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Abstract
Quantification of lumbar spine load transfer is important for understanding low back pain, especially among persons with 
a lower limb amputation. Computational modeling provides a helpful solution for obtaining estimates of in vivo loads. A 
multiscale model was constructed by combining musculoskeletal and finite element (FE) models of the lumbar spine to 
determine tissue loading during daily activities. Three-dimensional kinematic and ground reaction force data were collected 
from participants with ( n = 4 ) and without ( n = 4 ) a unilateral transtibial amputation (TTA) during 5 sit-to-stand trials. We 
estimated tissue-level load transfer from the multiscale model by controlling the FE model with intervertebral kinematics 
and muscle forces predicted by the musculoskeletal model. Annulus fibrosis stress, intradiscal pressure (IDP), and facet 
contact forces were calculated using the FE model. Differences in whole-body kinematics, muscle forces, and tissue-level 
loads were found between participant groups. Notably, participants with TTA had greater axial rotation toward their intact 
limb ( p = 0.029 ), greater abdominal muscle activity ( p < 0.001 ), and greater overall tissue loading throughout sit-to-stand 
( p < 0.001 ) compared to able-bodied participants. Both normalized (to upright standing) and absolute estimates of L4–L5 
IDP were close to in vivo values reported in the literature. The multiscale model can be used to estimate the distribution of 
loads within different lumbar spine tissue structures and can be adapted for use with different activities, populations, and 
spinal geometries.
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1  Introduction

Low back pain (LBP) is common in the general popula-
tion and is the leading cause of disability worldwide (Vos 
et al. 2016). In certain subpopulations who experience more 
extreme repetitive spine kinematics (e.g., gymnasts, cyclists, 
and people with a lower-limb amputation), the prevalence 
of LBP is often attributed to biomechanical factors (Swärd 

et al. 1991; Wilber et al. 1995; Morgenroth et al. 2010). 
Repetitive loading of the spine during lumbar movements 
produces lesions, fractures, injury, and abnormal stresses 
in innervated elements known to be sources of pain, with 
examples including: vertebral body fractures, intervertebral 
disc tears, endplate lesions, and abnormal disc stress (Bog-
duk 2012). Thus, determining how spine kinematics influ-
ence load-transfer within the tissues (i.e., intervertebral discs 
and facets) during daily activities is important for determin-
ing the etiology of population-specific biomechanical LBP.

People with a lower-limb amputation have a greater prev-
alence of LBP (up to 71% ) compared to the general popu-
lation (Burke et al. 1978; Smith et al. 1999). Altered low 
back biomechanics have been implicated as one of the pri-
mary contributing factors to LBP in people with lower-limb 
amputations (Devan et al. 2014; Hendershot and Wolf 2014). 
During walking, people with a transtibial amputation (TTA) 
have greater trunk-pelvis ranges of motion and greater lateral 
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bending toward the prosthetic limb (Rueda et  al. 2013; 
Hendershot and Wolf 2014; Yoder et al. 2015) linked with 
greater L4–L5 spinal loads (Yoder et al. 2015). In addition 
to walking, the sit-to-stand movement is an important activ-
ity of daily living that people with TTA perform approxi-
mately 50 times a day (Bussmann et al. 2004, 2008). Greater 
peak and average net compressive lumbar spinal loads have 
been observed at the L4–L5 level in people with TTA while 
performing sit-to-stand (Actis et al. 2018b). However, the 
distribution of these spinal loads within the lumbar spine 
soft tissue structures is unknown and this information could 
provide useful insight into potential LBP development in 
people with TTA.

Lumbar spinal loads have previously been measured 
in vivo by several methods (Dreischarf et al. 2016). Intra-
discal pressure (IDP) was measured in vivo by the inser-
tion of pressure transducers into the L4–L5 intervertebral 
disc of volunteers performing a variety of movement tasks 
(Nachemson and Morris 1964; Nachemson 1965; Nachem-
son and Elfström 1970; Sato et al. 1999; Wilke et al. 1999, 
2001; Takahashi et al. 2006). Forces and moments trans-
mitted through the spine have also been measured in vivo 
with instrumented implants (Rohlmann et al. 1999, 2013) 
and trunk muscle forces have been measured through the 
use of surface and deep electromyography (EMG) (Chole-
wicki et al. 1995; Stokes et al. 2003; Van Dieen and Kingma 
2005). In vitro disc pressure response has also been meas-
ured in porcine and goat intervertebral discs under compres-
sive loading (Emanuel et al. 2018; Nikkhoo et al. 2018). 
While these methods supply insightful information about 
measurements of spinal loading, they have limitations. 
In vivo methods are invasive and typically do not provide 
simultaneous information of spinal loading at multiple lum-
bar levels and within different soft tissue structures. In vitro 
methods do not account for the role of active structures, are 
not measured in living humans, and are not measured during 
different daily activities.

