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RESUME

Les troubles musculosquelettiques sont parmi les problémes de santé les plus fréquents et les plus
colteux au monde. Les maux de dos figurent en deuxieme position sur la liste des états chroniques
les plus répandus au Canada et quatre adultes sur cing souffriront de lombalgie un jour ou I’autre
de leur vie. Les efforts excessifs sur la colonne vertébrale constituent 1’un des facteurs de risque
potentiels de lombalgie et peuvent initier ou générer de la douleur et de la dégénérescence des
disques. A cet effet, plusieurs études s’accordent pour affirmer qu’une estimation juste des charges
vertébrales est utile pour une prévention efficace des blessures et pour des programmes de
réadaptation appropriés. Toutefois, il n’existe pas de méthodes directes pour mesurer les charges
vertébrales et de plus, toutes les méthodes indirectes (comme la mesure de la pression intradiscale
— PID — et I’estimation au moyen de prothése discale instrumentée) sont invasives et limitées. Les
modeéles musculosquelettiques (MS) offrent toutefois une alternative intéressante en estimant de
maniére non invasive, économique et précise les forces musculaires, les charges vertébrales ainsi

que la stabilité de la colonne vertébrale en tenant compte des différences individuelles.

Dans cette these, un modele MS du tronc par éléments finis (EF) guidé par la cinématique a été
mis a niveau. L’architecture des origines et insertions musculaires a été améliorée, une unité
vertébrale comprenant un disque déformable a été ajoutée (T11-T12) et un nouvel algorithme de
mise a 1’échelle a été introduit afin d’explorer les effets du sexe, de 1’age, du poids et de la taille
sur la biomécanique et les charges appliquées sur la colonne vertébrale. Au moyen de données
issues d’imageries médicales et & partir de principes biomécaniques, 1’algorithme de mise a
I’échelle a permis d’ajuster 1’architecture musculaire (les bras de levier des muscles et les aires
transverses), la géométrie et les propriétés passives ligamentaires de la colonne vertébrale ainsi que
la charge gravitationnelle, le tout en fonction du sexe, de 1’age, du poids et de la taille. Une analyse
de sensibilité a été effectuée au moyen d’une analyse factorielle multiple. Les données d’entrées
du modele (sexe, age, poids et taille) ont été modifiées a I’intérieur de plages physiologiques (sexe :
femme et homme ; age : 35 a 60 ans; poids : 50 a 120 kg ; taille : 150 a 190 cm) tandis que le
modéle personnalisé par EF était guidé par une cinématique spécifique a 1’age et au sexe lors de
différentes taches de flexion avant avec ou sans charges manuelles. Des graphiques illustrant les
effets principaux et des analyses de variance ont été utilisés pour évaluer les effets des données

d’entrées sur le chargement au dos. Le poids du corps a été le facteur le plus influent, en expliquant



99 % du chargement lombaire en compression et 96 % de celui en cisaillement, alors que les effets
de lataille, du sexe et de I’age (<5 %) etaient minimes. Aussi, pour des poids et des tailles similaires
aux hommes, les femmes supportaient généralement des charges plus importantes au dos (5 % en

compression, 9 % en cisaillement)

La prévalence de 1’obésité, dont I’indice de masse corporelle (IMC) dépasse les 30 kg/m?, est en
croissance constante dans les pays développés comme dans les pays en voie de développement et
a atteint un seuil critique « d’épidémie mondiale ». Bien que 1’obésité soit associée a plusieurs
problemes au dos (ex. : dégénération discale, fractures vertébrales, maux de dos), le réle de la
biomécanique dans les problemes liés a I’obésité demeure inconnu. La distribution du tissu adipeux
varie considérablement d’un individu obése a un autre, et ce, méme dans les cas d’IMC et de poids
identiques. On retrouve différentes formes d’obésité, dont celle « en pomme » et celle « en poire »
(androide et gynoide respectivement). Le role de 1’obésité et des formes d’obésité sur les charges
supportées par la colonne vertébrale et sur les fractures de compression vertébrale a été étudié a
1I’aide du modele personnalisé mis a jour. Trois formes distinctes d’obésité (correspondant a une
taille de circonférence minimale, moyenne et maximale) pour un poids et un IMC identiques ont
été simulées au moyen de mensurations anthropométriques obtenues a partir de 5852 individus
obeses et d’une analyse par composantes principales. L’obésité a des conséquences significatives
sur le chargement lombaire : la compression sur L4-L5 a bondi de 16 % (2820 N vs 3350 N) pour
une flexion avant sans charges lorsque I’'IMC a augmenté de 31 kg/m? a 39 kg/m?. Dans une
comparaison entre une taille de circonférence minimale (obésité en forme de poire) et celle d’une
circonférence maximale (obésité en forme de pomme), le chargement lombaire a subi une
augmentation similaire a celle d’ajouter 20 kg de poids supplémentaire, ainsi qu’un risque de
fracture de fatigue vertébrale sept fois plus élevé. En somme, I’obésité et les formes d’obésité ont
une influence considérable sur la biomécanique de la colonne vertébrale, et donc, devraient étre

prises en compte lors d’une modélisation specifique aux sujets.

En plus de servir a I’évaluation de la force maximale du tronc et a la normalisation de
I’électromyographie (EMG), les contractions musculaires volontaires maximales (CVM) peuvent
étre utilisées pour calibrer et valider les modeles MS. La performance du modele MS personnalisé
a été étudiée en comparant les activités musculaires estimées avec les EMG durant diverses taches

de CVM. Le stress musculaire maximal des muscles du tronc a également été calculé pour chaque
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sujet. Ce dernier a varié considérablement entre différents sujets et groupes musculaires. Le muscle
grand droit et le muscle oblique externe de 1’abdomen ont eu, respectivement, le plus petite (0,40
10,22 MPa) et la plus grande valeur (0,99 0,29 MPa) de stress musculaire maximal parmi les
groupes de muscles. Pour les CVM en flexion et en extension, les activités musculaires estimées
correspondaient adequatement avec les EMG. Cependant, cette correspondance était faible pour
les CVM en flexion latérale et rotations axiales. Le chargement lombaire des femmes était en
général plus faible que celui des hommes. Les charges vertébrales maximales lors des CVM ont
été obtenues lors des efforts en extension (compression d’environ 6000 N a L5-S1) tandis que les
plus faibles ont été enregistrées en flexion avant (compression d’environ 3000 N a L5-S1); les
participants ont subi des chargements lombaires assez importants durant des CVM en flexion
latérale et rotation axiale. (5500 N en compression et 1700 N en cisaillement). La prédiction exacte
du stress musculaire maximal et I’évaluation compléte de la performance d’un modele MS
nécessitent la prise en compte des taches de CVM dans toutes les directions et 1’application des

moments dans les plans principaux et couplés du modele.

Une simulation adéquate des ligaments passifs de la colonne vertébrale, I’une des composantes
majeures d’un modele MS du tronc, est d’une importance capitale. Les modeles détaillés d’EF
peuvent capturer avec précision les réactions non linéaires et temporelles de la colonne vertébrale.
Toutefois, en raison des codts de calcul importants des modéles détaillés d’éléments finis, des
modeles simplifiés (c.-a-d. a partir de joints sphériques et de poutres ayant des propriétés passives
linéaires ou non linéaires) sont couramment utilisés dans les principaux modéles MS. Par
conséquent, la précision et la validité de I’utilisation de modeles simplifiés et de leur
positionnement antéro-postérieur dans I’estimation de la cinématique de la colonne vertébrale
ligamentaire, des forces musculaires et des charges spinales ont été étudiées. Contrairement aux
poutres, les articulations de type sphérique négligeaient les degrés de liberté en translation et n’ont
pas réussi a prédire la cinématique de la colonne lombaire avec précision, surtout dans la direction
craniocaudale. Les poutres et les joints sphériques non linéaires ont prédit de maniere satisfaisante
la PID en comparaison avec les mesures in vivo d’activités physiques variées. En revanche,
I’utilisation des poutres ou des joints sphériques aux propriétes linéaires passives n’a donne que
des résultats valides que pour des angles de flexion d’amplitude faible ou moderée (<40 °). En

négligeant les propriétés passives des articulations (joints sphériques sans frottement), on a
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considérablement augmenté le chargement lombaire en compression et en cisaillement, de 32 % et
63 % respectivement. Le déplacement postérieur (de 8 mm) d’une articulation simplifiée a
augmenté les charges lombaires (en compression et en cisaillement) d’environ 20 %, tandis qu’un
déplacement vers I’avant (2 mm) a diminué de 10 % la compression et de 18 % la force de
cisaillement. De plus, un déplacement postérieur du modeéle simplifié a réduit la force passive des
muscles agonistes, et ce, tout en augmentant leurs composantes actives. Les mod¢les d’articulation
simplifiés avec des propriétés passives non linaires devraient se situer entre -2 a +4 mm (+:
postérieur) du centre du disque pour des prédictions justes des forces sur la colonne vertébrale et

des forces musculaires actives/passives.

L’obtention de résultats valides a 1’aide des modeéles MS exige des moyens considérables comme
une collecte complete de données (ex. : cinématiques, EMG), un laboratoire bien équipé et une
formation suffisante. Par ailleurs, des équations de régression faciles a utiliser ont précédemment
été mises au point pour estimer le chargement lombaire. Cependant, ces équations ne tiennent pas
compte de I’anthropométrie des participants (ex.: poids et taille) fondée sur une approche
physiologique, et elles négligent souvent 1’asymétrie de la tache. Dans cette partie de 1’étude, des
équations de régression spécifiques aux sujets ont été developpées pour prédire le chargement
lombaire (& L4-L5 et L5-S1) en utilisant un modele d’EF guidé par la cinématique. L’exactitude
de ce modeéle et des équations de régression ont été évaluées en comparant les activités musculaires
estimées par le modéle avec ceux obtenus au moyen de ’EMG et des PDI calculées avec ceux de
la littérature existante. Les valeurs estimées de la PDI spécifiques aux sujets présentaient des
corrélations élevées avec les résultats d’études in vivo lors de taches symétriques et asymétriques
(R?=0.82). Dans le cas des tiches symétriques, les estimations d’activité musculaire étaient
raisonnablement comparables avec les résultats d’EMG. Toutefois, dans les taches asymétriques,
les estimations étaient moyennement (muscles du dos) ou faiblement (muscles de I’abdomen) en
accord avec les EMG. En somme, les équations de régression développées peuvent étre utilisées
dans le but d’estimer le chargement lombaire dans des taches de levage symétriques et
asymétriques. Ces équations personnalisées pourraient servir a 1’évaluation des risques de blessure

au dos lors d’activités de manutention.

En résumé, un modele MS d’EF guidé par la cinématique, mis a jour par une architecture

musculaire améliorée, un disque déformable additionnel (T11-T12) et un nouvel algorithme de
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mise a I’échelle a été utilisé pour examiner la biomécanique personnalisée de la colonne vertébrale.
En personnalisant tous les paramétres du modéle MS (les bras de levier des muscles, les aires
transverses musculaires, le chargement gravitationnel, la géométrie de la colonne, les propriétés
passives et la cinématique de la colonne vertébrale), et en effectuant une analyse de sensibilité sur
les données d’entrées du modele (sexe, age, taille et poids), il a été démontre que le poids d’une
personne influence nettement les forces de chargement subies par la colonne vertébrale, alors que
I’influence des autres facteurs était plutot faible. Deux formes distinctes d’obésité ont été
reconstituées a partir d’un ensemble de données anthropométriques disponibles dans la littérature.
Les résultats ont établi que ’obésité et les formes d’obésité (formes en pomme ou en poire)
affectent, toutes les deux, les forces sur la colonne vertébrale ainsi que le risque de fracture de
fatigue vertébrale. Lors de tdches de CVM (en extension, en flexion, en flexion latérale et en
rotation axiale), les grandeurs du stress musculaire variaient substantiellement parmi les sujets et
différents groupes musculaires. Dans le cas des CVM en flexion et en extension, les valeurs
prédites d’activité musculaire par le modéle personnalisé étaient prés des EMG enregistrés, alors
que les prédictions concernant les CVM en rotation axiale et en flexion latérale n’avaient pas la
méme exactitude. Des poutres et des joints sphériques ayant des propriétés non linéaires (d’une
position variant de -2 a +4 mm [+ : postérieur] du centre des disques) prédisait avec exactitudes les
cinématiques de la colonne vertébrale, le chargement lombaire et les activités musculaires. Par
contre, les modeéles articulaires qui avaient des propriétés linéaires ou qui n’avaient pas de degrés
de liberté en translation détérioraient 1’exactitude des prédictions. Enfin, des équations de
régression faciles a utiliser ont été mises au point dans le but de prédire les forces de compression
et de cisaillement subies par la colonne vertébrale (aux niveaux L4-L5 et L5-S1) lors de taches
symeétriques et asymétriques. Les équations personnalisées ont correctement estimé les valeurs de
PID en comparant les valeurs calculées avec les résultats mesurés in vivo retrouvés dans la
littérature. Lors de plusieurs taches symétriques et asymétriques, les valeurs estimées des activités
musculaires étaient moyennement (pour les muscles du dos) a faiblement (pour les muscles
abdominaux) comparables avec les EMG enregistres des participants. Par conséquent, les équations
de régression proposées peuvent étre utilisées pour évaluer les risques de blessures lors d’activités

de manutention.



ABSTRACT

Musculoskeletal disorders are one the most frequent and costly disabilities in the world. Back
problems are the second most common chronic condition in Canada. Four out of five adults
experience low back pain in their lifetime. As one of the potential risk factors of back pain,
excessive loads on the spine can initiate and promote disc degeneration and pain, so accurate
estimation of spinal loads are helpful in designing effective prevention, evaluation, and treatment
programs. There is no direct method to measure spinal loads, and all indirect methods (intradiscal
pressure — IDP — and instrumented vertebral replacement) are invasive and scarce. Alternatively,
musculoskeletal (MS) models with physiological scaling algorithms economically and accurately
estimate muscle forces, spinal loads and spinal stability margin by taking into account individual

differences.

An existing kinematics driven (KD) finite element (FE) MS musculoskeletal model of the trunk
has been upgraded in this work by refining the muscle architecture, by adding a new deformable
disc level (T11-T12), and by introducing a novel scaling algorithm to explore likely effects of sex,
age, body weight (BW) and body height (BH) on spine biomechanics and spinal loads. By using
imaging datasets and biomechanical principles, the scaling algorithm adjusted the muscle
architecture (muscle moment arms and cross-sectional areas), spine geometry, passive properties
of the ligamentous spine and gravity loads based on subject’s sex, age, BH and BW. To perform a
sensitivity analysis in a full-factorial design, model inputs (i.e., sex, age, BH and BW) were altered
within physiological ranges (sex: female and male; age: 35-60 years; BH: 150-190 cm; BW:50-
120 kg) while the personalized KD-FE model of the trunk was driven with sex- and age-specific
kinematics during different forward flexion tasks with and without a hand-load. Main effect plots
and the analysis of variance were employed to investigate effects of inputs on spinal loads. As the
most influential factor, BW contributed 99% to compression and 96% to shear spinal loads while
effects of BH, sex and age (<5%) remained much smaller. At identical BH, BW and waist
circumference, females had slightly greater spinal loads (5% in compression; 9% in shear).

The prevalence of obesity (body mass index; BMI>30 kg/m?) is rising in both developed and
developing countries, and has reached “global epidemic” proportions. Although obesity has been

associated with various back problems (e.g., disc degeneration, vertebral fracture and back pain),



the likely role of biomechanics in obesity-related back problems is still unknown. At identical BMI
and BW, fat distribution varies substantially from one obese individual to another. Different obesity
types have qualitatively been described as apple- and pear-shaped (or android and gynoid).
Therefore, effects of obesity and obesity shapes on spinal loads and vertebral compression fracture
were investigated by using the upgraded subject-specific model. At identical BW and BH, three
distinct obesity shapes (corresponding to minimum, average and maximum waist circumferences)
were reconstructed by using available anthropometric measurements of 5852 obese individuals and
principal component analysis. Obesity markedly affected spinal loads; L4-L5 compression
increased by 16% (2820 N vs 3350 N) in forward flexion without a hand-load when BMI increased
from 31 kg/m? to 39 kg/m?. Greater waist circumferences (apple-shaped obesity) in comparison
with smaller waist circumferences (pear-shaped obesity) increased spinal loads to the extent of
gaining 20 kg additional BW and the risk of vertebral fatigue fracture by up to ~7 times. Therefore,
both obesity and obesity shapes substantially affected spine biomechanics and should be taken into

account in subject-specific modeling of the spine.

Apart from serving in the trunk strength quantification and electromyography (EMG)
normalization, maximum voluntary exertions (MVES) can be used to calibrate and validate MS
models. The performance of the current upgraded subject-specific MS model was investigated by
comparing estimated muscle activities with reported EMGs during various MVE tasks. Maximum
muscle stresses of trunk muscles were also calculated for each subject individually. Estimated
maximum muscle stresses varied substantially among subjects and different muscle groups; rectus
abdominis and external oblique had the smallest (0.40+0.22 MPa) and largest (0.99+0.29 MPa)
maximum muscle stresses, respectively. In sagittal symmetric MVEs (extension and flexion),
estimated muscle activities were found in satisfactory agreement with measured reported EMGs
while in lateral and axial MVEs, the agreement was rather weak. Females in general had smaller
spinal loads. Peak spinal loads were obtained in extension MVE (~6000 N compression at L5-S1)
while flexion MVE vyielded the smallest spinal loads (~3000 N compression at L5-S1); subjects
experienced rather large spinal loads (5500 N in compression and 1700 N in shear) under lateral
and axial MVEs. Accurate prediction of maximum muscle stresses and comprehensive evaluation
of the performance of a MS model require the consideration of MVE tasks in all directions with

the application of both primary and coupled moments to the model.
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Accurate simulation of the passive ligamentous spine, as one of the integral components of a trunk
MS model, is of great importance. Detailed FE models can accurately capture nonlinear and time-
dependent responses of the spine; however, due to the significant computational costs of detailed
FE models, simplified models (i.e., spherical joints/beams with linear/nonlinear passive properties)
are commonly used in the trunk MS models. Therefore, the accuracy and validity of using
simplified models and their anterior-posterior positioning in estimating kinematics of the
ligamentous spine, muscle forces and spinal loads were investigated. Unlike beam elements,
spherical joints overlooked translational degrees of freedom and failed to accurately predict
kinematics of the lumbar spine particularly in the cranial-caudal direction. Nonlinear shear
deformable beams and spherical joints were found to satisfactorily predict IDPs in comparison with
in vivo measurements during various activities. In contrast, using beams or spherical joints with
linear passive properties yielded valid results only in small to moderate flexion angles (<40°).
Neglecting passive properties of joints (frictionless spherical joints) substantially increased
compression and shear spinal loads by 32% and 63%. Shifting a simplified joint posteriorly (by 8
mm) increased spinal loads (compression and shear) by ~20% while an anterior shift (by 2 mm)
decreased spinal loads by 10% and 18% in compression and shear directions. Moving simplified
joint models posteriorly reduced also passive muscle forces of agonist muscles while increasing
their active components. Simplified joint models with nonlinear passive properties should be
located in -2 to +4 mm (+: posterior) range from the disc center for accurate predictions of spinal

loads and active/passive muscle forces.

Obtaining reasonably accurate results by MS models requires comprehensive data collection (e.g.,
kinematics, EMG), equipped laboratory, and sufficient training. Alternatively, easy to use
regression equations have previously been developed to estimate spinal loads, but they do not take
account of personalized anthropometric factors (e.g., BW and BH) based on a physiological
approach and often overlook task asymmetry. Thus, in this work, subjects-specific regression
equations were developed to predict spinal loads at lower spinal levels (L4-L5 and L5-S1) by using
the upgraded KD-FE model, and the Accuracy of the model and regression equations were
subsequently evaluated by comparing estimated muscle activities and IDPs with reported
measurements. Estimated subject-specific IDPs from regression equations had strong correlation

with in vivo measurements during various symmetric and asymmetric tasks (R?=0.82). In
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symmetric tasks, estimated muscle activities were found in satisfactory agreement with measured
EMGs, but in asymmetric tasks, the estimations had moderate (back muscles) to weak (abdominal
muscles) agreement with measurements. For workplace evaluation and biomechanical risk
assessment of manual material handling tasks, such developed individualized regression equations
can be employed to estimate spinal loads during various symmetric and asymmetric lifting

activities.

In summary, a KD-FE MS model of the trunk with an upgraded muscle architecture, an additional
deformable level (T11-T12) and a novel scaling algorithm was employed to investigate subject-
specific spine biomechanics. By using personalized muscle moment arms, muscle cross-sectional
areas, distributed gravity loads, spine geometry, nonlinear passive properties of the spine and spine
kinematics (sex- and age-specific), the full factorial sensitivity analysis on model inputs (sex, age,
BH and BW) showed that BW markedly affected spinal loads while remaining factors played a
minor role. Distinct obesity shapes were reconstructed from anthropometric datasets available in
the literature, and both obesity and obesity shapes (apple- and pear-shaped) were found to
substantially affected spinal loads and the risk of vertebral fatigue fracture. Calculated muscle
stresses, calibrated in MVE tasks (extension, flexion, lateral and axial), varied noticeably among
subjects and different muscle groups. In flexion and extension MVEs, the subject-specific model
predicted muscle activities in close agreement with reported EMGs while in axial and lateral
MVEs, the agreement was weak. Simulating passive spinal motion segments, beams and spherical
joints with nonlinear properties (located in -2 to +4 mm (+: posterior) range from disc centers),
accurately predicted kinematics of the spine, spinal loads and muscle activities. In contrast, joint
models with linear properties and/or no translational degrees-of-freedom were noted to deteriorate
the accuracy of predictions. Easy to use subject-specific regression equations were developed to
predict compression and shear spinal loads (at L4-L5 and L5-S1) in symmetric and asymmetric
tasks. The proposed equations satisfactorily estimated IDPs in comparison with in vivo
measurements. Proposed regression equations can be used for personalized biomechanical risk
assessment of lifting tasks. Estimated muscle activities had moderate (back muscles) to weak

(abdominal muscles) agreement with reported EMGs in various symmetric and asymmetric tasks.
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CHAPTER 1 INTRODUCTION

1.1 Human Spine

As a complex and intrinsically unstable structure (Crisco, Panjabi, Yamamoto, & Oxland, 1992;
Shirazi-Adl & Pamianpour, 1993), human spine transmits rather large loads to lower extremities
and deforms significantly in all physiological planes while performing daily, occupational and
recreational tasks. Human spine, without sacrum, is categorized into three distinct regions (cervical,
thoracic and lumbar) with 24 bony vertebrae (cervical spine: C1 to C7; thoracic spine: T1 to T12;
lumbar spine: L1 to L5). Two adjacent vertebrae with the intervertebral disc, ligaments, and facet
joints in between are referred to as a motion segment. Each vertebra consists of an anterior vertebral
body (made of cancellous bone covered by a thin layer of cortical bone) as well as a posterior arch
(a base for facet articulations as well as ligament and muscle attachments), Figure 1.2. The posterior
arch has two pedicles (stemming from the anterior vertebral body), a lamina and 5 processes
(transverse, spinous and articular processes), Figure 1.2. Articular processes of two adjacent
vertebrae in combination with their thin cartilage layers, synovial membrane (to facilitate
articulation) and capsular ligaments (to stabilize the joint) form the facet joints, which transmit
forces and limit inter vertebral motions. Between two adjacent vertebrae, a compliant intervertebral
disc is located with a composite non-homogenous and multi-phasic structure. An intervertebral
disc is divided into three main regions: 1- annulus fibrosus, 2- nucleus pulposus and 3- cartilaginous
endplates. Mainly made from collagen types I and Il, the annulus fibrosus forms the outer portion
of the disc (Figure 1.2) and consists of 15 to 25 concentric layers (called lamellae), encircling the
nucleus pulposus, Figure 1.2 (Marchand & Ahmed, 1990). Nucleus pulposus, located in the center
(Figure 1.2), encompasses 30-50% of the total cross sectional area of a disc (Alkalay, 2002). It is
mostly made of water (80-90% wet weight (Antoniou et al., 1996; Lipson & Muir, 1981)),
proteoglycans (14% wet weight (Berthet-Colominas, Miller, Herbage, Ronziere, & Tocchetti,
1982; Inerot & Axelsson, 1991)), collagen fibers, elastin and chondrocytes. While developing an
internal pressure under applied compression, it supports applied force and stiffens the annulus
fibrosus by preventing inward bulge of inner annulus layers. On the top and the bottom, two rather
thin endplates bound the intervertebral disc and attach it to adjacent vetebrae (Figure 1.2). With the
average thickness of 0.5 mm (Adams, 2015), the hyaline cartilaginous endplate has a highly dense
and organized collagen fibers (type-11) (Cassinelli, Hall, & Kang, 2001).
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Spinal ligaments connect two adjacent vertebrae, increase the stability of a motion segment and
limit the deformation of the intervertebral disc (Heuer, Schmidt, & Wilke, 2008; Pintar, Cusick,
Yoganandan, Reinartz, & Mahesh, 1992; Sharma, Langrana, & Rodriguez, 1995). Posterior
ligaments (longitudinal, capsular, interspinous, flavum, intertransverse and supraspinous) in
general carry loads during flexion while anterior longitudinal ligament load-bearing contribution
IS more pronounced in torsion and extension (Panjabi, Goel, & Takata, 1982; Tencer, Ahmed, &
Burke, 1982). The only load-bearing ligament under all moments is the capsular ligament (Zander,
Dreischarf, Timm, Baumann, & Schmidt, 2017).

Located at the lower part of the trunk and sitting on the femurs at hip joints, the pelvis provides
insertion for the back and abdominal muscles particularly at the sacrum and ilium while transferring
the load to the lower extremity, Figure 1.1. With bony and cartilaginous structures, ribcage is
composed of multiple ribs (bone), which in general, are attached via joints to vertebrae posteriorly
and to the sternum anteriorly. Apart from protecting critical internal organs (such as lungs and
heart), the ribcage provides the support for many small (intercostal muscles) and large (iliocostalis
and longissimus) muscles. Pelvic floor (at the bottom) and diaphragm (a thin muscle attached to
lower ribs) bound the abdominal cavity and play passive roles in generating intra-abdominal

pressure (1AP).

1.2 Low Back Pain

Work-related musculoskeletal disorders have been identified as the most frequent and costly
disability in the western countries. Back pain as the leading cause of disability tops this list (Hoy
etal., 2012; Hoy et al., 2014). Four out of five adults experience back pain in their lifetime (Swink
Hicks et al., 2002; van Tulder & Koes, 2002). Back problems are the second most common chronic
condition (after food allergies) in Canada (Schultz & Kopec, 2003). In 1994 and in Canada alone,
total cost of back related disorders was estimated at 6-10 billion dollars (=9.6-16 billion dollars;
adjusted for inflation in 2019) (Coyte, Asche, Croxford, & Chan, 1998). Apart from the substantial
economic burden on the society (i.e., loss of productivity, health care expenses, compensation
costs), affected population suffers physically and mentally of debilitating pain and experiences
substantial loss in the quality of life (Montazeri & Mousavi, 2010).



