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A number of geometrically-detailed passive finite element (FE) models of the lumbar spine have been
developed and validated under in vitro loading conditions. These models are devoid of muscles and thus
cannot be directly used to simulate in vivo loading conditions acting on the lumbar joint structures or
spinal implants. Gravity loads and muscle forces estimated by a trunk musculoskeletal (MS) model under
twelve static activities were applied to a passive FE model of the L4-L5 segment to estimate load sharing
among the joint structures (disc, ligaments, and facets) under simulated in vivo loading conditions. An
equivalent follower (FL), that generates IDP equal to that generated by muscle forces, was computed in
each task. Results indicated that under in vivo loading conditions, the passive FE model predicted
intradiscal pressures (IDPs) that closely matched those measured under the simulated tasks (R2 = 0.98
and root-mean-squared-error, RMSE = 0.18 MPa). The calculated equivalent FL compared well with the
resultant force of all muscle forces and gravity loads acting on the L4-L5 segment (R2 = 0.99 and
RMSE = 58 N). Therefore, as an alternative approach to represent in vivo loading conditions in passive
FE model studies, this FL can be estimated by available in-house or commercial MS models. In clinical
applications and design of implants, commonly considered in vitro loading conditions on the passive
FE models do not adequately represent the in vivo loading conditions under muscle exertions.
Therefore, more realistic in vivo loading conditions should instead be used.

� 2017 Elsevier Ltd. All rights reserved.
1. Introduction

The human spine is subject to varying compressive and shear
loads that play a crucial role in the etiology of low back disorders.
Proper knowledge of these loads, therefore, is required in the
design and development of effective injury prevention, treatment
programs and spinal implants. Few attempts have been made to
quantify the spinal loads in vivo by measurements of the intradis-
cal pressure (IDP), loads on the instrumented implants, or changes
in the body stature via stadiometry (Dreischarf et al., 2016). While
the two first approaches are invasive, costly, and limited in terms
of available volunteers, the third one requires major assumptions
in order to estimate spinal loads. Alternatively, computational
biomechanical models have been emerged as viable tools.

A number of models with different degrees of complexity have
been developed to predict loads on the spine during static and
dynamic activities. These models can be classified into two groups.
First, musculoskeletal (MS) models with the objective to calculate
trunk muscle forces and joint internal loads by simultaneous con-
sideration of recorded kinematics and equilibrium of joint loads
(Arjmand and Shirazi-Adl, 2006a; Arjmand et al., 2009, 2010,
2011, 2012, and Arjmand et al., 2013; Cholewicki and McGill,
1996; Damsgaard et al., 2006; Hajihosseinali et al., 2014; Stokes
and Gardner-Morse, 1995). To resolve the joint redundancy an
optimization- (Arjmand and Shirazi-Adl, 2006b; Stokes and
Gardner-Morse, 2001) or electromyogram (EMG)- (Cholewicki
and McGill, 1996; Gagnon et al., 2001) driven approach is often
employed (Dreischarf et al., 2016; Arjmand et al., 2009 and
Arjmand et al., 2010; Mohammadi et al., 2015). Second,
geometrically-detailed passive (devoid of muscles) finite element
(FE) models of the lumbar spine with the aim to calculate load
sharing among and stresses/strains in the joint structures (discs,
facets and ligaments) under in vitro loading conditions
(Dreischarf et al., 2014). Effect of muscle forces in these passive
models is often neglected or simplified by applying a follower load
(FL) (Naserkhaki et al., 2016a,b; Rohlmann et al., 2006; Shirazi-Adl
and Parnianpour, 2000; Shirazi-Adl, 2006); a load whose line of
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action follows the lumbar curvature and passes approximately
through the vertebral body or endplate centers.