Computational modeling techniques provide a solution 
for estimation of biomechanical quantities that are difficult 
or impossible to measure in vivo. Musculoskeletal models of 
the lumbar spine and thorax have been previously developed 
and used to estimate spinal muscle force distribution and 
joint contact loads [i.e., De Zee et al. (2007), Christophy 
et al. (2012), Han et al. (2012), Bruno et al. (2015), Ignasiak 
et al. (2016), Bassani et al. (2017), Bayoglu et al. (2017), 
Actis et al. (2018a), Beaucage-Gauvreau et al. (2019)]. 
Although these models provide useful information about 
spinal biomechanics, musculoskeletal models only estimate 
net joint contact forces and lack the capability to estimate 
the distribution of loads within the soft tissues. Finite ele-
ment (FE) models of the lumbar spine have been used to 
estimate lumbar spine tissue loads (i.e., facet contact forces, 
intervertebral disc pressures, and annulus stresses) across a 

variety of participants and using different modeling methods 
(i.e., Schmidt et al. (2010), Lalonde et al. (2013), Dreischarf 
et al. (2014), Campbell et al. (2016), Xu et al. (2017), Lavec-
chia et al. (2018), Rohlmann et al. (2006), Ghezelbash et al. 
(2019a), Liu et al. (2018)]. However, FE models are often 
driven by simplified boundary conditions, lacking physi-
ological motion and loads estimated in vivo.

There are a few studies that have used detailed medical 
image-based in vivo kinematics to drive FE models of the 
spine [i.e., Zanjani-Pour et al. (2018, (2016), Dehghan-
Hamani et al. (2019), Affolter et al. (2020)]. This modeling 
strategy allows for tissue loads to be predicted by partic-
ipant-specific vertebral displacements. However, image-
based methods put participants at risk for increased radiation 
exposure (Brenner and Hall 2007; Verdun et al. 2008), which 
can be difficult to justify clinically. In addition, FE models 
alone still lack anatomical detail and biomechanical infor-
mation (i.e., whole-body kinematics and kinetics) for other 
portions of the body that may be useful for understanding 
relationships between whole-body movements and tissue-
level loading.

Some groups have combined musculoskeletal and FE 
modeling methods for the spine [e.g., Zhu et al. (2013), Tou-
manidou and Noailly (2015), Shojaei et al. (2016), Azari 
et al. (2018), Khoddam-Khorasani et al. (2018), Liu et al. 
(2018)]. This multiscale approach enables estimation of 
tissue loads driven by physiological kinematics and load-
ing within a single simulation framework. These previously 
developed models provide additional insight into spinal 
biomechanics that are lacking when musculoskeletal and 
FE models are used separately. However, many published 
models are either limited by prescribed static positions or 
lack of certain soft tissue details such as ligament, facet, or 
disc material characterization.

For populations that develop LBP as a result of altered 
low back biomechanics, such as people with a lower-limb 
amputation (Devan et al. 2014; Hendershot and Wolf 2014), 
the development of a modeling framework that uses in vivo 
kinematics to investigate low back tissue loads in structures 
known to be susceptible to fatigue failure and LBP (e.g., 
facets, vertebral bodies, and intervertebral discs) (Bogduk 
2012) could be beneficial. This information can provide 
detailed insight into injury risk and pain development to aid 
in targeted rehabilitation, which is still substantially lack-
ing for people with both LBP and a lower-limb amputation 
(Highsmith et al. 2019). A first step toward this goal was 
taken by a previous study that employed a modeling frame-
work to investigate trunk muscle forces and spinal loads in 
people with a unilateral, transfemoral amputation during sit-
to-stand and stand-to-sit (Shojaei et al. 2019). Using a non-
linear FE model, the study found that people with a trans-
femoral amputation had larger peak and mean spinal loads 
compared to able-bodied controls and further suggested 
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that greater spinal loads across the range of daily activities 
may cause fatigue failure of the spine. While this study is 
a valuable first step, the spinal loads investigated were net 
compressive and shear spinal loads and it is unknown how 
those loads are distributed within the different soft tissues of 
the spine. No previous study has investigated lumbar spine 
soft tissue loads during a dynamic activity for people in two 
distinct population groups (i.e., people with and without a 
lower-limb amputation).

