing modeling approaches;
namely equivalent-muscle, optimization-based, and EMG-based encounter a major
shortcoming in that muscle forces and spinal loads are estimated based on the
satisfaction of equilibrium at one single level of the spine. This shortcoming has been

found to adversely affect model predictions (Arjmand et al., 2006; see also chapter 8).

In order to tackle the redundancy problem in the system of equilibrium equations
while satisfying equilibrium conditions at all spinal level, the Kinematics-based
approach has been used in the present study in which in vivo measured kinematics of the
spine are prescribed into the model as input data. Each prescribed kinematics (rotation or
translation) data generates a constraint equation between external loads and muscles
forces. As number of prescribed kinematics increases, degree of redundancy decreases
so that if the number of prescribed kinematics reaches that of unknown muscle forces at
a particular level, the equilibrium equations can be solved deterministically. Besides,
this approach guarantees satisfaction of equilibrium conditions at all spinal levels and
directions resulting in more realistic and reliable estimations for muscle forces, spinal
load, and system stability in accordance with measured spinal kinematics and nonlinear

passive properties.
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The aim of this work was to develop the application of the Kinematics-based
approach for static lifting tasks involving forward trunk flexion that are frequently
encountered in manual material handling activities in various industrial and athletic
activities. Some hypotheses were examined and two controversial issues in ergonomics
regarding lumbar posture during lifting and role of intra-abdominal pressure (IAP) in
unloading and stabilizing the spine during such activities were addressed. Besides, some
modeling concerns, i.e. effect of optimization cost function, wrapping of trunk muscles,
and use of single-level equilibrium methods on model predictions were assessed towards
the improvement in mathematical representation of the spine. The understanding gained
in the course of this work should help improve the prevention and treatment programs

and suggest safer manual material handling techniques.

9.2 Finite Element Model

The geometry (center of vertebrae) of ligamentous thoraco-lumbar model is
constructed using CT scan images of a cadaver lumbar specimen and data in the
literature (Shirazi-Adl and Parnianpour, 1993, 1996). It comprises of 6 deformable
beams to represent T12-S1 discs and 7 rigid elements to represent T1-T12 (as a single
body) and lumbosacral vertebrae (L1 to S1). The beams modeled the overall nonlinear
stiffness of T12-S1 motion segments (i.e., vertebrae, disc, facets, and ligaments) at

different directions and levels.

9.2.1 Verifications of the Passive Spine Model

The nonlinear load-displacement response under single and combined axial/shear
forces and sagittal/lateral/axial moments along with the flexion versus extension
differences were represented in this model based on numerical and measured results of
previous single- and multi-motion segment studies (Oxland et al., 1992; Pop, 2001;
Shirazi-Adl et al., 2002; Shirazi-Adl, 2006; Yamamoto et al., 1989). Fig. 9.1 shows the
load-displacement response of the lumbar spine model used in this study compared with

that of the detailed finite element model study of Shirazi-Adl, 2006 under compressive
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follower load (P) of 900 and 2700 N and that of in vitro study of Patwardhan et al., 2003
under compressive follower load of 1200 N. Effect of axial compressive loads on the
motion segment stiffness has been found to be substantial (e.g., Broberg, 1983; Gardner-
Morse and Stokes, 2003; Janevic et al., 1991; Patwardhan et al., 2003; Shirazi-Adl,

2006) and, therefore, was considered in this study.

— Present Study

Flexion Moment (N-M)

—&— Shirazi-Ad|, 2006 (P=2700N)
—6— Shirazi-Adl, 2006 (P=900N)
—A— Patwardhan et al., 2003 (P=1200N)

0 10 20 30 40
L1-S1 Flexion (Deg.)
Fig. 9.1 Load-displacement response of the lumbar spine with published data of in vitro

and finite element model studies

In vitro experimental studies on isolated osteo-ligamentous lumbar spine of
cadaver specimens without muscular support have estimated an average critical buckling
load of 90-120 N under vertical compressive load in the lateral plane (Crisco and
Panjabi, 1992; Crisco et al., 1992; Patwardhan et al., 1992, 2001, and 2003). Besides, in
vitro experiments have shown a buckling load of about 20 N when the whole thoraco-

lumbar spine was tested (Lucas and Bresler, 1961). In comparison in the present study,