Performance of the foregoing models to predict internal spinal
stresses and loads during in vivo activities depends directly on
the accuracy in simulating trunk muscle forces that are the pri-
mary source of loads on the spine (Arjmand and Shirazi-Adl,
2005). MS models usually consider a detailed musculature but a
simplified representation of the complex ligamentous motion seg-
ments. These joints are often simulated as pivots with or without
rotational springs thus allowing no translational degrees-of-
freedom (DOFs). Neglecting translation DOFs can have low to mod-
erate effects, depending on the simulated task, on the predicted
spinal loads (Ghezelbash et al., 2015). In more accurate MS models,
the intervertebral joints are simulated with nonlinear beam ele-
ments (Arjmand and Shirazi-Adl, 2005 and Arjmand and Shirazi-
Adl, 2006a; Arjmand et al., 2009 and Arjmand et al., 2010) that
although allow for translational DOFs and proper nonlinear behav-
ior of the joints but fail also to provide crucial details on the load
sharing between joint structures. Moreover, MS models do not pro-
vide any direct estimates of IDP; it needs to be evaluated from the
predicted spinal compression, segmental rotation and/or disc
cross-sectional area (Ghezelbash et al., 2016).

On the other hand, passive FE models consider a detailed repre-
sentation of the intervertebral joints in which the disc annulus and
nucleus, ligaments, facets, bony structures, and endplates are mod-
eled in much details that allows for the prediction of stresses/
strains throughout and load sharing among the joint structures.
Devoid of muscles, these models are however not appropriate to
directly simulate in vivo activities. Nevertheless, these passive
models have been used to study in vivomaximum voluntary move-
ments in flexion, extension, lateral bending, and axial rotation by
applying a constant FL of 1175 N and a moment of 7.5 Nm
(Dreischarf et al., 2014). Similarly, submaximal flexion and exten-
sion activities have been simulated by a constant FL of 100 N and
a moment of 10 Nm (Naserkhaki et al., 2016a). In these studies, it
is further assumed that the trunk muscle forces and gravity/inertia
loads exert only a compressive FL with no shear force components
(Han et al., 2011). Moreover, application of a constant FL cannot
accurately simulate the varying compression along the spinal
height (Shirazi-Adl and Parnianpour, 2000).

In view of the urgent need to estimate spinal internal stresses
and strains under realistic load conditions, the present study hence
aims to:

(1) Apply gravity loads and estimated muscle forces from a val-
idated MS trunk model (Arjmand and Shirazi-Adl, 2005,
2006a; Arjmand et al., 2009 and Arjmand et al., 2010) during
various static activities as input to drive a geometrically-
detailed passive FE model of the L4-L5 motion segment
and compute IDP, facet joint forces (FJFs), and ligament
forces.

(2) Estimate an equivalent FL that yields IDP equal to that under
gravity and muscle force exertions for each task. These
equivalent FLs could replace muscle forces whose estimation
requires MS modeling.

2. Methods

2.1. MS model

Trunk muscle forces predicted by our previously-validated MS model under
twelve static tasks (see below) were used (Arjmand and Shirazi-Adl, 2005 and
Arjmand and Shirazi-Adl, 2006a; Arjmand et al., 2006, 2009 and Arjmand et al.,
2010). The model consisted of six quadratic shear deformable beams with nonlinear
properties to represent T12-S1 segments and seven rigid elements to represent T1-
T12 (as a single body) and lumbosacral vertebrae (L1-S1) (Fig. 1a). For a total body
weight of 68.4 kg and based on available anthropometric data, an upper body
weight of 344.4 N was considered in the model. Weights of upper arms (35.6 N),
forearms/hands (29.3 N) and head (46 N) were applied at their mass centers esti-
mated based on in vivo measurements. The remaining upper body weight
(233.4 N) was distributed eccentrically from the T1 to the L5 (Pearsall, 1994). The
weight in hands was applied at its location measured in vivo.

A sagittally-symmetric muscle architecture with 56 muscle fascicles was con-
sidered (Stokes and Gardner-Morse, 1999) (Fig. 1b and c). Inputs into the model
for each simulated task, based on earlier measurements (Arjmand et al., 2009 and
Arjmand et al., 2010), were the thorax sagittal rotation (T), pelvis sagittal rotation
(P), hand load and distributed gravity loads. Total lumbar rotation (L = T � P), was
subsequently partitioned between individual thoracolumbar vertebrae (T12 to L5)
in accordance with the proportions reported in earlier investigations (Arjmand
and Shirazi-Adl, 2006a). To resolve the redundancy at each spinal level, an opti-
mization algorithm with the cost function of sum of cubed muscle stresses was
employed.