Therefore, the purpose of this study was to develop a 
detailed multiscale model of the lumbar spine driven by 
experimental in vivo biomechanics to answer the following 
questions: (1) What loads develop within the tissue struc-
tures of the lumbar spine for individuals with and without 
TTA during sit-to-stand (which is an important activity of 
daily living)? (2) Is there a relationship between an indi-
vidual’s lumbar spine kinematics and the resulting tissue 
loads? The sit-to-stand movement was simulated based on 
measured whole-body kinematics and kinetics. Participant-
specific lumbar spine muscle force distribution, joint contact 
loads, intervertebral motion, and tissue-level loads were esti-
mated. We compared trunk-pelvis kinematics, trunk muscle 
forces, joint loads, and tissue-level loads between groups. 
Estimates of L4–L5 intradiscal pressure for all participants 
were compared to in vivo values measured during sit-to-
stand from Wilke et al. (2001) for indirect validation. We 
expected to observe greater trunk-pelvis ranges of motion, 
trunk muscle forces, net joint loads, and tissue-level loads 
in participants with TTA compared to able-bodied partici-
pants. We also expected to observe good agreement between 
model estimates of L4–L5 intradiscal pressure and in vivo 
measurements.

2 � Methods

2.1 � Musculoskeletal model

Whole-body musculoskeletal models with lumbar spine fidel-
ity were developed in OpenSim v3.3 (simtk​.org) for people 
with and without TTA. Briefly, the able-bodied model con-
tained 294 Hill-type musculotendon actuators, 18 body seg-
ments (torso, five lumbar vertebrae, sacrum, pelvis as well 
as the left and right thigh, shank, calcaneus, talus, and toes), 
and 19 degrees of freedom (DOF) with the motion of the 
five lumbar intervertebral joints constrained by a kinematic 
rhythm that represented each rotational DOF as a linear func-
tion of the total trunk-pelvis motion (Christophy et al. 2012). 
The version of the model with TTA was created by removing 
12 ankle muscles of the residual limb, reducing the residual 
shank mass, and shifting residual shank center-of-mass proxi-
mally following methods described by Silverman and Neptune 
(2012). The prosthetic ankle was modeled using an idealized 

torque actuator similar to Actis et al. (2018b). Both models 
(with and without TTA) have been validated against in vivo 
measurements of muscle activations and L4-L5 joint loading 
during trunk-pelvis range of motion tasks (Actis et al. 2018a), 
and muscle activations have shown good agreement with EMG 
measurements during sit-to-stand Actis et al. (2018b). In addi-
tion, the musculoskeletal models were enhanced by imple-
menting 3-DOF bushing elements at each intervertebral joint 
level to represent the net passive stiffness of the surrounding 
soft tissues (intervertebral discs, spinal ligaments, and facet 
joint capsules) (Senteler et al. 2016).

2.2 � Finite element model

An FE model of the ligamentous lumbar spine created in 
Abaqus/Standard (Simulia, Johnston, RI, USA) replaced the 
L1=-L5 geometry of the musculoskeletal model. The FE 
model has been previously validated for moment-rotation 
response (in vivo data), disc pressure (in vivo), and facet 
force (in vitro) during the six primary bending modes of the 
lumbar spine (flexion, extension, left/right axial rotation, and 
left/right lateral bending). Additional information on model 
development and validation can be found in Campbell et al. 
(2016). Briefly, the FE model consisted of rigid bones and 
endplates, seven relevant spinal ligaments defined as nonlin-
ear tension-only connector elements (Campbell and Petrella 
2015), nucleus pulposus modeled as a nearly incompressible 
fluid cavity with homogeneous fluid pressure, and annulus 
fibrosis modeled using the Holzapfel–Gasser–Ogden (HGO) 
material formulation (Holzapfel et al. 2000; Gasser et al. 
2005). The HGO model is an anisotropic hyperelastic mate-
rial available natively in Abaqus that allows for collagen 
fiber angles to be defined numerically so that morphologi-
cal changes in the continuum do not affect the orientation 
of the fiber network. The HGO strain energy potential was 
defined as,