218

linear buckling analysis at initial un-deformed configuration of the ligamentous spine
demonstrated that the lumbar spine buckled under vertical load of 103 N applied at the
center of T12 vertebra. Linear perturbation analyses at deformed configurations of the
structure while applying different vertical loads at the center of T12 or T1 vertebra
computed a critical load of about 120 or 20 N in the sagittal plane, respectively (see Fig.

9.2 and 9.3). Lateral translations were constrained in these simulations.
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Fig. 9.2 Variation of computed T12 sagittal translation with the vertical applied load at
T12 vertebra level using linear perturbation analysis at deformed configurations due to 1

N horizontal force at the T12

9.2.2 Model Loadings

Mean total body mass of the 15 subjects participated in our in vivo tests was
measured to be about 74 kg based on which weight of trunk, head, and arms was
estimated and assigned to the FE model using available anthropometric data (Zatsiorsky

et al., 1990) in the literature; 256.3 N for the trunk, 58.5 N for the head, and 72.2 for the

arms.
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Fig. 9.3 Variation of computed T1 sagittal translation with the vertical applied load at
T1 vertebra level using linear perturbation analysis at deformed configurations due to 1

N horizontal force at the T1.

A distributed loading pattern along the length of spine at different vertebral
levels simulating the trunk weight (256 N) was considered based on available in vitro
(King-Liu and Wickstrom, 1973; Takashima et al., 1979) and in vivo (Pearsall, 1994)
studies (Fig. 9.4). The eccentricity of these loads relative to the center of vertebrae was
considered based on the study of (Pearsall, 1994) (Fig. 9.5). According to the work of
Takashima et al., 1979, gravity load of the head was applied 1 cm anterior to the center
of T1 vertebra while that of arms was equally distributed and applied at 3 cm posterior
to the center of T2, T3, and T4 vertebrae. To simulate the cases with an external load in
hands, 180 N was applied via a rigid element attached to the T3 vertebra at the location

measured in our ixn vivo studies.
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9.2.3 Boundary Conditions

Since simulations were done in the sagittal plane lateral translation and rotation
in the frontal plane and axial rotations in the transverse plane were all fixed. The axial
and sagittal translations at the base, S1, were also constrained. For each simulation case,
sagittal rotations of T12 (thorax) and S1 (pelvis) was prescribed on the model according
to mean values of our in vivo measurements (see Table 3.1 and Fig 4.4). Total lumbar
rotation, calculated as the difference between the foregoing two rotations, was
partitioned between lumbar vertebrae in accordance with proportions reported in earlier

investigations (see Chapter 3).

The lumbar/pelvis ratio for the prescribed data into the finite element model was
equal to 1.56, 1.87, 1.29, and 1.40 for flexion of 40°, flexion of 40° plus 180 N in hands,
flexion of 65°, and flexion of 65° plus 180 N in hands, respectively, all for the cases
with free lumbar posture. These values are well within the range of data (0.4-2.38)
reported based on in vivo studies reporting the lumbar/pelvis ratio during lifting tasks
(Esola et al., 1996; Lee and Wong, 2002; Li et al., 1996; Granata and Sanford, 2000;
McClure et al., 1997; Porter and Wilkinson, 1997). Furthermore, in agreement with in
vivo studies this ratio decreased as trunk flexion increased (Esola et al., 1996; Lee and
Wong, 2002; Granata and Sanford, 2000; McClure et al., 1997; Porter and Wilkinson,
1997) and increased as magnitude of the load in hands increased (Granata and Sanford,
2000).

9.3 Muscles
9.3.1 Muscle Anatomy

Anatomy of trunk muscles including their insertion points, lever arms, and lines
of action considered in the present study were mainly taken from the extensive study of
Stokes and Gardner-Morse, 1998 which was, in turn, based on previous studies (e.g.