2.2. Passive FE model

CT-scans at 0.625 mm thickness were taken from a healthy male (35 years old,
75 kg, and 178 cm) to reconstruct 3D geometry of the L4-L5 bony structures
(Fig. 2a). The institutional ethic committee’s approval and informed consent were
obtained. The bony structures and endplates were meshed in ABAQUS (Simulia
Inc., Providence, RI) using 4-node tetrahedral solid elements (Fig. 2b). The mesh
of two intervening endplates was used to create the disc by extruding eight circum-
ferential composite layers of collagenous fibers embedded in a ground substance
(Shirazi-Adl et al., 1984 and 1986; Shirazi-Adl, 2006) and the nucleus cavity
(Fig. 2c). The layers were reinforced by rebar elements distributed in concentric
lamellae with crosswise pattern at �±30� (Little, 2004) to represent the annular
fibers. Seven spinal ligaments (Fig. 2b) were modeled by axial tension-only connec-
tor elements. A frictionless surface to surface contact with a minimum articulation
gap distance of 0.6 mm (Dreischarf et al., 2014; Sharma et al., 1998) was used to
simulate the facet joints. Material properties of different joint structures are given
in Table 1.

2.3. Validations

Validation of the MS model is described elsewhere (Arjmand and Shirazi-Adl,
2006a,b; Arjmand et al., 2009, 2010, 2011 and Arjmand et al., 2012; Rajaee et al.,
2015). As for the passive FE model, predicted range of motion (RoM), IDP, and FJFs
under a number of in vitro loading conditions (single and combined moments and
FL) were compared with available in vitro and numerical data (see Section 3).

2.4. Matching the passive FE with MS model

The passive FE model that predicts detailed load-sharing should have geometry
and passive properties similar to those in the MS model. To do this, the initial L4
and L5 inclinations were taken identical by rigidly rotating the initial passive FE
model (constructed from CT images in the supine posture) by 2.5� posterior-wise.
This resulted in the orientation of the L4 and L5 mid-planes at respectively 88�
and 80� (to the horizontal plane) and thus a local L4-L5 lordosis of 8� (Fig. 3). In
addition, nonlinear gross moment-rotation responses were similar in both models
(see Section 3) as nonlinear passive properties of both models were mainly set
based on identical works (Shirazi-Adl, 2006; Shirazi-Adl et al., 1984 and 1986). Disc
cross-sectional area and mid-disc height in the passive FE model (1200 mm2 and
11 mm) were smaller than those in the MS model (1455 mm2 and 13.2 mm) by
�17%.

2.5. Simulated tasks

A total of twelve in vivo symmetric and asymmetric static activities in upright
and flexed postures (Fig. 4) were considered from earlier MS model studies
(Arjmand et al., 2009 and Arjmand et al., 2010; Ghezelbash et al., 2016). These tasks
were chosen because the corresponding measured L4-L5 IDP (Wilke et al., 2001) as
well as the required kinematics (Arjmand et al., 2009 and Arjmand et al., 2010) to
drive simulations were already available. The muscle forces estimated by the MS
model (based on the equilibrium of moments at all levels and optimization) were
subsequently prescribed into the passive FE model along with all upper gravity
loads as well as task-specific kinematics (rotations) of the L4 and L5 vertebrae. To
do so, the L4 and L5 vertebral bodies were first rigidly rotated about their centroids
in the passive FE model to match those in the MS model for the in vivo task under
consideration (identical orientations in the MS and passive FE model). Subse-
quently, vector sum of all gravity loads (i.e., weight of the upper trunk plus load
in hands in case of lifting tasks) and force in muscles with upper insertions at
and above the L4 vertebra were calculated from the MS model (based on the equi-
librium of forces at the L4 center). These resultant forces were then applied to the
center of L4 vertebral body in the passive FE model. Finally, model responses
including L4-L5 IDP, ligament forces and FJFs were computed under prescribed
rotations and resultant forces. For the sake of validation in each simulated task,
the predicted L4-L5 IDP by the passive FE model was compared with the corre-
sponding in vivo measured IDP (Wilke et al., 2001). Moreover, L4-L5 IDP was inde-
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Fig. 1. A schematic of (a) the musculoskeletal model (MS model) as well as its musculatures in (b) the frontal and (c) sagittal planes (only fascicles on one side are shown).
ICPL: iliocostalis, lumborum pars lumborum, ICPT, iliocostalis lumborum pars thoracic; IP, iliopsoas; LGPL, longissimus thoracis pars lumborum; LGPT, longissimus thoracis
pars thoracic; MF, multifidus; QL, quadratus lumborum; IO, internal oblique; EO, external oblique; RA, rectus abdominus. To simulate curved paths of back muscles in forward
flexion tasks, wrapping of global extensor muscles around lumbar vertebrae along with generated contact forces were considered (Arjmand et al., 2006). The deformable
beams represented the overall nonlinear stiffness of T12-S1 motion segments (i.e., vertebrae, discs, facets and ligaments) (Arjmand and Shirazi-Adl, 2006a; Shirazi-Adl, 2006).