with

where U is the strain energy per unit of reference volume; 
C10 , D, k1 , k2 , and � are temperature-dependent material 
parameters; N is the number of families of collagen fibers 
(N = 2) ; Ī1 is the first invariant of �̄ (the distortional part of 
the right Cauchy–Green strain tensor); Jel is the elastic vol-
ume ratio; and Ī4(𝛼𝛼) are pseudo-invariants of �̄ and �� . The 
parameter C10 is equal to �∕2 , where � is the shear modulus 
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of the annulus. D characterizes the volumetric response of 
the annulus and is inversely proportional to the bulk modu-
lus. The quantity Ē𝛼 constitutes the deformation of the fam-
ily of collagen fibers with mean direction �� . For perfectly 
aligned fibers ( � = 0 ), Ē𝛼 = Ī4(𝛼𝛼) − 1 and for randomly dis-
tributed fibers ( � =

1

3
 ), Ē𝛼 = (Ī1 − 3)∕3 . The annulus fibrosis 

properties in the present study were divided into anterior, 
lateral, and posterior regions (Rao 2012). The parameters 
C10 , k1 , and k2 were defined based on experimental findings 
for each region (Eberlein et al. 2001, 2004; Malandrino et al. 
2013) and fiber angles were based on the average angle for 
each region as defined by a regression model from Holzapfel 
et al. (2005). The annulus material parameters were used in 
a sensitivity analysis and further considered in a material 
stiffness calibration described in Sect. 2.3.

For computational efficiency, facet cartilage was mod-
eled using rigid hexahedral elements. Rigid contact sur-
faces were created for each facet pair and contact interac-
tion was defined using frictionless softened contact with a 
linear pressure-overclosure relationship. The original slope 
( k = 100 MPa/mm) used to define the pressure-overclosure 
curve (Campbell et al. 2016) was increased in the present 
study by one order of magnitude ( k = 1000 MPa/mm) to pre-
vent excessive penetration between facet contact pairs. This 
change had no effect on predicted facet contact forces, it only 
ensured successful completion of all FE simulations across 
the wide range of subject-specific movement and loading 
patterns examined.

The number of elements for each portion of the FE model 
included 7470 elements for each vertebra, 2154 quadrilateral 
surface elements per disc to model the nucleus pulposus 
fluid cavity, 3108 linear hexahedral elements per disc for 
the annulus fibrosis, and 1200 rigid hexahedral elements for 
each facet cartilage pair.

2.3 � Model calibration

2.3.1 � Stiffness calibration

A material property calibration was employed such that the 
FE model would be capable of producing realistic estimates 
of tissue loads when driven by physiological kinematics and 
muscle forces. We found this particularly important in the 
context of the high flexion angles attained by participants in 
the sit-to-stand activity. Although the FE model had been 
previously validated at low flexion angles (<5◦ ), initial test-
ing of the multiscale model revealed excessively high disc 
pressure and annulus stress at peak flexion angles ( ≈60◦ ). 
Based on a previous sensitivity study using a fractional fac-
torial design of experiments (DOE) to determine the influ-
ence of intervertebral disc hyperelastic material parameters 
on a lumbar functional spinal unit (Honegger et al. 2019), 
the parameters found to have the strongest influence on all 