Bogduk et al., 1992a, b; MaclIntosh and Bogduk, 1991; Panjabi et al., 1991) as well as
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the datasets of the Visible Human ProjectTM (National Library of Medicine, Bethesda,
MD). See Appendix A for a brief description of the anatomy of trunk muscles

considered in the current model.

9.3.2 Passive Property of Muscles

The total force computed by the Kinematics-based approach in each muscle was
partitioned into active and passive components with the latter force evaluated based on a
length-passive tension relationship. Diverse data have been reported for muscle passive
force-length relationship from in vitro and in vivo experimental studies (e.g. Woittiez et
al., 1984; Davis et al., 2003; Deng and Goldsmith, 1987; McCully and Faulkner, 1983)
which have been used in biomechanical model studies (e.g. McGill and Kipper, 1994;
Nussbaum and Chaffin, 1996; McGill and Norman, 1986; Cholewicki and McGill,
1995) (see Fig. 9.6). In the present study the relationship was defined based on a recent

in vivo study Davis et al. (2003) whose data were fairly in between those of others.

9.4 Optimization Algorithm

The cost functions of sum of squared and cubed muscle stresses appeared most
adequate with results in good agreement with measured EMG activity in global muscles
(see Chapter 5). Predictions of these two cost functions remained within the lower/upper
constraints on muscle forces set in the optimization approach; same results would have
been obtained had limits not been introduced. Besides, force-sharing in between muscles
in these cost functions accounted for both muscle lever arm and PCSA. No significant
difference in spinal loads was found between predictions of these two cost functions
(Table 5.3, Figs. 5.3 and 5.4). Although predictions of Xstress® was even less dependent
on the inequality constraint equations but the criteria of Istress? would be easier to
analytically implement especially when equilibrium is considered in more than one

plane.

Optimization algorithm with the cost function of sum of cubed muscle stresses

was considered in all simulations done in the current work. One of the concerns when
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using a nonlinear optimization approach to solve the redundancy problem is the
convergence to the global minimum. In the current study Lagrange Multiplier Method
was used to analytically solve the optimization problem which guarantees the
convergence of results to the global minimum. See Appendix B for a detailed

description of this method.

1.1 1 = = = Woittiezet al., 1984 (SM Muscle)
----- Woittiezet al., 1984 (GM Muscle)
"""" McGill and Norman, 1986
e Nussbaum and Chaffin, 1996
— McGill and Kippers, 1996
0.7 + Davis et al., 2003

e Present Study

0.9 1

|
|
|
|
i
j
;
j

0.s -

03 -

Passive Force (relative to maximum active force)

0.5 0.6 0.7 0.8 0.9 1 1.1 1.2 1.3 1.4 1.5

Muscle Length (relative to resting/optimal length)

Fig. 9.6 Muscle passive force-length relationship considered in the model compared to
other experimental data. Curves of McGill and Kippers (1996) and Nussbaum and
Chaffin (1996) have been adapted from data of Deng and Goldsmith (1987) and
McCully and Faulkner (1983), respectively. SM and GM refer to Semimembranosus and

Gastrocnemius muscles respectively.

9.5 Model Validations
The models of human spine cannot be fully validated, since an adequate
knowledge of the human spine loading and structure is currently not available. In other

words, direct validation of the predicted tissue loads, by comparing measured and
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predicted forces, is not feasible. Therefore, indirect method of model validation must be
used. For instance, predicted axial compression on spinal discs may be compared with in
vivo measured intra-discal pressure values under identical tasks, for the sake of an

indirect validation.

The demonstration of agreement between the observed and predicted results,
however, does not prove model validity under all circumstances (Oreskes et al., 1994).
These authors suggested using the term confirmation to describe the single act of
demonstrating the agreement between the modeled and observed phenomenon. For a
modeled system that exists in the real world (e.g. human spine) but unavailable for direct
experiments, Lewandowski (1982) has proposed a validation process consisting of
component validation, internal validity checks, and sensitivity analysis. Cholewicki and
McGill (1996) followed this process to validate their predictions obtained by a

geometrically simplified model of the spine.