Fig. 2. The passive FE model of the L4-L5 motion segment: (a) 3D reconstruction of the bony elements, (b) mesh generation, and (c) eight circumferential layers of disc
annulus. Anterior longitudinal ligament (ALL), posterior longitudinal ligament (PLL), capsular ligament (CL), intertransverse ligament (ITL), ligamentum flavium (LF),
supraspinous ligament (SSL), and interspinous ligament (ISL) were considered in the model.
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pendently estimated in the MS model based on the associated axial compression
force and intersegmental flexion rotation using a quadratic regression equation
(Ghezelbash et al., 2016).

Each in vivo task was also analyzed in the passive FE model under the same
kinematics with an equivalent compressive FL (replacing all gravity and muscle
forces). This equivalent FL was determined by trial-and-error so as to yield an IDP
identical to that predicted by the FE model under muscle exertions and gravity
loads. The FL was applied using pre-compressed unidirectional springs inserted
between the centroids of the L4 and L5 vertebral bodies (Naserkhaki et al.,
2016a). For simulations of the in vivo tasks, the translational degrees of freedom
of the lower endplate and facet joints of the L5 vertebra were kept always fixed
while translational degrees of freedom of the L4 vertebrae were free.
3. Results

3.1. Validation of the passive FE model

Under pure moment of 10 Nm in different planes, the passive FE
model yielded results in overall agreement with the data of the lit-
erature as well as the MS model (e.g., root-mean-squared-error,
RMSE, between predictions of the MS and passive FE model were
smaller than 0.25� in the sagittal plane) (Fig. 5a). Under pure FL
up to 1000 N, the model predicted IDPs within the in vitro range
(Rohlmann et al., 2001) as well as other FE model data
(Dreischarf et al., 2014; Naserkhaki et al., 2016a) (Fig. 5b). Under
7.5 Nm moments in different anatomical planes along with a FL
of 1175 N, the model also predicted IDPs (Fig. 6a), RoMs (Fig. 6b),
and FJFs (Fig. 6c) within the range of computed and measured data.
3.2. Predictions for in vivo tasks

The vertical forces (due to muscles and gravity) and horizontal
forces (due to muscles) on the L4-L5 motion segments were taken
from the MS model (Table 2) and applied into the passive FE model
that in turn computed IDP, FJFs, and ligament forces. Moreover, for
each in vivo activity, the kinematics of the motion segment in the
MS model (Table 2), i.e., L4 and L5 rotations with respect to the ini-
tial configuration in the supine posture, were also obtained from
the MS model (Table 2) and prescribed into the FE model. The pas-
sive FE model predicted IDPs (under muscle forces and gravity
loads) in overall agreement with the corresponding in vivo mea-
sured data (R2 = 0.98 and RMSE = 0.18 MPa). The estimated IDPs
directly from the MS model were also in overall agreement with
the measured IDPs (R2 = 0.98 and RMSE = 0.21 MPa) (Fig. 7). Com-
pared to the upright standing posture with no load, forces in pos-
terior ligaments increased with the trunk forward flexion angle but



Table 1
Material properties of different structures in the passive FE model of the L4-L5 motion segment. Cortical and cancellous bones were assigned transversely isotropic linear elastic
material properties while bony endplates, cartilaginous endplates and posterior bony elements were taken as linear elastic isotropic materials. The annulus ground substance was
modeled as a Mooney-Rivlin hyper-elastic material and nucleus as an incompressible fluid-filled cavity. Nonlinear force-displacement curves were used for ligaments. The
annular fibers (rebars) had nonlinear force-displacement relationship with stiffness increasing from inner to outer lamellae.