Multiple risk factors have been indicated to play causative roles in back pain such as genetics,
psychosocial and biomechanical factors (Wang & Battié, 2014). Excessive loads on the lumbar
spine are recognized as one the causes of back injuries, disc degeneration and back pain (Adams,
Freeman, Morrison, Nelson, & Dolan, 2000; Adams & Roughley, 2006). Therefore, accurate
estimation of muscle forces and loads on spine in various daily and occupational activities is crucial
in effective prevention, workplace design, treatment and management of back disorders. There is
no direct way of measuring spinal loads, and because of the invasive nature of indirect methods
(i.e., intradiscal pressure measurements (Sato, Kikuchi, & Yonezawa, 1999; Wilke, Neef, Hinz,
Seidel, & Claes, 2001; Wilke, Neef, Caimi, Hoogland, & Claes, 1999), instrumented vertebral
replacements (Rohlmann, Gabel, Graichen, Bender, & Bergmann, 2007)), thus, musculoskeletal

biomechanical models have long been recognized as viable alternatives.



CHAPTER 2 LITERATURE REVIEW

2.1 Musculoskeletal Biomechanical Models

Musculoskeletal models aim to determine muscle forces and joint loads, yet the redundancy
problem poses as the main obstacle. Redundancy means that unknowns (muscle forces) outnumber
available equations (equilibrium equations), so standard solution procedures cannot compute
muscle forces. Instead, different algorithms have been developed to address the redundancy
problem and to estimate muscle forces. There are two main algorithms to solve the dynamics of
redundant systems (Otten, 2003); in the inverse dynamics method, motions are known and taken
as inputs, and joint net internal loads (due to passive tissues and muscle forces) are calculated while
in the forward dynamics, motions are calculated from some a-priori estimated muscle forces (Otten,
2003). To drive a musculoskeletal model in the forward dynamics approach, muscle forces can be
estimated from recorded electromyography (EMG) in conjunction with a muscle model (e.g., Hill
or Huxley muscle model (Hayashibe & Guiraud, 2013)) or from a control law (Happee, de Bruijn,
Forbes, & van der Helm, 2017; Nikooyan, Veeger, Chadwick, Praagman, & van der Helm, 2011).
In this section, | focus on the existing inverse dynamics musculoskeletal models based on their
method of estimating muscle forces while neglecting irrelevant and less popular algorithms such
as the stochastic methods (Lin et al., 2012; Mirka & Marras, 1993).

2.1.1 Reduction Method

This is the simplest method in which some muscles are neglected while others are combined into
synergistic muscle groups. Due to the decrease in the number of unknowns (muscle forces), the
redundant system is resolved into a deterministic problem and muscle forces can be calculated
(Chaffin, 1969; Freivalds, Chaffin, Garg, & Lee, 1984; McGill & Norman, 1985; Schultz,
Andersson, Ortengren, Bjork, & Nordin, 1982). Spinal forces (compression and shear) are
subsequently obtained in the post-processing stage by utilizing force equilibrium equations.
Conceding numerous simplifying assumptions (e.g., using single joint models, neglecting or
grouping muscles, etc.) takes its toll, and therefore, this method does not offer acceptable accuracy

and robustness.



2.1.2 EMG-Driven Method

EMG-driven models use recorded EMG signals to drive the model while assuming that EMG
signals are related to forces in muscles (Granata & Marras, 1995; Jia, Kim, & Nussbaum, 2011;
van Dieén, Cholewicki, & Radebold, 2003). EMG-driven models are calibrated during maximal
(Cholewicki, McGill, & Norman, 1995; Granata & Marras, 1993; McGill, 1992) or sub-maximal
(Cholewicki, van Dieén, Lee, & Reeves, 2011; Dufour, Marras, & Knapik, 2013) exertions. This
approach, however, has several shortcomings: 1- EMG-force equation is an empirical relation, 2-
Calculated muscle forces do not necessarily satisfy equilibrium equations at various joints, 3-
EMG-driven models utilize single-joint models causing erroneous results (Arjmand, Shirazi-Adl,
& Parnianpour, 2007), 4- Recording EMG is limited to superficial muscles, time-consuming and
costly (requires equipment), and 5- EMG signals are susceptible to contamination (e.g., cross-talk,
power line noise). Nevertheless, EMG-driven models are considered biologic in accounting for

antagonistic coactivation as well as intra- and inter-subject variabilities.

2.1.3 Optimization Method

To determine muscle forces, optimization-driven models assume that the central nervous system
optimizes a cost function (or a combination of cost functions) (Arjmand & Shirazi-Adl, 2006c;
Crowninshield & Brand, 1981; Dul, Johnson, Shiavi, & Townsend, 1984). Muscle forces cannot
be determined arbitrarily, hence, the optimization problem is subjected to physiological and
physical constraints (Christophy, Senan, Lotz, & O’Reilly, 2012; De Zee, Hansen, Wong,
Rasmussen, & Simonsen, 2007; Ignasiak, Dendorfer, & Ferguson, 2016a; Khurelbaatar, Kim, &
Kim, 2015). Various cost functions such as linear (Kaufman, Au, Litchy, & Chao, 1991), double-
linear (Bean, Chaffin, & Schultz, 1988) and quadratic or cubic sum of muscle stresses (Bruno,
Bouxsein, & Anderson, 2015) have been proposed, but in general, nonlinear cost functions provide
more realistic results (Arjmand & Shirazi-Adl, 2006c; Bottasso, Prilutsky, Croce, Imberti, &
Sartirana, 2006; Tsirakos, Baltzopoulos, & Bartlett, 1997). Unlike the EMG-driven method, the
optimization method fully satisfies equilibrium equations and does not require EMG recording
setup. Nevertheless, the approach does not automatically account for inter- and intra-subject
variabilities and cannot predict antagonist muscle co-activities reported during various activities
(El Ouaaid, Shirazi-Adl, Arjmand, & Plamondon, 2013a; Hughes & Chaffin, 1988; Raikova, 1999;



Stokes & Gardner-Morse, 2001). As a further shortcoming, the optimization method does not
ensure spinal stability (Brown & Potvin, 2005; Stokes & Gardner-Morse, 2001) unless the stability
criterion is considered as an additional constraint (Granata & Wilson, 2001; Hajihosseinali,
Arjmand, Shirazi-Adl, Farahmand, & Ghiasi, 2014). This shortcoming, however, is shared by other
methods as well. To circumvent the absence of antagonistic coactivity, some optimisation methods
have set minimum non-zero positive thresholds for muscle activity or coactivity moments
estimated based on recorded EMG data (EIl Ouaaid, Arjmand, Shirazi-Adl, & Parnianpour, 2009).

Among existing optimization-driven trunk models, kinematics-driven (KD) nonlinear finite
element (FE) musculoskeletal model of the trunk has demonstrated its validity and predictive
power in a broad range of applications from static (Arjmand & Shirazi-Adl, 2006a; El-Rich,
Shirazi-Adl, & Arjmand, 2004) to dynamic (Bazrgari, Shirazi-Adl, & Kasra, 2008; Shahvarpour,
Shirazi-Adl, Lariviére, & Bazrgari, 2015b) and stability analyses (Bazrgari & Shirazi-Adl, 2007;
El Quaaid et al., 2009; Shahvarpour, Shirazi-Adl, Lariviere, & Bazrgari, 2015a). It takes account
of nonlinear passive properties of both ligamentous spine and muscles, muscle wrapping (Arjmand,
Shirazi-Adl, & Bazrgari, 2006), all translational degrees of freedom (Ghezelbash, Arjmand, &
Shirazi-Adl, 2015; Meng et al., 2015), physiological partitioning of gravity, inertia and damping at
different segments and satisfaction of equilibrium conditions at all lumbar/thoracolumbar joints
and directions (Arjmand et al., 2007). Moreover, it considers the stiffening role of compressive
forces on passive responses of motion segments (Gardner-Morse & Stokes, 2004b; Shirazi-Adl,
2006). Above all, this approach is biologic in accounting as input data for measured trunk

kinematics in various tasks.

2.1.4 Hybrid Method

The combination of EMG and optimization approaches constitutes a hybrid method which is
alternatively called EMGAO (EMG Assisted by Optimization). Similar to EMG-driven models,
this method initially uses EMG signals to estimate reference muscle forces; then, optimization is
used to alter reference muscle forces so that altered values satisfy equilibrium equations. Though
various cost functions have been proposed (Cholewicki & McGill, 1996; Mohammadi, Arjmand,
& Shirazi-Adl, 2015; Vigouroux, Quaine, Labarre-Vila, & Moutet, 2006), all cost functions aim to
make the least deviation from the reference values. Unlike the EMG-driven method, this approach



guarantees mechanical equilibrium, and unlike optimization-driven models, hybrid models predict
antagonist co-activities. Many shortcomings of EMG-driven methods, listed earlier, exist here as

well.

2.2 Model Scaling

Due to anthropometric differences between individuals, personalization or scaling schemes have
been introduced in some model studies. For instance, imaging techniques have been used to
reconstruct individual muscle geometries and bony structures (Gerus et al., 2013; Martelli, Kersh,
& Pandy, 2015; Valente, Pitto, Stagni, & Taddei, 2015). This approach, though accurate, is
however time-consuming, expensive and semi-automated. Alternatively, scaling factors (isotropic
or anisotropic) have been employed for adaptation of generic models (Damsgaard, Rasmussen,
Christensen, Surma, & de Zee, 2006; Delp et al., 2007; Rasmussen et al., 2005). Though being fast
and automated, the method is heuristic with simplifications that can cause errors (Scheys, Spaepen,
Suetens, & Jonkers, 2008). Using AnyBody Modelling System and the scaling technique, effect of
changes in body weight, BW, (50-120 kg) and body height, BH, (150-200 cm) on spinal loads was
investigated (Han, Rohlmann, Zander, & Taylor, 2013b). Although spinal loads altered nearly
linearly with changes in both BW and BH but the effect of the former on response was found to be
much greater than that of the latter. In this model study, linear scaling was used in the model
geometry and muscle cross-sectional areas. The corresponding effects of personalized factors on
spinal passive properties were not considered. Recently, an optimization-based scaling method for
dynamic tasks that require motion capture measurements have been proposed (Lund, Andersen, de
Zee, & Rasmussen, 2015). Hajihosseinali, Arjmand, and Shirazi-Adl (2015) developed an
automated anisotropic scaling method where the geometry (area and lever arm) of each muscle was
altered in accordance with available imaging data sets (Anderson, D'Agostino, Bruno, Manoharan,
& Bouxsein, 2012) while accounting for variations only in the subject’s BW. It is evident, hence,
that a comprehensive, automated and accurate image-based method has not yet been introduced to
personalize models. Moreover, existing scaling methods overlook expected crucial alterations in
spinal passive properties as well as moment arms of muscles and gravity load at different levels as

age, sex, BW and BH change.



Table 2.1. Comparing qualitative lifting tools

Parameter

3DSSPP HCBCF McGill, Norman,

and Cholewicki
(1996)

Arjmand et al.
(2012 and 2013)

AnyBody

Equilibrium at all spinal levels
Wrapping of muscles

Lumbar posture

Trunk rotation

Asymmetry in tasks

Segmental degrees of freedom
Comprehensive muscle architecture
Passive ligamentous contribution
Compression force calculation
Shear force calculation

Subject body weight

Subject body height

Subject age

Subject sex

Physiological-based personalization
Ease of use

*

*

*

*
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2.3 Lifting Analysis Tools

Due to complexities in trunk musculoskeletal models, ergonomists do not directly use
musculoskeletal models to estimate spinal loads and evaluate associated risks in various activities.
Ergonomists prefer instead other simple and available tools (e.g., interactive software, regression
equations). Though being popular among ergonomists, 3DSSPP (University of Michigan, Center
for Ergonomics) does not take account of muscle wrapping (Arjmand et al., 2006), translational
degrees of freedom at spinal joints and a comprehensive muscle architecture. Furthermore,

3DSSPP does not satisfy equilibrium equations at all spinal levels.

In comparison with 3DSSPP, AnyBody Modelling System (Damsgaard et al., 2006) and OpenSim
(Delp et al., 2007) are more advanced computer software. They benefit from a comprehensive
muscle architecture, a muscle wrapping algorithm and multi-joint passive spine. Nonetheless, these
programs neglect translational degrees of freedom at discs, fix center of rotation at each disc level,
and the nonlinear behavior of the ligamentous spine. For model scaling, they utilize heuristic
methods rather than physiological-based approaches (Rasmussen et al., 2005). Moreover, obtaining
reasonably accurate results with these programs needs a high level of expertise.

Regression equations are simple and practical alternatives for those models and programs. McGill
et al. (1996) proposed a third-order polynomial that calculates the L4-L5 compression in 3D tasks
based on net moments in 3 anatomical planes. The third-order polynomial was fitted into the results
of an EMGAO model including 90 muscle fascicles. As major shortcomings, the third-order
polynomial is limited to the L4-L5 compression, overlooks shear forces and other spinal loads
(Rajaee, Arjmand, Shirazi-Adl, Plamondon, & Schmidt, 2015), and dependent only on moments
as input and not the position and orientation of external loads (ElI Ouaaid, Shirazi-Adl, &
Plamondon, 2015). By using 3DSSPP (with all stated shortcomings) in 6000 lifting tasks,
Merryweather, Loertscher, and Bloswick (2008) proposed a gender-specific hand-calculation back
compressive force (HCBCF) model. The HCBCF model can predict the L5-S1 compression while
overlooking shear forces and spinal levels elsewhere. Using the results of the KD-FE model along
with the response surface method, Arjmand et al. (Arjmand, Plamondon, Shirazi-Adl, Lariviere, &
Parnianpour, 2011; Arjmand, Plamondon, Shirazi-Adl, Parnianpour, & Lariviere, 2012) proposed
predictive equations for the calculation of spinal loads (shear and compression) at the L4-L5 and

L5-S1 levels. The proposed equations, however, did not account for asymmetric postures although
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considering asymmetric loads. As a common and major shortcoming among existing regression

equations, effects of personal factor (i.e., BW, BH, age and sex) on spinal loads are neglected.

Results of web-based surveys showed that the National Institute of Occupational Safety and Health
(NIOSH) equation is one the most popular tools among Canadian certified ergonomists (Pascual
& Naqvi, 2008). The NIOSH lifting equation (NLE) provides ergonomists with a weight limit for
a lifting activity (Waters, Putz-Anderson, Garg, & Fine, 1993). To estimate the weight limit, the
NLE adjusts a 23 kg load by six factors (e.g., vertical travel distance of the lift, frequency of the
lift). Although Waters et al. (1993) claimed that the recommended weight limit does not increase
the risk of incurring back pain, Arjmand, Amini, Shirazi-Adl, Plamondon, and Parnianpour (2015)
showed that the recommended weight limit can generate spinal loads beyond the safe limit (i.e.,
3400 N in compression, recommended by NIOSH). Another available tool is Snook’s lifting table
(Snook & Ciriello, 1991). In contrast to existing biomechanical approaches and tools, Snook and
Ciriello (1991) used psychophysical methodology to propose the lifting table. Snook’s lifting table
recommends a weight limit and does not estimate spinal loads. Both NLE and Snook’s lifting table

conceded many simplifying assumptions and did not use solid biomechanical methodologies.

2.4 Obesity

Obesity rates have been tripled in the past four decades, and by affecting more than 1.9 billion
adults word-wide, it has reached a “global epidemic” proportion (WHO, 2016a). With the
prevalence of 27% in Quebec and 40% in US, these high rates continue to rise in US, UK and
Canada (Statistics Canada, 2019; Wang, McPherson, Marsh, Gortmaker, & Brown, 2011). Obesity
has been recognized as one of the risk factors for the disc degeneration (Liuke et al., 2005; Takatalo
et al., 2013), vertebral fracture (Paik et al., 2019) and back pain (Leboeuf-Yde, Kyvik, & Bruun,
1999; Shiri, Karppinen, Leino-Arjas, Solovieva, & Viikari-Juntura, 2009); nevertheless,
underlying pathomechanics of foregoing problems are still unknown. Existing measures of obesity
and adiposity (BMI and waist-to-hip ratio) overlook important individual differences among obese
people such as variations in the distribution of adipose tissue along the body; therefore,

individualized models should take into account such differences when investigating obesity.
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2.5 Motion Segment Simulation Techniques

As one of the integral and influential components of a trunk musculoskeletal model, passive
ligamentous spine should be simulated as accurately as possible especially under heavier tasks and
at larger motions. Detailed FE models can capture nonlinear and time-dependent responses of the
spine by using elastic, viscoelastic and poroelastic theories (Argoubi & Shirazi-Adl, 1996; Shirazi-
Adl, Ahmed, & Shrivastava, 1986; Walter et al., 2014), but using detailed FE models in
musculoskeletal models substantially increases the computational costs. Therefore, spherical joints
with linear (Bassani, Stucovitz, Qian, Briguglio, & Galbusera, 2017; Ignasiak et al., 2016a) and
nonlinear (Cholewicki & McGill, 1994, 1996) rotational springs or beams with linear (Stokes &
Gardner-Morse, 2001) and nonlinear (Arjmand & Shirazi-Adl, 2005; Arjmand et al., 2006) passive
properties are commonly used in musculoskeletal models. Although some studies have highlighted
the importance of considering translational degrees of freedom in joints (Ghezelbash et al., 2015;
Meng et al., 2015), and although many musculoskeletal models have employed either beams or
spherical joints to simulate the passive ligamentous spine, the accuracy and validity of such
simplified models in predicting spine kinematics, muscle forces and spinal loads have remained

unknown.

2.6 Objectives

The foregoing literature review demonstrates that among available lifting analysis tools, some are
very complicated to use while others have conceded multiple simplifications (Table 2.1) (Rajaee
et al., 2015). Despite the fact that anthropometric factors affect spinal loads, no existing tool
considers those factors by using a physiological-based method (Table 2.1). Consequently, no
qualitative, subject-specific and accurate tool yet exists to assist the ergonomists in the accurate
evaluation of injury risks during a lifting activity. Furthermore, although the prevalence of obesity
as well as obesity related back pain are on the rise, no study has yet explored the likely effects of
obesity and obesity shape on spine biomechanics. Additionally, musculoskeletal models commonly
use simplified models (linear/nonlinear spherical-joints/beams) to represent passive ligamentous
spine, but the performance of such elements to realistically replicate the kinematics and kinetics of

spine remains unknown. Detailed objectives of this dissertation are hence set as follows:
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Upgrade the existing KD-FE model of the trunk (Arjmand & Shirazi-Adl, 2006a;
Shahvarpour, Shirazi-Adl, & Lariviere, 2016) by refining the muscle architecture and
adding a new deformable thoracic level (T11-T12 disc).

e Scale (or personalize or individualize) the muscle anatomy (geometry and cross sectional
area) and passive joint properties of the upgraded KD-FE model in accordance with the
subject’s BW, BH, sex and age.

e Validate this novel personalized KD-FE model by comparing its estimated muscle activities
and intradiscal pressures (IDPs) with measured EMG signals and IDPs at various
symmetric and asymmetric activities as well as maximum voluntary exertions.

e Carry out a comprehensive sensitivity analysis on independent input variables (BW, BH,
sex and age) when estimating trunk muscle forces and spinal forces (as output variables) to
identify the crucial independent variables.

e Explore likely effects of obesity and obesity shapes (i.e., different distribution of adipose
tissue) on spinal loads, the risk of vertebral fracture and spinal stability.

e Investigate the relative performance of simplified models (i.e., spherical joints and shear
deformable beams), the effects of using linearized passive properties (instead of the more
accurate nonlinear properties), and the role of positioning of simplified models when
predicting trunk kinematics and kinetics as well spinal loads and muscles forces.

e Analyse various symmetric/asymmetric lifts toward the development of appropriate user-

friendly regression equations that estimate spinal loads for various anthropometry

parameters, posture and weight magnitude/position.

2.7 Structure of the Dissertation

The structure of the dissertation is illustrated in Figure 2.1.
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*A literature review was performed, and objectives of the study were defined.

«Existing KD-FE model was upgraded by refining muscle architecture, adding a new
deformable disc (T11-T12) and introducing a scaling algorithm.

+Sensitivity analysis on the upgraded subject-specific musculoskeletal model was performed to
evaluate effects of model inputs (sex, age, BH and BW) on spinal loads.

«Effects of obesity and obesity shape (various distribution of adipose tissue along the body) on
spinal loads and stability were explored by using the individualized model.

+Validity and accuracy of using simplified elements (beams and spherical joints) and effects of
their positioning on passive spine kinematics, muscles forces and spinal loads were
investigated.

*MVE tasks in different directions were simulated to compare estimated muscle activities with
reported EMGs and to estimate maximum muscle stresses in different trunk muscles.

*Subject-specific regression equations were developed to estimate spinal loads in various
symmetric and asymmetric tasks. Predicted muscle activities and IDPs were compared with
available measurements.

*General discussion of all studies

«Final conclusion and future directions

Figure 2.1 Structure of the dissertation
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CHAPTER 3 ARTICLE 1: SUBJECT-SPECIFIC BIOMECHANICS OF
TRUNK: MUSCULOSKELETAL SCALING, INTERNAL LOADS AND
INTRADISCAL PRESSURE ESTIMATION

Authors: F. Ghezelbash, A. Shirazi-Adl, N. Arjmand, Z. EI-Ouaaid, and A. Plamondon

Published in Biomechanics and Modeling in Mechanobiology 15.6 (2016): 1699-1712

3.1 Introduction

The role of biomechanical factors in low back pain (da Costa & Vieira, 2010; Ferguson & Marras,
1997; Heneweer, Staes, Aufdemkampe, van Rijn, & Vanhees, 2011) and disc degeneration (Adams
& Roughley, 2006) has long been realized. Due to the invasive nature of in vivo attempts to estimate
spinal loads via intradiscal pressure sensors (Nachemson, 1960; Sato et al., 1999; Schultz,
Andersson, Ortengren, Haderspeck, & Nachemson, 1982; Wilke et al., 1999) and instrumented
vertebral implants (Dreischarf et al.,, 2015a; Rohlmann et al., 2013b), musculoskeletal
biomechanical models have emerged as essential, robust and accurate alternative and

complementary tools (Reeves & Cholewicki, 2003).

In comparison to the existing optimization-driven (Christophy et al., 2012; De Zee et al., 2007;
Khurelbaatar et al., 2015), EMG-driven (Granata & Marras, 1995; Jia et al., 2011; van Dieén et al.,
2003) and hybrid (Cholewicki & McGill, 1996; Gagnon, Arjmand, Plamondon, Shirazi-Adl, &
Lariviére, 2011; Mohammadi et al., 2015) trunk models, our kinematics-driven (KD) nonlinear
finite element (FE) musculoskeletal model of the trunk has demonstrated its validity and predictive
power in a broad range of applications from static (Arjmand & Shirazi-Adl, 2006a; El-Rich et al.,
2004) to dynamic (Bazrgari et al., 2008; Shahvarpour et al., 2015b) and stability analyses (Bazrgari
& Shirazi-Adl, 2007; El Ouaaid et al., 2009; Shahvarpour et al., 2015a). It takes account of
nonlinear passive properties of both ligamentous spine and muscles, muscle wrapping (Arjmand et
al., 2006), all translational degrees of freedom (Ghezelbash et al., 2015; Meng et al., 2015),
physiological partitioning of gravity, inertia and damping at different segments and satisfaction of
equilibrium conditions at all lumbar/thoracolumbar joints and directions (Arjmand et al., 2007).
Moreover, it considers the stiffening role of compressive forces on passive responses of motion
segments (Gardner-Morse & Stokes, 2004b; Shirazi-Adl, 2006).
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Due to anthropometric differences between individuals, personalization or scaling schemes have
been introduced in some model studies. For instance, imaging techniques have been used to
reconstruct individual muscles geometry and bony structures (Gerus et al., 2013; Martelli et al.,
2015; Valente et al., 2015). This approach, though accurate, is however time-consuming, expensive
and semi-automated. Alternatively, scaling factors (isotropic or anisotropic) have been employed
for model adaptation (Damsgaard et al., 2006; Delp et al., 2007; Rasmussen et al., 2005). Though
being fast and automated, the method is heuristic with simplifications that can cause errors (Scheys
et al., 2008). Using AnyBody Modelling System and the scaling technique, effect of changes in
body weight, BW, (50-120 kg) and body height, BH, (150-200 cm) on spinal loads was investigated
(Han et al., 2013b). Although spinal loads altered nearly linearly with changes in both BW and BH
but the effect of the former on response was found to be much greater than that of the latter. In this
model study, linear scaling was used in the model geometry and muscle cross-sectional areas. The
corresponding effects of personal factors on spinal passive properties were not simulated. Recently,
an optimization-based scaling method for dynamic tasks that require motion capture measurements
have been proposed (Lund et al., 2015). Hajihosseinali et al. (2015) developed an automated
anisotropic scaling method where the geometry (area and lever arm) of each muscle was altered in
accordance with imaging data sets (Anderson et al., 2012) while accounting for variations only in
the subject’s BW. It is evident, hence, that a comprehensive, automated and accurate image-based
method has not yet been introduced to personalize models. Moreover, existing scaling methods
overlook expected crucial alterations in spinal passive properties as well as moment arms of

muscles and gravity load at different levels as age, sex, BW and BH change.

Moreover and due to the importance of validation of model predictions and existence of in vivo
data on the intradiscal pressure (IDP) during various activities (Nachemson, 1960; Sato et al., 1999;
Wilke et al., 2001), it is important to compare estimated spinal compression forces to the
corresponding IDP values measured in vivo. Shirazi-Adl and Drouin (1988) reported the effect of
the axial compression when combined with some flexion moment on IDP at the L2-L3 level while
Dreischarf, Rohlmann, Zhu, Schmidt, and Zander (2013) proposed a correction factor when
estimating IDP from the compression force and L4-L5 disc area. Despite earlier attempts and based

on results of a validated lumbar spine model under single and combined sagittal plane loading
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(Shirazi-Adl, 2006), it is crucial to develop a comprehensive nonlinear regression equation relating

the L4-L5 IDP not only to the compression force but the sagittal rotation as well.

The objectives of this study are, therefore, set to update and personalize, apply and validate the
existing iterative nonlinear KD-FE model as well as to develop a nonlinear regression equation for
compression force-sagittal rotation-IDP relation. For the former, following improvements are
made: 1- The muscle architecture is extended, 2- A new technique of modeling rectus sheath and
abdominal muscles is developed, 3- An additional deformable intervertebral disc (T11-T12) is
added, and 4- A generic method to personalize the model based on BW, BH, age and sex is
introduced. The presented method accounts for changes in both muscle geometries (length, area
and lever arm) and passive properties of joints. A nonlinear regression equation is subsequently
developed to estimate IDP as a function of the compression and the sagittal intersegmental angle.
Estimated compression and muscle forces are validated by comparison with available in vivo
measurements (Arjmand, Gagnon, Plamondon, Shirazi-Adl, & Lariviere, 2010; El Ouaaid, Shirazi-
Adl, Plamondon, & Lariviére, 2013b; Wilke et al., 2001).

3.2 Methods

3.2.1 Finite Element Model

A sagittally symmetric FE model of the spine (T1-S1), representing bony structures and soft tissues,
IS reconstructed in Abaqus (Simulia Inc., Providence, RI, USA). Original nodal coordinates are
used for the spinal geometry (Figure 3.1) (Kiefer, Shirazi-Adl, & Parnianpour, 1998; Shirazi-Adl,
El-Rich, Pop, & Parnianpour, 2005). Nonlinear passive responses of seven lower motion segments
(including vertebrae, discs, facets and ligaments) are modeled by Timoshenko beam elements with
quadratic displacement fields. In addition to T12-S1 motion segments with nonlinear passive
properties (moment-curvature and force-strain) at three physiological planes (Figure 3.2)
(Bazrgari, 2008; Shirazi-Adl, 1994a, 2006), the T11-T12 motion segment is also added with
passive properties based on those of the T12-L1 motion segment (Oxland, Lin, & Panjabi, 1992)
modulated according to their respective disc area and height using conventional beam theory.
Furthermore, bending properties of the T11-T12 motion segment are subsequently increased by
20% to account for the rib cage stiffness (Brasiliense et al., 2011; Watkins et al., 2005). Deformable
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beam elements are shifted 4 mm posteriorly to partially account for changes in the center of rotation
under loads (Shirazi-Adl et al., 1986). Vertebrae and remaining T1-T11 motion segments are
modeled by rigid elements. Trunk weight is distributed eccentrically and applied via rigid links to
corresponding vertebrae (Pearsall, 1994); additionally, weights of upper arms, lower arms and head

are applied at their centers of mass (De Leva, 1996).