The component validation is based on the premise that models built of well
validated sub-models will probably be valid (Lewandowski, 1982). In our study, this
validation approach was applied to the passive spine in which good agreement between
load-displacement and buckling behaviors of the model with in vitro studies was
obtained (see Figs. 9.1, 9.2, and 9.3). Moreover, the passive properties of the spine have
extensively been validated in earlier works under various loading conditions (El-Rich et

al., 2004, El-Rich and Shirazi-Adl, 2005; Pop, 2001; Shirazi-Adl et al., 2002).

Internal validity pertains to the preservation of basic physical laws on which such
a model was built. For example, one advantage of using finite element model of the
spine in the current study was that equilibrium conditions were automatically satisfied at
all spinal levels and in all directions. Besides, the final deformed configuration of the
spine for a simulated task was in accordance with what measured in vivo (see Fig.3.5).

Qualitative agreement between measured and predicted global muscle activities (see
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Figs. 3.9,4.5, 5.2, 6.4, and 7.3), good accordance between measured and predicted intra-
discal pressure (IDP) (see below), as well as between measured and predicted
intervertebral translations (see below) in different simulated tasks are indirect

validations for muscles forces, spinal compression and shear forces, respectively.

In relaxed upright standing posture, the IDP of 0.43-0.50 MPa (Wilke et al.,
2001), 0.56-0.97 MPa (Nachemson and Elfstrom, 1970), 0.22-0.75 MPa (mean of 0.539
MPa) (Katsuhiko et al., 1999), and 0.35 MPa (Takahashi et al., 2006) at the L4-L5 disc
and of 0.33+0.034 MPa (Andersson et al., 1977) and 0.27 MPa (Schultz et al., 1982) at
the L3-L4 disc have been measured in vivo. In an in vitro study on seven cadaver while
applying muscle forces via cables on the specimens the IDP of about 0.52 MPa was
measured in standing posture (Wilke et al., 2003). For upright standing posture, our
model predicted IDP of 0.51 MPa and 0.48 MPa at the L4-L5 and L3-L4 levels,
respectively, while accounting for the axial compression-disc pressure relations in

lumbar specimens (Shirazi-Adl and Drouin, 1988).

When flexing forward by about 36°, Wike et al., 2001 measured that IDP at the
L4-L5 disc increased by 2.2 times relative to that in relaxed standing posture. For
flexion of 40°, we predicted an increase by 3.48 times with straight LOA for global
muscles while assuming a computed IDP-axial compression relationship (Shirazi-Adl

and Drouin, 1988).

Takahashi et al. (2006) measured an increase by 4.57 times in the IDP when the
lumbar spine was flexed by 30° as compared to relaxed standing posture, while for a
similar task Katsuhiko et al. (1999) measured an increase by about 2.50 times. For
forward flexion of 65° (lumbar flexion of 35°) we predicted a value of 4.33 times when
considering straight LOA for global muscles and 3.55 times when considering wrapping
of global muscles. These values have been calculated employing the results of a detailed

finite element model of the lumbar spine.
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Relative increase in [DP in flexed posture of about 65° with 200 N in hands with
respect to the relaxed upright standing posture has been measured in vivo study to be by
5.1 times (Wilke et al., 2001). Our model while considering straight lines of action for
global muscles and a linear relationship between spinal compression and disc pressure
predicted a value of about 7.20 times that decreased to 5.82 and 5.38 times when
wrapping of global muscles was considered with and without a 10% reduction in their
lever arm, respectively. Unfortunately, data of Wilke et al., 2001 were based on tests on
only one subject; thereby the significance of the data to the individual trends was

limited.