lumbar spine responses (intradiscal pressure, axial section 
load, facet contact force, and intervertebral rotation) were 
� , C10 , and D (Eqs. 1 and 2). The coefficient C10 is directly 
related to the annulus fibrosis shear modulus, which has 
been consistently reported ( � = 0.5 MPa) (Eberlein et al. 
2001, 2004). Therefore, this parameter was not changed. 
Parameters � and D were selected for calibration and were 
manually tuned to seek reasonable agreement of FE model 
predictions with in vitro data for moment-rotation, disc pres-
sure, axial force-displacement, and annulus stress reported 
in the literature (please see Sect. 2.4). � was tuned from its 
initial value of 0 (Campbell et al. 2016) to 0.27. In addition, 
although annulus tissue is often assumed to be incompress-
ible ( D = 0 ), D > 0 can serve as a user-specified penalty 
parameter in the HGO model (Eberlein et al. 2001) and 
tuning this value allows a small amount of compressibility. 
Thus, the D parameter was calibrated to a value of 0.3 simi-
lar to previous studies that represented the annulus fibrosis 
with a hyperelastic material (Rohlmann et al. 2009; Kiapour 
et al. 2012).

2.3.2 � Rhythm calibration

The fundamental rationale of the multiscale framework 
was that the musculoskeletal length scale was intended to 
capture whole-body biomechanics with limited tissue-level 
detail, while the FE model was specifically included to focus 
on the detail of tissue-level structures. Although the mus-
culoskeletal model was originally reported with a lumbar 
rhythm (Christophy et al. 2012), in light of our multiscale 
modeling rationale it was only sensible to employ the lumbar 
kinematic rhythm that naturally arose from the geometry and 
soft tissue structures of the FE model. The FE kinematic 
rhythm was, therefore, simulated using pure bending tests 
of 7.5 Nm (Wilke et al. 1998). The relative contribution of 
each intervertebral rotation to total lumbar spine (L1–L5) 
rotation was measured for each DOF (Fig. 1) and applied 
to the musculoskeletal model. The L5-S1 contribution to 
lumbar rotation remained unchanged from Christophy et al. 
(2012), as our FE model did not contain S1. Although our 
rhythm was different from the original, it was nevertheless in 
good agreement with lumbar ranges of motion and kinematic 
rhythms reported in the literature (Wong et al. 2006; Pearcy 
1985; Fujii et al. 2007; Rozumalski et al. 2008).

2.4 � Validation of tissue loads

Following calibration of the FE model intervertebral stiff-
ness properties, preliminary validation of the lumbar spine 
moment-rotation and force-displacement response was con-
ducted to ensure appropriate model predictions prior to run-
ning full simulations of the multiscale modeling framework. 
The moment-rotation response of the updated FE model was 
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compared to the median response of reported in vitro data 
from ten lumbar spines (Rohlmann et al. 2001) and the range 
of responses from eight published FE models of the lum-
bar spine (Dreischarf et al. 2014; Ayturk and Puttlitz 2011; 
Kiapour et al. 2012; Little et al. 2008; Liu et al. 2011; Park 
et al. 2013; Schmidt et al. 2012; Shirazi-Adl 1994; Zander 
et al. 2009) by applying pure bending moments of 7.5 Nm in 
flexion, extension, lateral bending, and axial rotation Wilke 
et al. (1998) to the L1–L5 spine (Fig. 2). The rotational 
stiffness values for the lumbar spine bushings in the mus-
culoskeletal model were subsequently updated from their 
original values defined in Senteler et al. (2016) with the new 

linear stiffness values calculated from the moment-rotation 
response of the FE model (Table 1).

The force-displacement response of the L2–L3 FE 
intervertebral disc under uniform axial compression was 
compared to a range of responses from in vitro data (Brown 
et al. 1957; Markolf and Morris 1974; Tencer et al. 1982; 
Asano et al. 1992; Jamison et al. 2013; Marini et al. 2016) 
as well as a range of responses from the FE models in 
Ghezelbash et al. (2019b) (Fig. 3). The intradiscal pressure 
response of the L4–L5 intervertebral disc under compression 
was compared to in vitro data from 15 lumbar spine seg-
ments (Brinckmann and Grootenboer 1991) and, again, to 
the range of model responses from the FE models in Ghez-
elbash et al. (2019b) (Fig. 4).