Structure Modulus of elasticity (MPa) Poisson’s ratio Reference

Cortical bone Exx = 11300 ѵxy = 0.484 Lu et al. (1996)
Eyy = 11300
Ezz = 22000 ѵyz = 0.203
Gxy = 3800
Gyz = 5400 ѵxz = 0.203
Gxz = 5400

Cancellous bone Exx = 140 ѵxy = 0.45 Lu et al. (1996)
Eyy = 140
Ezz = 200 ѵyz = 0.315
Gxy = 48.3
Gyz = 48.3 ѵxz = 0.315
Gxz = 48.3

Cartilaginous endplate E = 23.8 ѵ = 0.4 Lu et al. (1996)
Bony endplate E = 12000 ѵ = 0.3 Edwards et al. (2001)
Posterior bony structure E = 3500 ѵ = 0.25 Shirazi-Adl et al. (1986)
Annulus ground substance Mooney-Rivlin (C10 = 0.18, C01 = 0.045) Schmidt et al. (2007)
Annulus fibers Nonlinear stress-strain curves Shirazi-Adl et al. (1984) and (1986)
Nucleus pulposus Incompressible fluid-filled cavity Park et al. (2013) and Shirazi-Adl, 1992
Ligaments Nonlinear force-displacement curves Shirazi-Adl et al. (1986)
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decreased in symmetric and asymmetric loaded tasks with 19.8 kg
in hands (Table 2). FJFs were small in the symmetric neutral
upright and flexed postures with no loads in hands but consider-
ably increased in asymmetric tasks and when a 19.8 kg load was
held in hands (Table 2). The equivalent FL, that generates IDP iden-
tical to that by muscle forces for each task, was found to increase
considerably with trunk rotations and remain close to the resultant
force of muscle forces and gravity loads (R2 = 0.99 and
RMSE = 58 N) (Table 2). Moreover, the equivalent FL not only gen-
erated IDP identical to that by muscle forces for each task but
resulted in the similar ligament forces (RMSE < 1 N) and FJFs
(RMSE < 2 N) as those predicted under muscle forces (Table 3).
4. Discussion

While trunk MS models fail to predict the in vivo load sharing
between different spine joint structures, passive FE models, by
not incorporating active musculature, remain inappropriate for
simulation of in vivo tasks. A coupled hybrid model representing
both musculature and detailed passive structures would circum-
80°
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Fig. 3. A schematic of the matched FE and MS m
vent these shortcomings. This study proposed an uncoupled solu-
tion to this problem in which the applied kinematics and
estimated muscle forces in a MS model of an in vivo task were used
to drive a passive FE model that predicted stresses/strains in vari-
ous components. With this approach, the predicted L4-L5 IDPs for
a number of in vivo activities matched measured IDPs (Fig. 7). Such
staggered solution can hence be used to simulate in vivo activities if
appropriate kinematics (from imaging or skin motion analysis) and
in vivo loading conditions under muscle exertions (from a detailed
MS model) are considered into the passive model. Alternatively, an
equivalent FL (specific to each task) can replace muscle and gravity
loads. In clinical applications or design and development of
implants, the passive FE models should be used under in vivo load-
ing conditions obtained fromMSmodels rather than in vitro loading
conditions (i.e., pure moments with or without a FL).

4.1. Limitations

Limitations of the MS model have been discussed elsewhere
(Arjmand and Shirazi-Adl, 2006a). In brief, the optimization-
driven MS model fails to predict any antagonistic muscle forces.
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Fig. 4. Schematics of the twelve tasks simulated by the MS model to predict muscle forces and by the passive FE model to predict joint loads. (1) neutral upright standing
posture with no load in hands located at �15 cm anterior to the L5-S1 disc, (2–8) symmetric forward upper trunk flexion by 10, 20, 30, 40, 50, 60, and 70� (total trunk
inclination with respect to the upright posture) without hand load (arms freely hanging in the gravity direction), (9) left lateral bending of the upper trunk by 10� (arms kept
on the sides), (10) left lateral bending of the upper trunk by 20� (arms hanging on sides), (11) asymmetric one-handed lift of 19.8 kg on the left side at�34 cm lateral and 0 cm
posterior to the L5-S1 disc in the upright posture, and (12) symmetric two-handed lift of 19.8 kg at 25 cm anterior distance to the L5-S1 disc in the upright posture.
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Despite a detailedmuscle architecture (Fig. 1), intersegmentalmus-
cles as well as transverse abdominis muscle and its effect on the
intra-abdominal pressure were neglected. The thoracic spine was
considered to be rigid; an assumption that slightly affects the lower
lumbar spine loads (Ignasiak et al., 2016). As for the passive FE
model, while a wide range of material properties are reported in
the literature for nonlinear behavior of the annulus ground sub-
stance, annulus fibers, and ligaments we intentionally considered
those reported by Shirazi-Adl et al. (1984 and 1986). This was
because passive properties of the intervertebral discs (beams) in
the MS model were also based on the same works. Comparison
between moment-rotation behaviors of the passive FE model with
those of the MS model indicated close agreement (Fig. 5a) as
intended. The passive FE model included only one single level
(L4-L5); we could not therefore predict IDP, FJFs, and ligament
forces at other lumbar levels for the simulated in vivo activities.