Total relative translations in the sagittal plane between two adjacent vertebrae for
the heaviest task simulated in this study, i.e. flexion of 65° plus 180 N load in hands
with straight LOA for global muscles, were about 1.4,2.9,2.7, 2.3, 2.1, 1.45 mm for L5
to S1, L4 to LS, L3 to L4, L2 to L3, L1 to L2, and T12 to L1 vertebrae, respectively.
These values are well within reported physiological limits (Hyes et al., 1989; Panjabi et
al., 1989; Stokes and Gardner-Morse, 1995) and show exactly the same trends as those
measured in vivo under forward flexion activities in which intervertebral translations
decreased from their maximum value at the L4/L5 segment upward to the T12/L1 level
with L5 vertebra having the minimum translation relative to the S1 (Hyes et al., 1989;
Lin et al., 1994). This finding indirectly validates our predictions for anterior-posterior

shear forces acting at different levels of the spine.

To further validate predictions (Oreskes et al., 1994), sensitivity analyses were
conducted on one of the most important assumptions regarding distribution of total
lumbar rotation between different vertebrae. Different proportions for the relative
contribution of each motion segment to generate the total lumbar flexion under full trunk
flexion have been reported in the literature. The most important difference exists

between works of Potvin et al., 1991 (10%, 11.88%, 11.88%, 18.9%, 26.1%, and
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21.24% for T12-L1, L1-L2, L2-L3, L3-L4, L4-L5, and L5-S1, respectively) and Frobin
et al., 1996 (11.46%, 15.03%, 17.71%, 18.09%, 20.89%, and 16.81% respectively). The
first case studies considered about 34% and 66% of the total lumbar rotation to T12/L3
and L3/S1 segments, respectively, while for the second case these values changed to
44% and 56%. In our reference case model 36% of the total lumbar rotation was
assigned to T12/L3 and 64% to L3/S1 segments which are fairly similar to those of
Potvin et al., 1991.

In order to study the effect of these proportions on the predicted results for
muscle forces, spinal loads and stability, analyses were repeated for the case of flexion
of 40° while assigning 45% and 55% to T12/L3 and L3/S1 segments, respectively,
which were similar to data measured by Frobin et al., 1996. Table (9.1) and Table (9.2)
compare predicted muscle forces and spinal loads with those predicted by our reference
case model. Stability of the spine is even less influenced by these variations in lumbar
rotations (Fig. 9.7). According to some radiological studies (Tuong et al., 1998;
Woldstad and Sherman, 1998), such variations in proportions of the relative contribution
of upper and lower motion segments to generate the total lumbar flexion also happen
when wearing abdominal belts or lumbosacral orthoses. An orthosis, for instance, has
been suggested to reduce vertebral mobility and discal deformations mainly at the upper

segments (L1-L3), while increasing them at the lower levels (Tuong et al., 1998).

Table 9.1 Predicted local/global muscle forces (N) on each side for two different

proportions considered to partition total lumbar rotation between lumbar vertebrae.
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Table 9.2 Predicted spinal loads based on two different proportions considered

to partition total lumbar rotation between lumbar vertebrae

* M: sagittal moment at mid-height, + ve in flexion (Nm); C: local axial compression at

mid-height (N); S: local shear force at mid-height, +ve in anterior direction (N).
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Fig. 9.7 Variation of computed T1 sagittal translation with the muscle stiffness
coefficient, g, for two different lumbar rotation partitions (see text) under identical total
trunk flexion of 40° using linear perturbation analysis at deformed configurations due to
1 N horizontal force at the T1. The smallest ¢ in each case is the critical value below

which the system becomes unstable.
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9.6 Methodological Issues (limitations)

There are always some assumptions or limitations in both modeling and
experimental studies. It is important to assess the probable effects of such assumptions
and limitations on predictions, measurements and conclusions. There have been some
limitations and assumptions in both experimental and modeling studies in the present

work which are separately discussed in the following paragraphs.