In consideration of the calibrated FE model responses 
falling within the range of moment-rotation, disc pressure, 
and force-displacement responses reported by previous 
in vitro and FE modeling studies (Figs. 2, 3, and 4), the FE 
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Fig. 1   Lumbar spine rhythm used in the multiscale model. The L1–
L5 values were calculated from the FE model pure bending simula-
tions of 7.5 Nm. L5–S1 rhythm values remained unchanged from 
Christophy et al. (2012)

Fig. 2   Moment-rotation response validation comparing the L1–L5 
results from the calibrated FE model to in  vitro values from Rohl-
mann et al. (2001). The error bars indicate the range of in vitro val-
ues at 7.5 Nm. The shaded area defines the range of moment-rota-
tion responses from the 8 FE models investigated in Dreischarf et al. 
(2014) which are Ayturk and Puttlitz (2011); Kiapour et  al. (2012); 
Little et al. (2008); Liu et al. (2011); Park et al. (2013); Schmidt et al. 
(2012); Shirazi-Adl (1994); Zander et al. (2009)

Table 1   Intervertebral stiffness values for all 3 rotational degrees of 
freedom for lumbar spine levels L1–L5 computed by the FE model in 
isolated moment-rotation simulations

Rotational stiffness (Nm/rad)

Lumbar level Flexion/extension 
( K

RZ
)

Lateral bending 
( K

RX
)

Axial 
rotation 
( K

RY
)

L1-L2 39 51 128
L2-L3 45 63 183
L3-L4 66 64 187
L4-L5 72 72 185

Fig. 3   Force-displacement response validation comparing L2–L3 
results from the calibrated FE model to in vitro values from Brown 
et al. (1957); Markolf and Morris (1974); Tencer et al. (1982); Asano 
et al. (1992); Jamison et al. (2013); Marini et al. (2016) as well as the 
range of responses from the FE models in Ghezelbash et al. (2019b)
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model was deemed credible for inclusion in the multiscale 
modeling workflow.

2.5 � Multiscale model

The FE geometry was scaled uniformly to each participant 
based on torso length (Fig. 5.1) and registered to the nominal 
configuration of the lumbar spine musculoskeletal model in 
the global reference frame using an Iterative Closest Point 
algorithm (Bergström 2006) (Fig. 5.2). Intervertebral bush-
ing locations were also adjusted to match the scaled joint 
locations calculated by the OpenSim scaling tool. Lumbar 
spine muscle attachment locations were obtained from the 
musculoskeletal model (van Arkel et al. 2013; Phillips et al. 
2015) and transferred to the FE model for application of 
muscle forces (Fig. 5.4). Connector elements were defined 
in Abaqus at each intervertebral level to control relative rota-
tion of adjacent vertebrae, and 3-DOF rotational kinemat-
ics from the musculoskeletal model were applied as inputs 
to the FE model. Translational DOFs at each intervertebral 

Fig. 4   Intradiscal pressure response validation comparing L4–L5 
results from the calibrated FE model to in vitro values from Brinck-
mann and Grootenboer (1991) and the range of FE model responses 
investigated in Dreischarf et  al. (2014) which include Ayturk and 
Puttlitz (2011); Kiapour et  al. (2012); Little et  al. (2008); Liu et  al. 
(2011); Park et al. (2013); Schmidt et al. (2012); Shirazi-Adl (1994); 
Zander et al. (2009). The error bars indicate the range of in vitro val-
ues at 0 N, 300 N, and 1000 N, respectively

Fig. 5   Multiscale model workflow: (1) Experimental data collection 
on participants performing sit-to-stand; (2) lumbar spine geometry 
registration; (3) sit-to-stand simulation of the musculoskeletal model; 
(4) muscle attachment locations and intervertebral rotational connec-
tor definitions; (5) prescription of joint angles, boundary conditions, 

muscle forces, and joint contact forces; (6) FE simulation; (7) deter-
mination of whole-body and tissue-level relationships between lum-
bar spine rotations and annulus fibrosis stress, intradiscal pressure, 
and facet contact force
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level remained free in the FE model to enable realistic spinal 
motion and load transfer.

2.6 � Experimental protocol

Eight people, four able-bodied (1 male, 3 females, 23.3 ± 2.9 
years, 1.66 ± 0.06 m, 65.9 ± 9.3 kg) and four with a unilat-
eral TTA (4 males, 45.5 ± 14.8 years, 1.84 ± 0.02 m, 99.4 
± 15.3 kg), provided written informed consent to participate 
in the institutionally-approved experimental protocol. No 
participant had more than minimal LBP as indicated by the 
Modified Oswestry Low Back Pain Questionnaire (Fairbank 
and Pynsent 2000) (able-bodied: 0 ± 0%, TTA: 2.5 ± 3%).