Table 2
Outputs of the MS model for the in vivo loading condition of each simulated task as well as outputs of the passive FE model for ligament and facet joint forces (FJFs). The
equivalent follower load (FL) whose application in the passive FE model results in the same intradiscal pressures (IDP) as those obtained by application of muscle forces is also
presented. All rotations (degrees) are positive for anterior direction in the sagittal plane and for left direction in the frontal plane (rotations are given relative to the supine posture
in which geometry of the passive FE model is built). All forces are in N. Vertical forces are positive downward, horizontal forces are positive anterior, and lateral forces are positive
toward left. For the asymmetric tasks, the posture remains symmetric similar to those in the upright standing posture.

MS model outputs = Passive FE model inputs Passive FE model outputs

Symmetric tasks Sagittal L4
rotation

Sagittal L5
rotation

Vertical
force (N)

Horizontal
force (N)

Resultant
force (N)

L4-L5
lordosis

Ligament forces (N) FJF (N) Equivalent

ALL PLL ITL ISL SSL CL LF Left Right FL (N)

Upright standing �6.8 �8.4 440.0 15.0 440.3 6.4 0.0 0.7 2.5 5.9 0.2 0.0 0.0 2.5 2.0 451.0
Flexion 10� �1.1 �4.3 672.1 �9.7 672.2 4.8 0.0 1.5 1.0 5.6 1.1 0.6 3.5 0.0 0.0 692.6
Flexion 20� 5.4 1.0 963.8 �117.2 970.9 3.6 0.0 2.3 1.1 5.9 1.2 6.4 5.6 0.0 0.0 981.0
Flexion 30� 11.1 5.1 1189.7 �277.8 1221.7 2.0 0.0 4.9 1.8 6.6 1.3 12.1 6.1 0.0 0.0 1225.8
Flexion 40� 16.9 9.4 1362.7 �481.0 1445.1 0.5 0.0 8.3 3.8 7.8 4.7 37.1 7.3 0.0 0.0 1454.4
Flexion 50� 22.3 13.0 1447.1 �681.4 1599.5 �1.3 0.0 12.0 8.2 9.2 12.1 82.5 9.2 0.0 0.0 1593.8
Flexion 60� 27.9 16.9 1472.4 �888.4 1719.7 �3.0 0.0 18.7 14.1 22.9 24.3 146.7 10.5 0.0 0.0 1709.7
Flexion 70� 35.2 23.3 1443.3 �1146.5 1843.3 �3.9 0.0 25.0 21.2 38.6 39.4 210.2 11.1 0.0 0.0 1762.4
Symmetric lifting �9.3 �5.3 1366.4 261.5 1391.2 12.0 24.9 0.0 0.0 0.0 0.0 23.3 0.0 182.7 172.3 1553.2

Asymmetric tasks Lateral L4
rotation

Lateral L5
rotation

Vertical
force (N)

Horizontal
force (N)

Lateral
force (N)

Resultant
force (N)

Ligament forces (N) FJF (N) Equivalent

ALL PLL ITL ISL SSL CL LF Left Right FL (N)

Lateral bending 10� 4.4 2.1 574.1 37.8 31.0 576.2 0.0 0.1 2.6 4.0 1.1 0.5 1.4 13.1 5.9 580.7
Lateral bending 20� 8.9 4.3 721.8 53.1 83.7 728.6 0.0 0.2 4.2 4.2 1.3 1.8 1.6 45.2 29.8 750.5
Asymmetric lifting �6.8 �8.4 1560.0 22.6 0.4 1560.2 0.0 0.0 0.0 0.0 0.1 0.0 0.0 25.3 23.1 1637.8

Fig. 7. L4-L5 intradiscal pressure (IDP) predicted by the passive FE model under muscle forces and L4-L5 IDP estimated directly from the MS model as compared with the
measured in vivo data under similar tasks. In vivo values for flexion angles of 50, 60, and 70� were estimated using interpolation from data provided by Wilke et al. (2001).