9.6.1 Experimental Studies

Calculation of the trunk and pelvic rotations from skin markers, despite non-
invasiveness and ease of measurements, is recognized to have important errors involving
identification of anatomical landmarks, skin movement relative to the underlying bony
landmarks, and deformability of vertebrae themselves (Lee et al., 1995; Shirazi-Ad],
1994; Zhang and Xiong, 2003). Due to inherent errors, in this work, the measurements
were used only to evaluate pelvic tilt and trunk T1-T12 rotations with the intervening
lumbar segmental rotations evaluated based on relative values reported in the literature.
Moreover, since both the thorax and pelvis can be considered with a very good
approximation as rigid bodies (see section 9.6.2), errors due to identification of
anatomical landmarks or skin movement relative to the underlying bony landmarks are
expected to be minimized. Tasks are designed and subjects are instructed in a manner as

to minimize out-of-sagittal plane movements.

The measurement of the maximum EMG activity (MVC) in each muscle
required for normalization depends amongst others on the task design, subject and
electrode location (O'Sullivan et al., 2002; McGill, 1991). Since the electrodes for the
multifidus at the L5 level are more likely to yield activity of adjacent longissimus
(Stokes et al., 2003), comparisons between predictions and measurements were avoided
for the Multifidus. The collected data for these electrodes, however, demonstrated

exactly the same trends as those observed for the data of other electrodes at the L1 level
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with mean normalised values being almost always greater (at most by 6%) than those

measured for the LGPT markers.

9.6.2 Model Studies

Great inter-individual differences in the spinal loads and muscle activities may
occur due partly to inter-subject variations in body weight, body size, posture, and tissue
properties. Our predicted results, hence, represent values within the limits since mean

values were used everywhere as model inputs.

The assumption of rigid body for the T1-T12 segments was confirmed by
measuring nearly equal rotations from lines attaching T12 to TS and T12 to T1, e.g.,
respectively 41.4 £ 7.5° and 41.0 + 7.3° for flexion of ~40° without load in hands with
free lumbar posture; an observation which is in agreement with that of others (Jager and
Luttmann, 1989; Nussbaum and Chaffin, 1996; Panjabi and White, 1980) and assumed
in many biomechanical model studies (e.g., Bergmark, 1989; Gardner-Morse and
Stokes, 1995; Cholewicki and McGill, 1996). It has been indicated (Ashton-Miller and
Schultz, 1997) that the only work investigating thorax range of motion in the early 1930s
(Bakke, 1931) has found that total intersegmental flexion-extension movement does not
exceed 5°. Similarly, length of thoracic spine in contrast to that of the lumbar spine has
been measured to remain almost unchanged during full trunk flexion (Toussaint et al.,

1995).

The thoracolumbar (or lumbodorsal) fascia (TLF or LDF) was totally neglected
in the current work. The literature suggest minor role of TLF in offsetting moment of
external loads during lifting activities (Bergmark, 1989; Daggfeldt and Thorstensson,
2003; Macintosh et al., 1987; McGill and Norman, 1988; Potvin et al., 1991; Tesh et al.,
1987) which is in contrast to earlier suggestions by Gracovetsky and colleagues (see
Gracovetsky et al., 1981; Gracovetsky, 1988). One hypothesis is that oblique abdominal

and transverse abdominus (Gracovetsky et al., 1981) as well as latissimus dorsi (Bogduk
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and Macintosh, 1984; McGill and Norman, 1988) muscles have potential to contribute to
trunk extensor moment by transforming their tension into longitudinal tension via the
TLF; i.e., it acts as both tendon and ligament. This mechanism is called active moment
generation mechanism of the TLF. Another hypothesis, referred to as hydraulic amplifier
mechanism, is that the contraction of erector spinae muscles contained in a thick,

inelastic envelope would increase tension in TLF (Gracovetsky et al., 1985).

Anatomical, in vitro experimental and model studies (Bergmark, 1989; Tesh et
al., 1987; Macintosh et al., 1987, McGill and Norman, 1988) have, however, all
challenged the wviability of the proposed mechanisms of TLF extensor moment
generation and shown that the TLF forces have been overestimated and that the
contribution of TLF in resisting the trunk moment is only very small. Gracovetsky
(1989) himself stated that neither of two aforementioned mechanisms could be of

substantial help in generating extension moment in the sagittal plane.