3.2.2 Muscle Architecture and Wrapping

The existing muscle architecture (Arjmand & Shirazi-Adl, 2006b; El-Rich et al., 2004; Shirazi-Adl
etal., 2005) is revised for the current study. New global fascicles of the longissimus and iliocostalis
are added due to the addition of the T11-T12 motion segment (Stokes & Gardner-Morse, 1999).
Muscle architecture of the quadratus lumborum and multifidus is refined by the addition of local
and inter-segmental fascicles (Phillips, Mercer, & Bogduk, 2008; Stokes & Gardner-Morse, 1999).
The intersegmental spinalis muscle is also introduced (Delp, Suryanarayanan, Murray, Uhlir, &
Triolo, 2001; Gilroy et al., 2008). Furthermore, the geometry of abdominal muscles (rectus
abdominis, internal oblique and external oblique) is updated (Stokes & Gardner-Morse, 1999)
accounting for the geometry of the rib cage (Gayzik, Mao, Danelson, Slice, & Stitzel, 2008). The

new sagittally-symmetric muscle architecture includes 126 muscles (Figure 3.1).

Muscles as deformable bodies develop contact forces with surrounding tissues and change line of
action when wrap around vertebrae during trunk movements. This wrapping contact phenomenon
is simulated by an algorithm which accounts both for the curved paths of the global extensor

muscles as well as their contact forces (Arjmand et al., 2006).

3.2.3 Rectus Sheath

Some fascicles of the internal and external obliques are attached to the semilunar line (Brown,
Ward, Cook, & Lieber, 2011; McGill, 1996). According to the muscle architecture, the uppermost
fascicles of the external oblique and the lowermost fascicles of the internal oblique are inserted
into the rectus sheaths (see Figure 3.1). The rectus sheaths, modelled separately on the left and the
right side of RA, transfer tensile forces of muscle fascicles attached to them directly to the rib cage

and pelvic bone. Forces of corresponding fascicles (Fzo and F,,, Figure 3.1) are projected onto the

rectus sheaths (F,'S'O and F,"O, Figure 3.1) while remaining components (Fz, and F;5, Figure 3.1) on
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both sides of rectus abdominis partially cancel each other in symmetric lifts or are assumed in
general (symmetric and asymmetric lifts) to be counterbalanced by forces in transverse abdominal
muscle (neglected in the current model) and intra-abdominal pressure (I1AP). Besides, the upper
rectus sheaths can transfer tension only; the projected force of the internal oblique minus that of

the external oblique on the rectus sheath must be positive on each side pulling the rib cage

downward (F, — Fl, > 0).

3.2.4 Muscle Force Calculation

For each iteration, known measured segmental and pelvic rotations (or equivalently angular
velocities in dynamic simulations), w; where i € 7 := {T'11, ..., S1}, are iteratively prescribed into
the FE model and associated required moments are used as equality equilibrium equations when
estimating muscle forces (Eg. 3.1, see also the flowchart in Figure 3.3). Due to redundancy, an
optimization algorithm with the cost function of quadratic sum of muscle stresses is used (Arjmand

& Shirazi-Adl, 2006c) with equilibrium equations applied as equality constraints:
Y@l -0 xfl=m, Eq. 3.1
i

where j € 7, f{ is the force vector of a muscle fascicle which is attached to the j* vertebra. r{ and
0’ are position vectors of the corresponding muscle force and jt* vertebra, respectively. Also, m’
is the required moment at j* level evaluated iteratively by the nonlinear FE model. Besides, muscle
forces are constrained to be positive and greater than their passive forces (Davis, Kaufman, &
Lieber, 2003) and smaller than the sum of maximum active forces, 0.6 MPa x PCSA (physiological
cross sectional area) (Winter, 2009), plus the passive forces. In more demanding activities
simulated in this study such as tasks 3, 8 and 10-12 (Table 3.1), the maximum stress of 0.6 MPa

was increased to 1.0 MPa to avoid excessive constraint on some muscle forces.

For the subsequent iterations, the updated muscle forces are applied onto their vertebrae as
additional penalty forces and the analysis is repeated till convergence reached (no or < 1% changes

in muscle forces between two successive iterations).
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3.2.5 Simulated Tasks

The performance of the model is investigated in a number of tasks and estimated spinal loads and
muscle activities are compared with corresponding measured IDPs and EMG data when available.
IDPs in relaxed upright standing, flexed postures, asymmetric lifting and lateral bending are
compared with in vivo measurements (Wilke et al., 2001). Furthermore, measured EMG activities
(Arjmand et al., 2010; El QOuaaid et al., 2013b) are compared with estimated muscle activities
during forward flexion and maximum voluntary exertions (MVES) in flexion, extension and

twisting (see Table 3.1).

3.2.6 Prescribed Rotations

To initially establish the upright standing posture under gravity alone as the reference condition in
all tasks, prescribed rotations from the initial undeformed configuration are obtained from the
following optimization problem (Shirazi-Adl, Sadouk, Parnianpour, Pop, & EI-Rich, 2002):

min Z|mi(a)| Eq. 3.2
ieJ
where m is the required moment vector and Q := {w,| @ € 7}. The initial guess, Q,, is made
manually, and upper and lower bounds of the optimization problem are assumed to be +5° of Q.
The foregoing optimization problem is solved for each subject after the scaling (see the following
section for scaling). In task 8, the trunk is rotated 5° toward flexion in accordance with (Wilke et
al., 2001), and in task 3, the following rotations are prescribed onto the undeformed initial posture
(El-Rich & Shirazi-Adl, 2005) in accordance with (Wilke et al., 2001): -2.0° at T11, 4.0° at T12,
10.9%at L1, 15.8°% at L2, 14.5° at L3, 9.9° at L4 at, 4.9° at L5, and 4.9° at S1 where positive values

are extension.

In flexion (tasks 4-7 in Table 3.1), the lumbopelvic rhythm is taken from in vivo measurements
(Arjmand, Gagnon, Plamondon, Shirazi-Adl, & Lariviere, 2009; Arjmand et al., 2010). The total
T11-S1 rotation, is then partitioned among T11-L5 vertebrae with 6.0% for T11-T12, 10.9% for
T12-L1, 14.1% for L1-L2, 13.2% for L2-L3, 16.9% for L3-L4, 20.1% for L4-L5, and 18.7% for
L5-S1 (Arjmand et al., 2009, 2010; Gercek et al., 2008; Hajibozorgi & Arjmand, 2015).
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In lateral bending tasks (task 9 in Table 3.1), rotation proportions for the T11-T12 down to the L5-
S1 levels are set to be 8.3%, 2.8%, 9.4%, 18.3%, 22.8%, 25.6% and 12.8%, respectively (Gercek
et al., 2008; Rozumalski et al., 2008; Shirazi-Adl, 1994a). In accordance with (Paterson & Burn,
2012), the sacral lateral rotation varies linearly from 0° to 2° as the trunk lateral rotation reaches

20° of lateral bending.

For extension and flexion MVE tasks rotations of 9° and -13° at the T11 and 16° and 13° at the S1
(positive: extension) are considered, respectively. These rotations are subsequently partitioned
between the vertebrae (T11-S1) in accordance with aforementioned flexion rotation proportions. It
is to be noted that the earlier proposed rotations (EI Ouaaid et al., 2013b) were altered slightly when

simulating semi-seated posture in the current model.

3.2.7 Model Scaling

Model scaling (personalization) is required since subjects with different individual parameters, i.e.,
sex, age, BH and BW, participated in various experimental studies (Arjmand et al., 2009, 2010; El
Ouaaid et al., 2013b; Wilke et al., 2001). Biomechanical principles in conjunction with regression
equations, derived from medical imaging databases (Anderson et al., 2012; Shi et al., 2014), are
employed. Inputs of regression equations are the subject’s personal parameters (sex, age, BW and
BH). To find the reference personal parameters that best match with the reported regression
equations (Anderson et al., 2012), a least absolute deviation (LAD) problem is initially solved:

mgn Z(l iﬁMOdel _ iﬁReg(F)l _|_| imModel _ imReg(F)D ) qu 3.3
iEM

where F is the personal parameter vector, F = [sex, age, BH,BW]; M is the set containing all
muscle groups, M := {rectus abdominis, external oblique, ..., longissimus}. ‘AP and ‘ML
denote average anterior-posterior and medio-lateral distances of i®* muscle (i € M) from
vertebrae. Model and Reg superscripts represent distances calculated in the reference model from
the muscle architecture (Figure 3.1), and distances obtained from regression equations (Anderson
et al., 2012), respectively. Results of the optimization process is sensitive to the lower bound of

BH. Hence, 173 cm is assigned as the lower bound of BH because it is not rational that spine length
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to BH becomes larger than 0.27 (estimated based on Keller, Colloca, Harrison, Harrison, and Janik
(2005)).

Afterward, coordinates of the vertebrae, discs, head and arms alter proportionally with changes in
BH (e.9., (x,¥,2)spine ¢ BH/BHger, Where BHg,¢ is obtained from Eq. 3.3). For the muscle
architecture, z-coordinates (cranial-caudal) remain proportional to BH (e.9., Zgectus apdominis &
BH/BHRgef). TO adjust anterior-posterior and medio-lateral distances as well as PCSAs, the
regression equations (Anderson et al., 2012) are first normalized to their reference counterparts
(calculated from the reference personal parameters). Then, for the subject-specific model, the
average anterior-posterior distances from vertebrae normalized to the reference values (Figure 3.1)
are adapted according to the normalized regression equations. Similar process is performed for

medio-lateral distances and PCSAES.

Furthermore, we utilize the conventional beam theory to alter passive joint properties (compression
force-strain and moment-curvature relations). Three beam (or disc) parameters are used: 1- height,
2- area and 3- area moments. The disc height is assumed to be commensurate with BH (disc height
o« BH/BHg) (Han et al. 2013), and the disc area is changed in accordance with A/Ag,f, in which
A is the maximum cross sectional area of the rib cage in the transverse plane for a given set of
personal parameters (Shi et al., 2014); and A, is the maximum cross sectional area of the rib cage
in the transverse plane for the reference personal parameters (disc area o< A/Ag,r) (Shi etal., 2014).

Additionally, area moments are assumed to be proportional to the disc area squared (area moments

o (A/Ares)").

3.2.8 Intra-Abdominal Pressure

Intra-abdominal pressure (IAP) is simulated in MVE tasks with concurrent activity in abdominal
muscles. 1AP is modeled as a follower load normal to the diaphragm reaching 10 kPa and 25 kPa
(El Ouaaid et al., 2013b) while the diaphragm area is modified based on (Shi et al., 2014). The
resultant force is transmitted to the T11 via arigid link with an anterior lever arm of 5 cm (Arjmand
& Shirazi-Adl, 2006b).
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3.2.9 External Loads

In tasks 1-7 (Table 3.1), positions of upper arms, lower arms, head and the external load in hands
are based on measurements. For asymmetric lifting (task 8), the external load is taken at 34 cm
lateral and O cm anterior-posterior to the L5-S1 disc (Rajaee et al., 2015). A concentrated force
applied at the T8 (task 10) or T6 (task 11) simulates MVE in extension or flexion, respectively (El
QOuaaid et al., 2013). In the task 12 (Table 3.1), 78.3 Nm right axial torque with 21.1 right lateral
and 16.7 flexion coupled moments are simultaneously applied at the T9 (Arjmand, Shirazi-Adl, &
Parnianpour, 2008b; Ng, Parnianpour, Richardson, & Kippers, 2001; Ng, Richardson, Parnianpour,
& Kippers, 2002).

3.2.10IDP Estimation

A novel nonlinear regression equation for estimating IDP in the model is developed in this study.
Inputs of this model are the compressive force (applied by a wrapping element) and the
intersegmental rotation (under various sagittal moments) at the L4-L5 disc taken based on
unpublished results (4 compressions levels at 16 intersegmental rotations each) of a validated
lumbar spine FE model (Shirazi-Adl, 1994a, 1994b; Shirazi-Adl & Pamianpour, 1993). The
quadratic regression equation is developed relating model output (i.e., IDP) to its inputs being

compression force and sagittal rotation at the L4-L5 level.

3.2.11 Additional Constraints

A set of constraints is introduced for task 11 (see Table 3.1) to reduce excessively large required
flexion moments at lumbar levels (Bazrgari, Shirazi-Adl, & Parnianpour, 2009; El Ouaaid et al.,
2013b):

>y =R Eq. 3.4a

S e S o] g = . 340

where f7% and f712 denote muscle force vectors at the T11 and T12. t}:* and t}%2 are unit vectors

pointing toward anterior-posterior shear direction at the center of T11 and T12. FI'! and FI1?
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represent required shear forces at the T11 and T12 levels to diminish flexion moments at local
lumbar levels (Bazrgari et al., 2009); minimal values of FJ'! and FJ'2 are found iteratively. In
addition and based on recorded EMG at antagonist muscles (El Ouaaid et al., 2013), coactivation

of antagonist muscles at flexion and extension MVE tasks are generated via additional constraints:

a€eA

where A is the set including antagonist muscles attached to the T11, and m, is the assumed

antagonist moment generated antagonist muscles. It is to be noted that due to the symmetry in

flexion and extension MVE tasks, only sagittal component of Eq. 3.5 is considered in this study.

3.3 Results

3.3.1 IDP Regression Equation

Regression analysis using unpublished results of the detailed FE model of the lumbar spine

(Shirazi-Adl, 2006) for the L4-L5 motion segment yields the following quadratic equation:

IDP(P,0) = —1.556 X 1072 + 1.255P + 1.243 X 10726 + 3.988 x 1072P?

Eq. 3.6
—1.212 X 1072P6 + 1.669 x 107367,

where P (MPa) is the nominal pressure (compression/total disc cross sectional area) and 6 (°,
positive in flexion) is the intersegmental flexion rotation. The coefficient of determination, R?, and
root mean squared error (RMSE) of the regression equation are respectively 0.999 and 0.025 MPa
showing the goodness of fit. It is noteworthy that we derived the appropriate set of data (P, 8) from
(compression, 8) by considering the disc area of 1455 mm? (Shirazi-Adl, 1994a). Results of the
detailed FE model (Shirazi-Adl, 2006), Eqg. 3.6, Shirazi-Adl and Drouin (1988) under pure
compresion, and Dreischarf et al. (2013) show differences that grow with the applied compression

and segmental rotation (Figure 3.4). Hereafter, Eq. 3.6 is employed for IDP estimations.
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3.3.2 Upright Neutral Standing Posture

Solving the optimization of required moments (Eq. 3.2) to set the upright neutral standing posture
under gravity for 4 different personal parameters that are used in this study leads to sagittal rotations
(from the initial unloaded geometry) presented in Table 3.2 using the reference personal parameters
(Eq. 3.3) as sex = male, age = 41.8 year, BH = 173.0 cm, and BW = 75.1 kg.

3.3.3 Validation

For the simulated tasks, the correlation coefficient and RMSE between measured (Wilke et al.,
2001) and estimated IDPs (Figure 3.5) are 0.984 and 0.14 MPa, respectively, demonstrating
satisfactory IDP predictions both pattern-wise and magnitude-wise. In forward flexion (task 7),
estimated activities of global longissimus and iliocostalis muscles follow trends similar to the
measured EMG signals (Arjmand et al., 2010) (Figure 3.6a) and showing flexion relaxation
phenomenon. The substantial drop in active force components accompany reverse trends in passive
forces of these global extensor muscles as trunk flexion reaches its peak of 107° (Figure 3.6b). At
this full flexion, curved trajectory and large wrapping forces at different levels are computed in

both global extensor muscles (Figure 3.6c).

Good agreement is also found in MVE tasks in extension under 242 Nm (Figure 3.7a) and in flexion
under 151 Nm (Figure 3.7b) when comparing estimations of the model (personalized based on
averaged parameters of all 12 subjects) versus mean of recorded EMG in 12 male subjects (with
the average age, BW and BH of 25 years, 72.98 kg and 177.67 cm) for superficial back and
abdominal muscles (El Ouaaid et al., 2013b). Applied IAPs, antagonistic coactivation moments
(Eq. 3.5) and shear forces (Eq. 3.4) as well as correlation coefficients between estimated and
measured muscle activities for MVE tasks are listed in Table 3.3. Additionally and under the
reference upright posture, good agreements are noted in estimated muscle activities versus
measured ones (Ng et al., 2001) on right (Figure 3.8a) and left (Figure 3.8b) sides for MVE in

torsion.

3.3.4 Effects of Personal Parameters

The effect of changes in personalized parameters of subjects in earlier works (Arjmand et al., 2010;
El Ouaaid et al., 2013b; Ng et al., 2002; Wilke et al., 2001) that are simulated here in this study on
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compression and shear forces at the L4-L5 level is investigated (Figure 3.9) during forward flexion
(task 7). Despite relatively small differences especially in BW (68-73 kg range) and BH (1.75-1.80
m range), relatively large differences are computed at larger flexion angles reaching peak

differences of 21% in compression and 30% in shear.

3.4 Discussion

This study aimed to (1) markedly improve and personalize an existing trunk KD-FE
musculoskeletal model and (2) develop a nonlinear regression equation to estimate IDP at the L4-
L5 level as a function of its segmental compression force and sagittal rotation. The T11-T12
segment was added as a deformable body, the muscle architecture was updated with additional uni-
and bi-articular muscles and a new model for the rectus sheath, and finally a novel automated
scaling method was incorporated to personalize the entire model as subject sex, age, BW and BH
change. This scaling framework modifies muscles geometry (i.e., length, area and lever arms),
bony structures and passive joint properties. The personalized model was applied to a number of
tasks and satisfactory agreement was found between predicted spinal IDPs and muscle activities
with corresponding in vivo measurements (Arjmand et al., 2010; El Ouaaid et al., 2013b; Ng et al.,
2002; Wilke et al., 2001).

3.4.1 Limitations and Methodological Issues

Since the model is driven by kinematics at different T11-S1 levels, the accuracy of measurements
with motion capture camera systems and skin markers (due to the unavoidable inter skin-vertebrae
and inter marker-skin movements) and subsequent partitioning of relative trunk-pelvis rotations
among intervening T11-S1 levels remain of concern (Arjmand et al., 2010; Arjmand & Shirazi-
Adl, 2006a; El-Rich et al., 2004). To be consistent with our pervious publications, we assumed
maximum muscle stresses were 0.6 MPa despite using 1.0 MPa for demanding tasks. Stiffening
the bending properties of the T11-T12 motion segment by 20% was assumed based on cadaver
studies on the whole (Watkins et al., 2005) and upper (Brasiliense et al., 2011) thoracic spine as
well as the consideration of a floating rib at this level. While IAP was simulated with a normal load
to the diaphragm, the detailed mechanism relating the generated pressure to activity in surrounding

abdominal muscles was not considered (Arjmand & Shirazi-Adl, 2006b). Likely effects of inter-
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subject changes in initial spinal alignment and lordosis on results were neglected. Despite other
imaging studies that report personalized moment arms and PCSAs (Chaffin, Redfern, Erig, &
Goldstein, 1990; Jorgensen, Marras, Granata, & Wiand, 2001; Seo, Lee, & Kusaka, 2003; Wood,
Pearsall, Ross, & Reid, 1996), we used here the data sets of Anderson et al. (2012) as they are
comprehensive (100 females and males), not limited to the lumbar region and provide required
regression equations accounting for sex, age, BH and BW; nevertheless, the R? value is low for
some of the reported regression equations. Utilizing the conventional beam theory as the scaling
rule for passive joint properties, though plausible, involves some approximations. It is to be noted
that a detailed FE model of the spine can address this scaling issue, nonetheless, the computational
burden would be significant. In personalization of the model, disc heights were assumed to change
proportionally to the BH. Although no study has yet investigated the correlation between BH and
disc heights, experimental (Dimitriadis et al., 2011) and modeling (Han et al., 2013b) studies
indirectly support our relation. Despite studies suggesting the effect of obesity (that can be
interpreted as BW) (Lidar et al., 2012; Urquhart et al., 2014) and aging (Videman, Battié, Gibbons,
& Gill, 2014) on disc heights, we did not adjust disc heights as BW and age vary. For BW, however
and due to associated increase in compression on discs, disc heights reduce more in heavier
subjects. In older subjects, aging causes disc height loss (Videman et al., 2014) which should yield
lower BH. Since we adjust disc heights with BH, the model accounts though indirectly for aging
effects on disc heights. Disc areas were assumed to vary proportional to the area of the rib cage
since no study has quantified the effects of changes in BH and BW on disc areas. Furthermore, in
the development of the IDP regression equations, although the compression was normalized to the
disc total cross-sectional area but this latter was constant in corresponding analyses. The disc total
area and individual nucleus and annulus areas could play a role. Finally future sensitivity analyses
should shed light on the relative effect of changes in various individual parameters on model

predictions.

3.4.2 Data Analysis and Interpretation

Comparing estimated IDPs of a musculoskeletal model with measurements is frequently used for
validation (Bruno et al., 2015; Han, Zander, Taylor, & Rohlmann, 2012; Mohammadi et al., 2015;
Rajaee et al., 2015; Senteler, Weisse, Rothenfluh, & Snedeker, 2015). Although some studies
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(Dreischarf et al., 2013; Shirazi-Adl & Drouin, 1988) provided a tool for such estimations, none
explicitly incorporated the effect of intersegmental rotations, 6. Due to this simplification, those
relations predict identical IDP for different values of 8 (Figure 3.4). For instance, under pure
moment with no axial force, no IDP is hence estimated in direct contrast to measurements and
predictions. Furthermore, the effect of 8 on the IDP is found to depend on the compression force
as it diminishes at larger axial forces (Figure 3.4). Consequently, the intersegmental angle may be
neglected with little loss of accuracy only at much larger compression forces. It is noteworthy that
Shirazi-Adl and Drouin (1988) carried out simulations only on an L2-L3 motion segment. The FE
model of (Shirazi-Adl, 2006) has smaller disc area (1455 mm?) but larger nucleus area (653 mm?)

in comparison with those of (Dreischarf et al., 2013) (1480 mm? and 624 mm?).

Validation of model predictions were performed under numerous tasks for which either IDP was
available or surface EMG were collected in earlier studies. In addition, the considerations of
forward flexion postures on the one hand and MVE tasks on the other were deliberately made to
investigate the relative accuracy of both passive and active components in the model under diverse
sets of large loads and movements. Results overall demonstrated satisfactory agreements in
estimated IDP and hence associated muscle forces and spinal compression, flexion relaxation under
large forward flexion angles, maximum strength in different planes, wrapping of global extensor
muscles and activities of antagonist muscles. Some differences can be due to technical EMG issues
such as electrode placement and crosstalk (Soderberg & Knutson, 2000; Tirker, 1993) or the model

limitations.

Detailed finite element studies of spinal motion segments (Meijer, Homminga, Veldhuizen, &
Verkerke, 2011; Natarajan & Andersson, 1999; Niemeyer, Wilke, & Schmidt, 2012) and
intervertebral discs (Cappetti, Naddeo, Naddeo, & Solitro, 2015) have demonstrated the substantial
role of disc height and area in joint passive responses. Hence, to scale passive properties, we
employed here the conventional beam theory that also yields results in general agreement with
those based on the parametric FE model studies of the L3-L4 motion segment (Natarajan &
Andersson, 1999). According to the proposed scaling scheme, variations in both disc height and
disc area affect passive segmental stiffness. As an example, in comparison with the reference

properties (Figure 3.2), angular and linear (axial) segmental stiffness values of a male subject with



29

BMI=25 kg/m? (the reference value) decreases by ~5% and 6% at shorter BH=160 cm but increases

by ~8% and 9% at taller BH=190 cm, respectively.

The developed scaling method employed regression equations reported in imaging studies
(Anderson et al., 2012; Shi et al., 2014) and biomechanical principles to modify the musculature
and passive joint properties in the subject-specific models. The regression equations can present
mean values for a cohort of subjects with the same sex, age, BW and BH. With these regression
equations employed in our scaling, a cohort-specific trunk model is therefore generated in this
work. In this study and for meaningful comparisons, we personalized the model for each simulation
in accordance with the reported personal parameters of in vivo studies. Finally as a preliminary
study to investigate the effect of changes in age, sex, BW and BH on results, forward flexion of 4
different subjects were considered (Figure 3.9). Despite relatively small changes in these
parameters (i.e., 68-73 kg for BW, 1.74-1.80 cm for BH and 25-52 years for age), relatively large
differences in spinal forces were estimated especially at larger trunk flexion angles. Maximum
increases of 21% (410 N) in compression and 30% (72 N) in shear forces were found when the
subject BH and BW increased only slightly from 1.75 m and 68 kg respectively to 1.80 m and 73
kg revealing the importance of the scaling. Utilizing a scaling algorithm along with the
musculoskeletal modeling is therefore recommended in order to estimate more accurate results for
individuals in a general population. Future studies will consider additional cases covering a
comprehensive population with focus on the relative effect of greater changes in age, BW or BH

when considered alone or combined.

In summary, we have presented a comprehensive personalized musculoskeletal trunk model and a
novel regression equation relating IDP to normalized compression and sagittal rotation at the L4-
L5 level. The model is an updated version of an existing one by adding a flexible level (T11-T12),
extending muscle architecture and introducing the scaling concept. The described scaling
framework modified muscles geometry and bony structures. Instead of personalizing solely
geometric features, the scaling scheme altered passive joint properties as well for the first time.
Moreover, by employing a detail FE model of the lumbar spine, we proposed a regression equation
to estimate IDP at the L4-L5 disc as a function of the compression and the intersegmental angle.
Predicted results were found in satisfactory agreement with reported IDP and surface EMG data

under a number of tasks. Due to marked effects of personal parameters (e.g., stature, body weight)
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on results of musculoskeletal models, future model studies should incorporate comprehensive

scaling techniques for more accurate estimation of spinal forces and muscle activity.
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Table 3.1 Description of all simulated tasks

No. Description
1 | Standing relaxed posture with no load in hands
2 | Standing posture while holding a 19.8 kg close to the body (Arjmand et al., 2011,
Wilke et al., 2001)
3 | Standing posture while holding a 19.8 kg away from the body (Arjmand et al., 2011,
Wilke et al., 2001)
4 | Trunk flexion at 50° with no load in hands (Arjmand et al., 2011; Wilke et al., 2001)
5 | Full trunk flexion (107.3°) with no load in hands (Arjmand et al., 2011; Wilke et al.,
2001)
6 | Trunk flexion at 70° with 19.8 kg load in hands (Arjmand et al., 2011; Wilke et al.,
2001)
7 | Forward flexion from the upright posture at 10° intervals (Arjmand et al., 2009, 2010)
8 | One-handed asymmetric lifting of 19.8 kg load (Rajaee et al., 2015)
9 | Trunk lateral bendings at 10° and 20° with no load in hands (Wilke et al., 2001)
10 | Maximum voluntary exertion (MVE) in extension under 242 Nm” extension moment
(El Quaaid et al., 2013b)
11 | Maximum voluntary exertion (MVE) in flexion under 151 Nm" flexion moment (El
Ouaaid et al., 2013b)
12 | Maximum voluntary exertion (MVE) in torsion under 78.3 Nm right axial torque

with 21.1 right lateral and 16.7 flexion moments (Arjmand et al., 2008b)

* Mean measured moments of 12 subjects (El Ouaaid et al., 2013b).
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Table 3.2 Computed rotations (from undeformed geometry to construct the spinal configuration

under gravity in the upright standing, positive values: extension) from the optimization of

moments (Eq. 3.3) for 4 different personal parameters used in this study.