All participants performed five self-paced sit-to-stand tri-
als, starting from seated with hips, knees, and ankles at 90◦ 
of flexion and feet hip-width apart on separate force plates 
(1200 Hz, AMTI Inc., Watertown, MA) (Fig. 5.1) Partici-
pants were instructed to keep arms folded across the chest 
for the duration of the trial. Kinematics were collected at 
120 Hz using a 20-camera motion capture system (Motion 
Analysis Corp., Santa Rosa, CA) and a full-body marker set 
including reflective markers placed at C7, T8, sternal notch, 
xiphoid process, and bilaterally at the acromion, posterior 
superior iliac spine, anterior superior iliac spine, iliac crest, 
greater trochanter, 4-marker thigh cluster, medial/lateral 
femoral condyles, 4-marker shank cluster, medial/lateral 
malleoli, heel, 1st metatarsal head and 5th metatarsal head.

2.7 � Multiscale simulation workflow

Motion capture kinematics and ground reaction forces 
(GRFs) were low-pass filtered with a bi-directional 4th-
order Butterworth filter with cutoff frequencies of 6 and 10 
Hz, respectively. Participant-specific uniform segment scale 
factors were determined, and the inverse kinematics solution 
was computed using a least-squares optimization algorithm 
(Lu and O’Connor 1999) in Visual3D (C-Motion, Inc., Ger-
mantown, MD). Uniform scale factors were input into the 
OpenSim scaling tool and applied to the generic muscu-
loskeletal model. The duration of sit-to-stand extracted for 
use with the multiscale model was defined as the moment of 
lift-off from the chair to upright standing. The instant of lift-
off was determined as in Actis et al. (2018b). Termination of 
trunk center-of-mass velocity defined upright standing. The 
inverse kinematics solution and GRFs for the sit-to-stand 
duration were then input to the residual reduction algorithm 
(RRA) in OpenSim to reduce residual forces and moments 
at the pelvis, improving dynamic consistency (Fig. 5.3). A 
static optimization algorithm using interior point optimiza-
tion (Wächter and Biegler 2006) was performed to resolve 
the net joint torques from RRA into individual muscle forces 
at each time step, by minimizing the objective function (Her-
zog 1987):

subject to the following constraints, for j = 1 ∶ k:

where am refers to the activation of muscle m, f is the maxi-
mum force of the muscle as a function of its maximum iso-
metric force ( F0

m
 ), length ( lm ), and velocity ( vm ), rmj is the 

moment arm of muscle m about joint j, n is the number of 
muscles spanning joint j, k is the total number of joints in 
the model, and �j is the net joint torque at joint j. Detail on 
the theory and implementation of the muscle model used 
for the 294 musculotendon actuators, which is based on the 
Hill-type muscle model (Hill 1938), can be found in the 
Appendix section of Thelen (2003).

The maximum isometric force of each trunk muscle 
was systematically increased by 10% for models that failed 
during the static optimization procedure. This increase 
was to ensure that the model was using muscles and not 
additional reserve torque actuation to reproduce the exper-
imentally-measured motion. The muscles were incremen-
tally scaled until the solver was able to find a solution at 
all time points of the corresponding trial. The means and 
standard deviations of the trunk maximum isometric force 
scale factors for able-bodied participants and participants 
with TTA were 1.23 ± 0.18 and 2.27 ± 0.77, respectively. 
Similarly, other musculoskeletal modeling studies have 
increased the maximum isometric forces of trunk muscles 
to ensure sufficient muscle strength for different dynamic 
simulations of movement (Raabe and Chaudhari 2016; 
Beaucage-Gauvreau et al. 2019).

Muscle forces for all trunk muscle fascicles were com-
bined into relevant groups and summed for each sit-to-
stand trial. The muscle groups and their corresponding 
muscle fascicles were: erector spinae (longissimus tho-
racis pars thoracis, longissimus thoracis pars lumborum, 
iliocostalis lumborum pars thoracis, and iliocostalis lum-
borum pars lumborum); psoas major; multifidus; rectus 
abdominis; obliques (internal and external obliques); and 
quadratus lumborum. Averages were computed for each 
participant over 5 trials and then for each participant 
group.