All trunk muscles were assumed to be bilaterally symmetric with respect to the
sagittal plane having identical lines of action, lever arms, and physiological cross
sectional area. Only muscles arising from pelvis (and the hip bone) and attaching to the
lumbar or thoracic vertebrae or the rib cage were considered in the finite element model
study while neglecting all the single joint intersegmental as well as multisegmental
muscles. These neglected muscles have been reported not to play important roles in
neither stabilizing the spine (Crisco and Panjabi, 1991) nor offsetting moment of
external loads (Bergmark, 1989). The latissimus dorsi muscle was neglected in the
model study. It has been known to produce trunk extensor moment via the lumbodorsal
fascia; a contribution suggested not being sizable during lifting tasks (Bogduk et al.,
1998; McGill and Norman, 1988). Its stabilizing role has also been stated to be
negligible (Bergmark, 1989).
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The abdominal muscles (RA, EO, and 10) were represented by single fascicles.
Consideration of several fascicles instead of just one for oblique muscles (EO and 10)
has influenced the estimated spinal loads significantly in asymmetric lifting tasks but
only slightly in symmetric ones (Davis and Mirka, 2000) which is the case in the current
study. The transverse abdominus (TA) does not play any direct role in carrying trunk
moment; hence, it was neglected in the current study. It might, however, help in
offsetting moment of external loads by increasing intra-abdominal pressure (Daggfeldt
and Thorstensson, 2003) or play a role in controlling the spinal stability (Hodges, 1999;
Hodges and Richardson, 1996; Pietrek et al., 2000). These two hypotheses were both
examined in Chapter 6 while assuming fascicles of TA to be oriented in the transverse
plane without having any axial compressive force penalty despite the fact that some of
its fascicles especially in middle and lower regions are somewhat oblique (Urquhart et
al., 2005). The values used in this study for intra-abdominal pressure (IAP), intra-
abdominal area, and lever arm of intra-abdominal force all rely on the reported data in

the literature for the tasks similar to the ones considered in this study.

For qualitative validation of predicted muscle activities, it was necessary to make
some assumptions. First, the maximum allowable muscle stress was considered identical
for all muscles (0.6 MPa). Second, the normalized passive tension-length relationship
was assumed to be the same for all muscles (based on in vivo data of Davis et al, 2003)
despite the fact that the specific architecture of each muscle could influence this
relationship (Woittiez et al., 1984). Third, the effect of muscle activation level on this
passive relationship (Lee and Herzog, 2002; Rassier et al., 2003) was neglected. Forth,
location of muscle optimal length was assumed to be equal to their resting length in
upright posture before applying gravity load. Fifth, change in muscle length was
calculated with the assumption that no change occurs in length of the tendinous part of
muscle and that length of this part is negligible compared with that of the active part. It
must be noted that none of these assumptions have absolutely any effect on the predicted

muscle forces, spinal loads and stability. In contrast, post-processing of results in order
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to estimate muscle activities is influenced by each of these assumptions. It must also be
emphasized that only trends of muscle activities and not their absolute magnitudes
should be considered in the validation process; a fact that may further justify the fidelity

of this process.

The value of 0.6 MPa taken for the maximum allowable stress in muscles lies in
the mid-range of reported values (0.2-1.0 MPa) (Daggfeldt and Thorstensson, 2003;
Dumas et al., 1991; Granata and Marras 1993; Guzik et al. 1996; Farfan, 1973; McGill
and Norman 1986; Reid and Costigan, 1987) while a narrower range of 0.3-0.9 MPa has
been estimated for trunk flexion-extension tasks (Guzik et al. 1996). This value is also
used in the optimization algorithm for defining inequality conditions on the total muscle
forces. However, as explained in Chapter 5 (see section 5.5.5), the used objective
function in this study assigns forces to muscles which are far enough from the upper and
lower limits; in other words same results would have been obtained had limits not been

introduced.