_ o Sex Male Male Male Male
g *é Age 30 25 45 52
23 BH 180 178 174 175
ag BW 73 73 72 68
Tl 752 769  -7.68  -7.65
T2 471  -470  -479  -4.80
> L1 093 080  -1.09  -1.16
2 L2 255 229 249 242
= L3 501 512 521 510
5 L4 677 680 678  6.90
L5 804 800 809 822
s1 959 1004 965  9.70

Table 3.3 Considered IAPs and antagonistic coactivation moments as well as computed

correlation coefficients between mean of estimated muscle activities (Figure 3.7) and measured
EMG (for 12 subjects (El Ouaaid et al., 2013b)) and applied shear forces (Eq. 3.4) in MVE tasks.

Extension MVE

Task | ] 1] v Vv
IAP (kPa) 0 0 0 10 10
Co-Activation Moment (Nm) 0 10 20 10 20
Correlation Coefficient 0.99 0.98 0.96 0.98 0.97

Flexion MVE

Task | ] 1] v Vv
IAP (kPa) 0 0 0 25 25
Co-Activation Moment (Nm) 0 15 30 15 30
Correlation Coefficient 0.86 0.85 0.87 0.81 0.79
FSY/ESY? (N) 641/486 688/NA" 657/NA  288/NA  356/NA

* Not applied
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Figure 3.1 A schematic depiction of the (a) finite element model, (b) muscle architecture in the
sagittal plane, (c) muscle architecture in the frontal plane, (d) rectus sheath anatomy in the
sagittal plane, and (e) rectus sheath load interaction in the sagittal plane. ICPL: Iliocostalis Pars
Lumborum; ICPT: Iliocostalis Pars Thoracic; IP: lliopsoas; LGPL: Longissimus Pars Lumborum;
LGPT: Longissimus Pars Thoracic; MF: Multifidus; QL: Quadratus Lumborum; 10: Internal
Oblique; EO: External Oblique; RA: Rectus Abdominis; Fg,: force in the EO upper most
fascicle; Fgo: the projection of Fy, onto the rectus sheath; FZ,: the projection of Fg, onto the
direction normal to the rectus sheath; F,,: force in the 10 upper most fascicle; F,"O: the projection
of F,, onto the rectus sheath; F;5: the projection of F,, onto the direction normal to the rectus
sheath.
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Figure 3.2 Passive property curves in (a) axial force (Shirazi-Adl 2006), (b) flexion moment
(Shirazi-Adl 2006), (c) lateral moment (Shirazi-Adl 1994a), and (d) torsion (Shirazi-Adl 2006)
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Figure 3.3 The flowchart of the kinematics-driven, nonlinear FE musculoskeletal model
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Figure 3.4 Estimated intradiscal pressures (IDPs) at the L4-L5 from the detailed FE model
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(Shirazi-Adl, 2006), regression equation (Eq. 3.6), proposed relation of (Dreischarf et al., 2013)

(IDP=P/0.77), and proposed curve of (Shirazi-Adl & Drouin, 1988) (at the L2-L3) under pure

axial force with the following color code: blue (bottom): P = 0 MPa; red: P = 0.62 MPa; grey: P =

1.24 MPa; black (top): P = 1.86 MPa, where P is the nominal pressure (compression/disc area)

with the disc area of 1455 mm?Z.
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(4]

(4]
Flexion 70 with

107
19.8kg Load
Lateral Bending
10°
Lateral Bending
20

Asymmetric Lift

2001) versus calculated IDPs of the

model at the L4-L5 level; the model is personalized here to match the personal parameters of the

subject participated in the in vivo study of Wilke et al. (2001): sex=male, age=45 years, BW=72

kg and BH=173.9 cm.



38

—o— LGPT-Left & Right (Model) ——LGPT (Total) ——ICPT (Total)
—0— ICPT—LE_I'I & Right (Model) — - —=LGPT (Passive) — - —ICPT (Passive)
LGPT-Right (EMG) — — LGPT (Active) — — ICPT (Active)

—— ICPT-Right (EMG)
30 1 — — LGPT-Left (EMG) 200
| — — ICPT-Left (EMG)

160

120

Force (N)

80

Activity (%)

0 20 40 60 80 100 0 20 40 60 80 100

(c) -0~ Vertebral Column —ICPT —LGPT

Figure 3.6 (a) Comparison between estimated activities (i.e., force divided by 0.6 MPa times
PCSA) of right and left longissimus pars thoracic (LGPT) and iliocostalis pars thoracic (ICPT)
muscles with normalized measured EMG signals (Arjmand et al. 2010); (b) computed passive,
active and total forces of ICPT and LGPT for each side during forward flexion; (c) muscle
wrapping for LGPT and ICPT at full-flexion with generated contact forces. Model parameters
fitting the subject in measurements: sex=male, age=52 years, BW=68.4 kg and BH=174.5 cm.
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Figure 3.7 Calculated muscle activities at MVE tasks (a) under 242 Nm extension moment
(average of 12 subjects) for different values of intra-abdominal pressure (IAP) (0 and 10 kPa) and
antagonist moment (0, 10 and 20 Nm), Table 3, and (b) under 151 Nm flexion moment (average
of 12 subjects) for different values of IAP (0 and 25 kPa) and antagonist moment (0, 15 and 30
Nm), Table 3, versus normalized EMG (El Ouaaid et al. 2013). Model parameters fitting mean of
subjects: sex=male, age=25 years, BW=72.98 kg and BH=177.67 cm
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Figure 3.8 Estimated muscle activities for the MVE task in torsion at upright standing versus
measured EMG signals on (a) left and (b) right sides under 78.3 Nm right axial torque along with
21.1 Nm right lateral moment and 16.7 Nm flexion moment (Ng et al. 2001). Fascicles with the
maximum activity are shown for abdominal muscles. Model parameters used: sex=male, age=30
years, BW=73.00 kg and BH=179.90 cm.
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Figure 3.9 Predicted local (a) compression and (b) shear forces at the L4-L5 disc for 4 different
personal parameters used in this study.
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CHAPTER 4 ARTICLE 2: EFFECTS OF SEX, AGE, BODY HEIGHT
AND BODY WEIGHT ON SPINAL LOADS: SENSITIVITY ANALYSES
IN A SUBJECT-SPECIFIC TRUNK MUSCULOSKELETAL MODEL

Authors: F. Ghezelbash, A. Shirazi-Adl, N. Arjmand, Z. El-Ouaaid, A. Plamondon, and J.R.
Meakin

Published in Journal of Biomechanics 49.14 (2016): 3492-3501

4.1 Introduction

Back pain is a prevalent health issue worldwide (Hoy et al., 2014; Hoy et al., 2010b) with
significant social and economic burdens on individuals and society (Deyo, Cherkin, Conrad, &
Volinn, 1991; Katz, 2006; Rapoport, Jacobs, Bell, & Klarenbach, 2004). Ageing (Hoy et al., 2012),
obesity (Deyo & Bass, 1989) and body height (BH) (Leclerc, Tubach, Landre, & Ozguler, 2003)
are recognized as risk factors. Ageing, for instance, increases the prevalence of back pain and alters
its etiology (DePalma, Ketchum, & Saullo, 2011; Hoy et al., 2012; Hoy, Brooks, Blyth, &
Buchbinder, 2010a). While back pain in younger individuals has often discogenic origins, it is in
older individuals mainly from facets and sacroiliac joint (DePalmaetal., 2011; DePalma, Ketchum,
& Saullo, 2012; Dionne, Dunn, & Croft, 2006). As a rising global health problem (Flegal, Carroll,
Kit, & Ogden, 2012; Wang et al., 2011), obesity has also been associated with back pain (Deyo &
Bass, 1989; Heuch, Hagen, Heuch, Nygaard, & Zwart, 2010; Koyanagi et al., 2015; Leboeuf-Yde
et al., 1999; Shiri et al., 2009; Shiri, Lallukka, Karppinen, & Viikari-Juntura, 2014; Smuck et al.,
2014; Webb et al., 2003). These studies define obesity based on body mass index (BMI) whereas
waist to hip ratio (Han, Schouten, Lean, & Seidell, 1997a; Yip, Ho, & Chan, 2001), waist
circumference (Lean, Han, & Seidell, 1998a; Shiri et al., 2013; Taanila et al., 2012) and body
weight (BW) (Croft & Rigby, 1994; Heuch, Heuch, Hagen, & Zwart, 2015b) have also been used.
As a risk factor, greater BH can also cause back pain in females (Heuch, Heuch, Hagen, & Zwart,
2015a; Yip et al., 2001), males (Walsh, Cruddas, & Coggon, 1991) or both (Hershkovich et al.,
2013). Though some studies question the likely role of BH (Han et al., 1997a), others suggest that
taller stature could predispose individuals to back pain (Coeuret-Pellicer, Descatha, Leclerc, &

Zins, 2010). Correlation between gender and back pain has been reported (DePalma et al., 2012;
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Schneider, Randoll, & Buchner, 2006). Though personalized factors have been indicated in back

pain, underlying mechanisms remain yet unknown.

The above factors likely alter spinal loads. To estimate loads on spine, in vivo studies, though
valuable, are costly, limited and invasive (Dreischarf et al., 2015a; Rohlmann et al., 2013b; Sato et
al., 1999). Musculoskeletal models have emerged as robust and relatively accurate alternatives.
Hajihosseinali et al. (2015) applied an image-based anisotropic scaling method to modify
musculature morphology in a musculoskeletal trunk model while investigating the effects of
changes in BW on spinal loads. They reported that BW substantially influences spinal loads
particularly at flexed postures. Using a linear and isotropic scaling scheme in AnyBody Modelling
System (Damsgaard et al., 2006), Han et al. (2013b) found that the spinal shear and compression
forces change linearly with BH and BW though the effect of BW is more pronounced. To
investigated age-related hyperkyphosis by a static model of the spine, Bruno, Anderson,
D'Agostino, and Bouxsein (2012) considered three spinal configurations (hyperkyphosis alone,
with pelvic tilt or with increased lordosis) and reported that changes in both kyphosis and spinal
posture affect spinal loads. Nevertheless, to-date no study has comprehensively investigated the

likely effects of all subject-specific parameters of age, sex, BH and BW on spinal loads.

Computing spinal forces by multi-joint trunk musculoskeletal models, especially when BW
changes, requires an accurate segmental weight distribution along the spine (T1 to L5). Pearsall et
al. (Pearsall, 1994; Pearsall, Reid, & Livingston, 1996) evaluated this distribution in lean
individuals using CT imaging. For overweight and obese individuals, however, available studies
have estimated only the total trunk mass center by MR images (Matrangola, Madigan, Nussbaum,
Ross, & Davy, 2008), X-ray absorptiometry scans (Chambers, Sukits, McCrory, & Cham, 2010)
and 3D body scans (Pryce & Kriellaars, 2014). Consequently, the required segmental weight

distribution in overweight and obese individuals has not yet been estimated.

We aim to comprehensively investigate the effects of alterations in age, sex, BH and BW on spinal
loads. To adequately account for the overweight and obese individuals, we initially develop a novel
technique to estimate segmental weight distribution along the trunk (T1 to L5) as BW alters.
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Moreover, using an updated validated nonlinear finite element (FE) subject-specific trunk
musculoskeletal model (Ghezelbash, Shirazi-Adl, Arjmand, El-Ouaaid, & Plamondon, 2016b)
(Chapter 3) in conjunction with personalized spinal kinematics (with respect to age and sex) (Pries,
Dreischarf, Bashkuev, Putzier, & Schmidt, 2015), we evaluate spinal loads and sensitivities therein
as individual parameters alter in a full factorial simulation (90 cases) taking 4 independent factors
(age, sex, BH and BW) in five sagittally symmetric tasks. In accordance with earlier studies, we

hypothesize that spinal loads are much more sensitive to variations in BW than in sex, BH and age.

4.2 Methods

4.2.1 Musculoskeletal Model of Trunk

The development and validation of a nonlinear FE, subject-specific, musculoskeletal model of the
trunk for symmetric-asymmetric tasks are reported elsewhere (Ghezelbash et al., 2016b) (Chapter
3). The model includes a comprehensive sagittally-symmetric muscle architecture (126 muscle
fascicles) and spinal motion segments (T11-T12 to L5-S1) that are simulated as shear-deformable
beam elements with nonlinear properties (Shahvarpour et al., 2016; Shirazi-Adl, 2006). To estimate
muscle forces, the musculoskeletal trunk model is driven by measured kinematics while
minimizing sum of squared muscle stresses (Arjmand et al., 2010; Arjmand & Shirazi-Adl, 2006a).
Moreover, to adjust the model in accordance with subject’s personal parameters (age, sex, BH and
BW), we use a physiological-based scaling method that modifies both muscle architecture
(geometry and area of muscles) and passive joint properties in accordance with imaging studies
(Anderson et al., 2012; Shi et al., 2014) and biomechanical principles (Ghezelbash et al., 2016b)
(Chapter 3).

4.2.2 Body Weight Distribution

For BMI<25 kg/m?, upper trunk BW (head, arms and trunk) is distributed based on the literature
(De Leva, 1996; Pearsall, 1994) and similar to our earlier works (Arjmand et al., 2010; El Ouaaid
et al., 2015; Shahvarpour et al., 2015a). However, for BMI>25 kg/m?, a new approach described
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below, is developed since the existing data, collected on lean individuals, cannot accurately be

extended to obese and overweight ones.

4.2.2.1 3D Reconstruction from 2D Images

3D body shapes of subjects are initially reconstructed (e.g., by spline curves) using available 2D
image datasets of thousands of human laser scans (BMI Visualizer, Perceiving Systems
Department, Max Planck Institute for Intelligent Systems, Germany) in the sagittal and frontal
planes (Allison, Thomas, & Zhang, 2013). BW of each reconstructed 3D body is then estimated

and calibrated based on a reported regression equation (Velardo & Dugelay, 2010).

4.2.2.2 Placement of the Vertebral Column

We employ a standing MR image of a male subject (BMI=26 kg/m?) produced from data acquired
in a previous study (Meakin, Smith, Gilbert, & Aspden, 2008b) including images of the lumbar
and thoracic spines to position the spinal column within foregoing body images by fitting the
boundaries of the MR and body scan images. With feet and head fixed as landmarks (Figure 4.1),
it is assumed that the spine preserves its relative position to landmarks as BMI varies. To validate
the 3D reconstruction and this positioning algorithm of the spine within images, estimated
segmental masses and mass centers as well as the total trunk mass in lean subjects are subsequently

compared to those reported in supine based on CT images (Pearsall, 1994; Pearsall et al., 1996).

4.2.2.3 Calculation of Mass Centers for Obese and Overweight Subjects

For these subjects (BMI>25 kg/m?), BW is initially partitioned into two parts:

BW = BWy + BW,, Eq. 4.1

where BWy is the reference body weight assuming a BMI=25 kg/m? and BW, is the additional
body weight. While the reference body weight (BW%) is distributed in accordance with the
available data for lean subjects (De Leva, 1996; Pearsall, 1994), the additional body weight (BW,)

is assumed to be made of adipose tissue (yellow areas in Figure 4.1) with distribution based on
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reconstructed 3D shapes. This procedure is carried out at BMI=25, 30, 35 and 40 kg/m? at BH=173
cm and then scaled for other BHs. Segmental masses of adipose tissue are scaled proportional to
BW,, and the mass centers are adjusted proportional to BH. Additional masses of the head and
arms are estimated from the reconstructed 3D surface images with mass center locations reported
in the literature (De Leva, 1996). To evaluate the validity of foregoing partitioning approach, we
compared the estimated density of the additional material (yellow areas in Figure 4.1) with the
reported density of adipose tissue (919.6 kg/m® (Farvid, Ng, Chan, Barrett, & Watts, 2005)).

4.2.2.4 Sensitivity Analysis

The foregoing method of estimating weight along the spine represents general obese population.
Therefore, to investigate the likely effects of extreme weight distributions on spinal loads at
BMI=35 kg/m?, BH=173 cm and age=47.5 years, we replace segmental weights at lumbar levels
with those of either 30 kg/m? (less weight around the waist) or 40 kg/m? (more weight around the
waist) while keeping the BW constant by proportionally adjusting segmental weights in the upper

thorax region. Flexion at 20° and 50° are simulated with no load in hands.

4.2.3 Full Factorial Design

A full factorial simulation with 4 independent factors (2 sexes x 3 ages x 3 BHs x 5 BWs=90
cases, Table 4.1) is considered. All 90 cases are simulated under five sagittally symmetric tasks (in
total 450 simulations): 1- upright standing holding 5 kg in hands anteriorly, 2- and 3- trunk flexion
at 20° and 50° with no load in hands, 4- flexion at 20° with 10 kg in hands, and 5- flexion at 50°
with 5 kg in hands. In each analysis, initially the reference subject-specific upright standing posture
under gravity alone is sought from corresponding personalized undeformed (unloaded)
configuration by a moment optimization approach in which the sum of sagittal moments at the
T11-L5 levels is minimized under upper body gravity loads (Shirazi-Adl et al., 2002).
Subsequently, in each flexed posture, total thoracolumbar (T11-L5) and sacral (S1) rotations are
determined in accordance with reported measured lumbopelvic ratios that are personalized for sex

and age (Pries et al., 2015). Thoracolumbar (T11-S1) rotations in each task are partitioned between
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its motion segments; 6.0% at the T11-T12, 10.9% at the T12-L1, 14.1% at the L1-L2, 13.2% at the
L2-L3, 16.9% at the L3-L4, 20.1% at the L4-L5, and finally 18.7% at the L5-S1 (Gercek et al.,
2008; Ghezelbash et al., 2016b; Hajibozorgi & Arjmand, 2015).

4.2.3.1 Statistical Analysis

Main effect plots are utilized to investigate the effects of various factors and analyses of variance
(ANOVA) are carried out to determine relative importance of various factors (Dar, Meakin, &
Aspden, 2002; Meakin, Shrive, Frank, & Hart, 2003). Each response (shear and compression forces
at the L4-L5 and L5-S1 levels) are considered separately with interactions neglected (reduced order

model).

4.3 Results

4.3.1 Body Weight Distribution

For the reference case (BMI=25 kg/m?), the correlation coefficient (Pearson's r) and root-mean-
square error (RMSE) between the predicted (as described earlier in Methods) and reported
(Pearsall, 1994) locations of the segmental mass center at various spinal levels are 0.92 and 6.8
mm, respectively. The correlation coefficient and RMSE for segmental weights (from T1 to L5)
are 0.83 and 3.2 N, respectively. Besides, the absolute relative error between the predicted and
reported (Pearsall, 1994) whole trunk mass is 9.0%. Low errors in combination with high
correlation coefficients indicate the relative accuracy in our body weight distributions and
positioning of the spine in each case within the reconstructed personalized body shape images.

In overweight and obese cases (BM1=30, 35 and 40 kg/m?), mass center locations of the additional
weights are found relatively close to each other (Figure 4.2a). Additional segmental weights vary
along the spine (Figure 4.2b). Absolute relative error of the predicted density of the adipose tissue
for different BHs (150-190 cm) and BMiIs (30-40 kg/m?) is 6.6 + 3.8% (meanz standard deviation).
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4.3.2 Spinal Loads

Changes in BW, sex and BH influence spinal loads. Increasing BW from 55 to 120 kg nearly
doubles compression forces at the L4-L5 and L5-S1 levels (Figure 4.3 and Figure 4.4). Based on
the results of all simulations and under identical parameters, females experience slightly larger
(~4.7% in compression and ~8.7% in shear) loads than males. With no load in hands, BW-
normalized spinal loads increase with BW (Figure 4.5). However, these trends reverse when a load
is added in hands (Figure 4.5). BH-normalized spinal loads drop linearly with BH for all loading
conditions (Figure 4.6), except for the largest BW at lower BH values. Loads in females are slightly
larger than their male counterparts. Also, sensitivity analyses on weight distribution of obese
individuals at BMI=35 kg/m?, BH=173 cm and age=47.5 years show relatively small differences

in spinal loads (peaks of 7.5% in shear and 6.2% in compression).

4.3.3 Statistical Analysis

Main effect plots (for all analyses, Figure 4.7) reveal that the spinal loads at the L5-S1 increase
nearly proportionally with BW. For identical age, BW and BH, males have lower spinal loads than
females with larger differences in shear than in compression. BH and age, on the other hand, do
not noticeably affect spinal loads. Similar trends are obtained for spinal loads at the L4-L5 disc.
According to the analyses of variance (Table 4.2), BW (~98.9% for compression and 96.1% for
shear) is the main contributing factor while sex (~0.7% for compression and 2.1% for shear), BH

(~0.4% for compression and 1.5% for shear) and age (<5.4%) have much less effects.

4.4 Discussion

In this study, we investigated the sensitivity of spinal loads at the L4-L5 and L5-S1 levels to
changes in personalized factors (age, sex, BW and BH) under 5 different sagittal-symmetric loads.
Proper accounts of gravity distribution along the spine in obese subjects and of initial posture of
spine under gravity were made. In confirmation of our hypothesis, changes in BW (means of 98.9%
in compression and 96.1% in shear) influenced to a great extent the spinal loads whereas the role
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of sex (0.7% in compression and 2.1% in shear), BH (0.4% in compression and 1.5% in shear) and
age (<5.4%) (Table 4.2) were much smaller. In comparison to males, females (at identical age, BH
and BW) experienced greater spinal loads (~4.7% in compression and ~8.7% in shear).

4.4.1 Model Evaluation

4.41.1 Novelties

Segmental weight distribution for overweight and obese individuals was presented in this study for
the first time. It was also applied (utilizing a subject-specific model of the trunk with scaled muscle
geometry and passive joint properties along with personalized kinematics) to the investigation of
the effects of age, sex, BH and BW on spinal loads. The initial posture in upright standing under

gravity alone was also personalized for each subject.

4.4.1.2 Shortcomings

Apart from limited in vivo studies available for validation (Dreischarf, Shirazi-Adl, Arjmand,
Rohlmann, & Schmidt, 2016a) and the limitations (e.g., neglecting intra-abdominal pressure and
coactivity) noted elsewhere (Arjmand et al., 2006; EI-Rich et al., 2004; Ghezelbash et al., 2015;
Ghezelbash et al., 2016b) (Chapter 3), the model did not converge for taller, older, obese and female
individuals with load in hands (>5 kg) at large flexion angles (>70°) since in contrast to spinal
loads, the contribution of BH to the required moments is not negligible, and muscles in females
could not counterbalance the induced required moments. In accordance with the input data used
(Anderson et al., 2012; Pries et al., 2015; Shi et al., 2014) and to avoid spinal disorders observed
at older ages, we chose the range of 35-60 years that also covers active working ages. The proposed
method of estimating segmental weights involves some simplifying assumptions: reconstruction of
the 3D body from 2D images (Allison et al., 2013), placement of the spine in the reconstructed
body, homogenous distribution of density (Pryce & Kriellaars, 2014), scaling weight distribution
of adipose tissue and extrapolation of weight distribution for three cases (BH=150 cm at BMI1=46.1
and 53.3 kg/m?; BH=170 cm at BMI=41.5 kg/m?) due to limitations in the available database (BMI
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Visualizer, Perceiving Systems Department, Max Planck Institute for Intelligent Systems,
Germany). Nonetheless, the method yielded results in satisfactory agreement with the distribution
of gravity loads along the spine in lean subjects (Pearsall, 1994; Pearsall et al., 1996) and the
density of additional adipose tissue (Farvid et al., 2005). Moreover, for an extreme underweight
case (BMI=15.2 kg/m?), we used the mass distribution similar to normal weight individuals. Only
sagittally symmetric tasks were simulated here; the sensitivity of spinal loads to personalized
factors may alter in asymmetric tasks although conclusions likely remain unchanged. Changes in
the thoracic kyphosis angle or alterations in the initial lordosis (Meakin, Gregory, Smith, Gilbert,

& Aspden, 2008a) could influence results.
4.4.2 Comparisons

4.42.1 Age

No study has investigated changes in age while employing a detailed trunk musculoskeletal model,;
existing studies (Boocock, Mawston, & Taylor, 2015; Shojaei, Vazirian, Croft, Nussbaum, &
Bazrgari, 2016; Song & Qu, 2014) employed link-segment models (for limitations and
shortcomings see (Rajaee et al., 2015). In contrast to our findings, Shojaei et al. (2016) reported
significantly lower shear force at the L5-S1 in younger participants. The use of a dynamic link-
segment model with no muscles and passive spine, different anthropometric input data and age
groups (22-68 years versus 35-60 years) as well as asymmetry in tasks could be some likely sources

for different findings.

4422 Sex

Marras et al. (Marras, Davis, & Jorgensen, 2003; Marras et al., 1995) estimated lower spinal loads
in females (except the anterior-posterior shear at the L5-S1 disc (Marras et al., 1995)). In those
studies, however, male participants were, in average, heavier and taller than females. These
differences in BH and BW along with using a single level EMG-driven model without a

comprehensive scaling algorithm (Dreischarf et al., 2016a) can play a role in lower estimations of
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spinal loads in females. In agreement with our findings, Shojaei et al. (2016) computed larger shear

forces (~6%) in females.

4423 BW and BH

In accordance with our findings, Hajihosseinali et al. (2015) and Han et al. (2013b) found also that
BW markedly affects spinal loads and Han et al. (2013b) reported that BH has less effects on spinal
loads. Moreover, obese individuals experience more spinal shrinkage (Yar, 2008) and implant
subsidence (Behrbalk et al., 2013).

4.4.3 Interpretations

Among various parameters, spinal loads are particularly sensitive to passive joint properties,
muscle moment arms, lumbopelvic ratio and net external moments. Greater passive joint stiffness
as well as muscle moment arms markedly reduce muscle forces and consequently spinal loads.
Likewise, increasing the lumbopelvic ratio (at a given posture) reduces spinal loads by accentuating
the load-carrying role of the passive spine (Tafazzol, Arjmand, Shirazi-Adl, & Parnianpour, 2014).
Finally, greater net moment at a spinal level, being due to larger external/gravity load or changes
in the posture, tends to increase muscle forces and spinal loads. Subject specific factors affect spinal
loads by altering the foregoing parameters. For instance, at identical age, BH and BW, female
spines experience greater loads due to associated smaller muscle moment arms and passive joint
contributions (Table 4.3). Results indicate that changes in age hardly influence spinal loads that
could be due to opposing trends in the lumbopelvic ratio and passive contributions/muscle moment
arms (Table 4.3). By increasing external moments, BW markedly influence spinal loads while the
increase in external moments due to BH is almost counterbalanced by the larger muscle moment

arms and passive joint contributions (Table 4.3).