Table 3
The equivalent compressive follower loads (FL) for each task that yields intradiscal pressure (IDP) equal to that predicted under gravity and muscle force exertions. The associated
ligament forces and facet joint forces (FJFs) under the equivalent FL are also reported.

Symmetric tasks Equivalent Ligament forces (N) FJF (N)

FL (N) ALL PLL ITL ISL SSL CL LF Left Right

Upright standing 451.0 0.0 0.7 2.3 5.5 0.2 0.0 0.0 2.3 1.7
Flexion 10� 692.6 0.0 1.4 1.0 5.3 1.0 0.5 3.2 0.0 0.0
Flexion 20� 981.0 0.0 2.3 1.1 5.6 1.0 6.3 5.5 0.0 0.0
Flexion 30� 1225.8 0.0 4.6 1.7 6.5 1.2 11.9 6.1 0.0 0.0
Flexion 40� 1454.4 0.0 7.9 3.8 7.6 3.5 37.0 7.0 0.0 0.0
Flexion 50� 1593.8 0.0 12.0 8.2 9.2 10.9 81.2 9.1 0.0 0.0
Flexion 60� 1709.7 0.0 18.5 14.0 22.0 23.0 142.0 10.4 0.0 0.0
Flexion 70� 1762.4 0.0 25.0 21.0 37.9 38.5 204.9 10.8 0.0 0.0
Symmetric lifting 1553.2 23.7 0.0 0.0 0.0 0.0 21.9 0.0 185.4 175.3

Asymmetric tasks Equivalent Ligament forces (N) FJF (N)

FL (N) ALL PLL ITL ISL SSL CL LF Left Right

Lateral bending 10� 580.7 0.0 0.1 2.4 3.7 1.0 0.4 1.1 12.5 5.0
Lateral bending 20� 750.5 0.0 0.2 3.9 4.0 1.3 1.5 1.5 40.9 26.7
Asymmetric lifting 1637.8 0.0 0.0 0.0 0.0 0.0 0.0 0.0 22.6 20.8
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4.2. Validation

Predictions of the passive FE model under in vitro loading con-
ditions including pure moment (Fig. 5a), pure FL (Fig. 5b), and a
combination thereof (Fig. 6) were within the range of measured
in vitro (Rohlmann et al., 2001) and computed (Dreischarf et al.,
2014; Naserkhaki et al., 2016a) data. Due to the paucity of in vivo
measurements, we only compared our predictions for the L4-L5
IDP with those recorded in one subject (Wilke et al., 2001)
(Fig. 7). The body weight and height (68.4 kg and 174.5 cm) consid-
ered in the MSmodel were close to those of the male subject (70 kg
and 168 cm) that participated in the IDP measurements (Wilke
et al., 2001). This concordance makes such comparison more rele-
vant as our recent investigations indicate that body weight mark-
edly influences spinal loads (Ghezelbash et al., 2016; Hajihosseinali
et al., 2015). Such comparisons remain however qualitative as disc
cross-sectional areas were quite different; 1800 mm2 in the single
subject (Wilke et al., 2001) versus 1200 mm2 and 1455 mm2 in our
passive FE and MS models, respectively. Disc geometrical parame-
ters (height and area) also affect model predictions (Dreischarf
et al., 2014; Natarajan and Andersson, 1999; Zander et al., 2017).
Moreover, in vivo IDP were collected in only one subject thus
neglecting the inter-individual variabilities. These, along with the
abovementioned simplifications made in the MS model to estimate
muscle forces, may explain the discrepancy between IDP measured
in vivo and predicted by the FE and MS especially at larger flexion
angles. Moreover, the regression equation used to estimate the L4-
L5 IDP in the MS model (Ghezelbash et al., 2016) is only suitable for
sagittally symmetric tasks involving flexion intersegmental rota-
tions that may affect the estimated IDP for the asymmetric lifting
task (Fig. 7).