The kinetic redundancy of the trunk system can be deterministically resolved if
the number of prescribed kinematics data at a level reaches the number of muscles
inserted into the same level. In the current study, since only sagittal rotation of vertebrae
was prescribed, an optimization approach based on minimum sum of cubed muscle
stresses was also used. This cost function was recognized to agree better with the EMG
data (see Chapter 5). Moreover, the convergence of the nonlinear optimization solution
on a global minimum was assured by solving the problem analytically using Lagrange

Multiplier Method (see Appendix B).

Lines of action (LOA) of all local and global muscles were assumed to take a
linear path between their insertions in upright posture with no initial strain before
applying gravity load on the model. For local muscles different fascicles of ICPL,
LGPL, MF, QL, IP arising from pelvis and attaching to lumbar vertebrae were
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considered with distinct LOA, LA, and PCSA. For global extensor muscles i.e. ICPT
and LGPT, although in reality they have several attachments to upper thorax levels (up
to T2 level) but in this study since thorax is considered as a rigid body, each of global

muscles was modelled with an equivalent single fascicle inserted into its attachment

center at T11 (for ICPT) and T10 (for LGPT) levels.

For flexed postures, the local lumbar muscles were considered to remain straight
which was in accordance with a detailed in vivo study suggesting these muscles not to
take significantly curved orientations in flexion posture (Macintosh et al., 1993).
Magnitude of the LA of local muscles under flexion tasks were in overall agreement
with those reported under flexed lumbar postures (Macintosh et al., 1993). For global
muscles, however, since the exact extent of reduction in LAs in flexion tasks remains
unknown (Jorgensen et al., 2003; Macintosh et al., 1993; Tveit et al., 1994), an extensive
investigation was carried out to study the effect of geometry of these muscles in terms of
curved/straight LOA and unchanged/reduced LA with respect to the upright posture on
predictions (see Chapter 7).

In the optimization algorithm, the upper limit of muscle forces was calculated
using the maximum allowable active force that the muscle generates (0.6xPCSA) in its
optimal length despite the fact that this maximum active force decreases as muscle
clongates. It was not possible to take into account for this relationship in the
optimization procedure since such relationship highly depends on the muscle activation
level. It was, however, attempted to compare the predictions for muscle activities with

reported data of (Davis et al., 2003) and (Nussbaum and Chaffin, 1996).

Figs. 9.8 and 9.9 show that predictions for normalized active muscle forces at
different spinal levels under isometric lifting tasks while neglecting effect of IAP,

abdominal coactivities, and curved LOA of muscles remain below their maximum



potential active force. One must note that these predictions are based on the five

aforementioned assumptions made regarding the calculation of muscle activities.
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Fig. 9.8 Local and global muscle activities compared with their maximum values

obtained by experimental studies under flexion of 40° plus 180 N carried in hands.

For the stability analyses, the muscle stiffness coefficient, ¢, was chosen the
same for all muscles while a linear stiffness-force relation, rather than a nonlinear one
(Cholewicki and McGill, 1995; Shadmehr and Arbib, 1992), was taken. The linear
relationship between muscle stiffness and force (K=gF/L) was first proposed by
(Bergmark, 1989) and have since been widely used by biomechanists in order to

determine stability margin of the spine under different static and dynamics activities (K,
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F, L, and ¢ in this relationship are axial muscle stiffness, active muscle force, resting

length of the muscle, and a dimensionless stiffness parameter, respectively).

------- Nussbaum and Chaffin, 1996 Davis et al., 2003

. .29 o ICPL 0 LGPL
2 X MF A QL
E ® ICPT B LGPT
g | R . X
= 1 A X
2 Flexion 65° + 180 N
[+
2 o8
g8
S &8

%]
S £ 06
E
=
2
3 0.4 -
=
@
N
s
E 02
(=]
z

0
0.9 1 1.1 1.2 1.3 1.4

Normalized Muscle Length (relative to resting length)
Fig. 9.9 Local and global muscle activities compared with their maximum values

obtained by experimental studies under flexion of 65° plus 180 N carried in hands.
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