With no load in hands, the BW-normalized spinal loads further increase with BW in both sexes
and particularly at higher BHs (Figure 4.5). This highlights the accentuating role of BW in
increasing spinal loads especially in obese individuals. It further demonstrates the exponential

increase in spinal loads with BW. This trend, however, disappears in conditions with a load in
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hands (Figure 4.5) with larger decreases under greater loads in hands which indicates the
substantial effect of external loads on spinal forces. BH-normalized spinal loads decreased in all
loading conditions with BH for all BWs (except and in particular in shear forces at larger BWs and
smaller BHs, Figure 4.6). This drop in BH-normalized spinal forces when compared to the opposite
increase in BW-normalized loads versus BW further suggests the important role of BW on spinal

loads.

Due to the controversial relation between the lumbar lordosis and age, sex, BH and BW (or
alternatively BMI) (Been & Kalichman, 2014), the initial (undeformed) lumbar lordosis was kept
constant in all models. Some studies found no association between the lordosis and age
(Kalichman, Li, Hunter, & Been, 2011; Murrie, Dixon, Hollingworth, Wilson, & Doyle, 2003)
while others reported age-related decrease (Amonoo-Kuofi, 1992) or increase (Ttzun, Yorulmaz,
Cindas, & Vatan, 1999) in the lordosis. In a preliminary study (not reported here) simulating
forward flexion, however, the initial L1-S1 lordosis Cobb’s angle was increased by 10° (from 46°)
while preserving the kyphosis angle and the sacral plumb line in agreement with the literature
(Endo, Suzuki, Tanaka, Kang, & Yamamoto, 2010; Jackson, Peterson, McManus, & Hales, 1998;
Park et al., 2013). Results demonstrated that it primarily influences the relative ratio of shear and
compression forces especially at the L5-S1 under larger flexion angles. Factors such as age and sex

could, therefore, potentially influence spinal loads indirectly through alterations in lordosis.

Excessive spinal loads have been recognized as a risk factor of back pain (Bovenzi, Schust, Menzel,
Hofmann, & Hinz, 2015; Coenen et al., 2013; Marras et al., 1995) and disc degeneration (Adams
et al., 2000; Rannou et al., 2004; Stokes & latridis, 2004). Thus, greater BWs that yield larger (BW
normalized) spinal loads and fat accumulation at the (upper) trunk in comparison with more weight
around and below the waist can predispose individuals to higher risk of back disorders. It is to be
noted that consideration of loads when normalized to subject’s BW is more appropriate since unlike
absolute loads, BW-normalized loads to some extent automatically take account of anthropometric
differences. Overall, increase in spinal loads (Singh, Park, Hwang, & Levy, 2015), reduction in
postural stability (Corbeil, Simoneau, Rancourt, Tremblay, & Teasdale, 2001; Hue et al., 2007),
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fall due to slipping (Allin, Wu, Nussbaum, & Madigan, 2016), limitations in goal-oriented
movements (Berrigan, Simoneau, Tremblay, Hue, & Teasdale, 2006) and metabolic changes
(Samartzis, Karppinen, Cheung, & Lotz, 2013) due to obesity increase back pain risk of injury
while some alterations such as the associated decrease in the ranges of motion (Park,
Ramachandran, Weisman, & Jung, 2010; Vismara et al., 2010), adaptation (Porter, Adams, &
Hutton, 1989), physical activity (Smuck et al., 2014) and the unloading role of IAP (due to
increased diaphragm area (Shi et al., 2014)) could influence this risk. Pregnant females are also
susceptible to injury as a result of additional spinal loads due to the weight gain (~10-15 kg (Noon
& Hoch, 2012; Schieve et al., 2000; Yaktine & Rasmussen, 2009)) although radical hormonal
changes during pregnancy and their likely effects on biomechanical factors are additional
influential factors. According to our findings, slightly higher spinal loads in females (at identical
BH, BW and age) combined likely with other risk factors (e.g., psychological factors, physical
ability, different job assignments (Bielby & Baron, 1986)) could play a role in greater prevalence
of low back pain in females reported in some studies (DePalma et al., 2012; Schneider et al., 2006).
Although current results suggest that age (in the range of 35-60 years) does not affect spinal loads,
ageing could reduce damage tolerance threshold of intervertebral discs making them more
susceptible to injury (Adams, Lama, Zehra, & Dolan, 2015; Adams & Roughley, 2006).

In summary, using an image-based scaling algorithm for the trunk musculature and passive
properties as well as prescribed (based on available in vivo measurements) spinal kinematics and
lumbopelvic rhythm (based on sex and age) in conjunction with a novel technique of estimating
trunk weight distribution in overweight and obese individuals, we investigated the effect of various
personal factors (i.e., age, sex, BH and BW) on spine loads. Variations in BW have the greatest
influence on spinal loads followed by those in sex, BH and age. With no load in hands, the rate of
increase in spinal loads actually exceeds that in BW which highlights the exponential increase in
spinal loads and hence risk of injury with BW especially in obese individuals. At identical BH and
BW, spinal loads are slightly larger (~4.7% in compression and ~8.7% in shear) in females than in

males.
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Table 4.1 Personalized factors and corresponding levels in the full factorial simulation design

Factors Unit Levels

Sex - Female — Male

Age year 35-475-60

BH cm 150 - 170 -190

BW kg 55 -71.25-87.5-103.75 - 120

Table 4.2 Contribution (%) of each factor for various simulated tasks to the total sum of spinal

loads squared.

Task Response Sex Age BH BW
L4-L5 Compression 0.2 0.3 0.4 99.2
. . L5-S1 Compression 0.2 0.3 0.5 98.9
Standing with 5 kg load
L4-L5 Shear 13.6 5.4 32.0 49.0
L5-S1 Shear 0.5 0.4 0.0 99.1
L4-L5 Compression 0.2 0.0 0.0 99.8
i i L5-S1 Compression 0.6 0.0 0.1 99.2
Flexion at 20° with no load
L4-L5 Shear 4.3 0.3 3.4 92.0
L5-S1 Shear 1.1 0.1 0.5 98.3
L4-L5 Compression 0.1 0.0 0.1 99.7
. . L5-S1 Compression 0.5 0.0 0.3 99.2
Flexion at 50° with no load
L4-L5 Shear 4.3 0.4 4.4 91.0
L5-S1 Shear 1.0 0.1 0.9 98.0
L4-L5 Compression 0.9 0.0 0.8 98.3
. . L5-S1 Compression 15 0.0 1.0 97.5
Flexion at 20° with 10 kg load
L4-L5 Shear 3.7 0.8 2.2 93.2
L5-S1 Shear 2.4 0.6 15 95.5
L4-L5 Compression 0.7 0.1 0.9 98.3
. . L5-S1 Compression 1.3 0.0 1.2 97.4
Flexion at 50° with 5 kg load
L4-L5 Shear 3.7 0.9 2.6 92.8
L5-S1 Shear 2.2 0.6 1.8 95.4
L4-L5 Compression 0.5 0.0 0.3 99.2
L5-S1 Compression 1.0 0.0 0.5 98.5
All tasks
L4-L5 Shear 4.1 0.6 3.2 92.2
L5-S1 Shear 1.6 0.2 1.1 97.1
Compression 0.7 0.0 0.4 98.9
Overall
Shear 2.1 0.3 15 96.1
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Table 4.3 Effects of changing personal parameters (sex, age, BH and BW) on model parameters
(Anderson et al., 2012; Ghezelbash et al., 2016b; Shi et al., 2014) (Chapter 3)

Parameter Passive Joint Muscle Moment Lumbopelvic Ratio External Moment
Properties Arms

Sex” N N Nor 2 No Change
Age/” 7 7 \ No Change
BH~ 2% 7 No Change 2
BW/ 7 7 No Change 7

7 Increase

N Decrease

" Here, sex is altered from male to female

# Increasing BH stiffens passive properties when BMI is kept constant.

Figure 4.1 Schematic body shape of an obese person (outer contour) versus a lean person (inner

contour) in the sagittal plane (BMI Visualizer, Perceiving Systems Department, Max Planck

Institute for Intelligent Systems, Germany).
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Figure 4.2 Calculated (a) mass centers for BMI1=25 kg/m? and for the additional trunk fat in cases
with BMI>25 kg/m? and (b) additional (on top of those for BMI=25 kg/m?) segmental weights of
the trunk, arms (on each side and applied in the model onto the T3 level) and head (applied in the

model onto the T1 level) for the overweight and obese cases with BH=173 cm.
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Figure 4.3 Local shear and compression forces at the L4-L5 and L5-S1 levels with 5 kg load in

hands at the trunk flexion of 50° for various individuals of 35 years age.
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Figure 4.4 The contour plot of local compression (left) and shear (right) forces at the L4-L5 (top)
and L5-S1 (bottom) levels at 50° flexion with 5 kg load in hands. Age and sex are set constant at

47.5 years and male.
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Figure 4.5 BW-normalized local compression (left) and shear (right) forces at the L5-S1 level for
3 different BHs and 2 sexes under (a,b) 20° flexion with 10 kg load in hands and (c,d) 50° flexion

without external load. Age is set at 47.5 years.



61

— BW:55 kg (Male) BW:71 kg (Male) —— BW:88 kg (Male)
——BW:104 kg (Male) ——BW:120 kg (Male) — — —BW:55 kg (Female)
BW:71 kg (Female) — — —BW:88 kg (Female) ——-BW:104 kg (Female)

— —=BW:120 kg (Female)

— 22 T 7 —

&

L2 7 —

=3 £

T 181 %’

@ ~

c Irs

=] o)

A <

g 24

= (%]

S 7

D g Fm— =

Lo

i

~~

c

(&]

~~

£ =

T L

) P

E N

o T

2 o

£
=

£ 5
—

° P

% kit

Lo

-

BH (cm) BH (cm)

Figure 4.6 BH-normalized local compression (left) and shear (right) forces at the L5-S1 level for
5 different BWs and 2 sexes under (a,b) 20° flexion with 10 kg load and (c,d) 50° flexion without
load. Age is set at 47.5 years.
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Figure 4.7 Main effect of all simulations plots for compression (top) and shear (bottom) forces

normalized to the mean values at each task at the L5-S1 discs.
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CHAPTER 5 ARTICLE 3: OBESITY AND OBESITY SHAPE
MARKEDLY INFLUENCE SPINE BIOMECHANICS: A SUBJECT-
SPECIFIC RISK ASSESSMENT MODEL

Authors: F. Ghezelbash, A. Shirazi-Adl, A. Plamondon, N. Arjmand, and M. Parnianpour

Published in Annals of Biomedical Engineering 45.10 (2017): 2373-2382

5.1 Introduction

Obesity (body mass index, BMI> 30 kg/m?) is at spotlight due to an alarming increase in its growth
and health care consequences. World Health Organization has recognized obesity as an “escalating
global epidemic” (WHO, 2016a). In the US and UK, the prevalence of obesity has been estimated
to reach as high as ~30-60% of adult population by 2030 (Wang et al., 2011), yet obesity is not
limited only to the developed countries (WHO, 2016b). Previous studies have indicated that obesity
increases the risk of disc degeneration (Liuke et al., 2005; Takatalo et al., 2013), vertebral fracture
(Gonnelli, Caffarelli, & Nuti, 2014; Kim, Shin, Lee, Im, & Lee, 2010) and back pain (Heuch et al.,
2010; Smuck et al., 2014; Webb et al., 2003). Nonetheless and despite their crucial role in effective
prevention and treatment managements, the underlying mechanisms relating obesity to low back
disorders have not yet been well understood. Adequate subject-specific investigation of the spine
biomechanics in the obese population is needed to pave the way toward proper evaluation of risks
involved and subsequent engineering of novel personalized treatments that has been recognized as
one of the grand engineering challenges of this century (Perry et al., 2008). The issue is however
involved and complex since even at identical body height (BH) and body weight (BW) (or BMI),
the risk of back injury likely depends on the adipose tissue distribution along the body that varies

much from one obese individual to another.

Three conditions, amongst others, are known as causal biomechanical factors for higher risk of
spinal injury and low back pain: 1- over-loading in which the threshold strength of constituent

materials are exceeded, 2- spinal instability where loads and/or muscles cause hypermobility
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(abnormal laxity) in spinal joints and 3- cyclic (or fatigue) loading under rather smaller but
repetitive loading conditions where the rate of damage propagation exceeds that of healing. For the
first two conditions, the risks can be assessed by accurate examination of the mechanical
equilibrium and its stability of the trunk neuromusculoskeletal system during various daily and
occupational activities. As for the third condition, one may use recently proposed, based on
compression fracture tests on human vertebrae, subject-specific fatigue-failure criterion (Huber et
al., 2016b) which accounts for the spinal compression load, endplate area and bone mineral density
(BMD). The foregoing considerations within a subject-specific framework appear promising in
advancing our knowledge of the trunk functional and failure biomechanics toward a comprehensive

subject-specific risk assessment.

The current study aims to investigate spine biomechanics and the risk of injury in obese population
using a subject-specific framework. Employing the extensive database of National Health and
Nutrition Examination Survey (NHANES) (including thousands of obese individuals), we initially
perform the principal component (PC) analysis on a number of body measures of obese individuals
to identify influential PCs and quantify various obesity shapes. Then, to accurately incorporate
segmental mass distribution of these upper-body shapes in our validated subject-specific
musculoskeletal model (Ghezelbash, Shirazi-Adl, Arjmand, El-Ouaaid, & Plamondon, 2016a;
Ghezelbash et al., 2016b) (Chapter 3; Chapter 4) we perform regression analysis on the associated
results of double-energy X-ray absorptiometry (DXA). Spinal loads, cycles to failure and trunk
stability of different obesity shapes are computed during a free-style (static and symmetric) forward
flexion task (in standing with and without a hand-load) for various BWs and obesity shapes. In
accordance with earlier observations (Kim et al., 2010), we hypothesize that the obesity and obesity
shape, markedly influences spinal loads and the risk of spinal fatigue injury.
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5.2 Materials and Methods

5.2.1 Obesity Shapes

Fat distribution in obese individuals is commonly categorized into apple and pear body shapes.
Such body attributes remain however qualitative as existing measures (like waist-to-hip ratio and
waist circumference) overlook likely concurrent changes in other regions (such as arms, feet and
head). To quantitatively identify various fat distributions, we initially carried out PC analysis on
five body anthropometric measures (i.e., body height and calf/thigh/waist/upper arm
circumferences) using the NHANES database of 5,852 obese individuals (18-85 years) (National
Center for Health Statistics, 1999-2014). Variations of the third PC represented two different
obesity shapes (apple and pear) at identical BH (Figure 5.1), and PCs (instead of direct body
measures) takes account of concurrent changes in other regions of the body. In the foregoing
representation, however, BW (as an influential spinal load determinant (Ghezelbash et al., 2016a;
Han et al., 2013b) (Chapter 4)) varies from one shape to another, so the extreme shapes with
maximum and minimum waist circumferences were developed based on an optimization process
that took account of concurrent changes in various measures at constant BW. Three obesity shapes
were then sought: 1- mean obesity, 2- with maximum waist (abdominal) circumference and 3- with
minimum waist circumference. Mean obesity represents the average shape of all individuals with
similar BW and BH; to select the individuals with similar BH and BW from the entire population
(5852 individuals), we considered an interval with +2.5% variations in BH and BW. Maximum
and minimum waist circumferences are defined as apple- and pear-shaped obesities, respectively.

The waist circumference was set as the cost function based on the 3 primary contributing PCs:
Waist Circumference = a1 PC1 + 02 PC2 + a3 PC3, Eg.5.1

PCi (i=1,2 and 3) are the principal components and o; represent their eigenvector coefficients for
the waist circumference (01=0.781, 02=-0.476 and 03=-0.389; see Table 5.1). PCi (i=1,2 and 3) in

Eq. 5.1 were constrained to be within £3SD (standard deviation) of PC scores of individuals with
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similar (within +£2.5% variations) BW and BH (within the interval of +2.5% variation in BH and
BW); this guaranties that the obtained solution (body shape) is within physiological boundaries.
To constrain BW in the optimization process, we developed a linear regression equation (BW (kg)
=98.45+1.23 PC1 +0.06 PC2 + 0.60 PC3; see Eq. 5.3), correlating BW and primary contributing
PCs (the first three PCs which can describe 96.7% of variation in the data; see Results). Since BW
substantially affects spinal loads (Ghezelbash et al., 2016a; Han et al., 2013b) (Chapter 4) we
considered in this work three BWs (86, 98 and 109 kg) at a single BH=167 cm (average of the
entire population) corresponding to BM1=30.8, 35.1 and 39.1 kg/m?.

5.2.2 Subject-Specific Upper-Body Weights

Evaluating spinal loads in a subject-specific framework requires an accurate estimation of the upper
extremity segmental masses (trunk, arms and head). Therefore, using the DXA of the total body
from 1,462 obese individuals (18-85 years) (National Center for Health Statistics, 1999-2014), we
developed regression equations to correlate these segmental masses with the body anthropometric
measures (calf/thigh/waist/upper arm circumferences, body height and BW). Estimated arm masses
(lower and upper arms) were then proportionally partitioned (Matrangola et al., 2008) and applied
at their corresponding mass centers (De Leva, 1996; Ghezelbash et al., 2016b) (Chapter 3).
Segmental masses along the spine at each level (T1 to L5) were rigidly attached onto the
corresponding vertebra, and after the calculation of total trunk mass (Table 5.2), spinal segmental
masses were proportionally partitioned while mass centers were scaled based on BH (see Fig. 2 in
(Ghezelbash et al., 2016b) (Chapter 3)). For more details on gravity load partitioning see Appendix
B.

5.2.3 Spinal Loads

To estimate spinal loads, our validated (for intradiscal pressure comparisons see Fig. 5 in
(Ghezelbash et al., 2016b) (Chapter 3); for comparisons between estimated and measured back
muscle activities during flexion see Fig. 6 in (Ghezelbash et al., 2016b) (Chapter 3); for

comparisons between estimated and measured muscle activities maximum voluntary contractions
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see Figs 7 and 8 in (Ghezelbash et al., 2016b) (Chapter 3) subject-specific nonlinear (both
geometric and material) finite element musculoskeletal model which represents the entire
compliance/rigidity of T11-T12 to L5-S1 motion segments (by separate shear deformable beams
attached between rigid vertebrae) and 126 muscle fascicles was used. Both muscle architecture and
nonlinear ligamentous spine were scaled in this model based on imaging databases (Anderson et
al., 2012; Shi et al., 2014) and biomechanical principles (Ghezelbash et al., 2016b) (Chapter 3)
description of the scaling algorithm is presented in Appendix C. Along with the physiological
partitioning of the upper BW at different levels and wrapping of global muscles, muscle forces
were computed using an iterative optimization- and kinematics-driven algorithm accounting for a
gender- and age-specific lumbopelvic rhythm (Pries et al., 2015) during forward flexion from the
upright standing to 90° with and without a 5 kg held symmetrically in hands in front close to the
body. Further details on the model and scaling approach are available elsewhere (Ghezelbash et
al., 2016a, 2016b) (Chapter 3; Chapter 4).

5.2.4 Stability Analyses

After the evaluation of muscle forces and spinal loads (i.e., equilibrium phase), each muscle was
replaced by a spring with a stiffness linearly proportional to its current force (F) and inversely
proportional to its current length (1) as k = qF /1l where g denotes a dimensionless coefficient
(Bergmark, 1989; Cholewicki & McGill, 1996). After verifications (i.e., identical results in this
stability phase as those in prior equilibrium phase), the stability margin of the trunk was assessed
by buckling analyses at the final deformed configurations. At each given load and posture, we
defined the system stable if the additional buckling load (reserve margin computed from the linear
buckling analysis) was greater than zero. Dimensionless muscle coefficient (g) was gradually
reduced from a large value (say 100) down to a threshold at which the reserve load reached zero;
the corresponding dimensionless muscle coefficient g, (critical q) was identified (Arjmand,
Shirazi-Adl, & Parnianpour, 2008a; Ghezelbash et al., 2015).
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5.2.5 Vertebral Fatigue Fracture

To estimate the risk of vertebral fracture due to cyclic loading at a given posture and external load
condition, we employed a subject-specific regression equation which were developed based on the

fatigue test of human cadaver specimens (Huber et al., 2016b):
LOglo(N) =2793-7.14 IOng(Fnorm), Eq 5.2

where N is the estimated cycles to failure, and Fnorm denotes the compression force normalized by
the subject-specific vertebral volumetric BMD and endplate area. Since DXA reported in the
available dataset provides the areal BMD which is significantly correlated with the volumetric
BMD,(Melton et al., 2007; Wang et al., 2012a) we estimated volumetric BMD from the proposed
regression equation by (Wang et al., 2012a). The vertebral BMD for each obesity shape was
subsequently estimated from DXA of 4,470 obese individuals (National Center for Health
Statistics, 1999-2014) (1,954 individuals of this sample were a subset of foregoing 5,852 obese
individuals (see section 5.2.1), but the rest are new individuals since NHANES did not measure
spinal BMD and all anthropometric parameters in all years) at our assigned BW, BH and waist
circumference (within +5% variations). We scaled the reference endplate area (14.55 cm?) based
on BH, BW, age and sex (not obesity shapes) assuming that the endplate area of the reference
model (BH=173.0 cm, BW=75.1 kg, age=41.8 years and sex=male) varies proportionally to the
maximum ribcage area at the transverse plane (see Appendix C) (Ghezelbash et al., 2016b)
(Chapter 3). Personalized ribcage geometry was reconstructed based on proposed regression
equations for given BH, BW, sex and age.(Shi et al., 2014)

5.3 Results

Five PCs were computed (Table 5.1) of which the first three explained 96.7% of variations in the
data. The first PC was linearly correlated with the body weight (correlation coefficient, R=0.94),
Figure 5.1 First principal component (PC1) versus body weight (BW) calculated for 5,852 obese
individuals (National Center for Health Statistics, 1999-2014). The third PC represented various
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obesity shapes at nearly identical BH showing quite different distributions of adipose tissue, Figure
5.2. The first three PCs could also satisfactorily predict the body weight (R=0.97; relative error +
SD=3.43%=2.80%):

BW (kg) = 98.45 + 1.23 PC1 + 0.06 PC2 + 0.60 PC3. Eq. 5.3

Besides, body measures (e.g., BH, BW, waist circumference) could accurately predict segmental

masses, Table 5.2.

Additional BW by 12 kg increased local compression (~11.2%) and shear (~12.5%) loads at lower
lumbar levels. At identical BH, BW and hence BMI, spinal loads varied with obesity shapes by as
much as 11.0% at BW=86 kg, 17.7% at BW=98 kg and 14.8% at BW=109 kg in the L4-L5
compression (Figure 5.3) and 15.1% at BW=86 kg, 13.1% at BW=98 kg and 11.0% at BW=109
kg in the L5-S1 shear (Figure 5.4). Various obesity shapes (maximum versus minimum waist
circumferences) at identical BH, BW and BMI substantially affected the vertebral fatigue cycle to
compression fracture at the L4 level by nearly 3, 5 and 7 times, respectively at BW=86, 98 and 109
kg (Figure 5.5). However, increasing BWs improved spinal stability though only at the standing
posture (Figure 5.6). Larger forward flexion stabilized the spine while having negligible effects on

its fatigue failure cycles (>60°).

5.4 Discussion

Using a complex and validated subject-specific musculoskeletal model of the trunk along with
large and comprehensive datasets, the effect of obesity and its shape on the spinal loads, vertebral
fatigue cycles to compression fracture and trunk stability were investigated under upright standing
and flexion postures with and without a hand-load. Results confirmed the hypothesis that both
obesity and obesity shape (greater waist circumference or abdominal obesity) substantially
increases spinal loads and risk of fatigue failure, that further increase at larger BWSs. This highlights
the important role of not only BW and BMI but the adipose tissue distribution in spinal
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biomechanics that should be considered for effective prevention, rehabilitation and treatment

programs of low back disorders.

5.4.1 Limitations

Although we characterized our model to be validated, it was meant in a relative sense as no such
complex biomechanical musculoskeletal model could be considered entirely validated. To estimate
muscle forces, we used an optimization algorithm (quadratic sum of muscle stresses) that despite
its satisfactory performance (Arjmand & Shirazi-Adl, 2006c) neglects inter- and intra-personal
variability and antagonist coactivity. Spine shape (Meakin et al., 2008b; Pavlova et al., 2016) and
muscle architecture were taken the same for different obesity shapes at identical BWSs while scaling
the model with subject’s BW, BH, sex and age. Endplate area was assumed to be proportional to
the maximum ribcage area in the transverse plane and was scaled based on BH, BW, sex and age
(not obesity shapes), which can affect estimated cycles to failure. Passive spine properties were
scaled based on BH, BW, age and sex (Appendix C) and not on obesity shapes. The effect of
uncertainties in the estimation of passive properties were however small since when all passive
properties (force-strain and moment-curvature) were altered by 5%, changes in spinal loads (at the
L4-L5 and L5-S1 levels) remained <1.6%. Total segmental masses along the spine were rigidly
connected to the corresponding vertebra despite the likely error especially at the abdominal levels
filled with internal soft organs. Moreover, although scaling the total trunk weight were based on
the obesity shape, we did not consider likely differences in segmental weights of different obesity
shapes, though our earlier sensitivity analyses demonstrated that changes in spinal loads (at L4-L5
and L5-S1 levels) remained <7.5% when smaller lumbar masses were replaced with larger thoracic
masses (Ghezelbash et al., 2016b) (Chapter 3). Lumbar lordosis remained constant in all subjects
since no study has explored likely association between lumbar lordosis and obesity shapes, but
sensitivity analyses showed that increasing lumbar lordosis by 10° reduced the compression force
(at the L5-S1) up to 12% and increased the shear force (at the L5-S1) up to 29%. Spine kinematics
(lumbopelvic rhythm) in our model (based on reported measurements on skin) took account of sex

and age but not of BW and obesity shape due to the unavailability of data. Earlier sensitivity
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analyses on lumbopelvic ratio have demonstrated that a substantial alteration in this ratio from 0.5
to 3 reduces L5-S1 compression and shear forces by up to ~21% and ~45% (Tafazzol et al., 2014).
Though muscle areas were scaled, changes in other muscle parameters (e.g., maximum muscle
stress, muscle fat content) were not taken into account due again to the paucity in available data
(Tomlinson, Erskine, Morse, Winwood, & Onambgélé-Pearson, 2015). Due to the crucial role of
alterations in BW on the spinal loads when compared to those in BH, sex and age (Ghezelbash et
al., 2016a) (Chapter 4), the effect on results of only BW at three levels was considered. Due to
limitations of DXA in accurate measurement of muscle mass (Maden-Wilkinson, Degens, Jones,
& McPhee, 2013), the defined apple- and pear-shaped obesities may not exactly take account of
all differences between two obesity shapes. In the fatigue failure analysis, we estimated volumetric
BMD from areal BMD using a linear regression equation (Wang et al., 2012a).