FJFs vanished in tasks involving forward trunk flexion and
increased in the symmetric lifting (19.8 kg) task (Table 2). To hold
the load in front in the symmetric lifting tasks (Fig. 4), the upper
trunk and thus L4-L5 motion segment extended backward (by 4�)
(Table 2) that along with the increased compressive load (due to
the hand load) resulted in a considerable increase in the FJFs. Sim-
ilar trends have been reported in earlier single motion segment
studies under compression force with or without sagittal rotations
(Shirazi-Adl and Drouin, 1987). Forces in posterior and anterior
ligaments, as expected, increased in tasks with greater segmental
rotations in flexion and extension, respectively, but decreased in
tasks under larger axial compression force (due to smaller tensile
strains in the ligaments). Quite distinct ligament force-
displacement curves have been suggested in literature (Zander
et al., 2004) with the ones considered in the present study falling
among the least stiff ones. It has been shown that under a flexion
moment of 7.5 Nm at the L3-L4 motion segment, predicted force
(by an identical model) in the PLL could vary from �25 N to
205 N depending on the force-displacement curve considered for
this ligament (Zander et al., 2004). A recent modeling investigation,
in agreement with our finding, reported that under in vitro loading
conditions in flexion the maximal force, among all ligaments, is
generated in CL (Naserkhaki et al., 2016a).

4.3. Load sharing between different structures

Estimation of load partitioning as well as tissue level stresses
and strains under in vivo loads allows for a more accurate evalua-
tion of risk of injury when compared to failure threshold of various.
For instance, while risk of injury to the disc and facets increased in
loaded (more demanding) activities (compare higher IDP and facet
forces in symmetric/asymmetric lifting tasks with those in the
neutral standing posture), risk of injury to the posterior ligaments
reduced in loaded tasks (compare smaller ligament forces in sym-
metric/asymmetric lifting tasks with those in the neutral standing
posture) (Table 2 and Fig. 7). Moreover, while risk of injury to the
posterior ligaments and discs increased with the trunk flexion
angle, facets were relieved in these tasks.
4.4. Equivalent FL

A single equivalent FL at a magnitude close to the resultant
force of gravity loads and muscle forces can be applied to the pas-
sive FE model (as an alternative to the gravity loads and muscle
force components) to represent the in vivo loading condition. This
FL was initially estimated in this study by trial-and-error (or by
considering the linear relationship between IDP and FL as shown
in Fig. 5b) so to yield a L4-L5 IDP identical to that predicted under
gravity and muscle exertions. As the L4-L5 rotations under the
equivalent FL and muscle forces were identical, ligament and facet
forces were also found, as expected, similar under muscle forces
and the equivalent FL (Table 3). If a detailed MS model is not avail-
able to estimate muscle forces, it is suggested that simplistic
single-muscle (e.g., Merryweather et al., 2009; Potvin, 1997), com-
mercial MS models (e.g., University of Michigan Center for
Ergonomics, 2014) or our regression equations (Arjmand et al.,
2011 and Arjmand et al., 2012) be used to approximate an equiva-
lent FL (equal to the resultant of the spine compressive and shear
loads) for the activity under consideration. Results clearly indicate
that considering a constant FL (of 1175 N) (Dreischarf et al., 2014)
as the in vivo loading condition for various maximal voluntary
activities in different anatomical planes or a constant FL (of
100 N) (Naserkhaki et al., 2016a) to simulate different submaximal
activities in flexed and extended postures is inaccurate. Moreover,
a FL of 1175 N appears to be too small to represent the in vivo load-
ing in maximal voluntary flexion as according to our MS and pas-
sive FE models this magnitude corresponds to trunk flexion angle
of only �30� (Table 2) and its application to the passive FE model
yields IDP in agreement with the measured IDP in this flexion angle
(Fig. 7).

In summary, a staggered (uncoupled) detailed passive model-
active MS model investigation was performed to predict tissue-
level stresses and load partitioning in spinal segments under vari-
ous in vivo postures. These loads can be applied to passive FE mod-
els when used in clinical applications and design of implants in
which consideration of realistic loading conditions is crucial. Accu-
rate load sharing between various passive structures and thus eval-
uation of risk of injury requires representation of realistic in vivo
loading conditions.
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