5.4.2 Interpretations

5.4.2.1 Body Shapes

Though proposed in as early as 1940 (Sheldon, Stevens, & Tucker, 1940), the notion of body shape
(or “somatotype” (Sheldon et al., 1940)) has overwhelmingly been neglected in earlier clinical and
biomechanical studies; the main reason being likely the lack of data and proper approach to
categorize body shapes (Streuber et al., 2016). The use of BMI, as the most popular parameter,
tends to oversimplify obesity. The use of waist-to-hip ratio (Han, Schouten, Lean, & Seidell,
1997b) or waist circumference (Lean, Han, & Seidell, 1998b; Shiri et al., 2013) alone limits the
attention and overlooks likely effects on results of concurrent changes in thigh, calf and arm. The
current proposed method, however, addressed such shortcomings and qualified android/gynoid or
apple/pear-shaped obesities which are two descriptive extreme body attributes (Seo, Cordier, &
Magnenat-Thalmann, 2003) as maximum and minimum waist circumferences. Computed PCs
were also found to be correlated with BW and body fat distributions (Figure 5.1 and Figure 5.2)

with the former expressed as a dependent variable (Eq. 5.3).
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5.4.2.2 Risk of Injury

At constant BW and BH and hence BMI, greater concentration of weight in the upper-body, in
obese individuals with larger waist (abdominal) circumference, noticeably increased the loads on
spine (Figure 5.3 and Figure 5.4). This effect further grew at larger BW; for example, at 90° forward
flexion without a hand-load, L4-L5 compression increased by 166 N (10.9%) at BW=86 kg but by
273 N (17.3%) at BW=109 kg as the waist circumference altered from its minimum to its maximum
(Figure 5.3). Interestingly, the alteration in spinal forces was found greater when, at a constant BW,
the waist circumference changed between its extremes than when, at the same waist circumference,
BW altered from a level to another; for example from 86 kg to 98 kg (Figure 5.3 and Figure 5.4).
This translates in the estimation of larger spinal forces even at smaller BW; for example when
comparing mean waist circumference at BW=86 kg with minimum waist circumference at higher
BW=98 kg and mean waist circumference at BW=109 kg with maximum waist circumference at
lower BW=98 kg. In other words, extreme changes in waist circumference alter spinal forces to the

extent of ~20 kg change in BW.

Damages to vertebrae (e.g. fracture) or discs can lead to perturbation in nutrient supply (Urban,
Smith, & Fairbank, 2004), cell apoptosis (Haschtmann, Stoyanov, Gédet, & Ferguson, 2008),
inflammation (Ulrich, Liebenberg, Thuillier, & Lotz, 2007), additional innervation (Fagan et al.,
2010) and subsequent degeneration and pain (Adams & Roughley, 2006; Dudli, Ferguson, &
Haschtmann, 2014; Marras et al., 1995; van Dieén, Weinans, & Toussaint, 1999; Vergroesen et al.,
2015b; Wang, Videman, & Battié, 2012b). As a result of marked increases in compression and
shear forces, the risk of over-load and fatigue failure (in annulus (Green, Adams, & Dolan, 1993a)
and/or vertebra (Brinckmann, Biggemann, & Hilweg, 1988)) substantially increased especially at
greater waist circumferences that tended to accentuate the corresponding effect of BW as well
(Figure 5.5). Gains in BW, by increasing simultaneously both the spinal forces and BMD
(Hamilton, Fisher, Roy, Gower, & Hunter, 2013; Khosla, Atkinson, Riggs, & Melton, 1996),
appear to play opposing roles in the risk of vertebral injury. Our results, however, demonstrated
that the aggravating effect of larger spinal loads subdued the shielding role of accompanying
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increase in BMD resulting in a substantial drop in cycles to fatigue compression fracture (i.e.,
increased risk of fracture) at higher waist circumferences. In contrast, however, the risk of vertebral
fracture remained the same at smaller waist circumference irrespective of changes in BW
considered here (Figure 5.5). In corroboration with these findings, the favorable effect of BW on
BMD (Hamilton et al., 2013; Khosla et al., 1996) has been reported to even reverse in obesity with
large waist circumferences (Kim et al., 2010) which would further increase the risk to fracture.
Based on our findings, BMD and BMI cannot hence be used as sole surrogate measures of the risk

of vertebral fatigue fracture since body shape also plays a substantial role.

Consideration of BMI alone in some earlier studies (EI Maghraoui et al., 2015; Laslett, nee Foley,
Quinn, Winzenberg, & Jones, 2012; Pirro et al., 2010) may therefore have concealed the role of
obesity in vertebral fractures that remain still controversial. On the other hand and in agreement
with our findings, Kim et al. (2010) found greater prevalence of vertebral fracture among female
obese individuals with higher body fat ratio and waist circumference. It should be noted that various
factors play a role in vertebral fracture. Although obesity can improve BMD by stimulating bone
formation through increased mechanical loads, insulin secretion, increased sex hormone level and
androgens to estrogens conversion; obesity reduces BMD due to increases in cytokines (mainly IL

and TNF-o« which have lower levels in subcutaneous fat than in abdominal adipose tissue) and

leptin (Gonnelli et al., 2014).

Unlike foregoing increases in the risk of injuries associated with larger spinal loads, increases in
BW irrespective of the obesity shape improved the spinal stability though only at the upright
standing posture. This points to the favorable effect of gain in BW in increasing the passive
ligamentous and musculature stiffness contributions despite deteriorating effect of associated
compression forces at larger magnitudes. Overall, greater risk of over-loading and fatigue fracture
along with the reported reduction in global postural balance (Corbeil et al., 2001; Hue et al., 2007),
increase in fall (Allinetal. 2016) Jimjtations in goal-directed movements (Berrigan et al., 2006) and

adipokines release (Samartzis et al., 2013) tend to predispose the obese population to additional
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injuries whereas the reduction in the range of motion (Park et al., 2010; Vismara et al., 2010) and

physical activity (Smuck et al., 2014) might mitigate this risk.

5.4.2.3 Bone Formation

Bone formation increases BMD and strengthens vertebrae (Bruno et al., 2014; Crawford, Cann, &
Keaveny, 2003); however, not all physical activities offer the potential to stimulate bone formation
unless some threshold values (i.e., dead zone) are reached and exceeded. Notwithstanding relative
paucity in available data on the effect of various stimulus characteristics on bone formation, future
works should incorporate subject-specific considerations in comprehensive prevention,
rehabilitation and treatment programs (such as designing subject-specific exercise programs which
minimize injury risk and stimulate bone formation for individuals with osteopenia and

0steoporosis).

5.5 Conclusion

We estimated the risk of spinal injury (by over-load, repetitive loading and instability) during
various activities in upright and forward flexion tasks for different obesity types (i.e., different
BMIs, apple- and pear-shaped) in a subject-specific framework where musculature, passive
ligamentous spine, segmental weights, trunk kinematics and BMD were personalized. In obese
individuals and in contrast to BH, sex and age (Ghezelbash et al., 2016a) (Chapter 4), changes in
BW and obesity shape markedly influenced spinal loads. At identical BW and BH, obese
individuals with larger waist circumference (i.e., abdominal obesity) experienced greater loads
equivalent to those with ~20 kg additional BW. Greater waist circumferences being associated with
larger spinal loads and lower BMD substantially boosted the risk of vertebral fracture by ~3-7
times. This study should be considered as the first attempt to explore the role of body shape (or
obesity shape or somatotypes) by combining various available databases. Caution should be
exercised when extending these findings in clinical applications. It took account of crucial failure

modes while employing a subject-specific trunk musculoskeletal. Moreover, consideration of bone
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formation potential, as a risk mitigation factor, demonstrate the future potential of such approaches

in design and management of subject-specific rehabilitation programs (Ross et al., 2000).
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Table 5.1 Computed eigenvalues and eigenvectors of principal components (PCs) evaluated from the dataset of 5,852 obese subjects

(18-85 years) (National Center for Health Statistics, 1999-2014)

Body Parameters PC1 PC2 PC3 PC4 PC5
Eigenvalues (4;) 191.9 77.2 45.6 59 4.9
Calf Circumference (cm) | 0.178 -0.014 0.362 -0.026 0.915
Arm Circumference (cm) | 0.195 -0.083 0.237 0.942 -0.107
{ Waist Circumference (cm) | 0.781  -0.476 -0.389 -0.107 -0.008
Thigh Circumference (cm) | 0.283  -0.119 0.810 -0.317 -0.386

Body Height (cm) 0.490 0.867 -0.074 -0.013 -0.053

Eigenvecto

Table 5.2 Coefficients of regression equations for various body part masses (gram), plus correlation coefficients (R) and relative errors

of the regression equations evaluated from DXA of the total body of 1,462 obese individuals (18-85 years) (National Center for Health

Statistics, 1999-2014)

Regression Equation Coefficients
Body Bod Bod Thigh Waist Arm - Relative Error
Parts Constant Weig)r/lt Heig%/t Circu?n.* Circum. Circum. Gender R % (SD)
(gram) (gram/kg) (gram/cm) (gram/cm) (gram/cm) (gram/cm) (gram)
Trunk** | 1.73E4 593.09 -67.09 -370.01 110.05 -136.26 - 0.98 3.08 (2.46)
Arm -5.08E3 48.77 21.79 -33.76 -2.23 129.29 - 0.95 5.78 (4.82)
Head 3.61E3 20.32 - -2.83 -611.34  0.78 6.83 (5.27)

* Circumference
* Male=0; Female=1
** As an example: Trunk Mass (gram) = 1.73x10* + 593.09x[Body Weight (kg) ] — 67.09x[Body Height (cm)] — 370.01x[Thigh

Circumference (cm)] + 110.05x[Waist Circumference (cm)] — 136.26x[Arm Circumference (cm)]
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Figure 5.1 First principal component (PC1) versus body weight (BW) calculated for 5,852 obese
individuals (National Center for Health Statistics, 1999-2014)
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Figure 5.2 Schematic representation of the mean obesity (5,852 obese individuals) and body

shape variations described by the third PC (with limits applied at iSJA_ , Where A5 denotes the
third principal eigenvalue) in frontal (top) and sagittal (bottom) planes (Black, 2015)
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Figure 5.3 Local spinal compression force at the L4-L5 disc during flexion without load (left) and with 5 kg weight in hands (right) for
three different body weights three obesity shapes (maximum, mean and minimum waist circumferences) at BH=167 cm, sex=male and

age=42 years
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Figure 5.4 Local spinal shear force at the L5-S1 disc during flexion without load (left) and with 5 kg weight in hands (right) for three

different body weights and three obesity shapes (maximum, mean and minimum waist circumferences) at BH=167 cm, sex=male and

age=42 years
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Figure 5.5 Estimated cycles to failure of the L4 vertebra during flexion for three different body
weights and three obesity shapes (maximum, mean and minimum waist circumferences) at

BH=167 cm, sex=male and age=42 years
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Figure 5.6 Computed minimum (critical) muscle stiffness coefficient (gcr) required to maintain
trunk stability during flexion for three different body weights and three obesity shapes
(maximum, mean and minimum waist circumferences) at BH=167 cm, sex=male and age=42

years
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CHAPTER 6 ARTICLE 4: EFFECTS OF MOTION SEGMENT
SIMULATION AND JOINT POSITIONING ON SPINAL LOADS IN
TRUNK MUSCULOSKELETAL MODELS

Authors: F. Ghezelbash, A.H. Eskandari, A. Shirazi-Adl, N. Arjmand, Z. EI-Ouaaid, and A.

Plamondon

Published in Journal of Biomechanics 70 (2018): 149-156.

6.1 Introduction

Under mechanical loads and motions in various daily activities, spinal motion segments display
complex nonlinear and transient responses that alter with time, preloads and load/motion
directions/magnitudes (Gardner-Morse & Stokes, 2004a; Panjabi, Oxland, Yamamoto, & Crisco,
1994). Detailed finite element (FE) models, as predictive tools, can satisfactorily replicate these
responses in static (Dreischarf et al., 2014; Naserkhaki, Jaremko, Adeeb, & El-Rich, 2016; Shirazi-
Adl, 1994a, 1994b), viscoelastic (Jones & Wilcox, 2008; Wang, Parnianpour, Shirazi-Adl, &
Engin, 2000; Wang et al., 1997) and poroelastic (Argoubi & Shirazi-Adl, 1996; Schmidt, Shirazi-
Adl, Galbusera, & Wilke, 2010; Schroeder, Wilson, Huyghe, & Baaijens, 2006) conditions.
However, due to the substantial computational burden of such detailed FE models especially in
iterative algorithms (Schmidt, Galbusera, Rohlmann, & Shirazi-Adl, 2013; Toumanidou & Noailly,
2015), musculoskeletal models of the trunk commonly employ more simplified approaches to take
account of the intervertebral joints (including intervertebral discs, ligaments and facet joints) and
the spinal passive responses. Proper representation of the intervertebral joints and passive stiffness
contributions are crucial in accurate estimation of both muscle forces and hence internal spinal
loads and trunk stability margin (Dreischarf, Shirazi-Adl, Arjmand, Rohlmann, & Schmidt, 2016b).
Some models use spherical joints (ball and socket or hinge joints) with fixed centers of rotation
along with rotational springs (with linear or nonlinear stiffness properties) (Bruno et al., 2015;
Cholewicki & McGill, 1996) while others employ beams (stiffness matrices or bushing elements)
that take into account translational degrees of freedom (Christophy, Curtin, Senan, Lotz, &
O’Reilly, 2013; Ignasiak et al., 2016a; Malakoutian et al., 2016) and coupled terms as well (El-
Rich et al., 2004; Meng et al., 2015; Stokes & Gardner-Morse, 2016). Although foregoing rather
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simplified models have extensively been employed in earlier studies, their relative accuracy in

representing joint kinematics and kinetics remains yet unknown.

Some important concerns regarding these rather simplified models of motion segments include the
type of model (beam element versus spherical joint), the use of linear mechanical properties
(rotational springs or beams) or none at all (frictionless spherical joints) to simulate passive
responses of motion segments and their placement within the spinal joints (cranial-caudal and
anterior-posterior). According to the approximation theory, linearizing nonlinear responses of
motion segments remains valid only in the neighbourhood of the linearization point, yet the validity
domain of utilizing linearized elements has not been explored. Furthermore, some earlier studies
carried out sensitivity analyses on the anterior-posterior (Han, Kim, Park, Lim, & Kim, 2013a;
Zander, Dreischarf, & Schmidt, 2016) and cranial-caudal (Ghezelbash et al., 2015) positioning of
spherical joints and reported marked effects on computed muscle forces and spinal loads. In this
regard, changes in the position of the joint center in musculoskeletal models with frictionless
spherical joint has been found to have substantial effects on model predictions (Zander et al., 2016).
For accurate results, the joint center should coincide with the joint “center-of-reaction” that
however neither is known a priori nor remains constant under applied loads and motions (Zander
et al., 2016). No comprehensive sensitivity analyses have yet been carried out on the effects of
alterations in anterior-posterior positioning of (shear deformable, linear and nonlinear) beam

elements or moment resisting spherical joints on predictions of trunk musculoskeletal models.

We, therefore, aim here to investigate the relative performance and accuracy of the simplified
models (i.e., spherical joints and shear deformable beams), the effects of using linearized passive
properties (instead of the more accurate nonlinear properties) and the role of positioning of the
simplified models when predicting trunk kinematics and kinetics. To do so, we initially compare
displacements-flexion moment responses of a detailed lumbar spine FE model (Shirazi-Adl, 1994a,
1994b) with those of the simplified models (employing beams or spherical joints with linear and
nonlinear stiffness properties). Subsequently, using a validated nonlinear subject-specific FE
musculoskeletal model of the trunk (Ghezelbash et al., 2016b) (Chapter 3), foregoing
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linear/nonlinear beam elements and spherical joints (representing the entire motion segments) are
shifted at all levels in the anterior-posterior direction and muscle forces as well as spinal loads are
computed. Estimated intradiscal pressures (IDPs) at the L4-L5 are also compared versus available
in vivo measured IDPs (Wilke et al., 2001) during flexed and standing tasks with/without a load in
hands. It is hypothesized that the trunk active-passive kinematics-kinetics response is substantially
influenced by both the simplification in the model (particularly linear ones) employed and its
anterior-posterior position. Based on the characteristic of the center-of-reaction at which no
moment resistance exists, it is also hypothesized that for a unique estimation of muscle forces and
internal loads as the joint center shifts posteriorly, the simulated passive moment resistance of the

motion segments should increase.

6.2 Methods

Here, we compared passive ligamentous spine (without muscles) responses of simplified models
(beams/spherical joints with linear/nonlinear stiffness) versus those of a detailed lumbar spine FE
model (Shirazi-Adl, 1994a, 1994b) to determine which simplified approach estimated kinematic
responses of the lumbar spine accurately and to identify likely deviations in responses from the
detailed FE model. Then, the corresponding musculoskeletal model of each simplified ligamentous

spine model were developed by adding the same musculature.

6.2.1 Ligamentous Spine

To investigate the performance of and accuracy in utilizing beams and moment resisting spherical
joints in the trunk musculoskeletal models when simulating the ligamentous spine (isolated spine
without muscles), we initially compared their predictions with those (displacements- flexion
moment and L1 instantaneous center of rotation (ICoR)) of a detailed lumbar spine FE model
(Figure 6.1a) under 20 Nm flexion moment and 2.7 kN follower compression load (Shirazi-Adl,
2006). The lumbar spine model (L1 to S1) were previously developed based on CT scans of a
cadaver and included intervertebral discs, curved facet surfaces, ligaments and vertebrae (which

were modeled each as two rigid bodies interconnected with two deformable beams to account for
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vertebral compliance) (Shirazi-Adl, 1994a, 1994b). In the beam and spherical joint models,

responses were simulated under similar moment and compression follower load (i.e., a load that

causes nearly zero vertebral rotations when no moment is applied) passing through beams/spherical

joints (from the upper endplate to the lower one) with the L1-L5 vertebrae completely free but the

S1 fixed. Simplified models are described as follows:

Nonlinear beam model: In this model Figure 6.1b), vertebrae were assumed rigid and
motion segments were replaced with shear deformable beams (representing discs, ligaments
and facets) with nonlinear properties running between adjacent vertebral endplate centers
(offset=0 mm, Figure 6.1e). Nonlinear moment-curvature (level-dependent and different in
flexion than in extension) and compression force-strain (level dependent) properties of
beams were assigned and verified to match those of the detailed FE model (Shirazi-Adl,
2006) under similar external loading and boundary conditions (see curves in (Ghezelbash et
al., 2016b) (Figure 3.2)). Nonlinear moment-curvature and compression force-strain
properties of beams were assigned (Shirazi-Adl et al., 2002) and verified to match results of
the detailed FE model under similar external loading and boundary conditions (Shirazi-Adl,
2006). Additional models were developed by rigidly shifting beams at all levels
perpendicular to their disc mid-height planes (parallel to their reference orientations) (i.e.,
offset=—2, 2, 4 and 8 mm, Figure 6.1e).

Linear beam model: The nonlinear passive properties (moment-curvature and compression
force-strain) of the foregoing nonlinear beam model with offset at 4 mm were linearized at
and around the origin (up to ~600 N compression and 4 Nm flexion moment) of the load-

displacement curves.

Nonlinear spherical joint model: Each beam in the beam models was replaced with a
spherical joint (Figure 6.1c) placed at its midpoint of corresponding beam when offset=0
mm, Figure 6.1e. To account for the nonlinear stiffness of the passive ligamentous spine, we
reinforced these joints with nonlinear rotational springs (representing the stiffness of

intervertebral discs, ligaments and facet joints) with moment-rotation curves matching those
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of the detailed FE model (Shirazi-Adl, 2006). Additional models were developed by shifting
these joints along the disc mid-height anteriorly by -2 mm or posteriorly by +4 mm.

e Linear spherical joint model: The nonlinear rotational springs in the spherical joint model
with offset at 4 mm were linearized at and around the origin (up to ~4 Nm flexion moment)
of the moment-rotation curve. Translational degrees of freedom are naturally neglected in

spherical joint models.

6.2.2 Musculoskeletal Model

We used our nonlinear subject-specific FE model of the trunk which includes 7 deformable (beams
or spherical joints) spinal levels (T11-T12 to L5-S1) and takes account of 126 sagittally-symmetric
muscle fascicles to compute muscle forces and spinal loads in an optimization- and kinematics-
driven framework (Ghezelbash et al., 2015; Ghezelbash et al., 2016b). At each task, required
(reaction) moments at various vertebral levels (T11 to L5) were obtained from the nonlinear FE
model. An optimization algorithm estimated muscle forces to minimize the sum of quadratic
muscle stresses (as the objective function) along with moment equilibrium equations at all vertebral
levels imposed as equality constraints and muscle forces bounded to be greater than the passive
force component (Davis et al., 2003) and less than the sum of the passive force component plus
PCSA X 0,4, (Where PCSA and o,,,, = 1 MPa are physiological cross sectional area and
maximum muscle stress). At the subsequent iteration, estimated muscle forces were applied to the
corresponding vertebra as additional external forces and the iteration repeated until convergence
(i.e., muscle forces remaining almost the same in two consequent iterations). Upper body gravity
loads were partitioned along the spine (T1 to L5) (Pearsall et al., 1996) as well as arms, head-neck
and hands (De Leva, 1996). T11 and S1 rotations were estimated based on sex- and age-specific
lumbopelvic rhythm (Pries et al., 2015), and then the total T12-L5 rotations were partitioned by
6.0% at T11-T12, 10.9% at T12- L1, 14.1% at L1-L2, 13.2% at L2-L3, 16.9% at L3-L4, 20.1%
at L4-L5, and 18.7% at L5-S1 (Ghezelbash et al., 2016b) (Chapter 3). Further details on the model
and the scaling algorithm are available elsewhere (Ghezelbash et al., 2016b) (Chapter 3).
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Once more here we shifted (rigidly displaced parallel to its reference orientation) nonlinear and
linear beams/spherical joints (representing the entire motion segment: disc, ligaments and facets)
at all 7 levels (T11-T12 to L5-S1) from 2 mm anterior to -8 mm posterior from the reference
position (offset=0 mm, Figure 6.1e). Furthermore, as an extreme case, we removed passive
elements (rotational springs) and simulated joints as pure frictionless spherical joints with zero
offset. In each case, neutral standing posture under gravity alone was initially sought through an
optimization process (Shirazi-Adl et al., 2002). Within a kinematics- and optimization-driven
framework, muscle forces were then computed in various static standing and forward flexion tasks
with/without load (19.8 kg mass) in hands similar to those considered in in vivo studies (Wilke et
al., 2001). We evaluated spinal loads using force equilibrium equations and estimated IDPs by
employing a quadratic regression equation (IDP(P,0) = —1.556 x 1072 + 1.255P + 1.243 x
10726 + 3.988 x 1072P2 — 1.212 X 1072P6 + 1.669 x 107362 where P (MPa) denotes the
nominal pressure (compression (N)/total disc cross sectional area (mm?)) and 6 (°, positive in
flexion) is the intersegmental flexion rotation (Ghezelbash et al., 2016b) (Chapter 3)). After the
computation of muscle forces (F) during forward flexion, passive (F,) and active (F,) muscle forces
of global back muscles were estimated taking F = F, + F,, with F, estimated from the muscle
elongation (Davis et al., 2003). In the current study, the model was adjusted to fit the subject
participated in the IDP measurement study (age= 42, sex=male, body height=173.9 cm and body
weight=72 kg) since those personal parameters and particularly the body weight substantially affect
spinal loads and hence IDP estimations (Ghezelbash et al., 2016a) (Chapter 4).

6.3 Results

6.3.1 Ligamentous Spine

Under 2700 N follower compression preload and up to 20 Nm flexion moment, L1 (at vertebral
center) rotation- and translations-moment responses of the nonlinear beam agreed well with those
of the detailed FE model (Figure 6.2). On the contrary, linear and nonlinear spherical joint models

of the passive ligamentous spine deviated from the detailed FE model, particularly in the axial Z-
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translation (Figure 6.2c). In contrast to (linear/nonlinear) spherical joints, the nonlinear beam
models with posterior offsets up to +4 mm satisfactorily simulated the path of the L1 centroid,
Figure 6.3. The instantaneous center of rotation (ICoR) of the L1 was also best simulated by both
nonlinear beam elements (correlation coefficient=0.91, mean absolute error of 1.4 mm at -2 mm
offset and 3.6 mm at 4 mm offset) as well as the nonlinear spherical joints (correlation
coefficient=1.00, mean absolute error of 2.8 mm at -2 mm offset and 4 mm at 4 mm offset) at -2
mm to +4 mm offset; on the other hand, linear spherical joints model (and to a lesser extent the
linear beam model) could not replicate the ICoR path either pattern- or magnitude-wise (Figure
6.3).

6.3.2 Musculoskeletal Model

The models and the anterior-posterior placement of joints markedly affected spinal loads,
especially under greater flexion angles. Using linear (instead of nonlinear) passive properties
increased shear and compression forces, at peak flexion, by 26.3% (174 N) and 17.0% (296 N) in
the beam model whereas 18.7% (111 N) and 6.1% (125 N) in the spherical joint model, respectively
(Figure 6.4). As an extreme case, neglecting passive properties (joint stiffnesses) in the spherical
joint model (“No Passive” model in Figure 6.4 and Figure 6.6) substantially increased L5-S1 shear
and compression forces (at peak flexion by 63.0% and 32.3% or equivalently by 330 N and 665 N,
respectively), Figure 6.4. At the joint offset of +4 mm and in forward flexion, estimated L5-S1
local compression and shear forces increased from their values at the reference case (i.e., 0 mm)
by as much as 10.9% and 15.7% in the nonlinear beam model, and 11.4% and 12.4% in the
nonlinear spherical joint model, respectively (Figure 6.4). Likewise and in accordance with the
variations in computed compression forces, when linearized passive properties were utilized (or
neglected in the spherical joint model) and when the joints shifted posteriorly, the estimated IDPs
markedly increased especially in the heavier tasks with load in hands (Figure 6.5). Location of joint
in both beam and spherical joints substantially affected the force partitioning between passive and

active muscle components. As joints shifted posteriorly, the active component of back muscles
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increased (e.g., by 137 N in the global iliocostalis muscle) while at the same time the passive

component dropped (e.g., by 107 N in the global iliocostalis muscle) (Figure 6.6).

6.4 Discussion

In the current study, we explored the relative performance and validity of various rather simplified
models of spinal motion segments regularly used in trunk musculoskeletal models. In particular,
spherical joints were compared to beam elements using matched linear and nonlinear stiffness
properties with locations varying from the anterior to the posterior of the disc geometric centers.
The predictions were compared in a ligamentous lumbar spine model versus a detailed L1-S1 FE
model under follower compression and flexion moment and in a trunk musculoskeletal model in
forward flexion with and without load in hands versus reported in vivo disc pressure measurements.
Equivalent stiffness properties of nonlinear beam as well as spherical joint models were initially
set by matching global displacements under combined flexion-compression with those of an
existing detailed FE model. Hypotheses were confirmed in finding substantial effects of modeling,
especially when using linear stiffness properties or no stiffness at all in frictionless spherical joints,
and joint position on spine kinematics and kinetics. Muscle forces and spinal loads increased as
joints shifted posteriorly. Finally, for identical predictions on muscle forces and spinal loads, one
is needed to increase passive properties (joint stiffnesses) to counterbalance the added moment of
external/gravity loads as well as the reduced resisting moment of back muscles as joint position

shifts posteriorly.

6.4.1 Limitations:

Kinematics were matched only under flexion moments up to 20 Nm in the presence of a 2700 N
follower compression preload. While considering the stiffening role of the compressive preload in
flexion (Shirazi-Adl, 2006; Stokes, Gardner-Morse, Churchill, & Laible, 2002) and the nonlinear
responses in flexion and compression, the employed nonlinear shear deformable beam model
should be considered only as a rather simplified replicate of a detailed FE model of the motion

segment. Nonlinear beam and spherical joint musculoskeletal models with the offsets at 0 (in peak
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flexion and for the spherical joint only) and -2 mm (in 90° and peak flexions) did not converge due
to excessive flexion moments at the lower lumbar levels. Likewise, linearized models did not
converge in upright posture holding a 19.8kg load away. The current study focused only on
sagittally symmetric tasks (both posture and loading). Although nonlinear beam and spherical joint
models demonstrated satisfactory performances in such conditions, extension of findings to
asymmetric tasks should await future studies. Presented results with alterations at all levels cannot
identify the relative effects of changes in individual segments on results that would require a
sensitivity analyses on each joint positioning. Other limitations and shortcomings related to the
musculoskeletal modeling are presented elsewhere (Arjmand & Shirazi-Adl, 2006a; Ghezelbash et
al., 2015; Shahvarpour et al., 2015b).

6.4.2 Interpretation and Comparison

Unlike the nonlinear beam model, the nonlinear spherical joint model did not as accurately predict
cranial-caudal translation (Figure 6.2c) due to the lack of translational degrees of freedom. This
model overlooks the compliances under shear and axial compression forces and as such its response
predictions deteriorate further under greater loads. Another variable in spherical joint modeling,
unlike the beam simulation, is the cranial-caudal location of the joint. Here we placed these joints
at the disc mid-heights at all levels and analyses. Our earlier studies, however, demonstrated that
changing the center of spherical joints from the mid-disc height in the cranial-caudal direction
within upper and lower endplates would yield up to ~15% and ~30% differences in the computed

compression and shear forces, respectively (Ghezelbash et al., 2015).

Posterior joint offsets in both beam and spherical joints locations in the musculoskeletal models
substantially affected muscle forces and spinal loads. For example, L5-S1 spinal loads increased
up to 20.1% in compression and 23.1% in shear as the beam shifted from the disc center posteriorly
by 8 mm. Spinal loads however dropped by 9.7% and 18.2% as the joint shifted anteriorly by 2
mm. Foregoing alterations in muscle forces and spinal loads are due directly to the combined
effects of changes in the net external moments, lever arms of muscles evaluated at the updated

position of joints and alterations in extensor muscle passive forces. As the joint (beam or spherical
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model) shifts posteriorly, the net external moment of gravity and load in hands increase while the
lever arm of extensor muscles decrease resulting both in larger muscle forces and hence spinal
loads. Reverse trends occur as the joint shifts anteriorly instead. At flexion>70°, increases in muscle
lengths and thus passive muscle forces noticeably decreased as joints shifted posteriorly (Fig. 6),
and since at full flexion, passive muscle forces are a major contributor to spinal loads, computed
IDPs at full flexion by different beam models remained almost the same (Figure 6.5). In agreement
with our findings, Zander et al. (2016) and Han et al. (2013a) also computed larger (smaller) spinal

loads when joints shifted posteriorly (anteriorly).

In other words and as schematically illustrated in Figure 6.6, when joint locations shift posteriorly
at all levels (from point 1 to 2 or 3), muscle forces increased resulting in larger compression forces.
Alternatively and in order to keep muscle forces and hence joint loads at constant magnitudes
irrespective of the joint location, passive resistance of the joint should increase as the joint location
shifts posteriorly. This condition is shown in Figure 6.7 where although there is no internal moment
required when the joint center instantaneously coincides with the joint “center-of-reaction”, the
internal resistant moment should increase as the joint center shifts from the point 1 to 2 and further
to 3; M3 > M2> M; ~0. In addition and compared to the beam model at identical locations, the
spherical joint model even with nonlinear properties overestimated compression forces (or
equivalently IDPs) in demanding tasks (e.g., lifting 19.8 kg load at flexion 70°, Figure 6.5) due
mainly to overlooking the stiffening role of the compressive force on the passive responses.
Neglecting this factor particularly in demanding tasks reduced the load-carrying role of the passive
spine and increased muscle activities (Arjmand & Shirazi-Adl, 2005). Overall, best agreements
were found in beam models with smaller joint offsets. In this study, we shifted joints along the
corresponding disc mid-height plane, which is more reasonable. Additional analyses with joint
offsets carried out in global horizontal direction (X) did however demonstrate only negligible

changes in spinal forces (<1% smaller in compression and <4% greater in shear).

Variations in joint offset altered spinal kinematics and therefore active-passive muscle force

partitioning and net moment resistant contributions. As joints shifted anteriorly, net moments and
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the active component of back muscles both decreased (Figure 6.6); thus, at early- to mid-flexion
points, larger spinal loads in models with posteriorly placed joints were mainly due to larger active
components in muscle forces. However, anterior joint placement also markedly increased the
elongation in extensor muscles and hence their passive forces (Figure 6.6) so much so that at
flexions>70° these passive muscle forces and resulting spinal loads increased significantly in
models at greater anterior offsets counterbalancing the effects of reduction in active muscle forces
(Figure 6.5 and Figure 6.6). Featured by a substantial drop in extensor muscle activities, flexion-
relaxation angle (defined as the trunk forward flexion at which extensor muscles become silent)
was delayed from ~60° to ~90° as joints shifted from -2 to 8 mm. This occurred since anterior offset
in joints tended to substantially and concurrently increase passive but decrease active force
contributions of back muscles. It is interesting to note that, in counterbalancing the excessive
resistant moment generated by large passive forces in extensor muscles, anterior disc offset tends
also to further increase antagonistic activities in abdominal muscles initiated in larger trunk flexion

angles.

Linearization of passive properties as an approximation of the nonlinear response remains valid
only in the neighborhood of the linearization point. The further one deviates from the reference
linearization point; the more divergence is expected in results away from the original nonlinear
system; thus, using linear passive properties (constant joint stiffnesses) (as the mainstream
modeling technique (Bruno et al., 2017; De Zee et al., 2007; Delp et al., 2007)) seems reasonable
only in a small range. At the extreme in the frictionless spherical joint with no passive resistance,
due to marked load-carrying role of the passive ligamentous spine, muscles alone will resist the
moments of external loads resulting in greater muscle forces and internal loads, especially in
heavier tasks with larger trunk rotations. Thus, in musculoskeletal modeling software (such as
AnyBody and OpenSim (Christophy et al., 2012; De Zee et al., 2007; Delp et al., 2007)), we
recommend to use nonlinear intervertebral joint stiffness in tasks with large flexion angles (>40°)
or to use linear joint stiffness only when flexion angles remain relatively small (<40°). One valid

but cumbersome alternative option is to continuously update the linear stiffness properties
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depending on the current load magnitude considered in an analysis. Passive elements (rotational

springs) should however never be neglected.

One should consider both kinematics and kinetics of the spine and their likely interactions while
positioning intervertebral joints. To accurately capture Kinematics responses, one can place
spherical joints at or near corresponding ICoRs; however, according to the current and earlier
(Ghezelbash et al., 2015) results, using reported ICoR values (e.g., ~ 16 mm posterior to disc
centers (Liu et al., 2016) or near lower endplates (Staub, Holman, Reitman, & Hipp, 2015)) without
proper adjustments in passive properties (joint stiffnesses) adversely influences the kinetics (i.e.,
muscle forces and spinal loads). During flexion and relative to the lower vertebra, a spherical joint
considers a fixed ICoR whereas a shear deformable beam accounts for some translations in ICoR.
(~ 0.6 mm during flexion under 2.7 kN follower preload). In this study, the simplified nonlinear
models estimated the ICoR locus of the L1 fairly well during its overall (global) motion. It should
be noted that the center of rotation (i.e., a point that has no instantaneous velocity under applied
loads) does not fall on the “center of reaction” (i.e., a point in which the net moment vanishes
(Gracovetsky, Zeman, & Carbone, 1987; Zander et al., 2016), so moment equilibrium equations
about the center of rotation should not overlook the internal moment (Figure 6.7). Alternatively,
one can write equilibrium equations about the “center of reaction” with no net (internal) moment.
Although the “center of reaction” introduces significant computational simplicity, this point is not

known a priori and displaces during deformation.

Results of this study have implications in biomechanics of total disc replacements that should be
considered in future designs. Anterior-posterior placement of these implants, passive resistance
they offer and the nonlinearity in their stiffnesses under increasing compression and rotations
should be carefully considered and examined as they all influence spinal kinematics, muscle forces

and hence internal loads.

In summary, we explored the accuracy and validity, in sagittally symmetric tasks, of modeling
spinal motion segments as spherical joints (with and without rotational springs) and beams both

with linear/nonlinear passive properties while their location shifted in the anterior-posterior
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directions. Estimated kinematics by these simplified models (spherical joint/beam) were compared
with a detailed FE model of the lumbar spine under a 2.7 kN follower load and 20 Nm moment.
Introducing foregoing simplified models into a subject-specific musculoskeletal model, we
predicted active-passive components of muscle forces and local spinal loads at various lifting tasks
and compared the computed IDP with available in vivo measurements (Wilke et al., 2001).
Nonlinear shear deformable beams and nonlinear spherical joints with joint offset at -2 to 4 mm
range predicted kinematics (in comparison with the detailed FE) and spinal loads (in comparison
with the in vivo measurements) accurately although the nonlinear spherical joint model failed to
accurately estimate the axial displacements. Shifting joints posteriorly in general increased spinal
loads (up to 17% in compression and 26% in shear) and delayed flexion relaxation (by 40°) during
forward flexion. Employing linear rotational springs or beams remained valid only at relatively
small flexion angles (<40°). Due to the substantial role of the ligamentous spine in resisting external
moments especially in heavier tasks, overlooking rotational springs (i.e., in frictionless spherical
joints) should be avoided as it would yield marked overestimation of compression (32%) and shear
(63%) forces.
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Figure 6.1: Schematic illustration of the (a) detailed FE model (with intervertebral disc, facet

joints and ligaments at all levels), (b) beam model, (c) spherical joint model (d) global coordinate
system and (e) beam positioning and offset (+ posterior; - anterior) at a typical motion segment.
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Figure 6.2: (a) Flexion rotation, (b) X-translation and (c) Z- translation of the L1 vertebra in

different models (detailed FE, beam and spherical joint) under 20 Nm flexion moment and 2700 N

follower preload. Values in parentheses denote joint offset (+ posterior; -anterior) (see Figure 6.1¢).
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Figure 6.3: Path of the center the L1 (left) and ICoR of the L1 (right) during forward flexion (from
right to left) for different joint types and offset magnitudes
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Figure 6.4: Computed local L5-S1 compression (left) and shear (right) forces in different flexed

postures without hand load for different joint types and offset values (+ posterior; - anterior) (see
Fig.1e). Personal parameters of the model were set at sex=male, body height=173.9 cm, body
weight=72.0 kg and age=42.0 years. Values in the parentheses denote joint offset (+ posterior; -

anterior).
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rottaion relation proposed in (Ghezelbash et al., 2016b) (Eg. 3.6)) during various tasks. Values in

the parentheses denote joint offset (+ posterior; -anterior) (see Figure 6.1).
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Figure 6.6: Active and passive muscle force components in right/left global longissimus (left) and
iliocostalis (right) pars thoracic muscles during forward flexion with no load in hands in the
nonlinear beam model at different offsets (see Figure 6.1e). Drop and disappearance of active

muscle forces denote the flexion relaxation phenomenon in forward flexion.

Center of Reaction Center of Rotation

Figure 6.7: Schematic illustration of joint positioning kinetics. W: external (in hands) and gravity
forces; F: extensor muscle forces; M1, M2 and Mas: resultant free-body diagram moments at the
plane of cut (M1<M2<Ms)
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CHAPTER 7 ARTICLE 5: TRUNK MUSCULOSKELETAL RESPONSE
IN MAXIMUM VOLUNTARY EXERTIONS: A COMBINED
MEASUREMENT-MODELING INVESTIGATION

Authors: F. Ghezelbash, Z. El Ouaaid, A. Shirazi-Adl, A. Plamondon, and N. Arjmand

Published in Journal of Biomechanics 70 (2018): 124-133

7.1 Introduction

Maximum voluntary exertion (MVE) measurements aim to quantify trunk (and muscle) strength
in various planes serving both clinical and biomechanical objectives (Azghani, Farahmand,
Meghdari, Vossoughi, & Parnianpour, 2009; Lariviére, Bilodeau, Forget, VVadeboncoeur, &
Mecheri, 2010; Roy, De Luca, & Casavabt, 1989; Tsao, Galea, & Hodges, 2008). The database of
MVE moments (for both females and males) can be a helpful tool in risk of injury assessment,
selection or exclusion of manual workers, functional diagnosis, performance
evaluation/enhancement, rehabilitation and treatment evaluations. Fear of pain, however, results in
lower MVE moments in patients with back pain and injuries that limits its application (Dankaerts,
O’Sullivan, Burnett, Straker, & Danneels, 2004; Demoulin et al., 2013). Determination of maximal
EMG in MVEs is also needed for the normalization of muscle activities to improve the use and

reliability within and in between subjects (Sousa & Tavares, 2012).

Previous measurements have recorded highest isometric trunk strength in extension and lowest in
axial twist with those in flexion and lateral bending falling in between (Azghani et al., 2009;
Lariviére, Gagnon, & Genest, 2009); peak moments exceeding 350 Nm have been reported in
extension (Gravel, Gagnon, Plamondon, & Desjardins, 1997; Kumar, 1996; Lariviére et al., 2009).
The measured MVE moments alter with posture (Gravel et al., 1997; Kumar, 1996; O’sullivan et
al., 2006), with gender (smaller in females) (Kumar, 1996; Lee & Kuo, 2000; Plamondon et al.,
2014), with low-back pain (Dankaerts et al., 2004; Lariviére et al., 2003; Ng et al., 2002) and 2
months after spinal surgery (Arja, Tiina, Pt, & Jari, 2003). Complex activity patterns are recorded
in trunk muscles during maximal exertions, especially in lateral bending and axial torque with
much higher EMG activities in agonists than in antagonists (Cholewicki et al., 1995; Ng et al.,
2002; Song & Chung, 2004). Though most studies have reported only the measured primary
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moments, coupled moments are important and non-negligible especially in lateral and axial MVEs
unless cable-harness (Oddsson & De Luca, 2003) or visual feedback (Lariviere et al., 2009)
systems are considered in measurements. Rather small coupled moments have been recorded in
flexion and extension MVEs (~10% of the primary moments). In contrast, coupled moments can
exceed 50% of the primary moment during lateral and axial MVEs (Lariviere et al., 2009; Ng et
al., 2002).

In musculoskeletal (MS) models, apart from load-carrying role of ligamentous spine and posture,
muscle areas and maximum muscle stress (which limits maximum muscle forces) as well as muscle
moment arms influence the trunk isometric strength and as such should be individualized as much
to obtain accurate results in a musculoskeletal model study. The estimation of trunk muscle forces,
internal loads and maximum muscle stress in maximal exertions, however, requires biomechanical
MS models that adequately account for both active and passive structures of the trunk. Some studies
used EMG-driven (Cholewicki et al., 1995), optimization-driven (Gardner-Morse, Stokes, &
Laible, 1995; Gatton, Pearcy, & Pettet, 2011; Jamshidnejad & Arjmand, 2015; Song & Chung,
2004) and kinematics-driven (Arjmand et al., 2008b; El Ouaaid et al., 2013b) models to investigate
internal loads, spinal stability and muscle activities during MVE tasks while others employed MS
models to estimate maximum muscle stresses at jaw (Pruim, De Jongh, & Ten Bosch, 1980), elbow
(Buchanan, 1995; Kawakami, Abe, Kuno, & Fukunaga, 1995), wrist (Goislard, Rao, Gay, Berton,
& Vigouroux, 2017), ankle (Fukunaga, Roy, Shellock, Hodgson, & Edgerton, 1996) and trunk
(only in extension) (Burkhart, Bruno, Bouxsein, Bean, & Anderson, 2017) MVEs. However as yet,
no study has either investigated trunk responses (internal loads and muscle activities) during MVEs
for both females and males or estimated the maximum muscle stress of trunk muscles considering
MVEs in all directions.

In the present study, we aim to simulate MVE tasks in a subject-specific model, compare predicted
muscle activities with measured EMGs, compute maximum muscle stresses and finally investigate
likely differences between females and males in exerted MVE moments and spinal loads. We

initially carry out isometric MVE experiments in extension, flexion, lateral and axial directions on



104

19 asymptomatic young right-handed female and male subjects while recording EMGs of
superficial muscles. Furthermore, to explore the accuracy of our geometrically subject-specific
nonlinear MS FE model, we simulate MVE tasks, estimate maximum muscle stresses and compare

estimated activities of select muscles with measured EMGs.
7.2 Methods

7.2.1 Experiments

With approval from our institutional review board and written consent from participants, healthy
young right-handed females (9 females; height=163.44+3.7 cm; weight=61+4.5 kg; age=24.1+4.3
years) and males (10 males; height=174.6+4.2 cm; weight=72.24+8.7 kg; age=30.61+6.5 years)
performed two trials of flexion, extension, lateral and axial isometric MVEs in a dynamometer at
a semi-seated posture (Lariviere et al., 2001). During trials (lasting ~8 s), subjects were verbally
encouraged to exert their maximal effort while their pelvic and legs were fixed, and their hands
were held crossed on the chest. Each trial afterward followed by a two-minute rest. Three triaxial
force platforms (Advanced Mechanical Technology Incorporated, model MC6-6-1000,
Watertown, MA, USA) collected dynamometer signals at 128 Hz frequency. An EMG acquisition
device (model DE-2.3, DelSys Inc., Wellesley, MA) recorded EMG signals of 12 superficial
muscles (longissimus, iliocostalis pars thoracic/lumborum, multifidus, external oblique, internal
oblique and rectus abdominis) at the frequency of 1024 Hz via surface electrodes placed bilaterally,
Figure 7.1 (De Foa, Forrest, & Biedermann, 1989; McGill, 1991). A band-pass filter (30 - 450 Hz)
reduced the effects of noises and artifacts from EMG signals, and subsequently, root mean squared
envelopes of EMG amplitudes were normalized to their recorded maximum root mean squared
values during MVE tasks. Data of the trial with the larger primary moment were considered in

these and subsequent analyses.
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7.2.2 MS Modeling

We simulated MVE tasks in all 6 directions for all 19 subjects in our geometrically subject-specific
nonlinear finite element MS trunk model (Ghezelbash et al., 2016a, 2016b) (Chapter 3; Chapter 4).
The model includes 126 sagittally-symmetric muscles and computes muscle forces in an
optimization- and kinematics-driven framework while taking account of seven individual (T11-
T12 to L5-S1) motion segments as shear-deformable beams. Each deformable beam attaches two
adjacent rigid vertebrae and represents the stiffness (moment-curvature and force-strain) of an
entire motion segment (disc, facets, ligaments and vertebrae). For a given set of prescribed
thoracolumbar (T11 to S1) rotations (for details see below), required moments at each vertebral
level were initially determined from the nonlinear FE model. An optimization algorithm (with
quadratic sum of muscle stresses as the cost function and moment equilibrium equations (at T11 to
L5 levels) as equality constraints) then estimated muscle forces that counterbalanced computed
required moment at each vertebral level (T1-T11 as a single rigid body, T12, L1, L2, L3, L4 and
L5). To obtain physiologically valid muscle forces, we constrained muscle forces (F; ) to be greater
than the passive force component (FP) (Davis et al., 2003) and less than the sum of the passive

force component plus the maximal active component:

FP <F, <FP+ PCSA; opax, Eq.7.1

in which PCSA4; and o,,,, respectively denote physiological cross sectional area (of i*"* muscle)
and the upper bound of maximum muscle stress. To evaluate a,,,, needed for convergence at each
MVE task, we increased maximum muscle stresses (o,,q,) Starting from 0.2 MPa with the
increment of 0.1 MPa. In this manner, required a,,,, Was calculated in each subject and each MVE
task.

For subsequent comparison with recorded normalized EMGs in select muscles under a specific

MVE of a subject, relative muscle activities were evaluated by normalizing their computed active

forces (F; — F?) to their maximum active forces (™**F*) computed during all 6 MVE tasks:



106

maxFia — max( FFia' EFia, RLFia’ LLFia, RAxFia, LAxFia) — PCSAi o, qu 7.2

where /F# denotes computed active muscle force (’F, = ’FP + /F2) of it" muscle at j*" task
(i.e., extension (E), flexion (F), right lateral (RL), left lateral (LL), right axial (RAXx) and left axial
(LAX) MVES). o; represents the peak muscle stress reached in it* muscle under all MVEs of that
subject. It should be noted that the use of foregoing a; ensures the appropriateness of comparisons
between estimated and recorded relative muscle activities as a similar procedure was carried out

when normalizing recorded EMGs.

Upper body gravity loads and their position were proportionally adjusted to the body weight and
height, respectively, and partitioned along the spine (T1 to L5) (Pearsall et al., 1996) as well as
arms, head-neck and hands (De Leva, 1996). The scaling algorithm adjusted both muscle
architecture and passive spine responses based on imaging databases (Anderson et al., 2012; Shi et
al., 2014) and biomechanical principles (Ghezelbash et al., 2016b). For more details on the model
and the scaling algorithm see Figure 7.2, Chapter 3 and (Ghezelbash et al., 2016b). The nonlinear
elastostatic analyses were carried out using ABAQUS (version 6.14, Simulia, Inc., Providence, RI,
USA) finite element package program, and MATLAB (Optimization Toolbox) was used in the

optimization algorithm.

At the interface between each subject and the dynamometer harness, identified visually in each
task, equivalent forces (generating exactly the same moments recorded about the S1) were
evaluated and applied on each model at respective contact points. During extension, flexion and
lateral MVES, contact points were located at the cranial-caudal heights situated respectively at the
T8, T6 and shoulder joint and were offset out of the primary plane to generate measured moments
(primary and coupled) about the S1. In the axial torque, the recorded axial MVE moment was
applied at the T4. In addition and in order to reproduce accompanying coupled moments about the

S1, required forces in the transverse plane were also calculated and applied to the T4.
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To simulate the semi-seated posture of subjects during exertion tests and in accordance with the
visual observation of subjects’ configurations and radiological studies of individuals in seated
posture, we reduced the lumbar lordosis (Bae, Jang, Lee, & Kim, 2012; De Carvalho, Soave, Ross,
& Callaghan, 2010). Thus, we prescribed 9° (backward extension) and —13° (forward flexion) at
the T11 in addition to 16° and 13° backward extensions at the S1 in extension and flexion MVEs,
respectively, resulting in much smaller lordosis in the flexion tasks (by 7° in extension and 26° in
flexion). Foregoing rotations were subsequently partitioned among intervening T11-S1 segments
based on our earlier works (EI Ouaaid et al., 2013b; Ghezelbash et al., 2016b). In lateral and axial
MVEs, we reduced the lumbar lordosis by 11° (+10° rotation at the S1 and -1° at the L1) that was
then partitioned proportional to neutral standing rotations (Ghezelbash et al., 2016b) (Chapter 3).
In flexion MVEs and in order to diminish large required flexion moments at local lumbar levels
that cannot be supported by the trunk musculature, an additional constraint was applied via a
posterior shear force (to be generated by abdominal oblique muscles in order to reduce flexion
moments at lumbar levels) at thoracic levels (T11 and T12) in accordance with earlier studies
(Bazrgari et al., 2009; EI Ouaaid et al., 2013b; Ghezelbash et al., 2016b).

7.2.3 Statistical Analysis

We employed the analysis of variance (ANOVA) to compare exerted primary and coupled
moments and estimated spinal loads (shear and compression) between females and males.

7.3 Results

In our measurements, females produced lower mean MVE moments in the primary plane in
comparison with their male counterparts (Figure 7.3); the differences were statistically significant
in all MVEs except flexion, Table 7.1. While in flexion and extension MVEs, mean coupled
moments were small (~9%), coupled moments were rather large in axial and lateral MVEs reaching

in average to as high as ~50% of primary moments, Table 7.2.
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Estimated muscle activities in extension and flexion MVEs were strongly correlated (Pearson's
r=0.69 and r=0.76, respectively) with measured muscle activities (Figure 7.4). However, estimated
muscle activities in lateral and axial MVEs were very weakly correlated (Pearson’s r=0.27 and
0.13, respectively) with measured EMGs (Figure 7.5 and Figure 7.6). Largest spinal forces were
computed in both sexes in extension MVEs (Figure 7.7). In lateral and axial MVEs, however,
compression and shear spinal loads can reach large values of ~5500 N and ~1700 N in average,
respectively. Smallest spinal forces were computed in both sexes in flexion MVEs (Figure 7.7),
and sex (p=0.03 in shear and compression) and MVE direction (p<0.001) significantly affected
spinal loads. The predicted a,,,, (EQ. 7.1) required to reach convergence under the measured
moments were affected by MVE direction (Figure 7.8a). The peak muscle stress (g;) used in Eq.
7.2 for normalization of calculated muscle forces varied from one muscle group to another with
the least value computed in rectus abdominis (0.404+0.22 MPa) and the largest in external oblique
(0.9940.30 MPa). Almost all estimated a; (96% of muscles among all participants) remained less

than 1.5 MPa (Figure 7.8b). The average maximum muscle stresses (o;) was 0.80+0.42 MPa.

7.4 Discussion

A dataset of measured MVE moments of individuals is potentially helpful to clinicians,
ergonomists, occupational health and safety professionals in estimating maximum acceptable effort
during cyclic loadings (Potvin, 2012), assessing rehabilitation outcomes (Stokes, 2011) and
identifying patients with back injury and pain (Burkhart et al., 2017). Simulating MVE tasks,
furthermore, is an effective way of evaluating MS models; some models can fail predicting
reasonable maximum muscle stresses (when maximum moments are prescribed otherwise
predicting accurate maximum moments when maximum muscle stress is input) and muscle
activities if not having realistic and accurate muscle architecture, muscle force estimation protocol,
passive properties and scaling algorithms. Our measured moments were found in general
agreement with earlier studies. The differences in measured moments between females and males
reached significance levels in all MVEs (except flexion); females exerted smaller primary
moments. All MVE tasks were simulated in a geometrically subject-specific MS model. The
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predicted muscle activities were in qualitative agreement with measured EMGs in flexion and
extension MVEs; however, in lateral and axial MVEs, agreements were very weak. Very large
compression and shear forces in average ~5867 N and ~2144 N, respectively, were estimated at
the L5-S1 level of the spine during MVE extension tasks. Maximum muscle stress (in average
0.80+0.42 MPa) varied among muscles from 0.40+0.22 MPa in rectus abdominis to 0.994+0.30

MPa in external oblique.

7.4.1 Limitations and Methodological |Issues

Collected EMGs were limited to specific select locations of superficial muscles. Recorded EMG is
susceptible to technical issues (e.g., electrode placement for long, flat and/or deep muscles,
difficulties in capturing internal oblique and multifidus activities with surface electrodes (Stokes,
Henry, & Single, 2003)) and signal contaminations (e.g., muscle cross-talk, power line noise,
motion artifacts) (De Luca, Gilmore, Kuznetsov, & Roy, 2010; Soderberg & Knutson, 2000;
Turker, 1993). Choice of the muscles in the model used for comparison of activity with a specific
surface EMG recording (Figure 7.1) influences comparisons. Spinal kinematics were assumed
based on visual observation of postures due to technical limitations of using motion capture camera
with the dynamometer (EI Ouaaid et al., 2013b). Locations of subject-machine interfaces to apply
contact forces during MVESs were also approximate as identified visually. Unlike fully articulated
spine models (Bruno et al., 2015; Ignasiak et al., 2016a), the thorax (T1 to T11) was simulated as
a rigid body. The effect however is expected to be small due to negligible bending deformations
expected in the upper thorax under MVE tasks with large internal compression forces (Figure 7.7)
(Ignasiak, Ferguson, & Arjmand, 2016b; Sis et al., 2016). We personalized the MS model based
on available generic imaging databases using subjects’ personal parameters (that are body height,
body weight, sex and age); some variations between subjects and the scaled (or personalized)
models are expected that could influence predictions. Further modeling limitations are stated
elsewhere Chapter 3, Chapter 5 and (Arjmand et al., 2009; Ghezelbash et al., 2016b; Ghezelbash,
Shirazi-Adl, Plamondon, Arjmand, & Parnianpour, 2017b).
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7.4.2 Interpretations and Data Analysis

Measured MVE moments in different directions were in agreement with mean of those reported in
earlier studies although female subjects in our study compared to others in average exerted greater
moments (Figure 7.3). Nonetheless and in absolute terms, females applied lower mean primary
moments (reaching significance except in flexion MVE) in comparison with males (Table 7.1 and
Table 7.2). Due to approximately sagittally symmetric musculature as well as likely asymmetry in
posture and nearly balanced activities of bilateral muscles during symmetric tasks (Oddsson & De
Luca, 2003), flexion and extension MVEs had the least coupled moments when compared to lateral
and axial MVEs. The direction of coupled moments were consistent between two trials in nearly
all subjects but among subjects. For example, in the left axial MVE, 9 subjects exerted extension
moments (versus 10 flexion moments) and 16 exerted left lateral moments (versus 3 right lateral

moments).

Musculature (muscle moment arms and PCSAs) and maximum muscle stresses limit the trunk
strength. As a result and since MS models are personalized prior to analyses, evaluation of
maximum muscle stresses and comparison of the estimated muscle activities with EMG data can
evaluate the accuracy of the muscle architecture, scaling (or personalization) scheme, passive
properties and muscle force estimation algorithm. Estimated maximum muscle stresses were in
agreement with earlier studies (Buchanan, 1995; Burkhart et al., 2017; Pruim et al., 1980), a finding
that highlights the relative accuracy of the employed scaling scheme since participants were
selected from both sexes with varying body heights and weights. Very large/small maximum
muscle stresses would have been estimated had inaccurate personalized geometric musculature
been employed. Estimated muscle activities strongly agreed with recorded EMGs in flexion
(Pearson’s r=0.72) and extension (Pearson’s r=0.69) MVEs (Figure 7.4), but not in lateral
(Pearson’s 1=0.44) and axial (Pearson’s r=0.34) MVEs (Figure 7.5 and Figure 7.6). Comparisons
are however affected, amongst others, by the accuracy of collected EMG and its position on skin
especially in large flat and deep abdominal oblique muscles as well as the abdominal musculature

in the model. Optimization-driven methods, especially when not driven by measured kinematics,
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overlook existing differences in muscle recruitment strategies among individuals. In the current
MVE tasks, alterations in the cost function would likely have minor effects on muscle force
estimations since a considerable number of agonist muscles are (totally or nearly) saturated that
tends to limit the available redundancy or solution space. Alternatively, hybrid approaches (such
as EMG assisted optimization (Arjmand et al., 2010; Mohammadi et al., 2015) and utilizing muscle
synergies (for dimensionality reduction) (Fregly et al., 2012; Walter et al., 2014)) may potentially
improve muscle activity estimations. However, hybrid approaches require EMG measurements
(which are susceptible to contamination), remain sensitive to initial gain value (Mohammadi et al.,

2015) and use some optimization to satisfy equilibrium.

Large spinal forces were estimated in MVEs, with the maximum in extension and minimum in
flexion (Figure 7.7). Maximum spinal loads were reached in the extension MVEs due both to the
larger moments applied and smaller lever arms of extensor muscles that resist them. Nonetheless,
estimated spinal loads in lateral and axial MVEs were also rather large and were significantly
influenced by MVE direction (p<0.001) (Figure 7.7). Greater MVE moments reaching significance
in all directions (except extension), Table 7.1, yielded significant differences between spinal loads
in females and males (p=0.03 for shear and compression forces). This suggests that similar to
bodyweight and external loads (Ghezelbash et al., 2016a) (Chapter 3), sex markedly affects spinal

loads in MVE tasks particularly due to differences in exerted moments.

One can estimate the maximum muscle stress (or specific muscle tension) through musculoskeletal
modeling of MVE tasks (Burkhart et al., 2017; Goislard et al., 2017; Pruim et al., 1980). We found
that the maximum muscle stresses, g,,,,, varied across MVE tasks and subjects (Buchanan, 1995;
Fukunaga et al., 1996). Almost all computed maximum muscle stresses (~95%) remained less than
1.5 MPa (Buchanan, 1995) though in few cases (5%), they reached 1.5-1.8 MPa similar to those
reported in jaw muscles (Pruim et al., 1980). It is to be noted that the scaling algorithm used in this
work adjusted muscle moment arms and PCSAs with participants’ personalized anthropometric
parameters based on generic imaging datasets (Anderson et al., 2012; Shi et al., 2014) (Figure 7.2)

and not on direct measurements of participants. Since muscle moment arms and PCSAs influence
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maximum muscle stress estimations, such approximations (along with posture predictions) likely
affect estimations. The upper bound of 1.5 MPa (Buchanan, 1995) for the maximum muscle stress
may be taken for the general healthy and young populations. Furthermore, due to dependency on
MVE task, current results indicate that an accurate estimation of the maximum muscle stress

requires consideration of MVEs in all directions.

In summary, we measured MVE moments of 19 young right-handed heathy individuals (9 females
and 10 males) in primary directions (flexion, extension, lateral and axial) while collecting EMG
signals of 12 superficial muscles. Females exerted significantly less moments in comparison with
their male counterparts in all directions except in flexion MVEs. Coupled moments were larger in
axial and lateral MVEs. Estimated muscle activities were in strong (in flexion and extension
MVEs) to very weak (in lateral and axial MVESs) correlations with measured EMGs. Estimated
maximum muscle stresses in almost all cases (95% of muscles in all participants) remained less
than 1.5 MPa which is in agreement with (Buchanan, 1995). Very large spinal loads were computed
with maximum values in extension and minimum values in flexion MVEs. To estimate maximum
muscle stress and muscle activities in a musculoskeletal model during MVE tasks, one should

consider MVE tasks in all direction along with the primary moments and coupled moments.
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Table 7.1: Computed p-values from ANOVA of recorded primary (shown in boldface) and coupled moments in MVE tests when

comparing females and males

Moment Direction Flexion  Extension Right Lateral Left Lateral Right Axial Left Axial
MVE MVE MVE MVE MVE MVE
Flexion Moment 0.1711 0.0294* 0.1900 0.4732 0.6400 0.2337
Lateral Moment 0.8558 0.8534 0.0207* 0.0017* 0.0900 0.3422
Axial Moment 0.3620 0.9069 0.6811 0.2316 0.0034* 0.0070*

* Significant difference (p<0.05)
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Table 7.2 Mean and standard deviation of measured MVE primary (in bold) and coupled moments (N.m) in different directions and their
normalized values to the primary moments (in parentheses). Results for each MVE are separately listed in each column.

Stud Direction Flexion  Extension  Right Lateral Left Lateral Right Axial Left Axial
y MVE MVE MVE MVE MVE MVE
Elexion 124+17 -190+45 -25%31 -49+49 -21+69 10+47
(100%0) (100%0) (-21%) (48%) (-33%) (-14%)
9+11 17+21 117431 -103+36 -21+45 33+36
Present Study Right Lateral
9 Females (7%) (-9%) (100%0) (100%0) (-33%) (-45%)
. . -11+6 -10£23 -23+26 829 64+19 -74+20
Right Axial
(-9%) (5%) (-20%) (-8%) (100%0) (100%)
Elexion 144+38 -236+39 -53+56 -34+41 -39+96 -23+66
(100%0) (100%0) (-35%) (22%) (-40%) (23%)
8x15 19+26 151+28 -156+26 -53+30 48+33
Present Study Right Lateral
10 Males (6%) (-8%) (100%0) (100%0) (-55%) (-47%)
. . -5+17 -12+19 -18+33 27+36 97+23 -102+20
Right Axial
(-3%) (5%) (-12%) (-17%) (100%6) (100%0)
Elexion 119438 -169+37 324 -2+16 17+30 11433
(100%) (100%0) (2%) (1%) (22%) (-14%)
3x12 -17+19 129+32 -138+36 2126 -52+41
Ng et al. (2001) Right Lateral
12 Males (3%) (10%) (100%0) (100%0) (27%) (67%)
. . 1+11 -6+11 19+17 -18+15 78+25 -78+19
Right Axial
(1%) (4%) (15%) (13%) (100%0) (100%0)
Flexion 186+34 270+70 68+27 66+32 74432 80+51
(100%) (100%0) (34%) (35%) (56%) (61%)
ivi 16+11 25x16 199+32 190+40 59422 63+23
Lariviere et al. (2009)* Right Lateral
20 Males (9%) (9%) (100%0) (100%) (45%) (48%)
. i 15412 32+21 3716 35+12 132+31 131431
Right Axial
(8%) (12%) (19%) (18%) (100%0) (100%0)

* Lariviere et al. (2009) reported absolute values
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Figure 7.1 Schematic illustration of EMG electrodes (yellow circles) of (a) abdominal muscles
(rectus abdominis: red; external oblique: blue; internal oblique: green) and (b) back muscles
(iliocostalis at two levels: blue; longissimus: green; multifidus: red) and corresponding

underlying muscles in the MS model.
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Figure 7.2 The flowchart of the scaling algorithm. BH: body height; BW: body weight; PCSA:

physiological cross-sectional area; AP: average anterior-posterior distance of a muscle centroid

(when cut by a transverse plane at the corresponding vertebral height) from vertebrae; ML:

average medio-lateral distance of a muscle centroid (when cut by a transverse plane at the

corresponding vertebral height) from vertebrae; A: maximum transverse cross-sectional area of

the rib cage; subscript “Ref”: values from the reference configuration; subscript “Scaled”: values

from the patient-specific model; superscript “Reg”: values calculated from regression equations.

Reference personal parameters are sexrer=male, agerer=41.8 year, BH=173.0 cm, and
BWier=75.1 kg (Ghezelbash et al., 2016b) (Chapter 3).
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Figure 7.3 Average measured primary MVE moments (Nm) of male (top) and female (bottom)
individuals versus earlier studies in different directions. Number of subjects in each study is also

indicated. (Azghani et al., 2009; Cholewicki et al., 1995; El Ouaaid et al., 2013b; Gravel et al.,
1997; Kumar, 1996; Lariviére et al., 2009; Lee & Kuo, 2000; Malchaire & Masset, 1995;

Mcneill, Warwick, Andersson, & Schultz, 1980; Ng et al., 2001; Ng et al., 2002; Parnianpour, Li,
Nordin, & Frankel, 1988; Parnianpour, Nordin, Kahanovitz, & Frankel, 1988; Plamondon et al.,

2014)
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Figure 7.4 Measured versus estimated normalized muscle activities in extension (top) and flexion
(bottom) MVE tasks. Bars marked by asterisk (*) present the ICPT EMGs collected at the L3.

(LGPT: longissimus pars thoracic; ICPT: iliocostalis pars thoracic; MF: multifidus; RA: rectus

abdominis; EO: external oblique; 10: internal oblique)



119

Right Lateral

100 |
m Model
. 80
S OEMG
> 60 *
=
g 40
0 : : : : L : : :
LGPT ICPT MF RA EO 10, \LGPT ICPT MF RA EO [0
e e
Right Side Left Side
Left Lateral
100 m Model
g0 | DEMG
[ .

Activity (%)
(o]
o

BN

LGPT ICPT MF RA EO IO, \LGPT ICPT MF RA EO [0
Y Y

Right Side Left Side

Figure 7.5 Measured versus estimated normalized muscle activities in right (top) and left
(bottom) lateral MVE tasks. Bars marked by asterisk (*) present the measured ICPT EMGs
collected at the L3. (LGPT: longissimus pars thoracic; ICPT: iliocostalis pars thoracic; MF:

multifidus; RA: rectus abdominis; EO: external oblique; 10: internal oblique)
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Figure 7.6 Measured versus estimated normalized muscle activities in right (top) and left (bottom)
axial MVE tasks. Bars marked by asterisk (*) present the measured ICPT EMGs collected at the
L3. (LGPT: longissimus pars thoracic; ICPT: iliocostalis pars thoracic; MF: multifidus; RA: rectus

abdominis; EO: external oblique; 10: internal oblique)
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Figure 7.7 Computed local L5-S1 compression (left) and shear (right) forces in all female and

male subjects during various MVEs. Both sex and MVE direction significantly affected spinal
loads (p<0.03).
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deviation) required to reach convergence in various MVE directions, and (b) histogram of

estimated peak muscle stresses (o;; Eq. 7.2) in all muscles and participants (in total 2394=126

muscles x 19 participants)
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8.1 Introduction

Work-related musculoskeletal injuries and disorders have been identified as one of the most
frequent and costly impairments. Back pain as the leading cause of disability tops this list (Hoy et
al., 2012; Hoy et al., 2014). Excessive and/or cumulative loads on the lumbar spine are recognized
to play a causative role in the back pain (Adams et al., 2000; Adams & Roughley, 2006). Accurate
estimation of muscle forces and loads on the spine in various daily and occupational activities is
therefore crucial in effective prevention, workplace design as well as treatment and management
of back disorders. Since no direct technique of measuring spinal loads exists, and indirect methods
(i.e., intradiscal pressure (IDP) measurements (Nachemson, 1960; Wilke et al., 1999), instrumented
vertebral replacements (Dreischarf et al., 2015b; Rohlmann et al., 2013a)) are invasive and limited,
trunk musculoskeletal models (in spite of their limitations) are recognized as viable and

complementary alternatives.

A number of tools with different degrees of complexity and accuracy have been developed and
applied to estimate loads on the spine (Rajaee et al., 2015). 3DSSPP software (University of
Michigan, Center for Ergonomics) is a user-friendly program, but it does not take account of
muscle wrapping (Arjmand et al., 2006), translational degrees of freedom at spinal joints
(Ghezelbash et al., 2015), comprehensive muscle architecture and satisfaction of equilibrium
equations at all spinal levels (Arjmand et al., 2007), which can yield erroneous results. AnyBody
Modelling System (Bassani et al., 2017; Damsgaard et al., 2006) and OpenSim (Bruno et al., 2015;
Bruno et al., 2017; Delp et al., 2007) are generic musculoskeletal modeling programs with

comprehensive muscle architectures, muscle wrapping algorithms and multi-joint passive spine.
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They, however, commonly neglect translational degrees of freedom at discs, assume fixed centers
of rotation in spherical joints and overlook nonlinear behavior of the ligamentous spine, which
adversely affect spinal load predictions (Arshad, Zander, Dreischarf, & Schmidt, 2016; Ghezelbash
et al., 2015; Ghezelbash et al., 2018b) (Chapter 6). Generic rather than physiological-based
approaches are also employed to scale musculoskeletal models (Rasmussen et al., 2005). In
addition, efficient application of these programs requires sufficient prior training and knowledge
of their capabilities.

Regression equations and artificial neural networks (ANNSs) (Arjmand, Ekrami, Shirazi-Adl,
Plamondon, & Parnianpour, 2013), on the other hand, are simple, accurate and practical alternatives
in ergonomics when based on more complex musculoskeletal models. However, existing
regression equations and ANNSs are limited to symmetric postures (Arjmand et al., 2011; Arjmand
et al., 2012; Merryweather et al., 2008; Potvin, 1997), spinal loads (i.e., only compression and not
shear) at one spinal level (McGill et al., 1996; Merryweather et al., 2008; Potvin, 1997), overlook
external load magnitude, location and direction (McGill et al., 1996), and/or employ a simplified
trunk model (Merryweather et al., 2008; Potvin, 1997). Additionally, although anthropometric
differences among subjects (particularly body weight (Ghezelbash et al., 2016a; Hajihosseinali et
al., 2015) and waist circumference (Ghezelbash et al., 2017b) (Chapter 5)) markedly affect spinal
loads, none of existing regression equations utilize a physiological-based personalization method
to take account of such factors (Arjmand et al., 2011; Arjmand et al., 2012; McGill et al., 1996;
Merryweather et al., 2008; Potvin, 1997).

Thus, we aim to develop subject-specific regression equations to estimate lower spinal loads during
asymmetric static lifting tasks. After recording whole body kinematics and surface
electromyography (EMG) of 19 healthy individuals during various symmetric and asymmetric
static lifting tasks, we simulated the foregoing and additional tasks using our subject-specific
nonlinear finite element musculoskeletal (FE-MS) model of trunk driven by measured kinematics
for different body heights (BHs), body weights (BWs) and sex. Quadratic regression equations
were developed to estimate L4-L5 and L5-S1 shear and compression loads by using FE-MS model
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outputs for various subject-specific inputs. For validation, estimated muscle activities and L4-L5
IDPs were compared with our own recorded surface EMG data and reported in vivo IDP

measurements, respectively.
8.2 Methods

8.2.1 Experiments

After obtaining approval of the institutional ethics committee and consent of subjects, 9 female
(height=163.4+3.7 cm; weight=61+4.5 kg; age=24.1+4.3 years) and 10 male (174.6+4.2 cm; 72.2+
8.7 kg; 30.6+6.5 years) asymptomatic participants performed various symmetric and asymmetric
lifting tasks. Subjects held four hand-loads (2, 6, 10 and 14 kg) at four different heights (mid-tibia,
knee, mid-femur and umbilicus levels) and asymmetry angles (A=0, 30, 60 and 90°; performed to
the left side of participants; Figure 8.1) at a fixed horizontal distance from feet (0.2xBH).
Kinematics (anatomical joint centers and rotations) was measured with Optotrak system (Northern
Digital, Canada) by using 12 clusters (feet, thighs, upper arms and forearms, pelvis, T11, C7 and
head) with four LED markers glued on each cluster. We recorded EMG signals of 14 muscles by
skin surface electrodes (longissimus thoracis pars thoracis and lumborum, iliocostalis pars thoracis
and lumborum, multifidus, external oblique, internal oblique and rectus abdominis). Raw motion
signals were filtered by a lowpass filter (corner frequency at 10 Hz). EMG signals were initially
band-pass filtered (30-450 Hz) followed by the evaluation of the root mean square values of the
signal (50 ms window). Subjects performed lifting tasks once. Data was collected while subjects
statically held the hand-load in a predefined location (height and asymmetry angle) without
bending their knees. Average EMG and kinematics data over this period were taken in following
analyses. EMGs were normalized to their maximal root mean square values at maximum isometric
voluntary exertions (flexion, extension, lateral and axial directions) (Ghezelbash, ElI Ouaaid,
Shirazi-Adl, Plamondon, & Arjmand, 2018a) (Chapter 7).
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8.2.2 Subject-Specific FE-MS Model

The nonlinear subject-specific FE-MS model of the trunk included 7 joints (T11-T12 to L5-S1)
simulated with shear deformable nonlinear beams (representing the entire motion segments:
intervertebral discs, vertebrae, facet joints and ligaments) and took account of the rest of the upper
trunk (T1to T11) as a single rigid body with identical rotations. Muscle forces in all 148 sagittally-
symmetric muscles (external oblique, lliocostalis (lumbar and thoracic), iliopsoas, internal oblique,
latissimus dorsi, longissimus (lumbar and thoracic), multifidus, quadratus lumbarum, serratus
posterior inferior, spinalis, and rectus abdominis) were computed in a combined optimization- and
kinematics-driven framework (Ghezelbash et al., 2016b) (Chapter 3).

For each task, measured vertebral rotations (T11 to S1) were prescribed and associated reaction
moments at each level (T11 to S1) were determined from the nonlinear finite element model. Due
to the joint redundancy, we employed an optimization algorithm with minimization of quadratic
sum of muscle stresses as the cost function. The optimization problem was constrained to satisfy
moment equilibrium equations at all T11 to S1 levels and anatomical planes/directions, and muscle
forces were bounded to vary within their physiological limits (greater than the passive force (Davis
et al., 2003) and less than the sum of the passive force component plus the active component
(Buchanan, 1995; Ghezelbash et al., 2018a; Pruim et al., 1980) (Chapter 7)). At each iteration and
in the instantaneous configuration, muscle penalty forces (i.e., vector sum of muscle forces attached
to a vertebra) were applied as additional forces to the corresponding vertebra until convergence
was reached (i.e., slight changes (<2%) in muscle forces between two consecutive steps). In this
manner, equilibrium equations of all T11-L5 vertebrae in all force and moment directions (6
degrees-of-freedom) and at deformed posture were satisfied under the action of upper body weight,
external load in hands and estimated muscle forces. Local spinal loads were subsequently computed

based on the force equilibrium requirements.

T11 and S1 rotations were assigned in accordance with our in vivo kinematics measurements. To
compare estimated muscle activities with measured EMGs, we used recorded kinematics of each

subject specifically while to develop regression equations, we employed average kinematics of all
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subjects at each load elevation. In addition, intersegmental (T12 to L5) rotations were partitioned
based on measured kinematics by linear interpolation of T11 and S1 rotation vectors (i.e., v = 6k
in which 8 and k denote angle magnitude and unit vector along the axis of rotation) by 6.0% at
T11-T12,10.9% at T12- L1, 14.1% at L1-L2, 13.2% at L2-L3, 16.9% at L3-L4, 20.1% at L4—
L5, and 18.7% at L5-S1 (Ghezelbash et al., 2016b) (Chapter 3). Gravity loads in the trunk (Pearsall
et al., 1996), lower/upper arms (De Leva, 1996), and the head (De Leva, 1996) were distributed
after being scaled proportional to the subject BW. The scaling algorithm personalized the spine
geometry, gravity loads, muscle architecture and passive properties for given BW, BH, age and sex
parameters using available imaging databases (Anderson et al., 2012; Shi et al., 2014) and
biomechanical principles (Ghezelbash et al., 2016b) (Chapter 3). More details of the FE-MS model
and scaling algorithm are provided elsewhere (Ghezelbash et al., 2016b) (Chapter 3), Appendix C.

8.2.3 Simulations

We performed two sets of simulations to develop regression equations (at upright standing and
flexed postures) and to compare EMGs with model predictions. To develop regression equations
during flexed postures, we simulated all permutations (in total 3840 cases) of different load
elevations (equivalent to the trunk flexion, F; Appendix D), external load distance from the
shoulder joints (D), asymmetry angle (A), external load magnitude (M), body height (BH), sex
(male=0 and female=1) and body mass index (BMI; equivalent to BW at a given BH to avoid
extremely thin — BMI<19 kg/m? — or obese — BMI>30kg/m? — cases) (Table 8.1 and Figure 8.1).
To develop regression equations, we used average kinematics of subjects during various lifting
activities (64 tasks) while BH, BW and sex were altered, Table 8.1. Subjects held different hand-
loads at different heights (mid-tibia, knee, mid-thigh and navel level) and measured trunk
kinematics (3D rotations of T11 and S1) were applied to the model; at each task, load-height and
flexion angle (F; Figure 8.1) are dependent variables. Because at the upright posture, hand reach is
greater than that in the flexed posture, additional simulations with greater range of D (25 to 60 cm)
were performed (1440 cases), and regression equations were developed separately for the upright

standing (Table 8.1). Furthermore, to compare estimated muscle activities with measured EMGs,
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we exactly simulated tasks performed by each subject in our experiments (64x19=1216 cases in
total) by employing recorded load and arms locations as well as trunk kinematics after adjusting

the model in accordance with subjects’ anthropometric parameters.

8.2.4 Regression Analyses

We performed regression analysis to identify likely associations between average measured
rotation vectors (at T11 and S1) and surrogate predictors (flexion (F) and asymmetric (A) angles).
To correlate inputs (Table 8.1) with outputs (shear and compression at L4-L5 and L5-S1),
regression equations were developed using backward elimination. Since flexion angle (F; Figure
8.1) and load height (H; Figure E.1; Appendix E) are dependent variables, we proposed two sets
of regression equations, which take either flexion angle (F; presented in Results) or load height (H;
presented in Appendix E) as inputs. Additionally, to further reduce regression equations, sex and
BH that slightly affect spinal loads are removed and a simplified set of regression equations are
presented in Appendix F. The relative importance of inputs to spinal loads in a linear regression
analysis were estimated by using dominance analysis (Azen & Budescu, 2003).

8.2.5 EMG and IDP Comparisons

To evaluate the performance of FE-MS model and associated regression equations, we compared
predicted muscle activities with our measured EMGs and also compared estimated and measured
L4-L5 IDPs considering participants’ BH, BW and sex (Sato et al., 1999; Takahashi, Kikuchi, Sato,
& Sato, 2006; Wilke et al., 2001). The L4-L5 IDP (MPa) was estimated using the following
equation (Ghezelbash et al., 2016b) (Eq. 3.6):

IDP(P,6) = —1.556 X 1072 + 1.255P + 1.243 x 10720 + 3.988 x 10~2P?

Eq. 8.1
—1.212 X 107%2P6 + 1.669 x 107392

and
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Cra-Ls
= Eg. 8.2
p DA q

in which 6 (°) denotes intersegmental angle in the sagittal plane, and C;,_;s and DA represent

personalized L4-L5 compression (N) and disc area (mm?), respectively.

8.3 Results

After the evaluation of measured kinematics, pelvic rotations of four subjects (one female and thee
males) were excluded (due to marker detachment and/or slippage). Flexion (F) and asymmetric (A)
angles explained ~94% of the variation in T11 and S1 rotation vector components (Table 8.2). The
musculoskeletal model did not converge in 363 cases (out of 5280) when developing regression
equations and in 210 cases (out of 1216) when simulating our experiments (due mainly to large
lumbar axial rotation in some cases as discussed later). Low average relative error (<11%) and high
R? (>0.92) demonstrated satisfactory performance of regression equations (i.e., goodness of fit) in
estimating L4-L5 and L5-S1 shear and compression forces, Table 8.3 and Table 8.4.

Based on the dominance analysis (Azen & Budescu, 2003), trunk flexion angle (45%), hand-load
weight (22%), hand-load moment arm (12%), body weight (11%) and asymmetry angle (8%) were
the most influential predictors while the effects of sex and BH were minor (<2%); Figure 8.2 and
Figure 8.3. Large compression (>3500 N) and shear (>1200 N) forces were computed at the
lowermost L5-S1 level for some demanding tasks simulated here. Notwithstanding missing or
imprecise recording and report of trunk and pelvic rotations in in vivo studies and approximate
nature of IDP-compression relationship that inevitably affect comparisons, predicted IDPs were
found in strong agreement with reported measurements (R?=0.85; Figure 8.4). Estimated muscle
activities were in moderate (for extensor muscles; R?=0.40) to weak (for abdominal muscles;

R?=0.02) qualitative agreement with our measured normalized EMGs (Figure 8.5 and Figure 8.6).
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8.4 Discussion

Accurate subject-specific spinal load estimation is an integral part of workplace safety,
personalized treatment design and back pain prevention programs. Due to the lack of reliable non-
invasive approaches, regression equations which have been constructed based on the results of
complex and accurate musculoskeletal models are straightforward and robust alternatives. Here,
we developed personalized regression equations to estimate shear and compression forces at the
L4-L5 and L5-S1 levels during static asymmetric lifting tasks using our nonlinear FE-MS model
of the trunk. Muscle activity predictions of the personalized model had moderate (for back muscles)
to weak (for abdominal muscles) agreement with our measured EMGs. Estimated IDPs were in

strong agreement with reported in vivo measurements (R?=0.85).

8.4.1 Limitations

Regression equations were limited to two-hand lifting tasks, and we assumed that the hand-load
and thorax were in the same asymmetric plane (Figure 8.1), so the equations do not predict spinal
loads during all asymmetric tasks such as pure lateral bending (Dempsey & Fathallah, 1999).
Optimization-based muscle force estimation algorithm (driven by measured subject-specific
kinematics) is sensitive to the choice of cost function (Arjmand & Shirazi-Adl, 2006c; S