Intervertebral joint angles resulting from application of 
the lumbar kinematic rhythm in OpenSim were applied to 
the FE model (Fig. 5.5). A custom OpenSim plugin (van 
Arkel et al. 2013; Phillips et al. 2015) (simtk​.org) was used 
to obtain the muscle force unit vectors and magnitudes for 
each lumbar spine muscle and then applied to the FE model 
as loading conditions (Fig. 5.5–6). Joint contact forces and 
moments were also extracted for the joint between the torso 

(3)J =

294∑

m=1

(am)
2,

(4)
n∑

m=1

[
amf (F

0

m
, lm, vm)

]
rmj = �j,

https://simtk.org
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and L1 in the musculoskeletal model and applied to the FE 
model for dynamic consistency (Fig. 5.5–6).

2.8 � Output statistical analysis

To quantify bilateral symmetry and capture potential bio-
mechanical differences between amputated vs. intact limbs 
(among participants with TTA) and dominant vs. non-dom-
inant (among able-bodied participants), a symmetry index 
of vertical ground reaction force (vGRF) was calculated 
(Burnett et al. 2011):

where the symmetry index (SI) for a single trial is calculated 
by dividing the peak vGRF for the residual (R) limb (or 
non-dominant (ND) limb) by the peak vGRF for the intact 
(I) limb (or dominant (D) limb).

Trunk-pelvis rotations in the three anatomical planes 
(sagittal, frontal, and transverse), spinal muscle forces, and 
net L4–L5 joint contact loads for each sit-to-stand trial were 
extracted from the musculoskeletal simulations for compari-
son. To focus on one relevant level for comparison to in vivo 
data (Wilke et al. 2001), tissue-level load transfer metrics 
were extracted from only the L4–L5 level. The tissue-level 
metrics selected for output from the FE simulations were 
annulus fibrosis von Mises (vM) stress (peak value), facet 
contact forces, and nucleus pulposus fluid cavity pressure. 
Annulus stress results were extracted from the posterior 
region as this is the location known for damage to initiate 
and propagate (Shahraki et al. 2015) and known to exhibit 
high stresses that correlate with pain (McNally et al. 1996; 
Bogduk 2012). Facet contact forces at each level were cal-
culated by summing the values from the right and left sides 
of the anatomy.

A total of 40 sit-to-stand trials were simulated for the 
eight participants. Although trial duration varied (0.82–1.79 
s), output curves were normalized by extracting results at 
100 evenly-spaced time points for each trial. The range 
and maximum value were identified for each curve; these 
were then averaged over the five trials for each participant 
and pooled by participant group (referred to below as RNG 
(range) and MAX (maximum value)). Complete output 
curves were also averaged over all trials for each participant 
and average curves were pooled by group (referred to below 
as TOT (total curve)). Comparisons were made between par-
ticipant groups with and without TTA using t-tests ( �=0.05). 
Effect size was calculated for each t-test using Cohen’s d 
(Cohen 1992).

To determine if tissue-level loading could be reliably 
predicted from lumbar rotations alone without the need 
for a multiscale model, we plotted the participant average 

(5)SI =
Peak vGRF(R,ND)

Peak vGRF(I,D)

curves for each tissue-level outcome metric versus each 
lumbar spine rotation to look for trends (Fig. 5.7).

2.9 � Intradiscal pressure comparison

Out of the range of tasks analyzed in previous studies 
that measured in vivo L4–L5 intradiscal pressure (IDP) 
(Nachemson 1965; Wilke et al. 1999; Sato et al. 1999; 
Wilke et al. 2001), only Wilke et al. (2001) measured IDP 
during the task of standing up from a chair. The study only 
reports the peak pressure value during sit-to-stand for a 
single participant. For validation of multiscale IDP esti-
mates, we compared our predictions from all participants 
to the peak IDP during sit-to-stand reported in Wilke et al. 
(2001). L4–L5 IDP estimates from the multiscale model 
comprised direct pressure results from the FE model and 
axial L4–L5 joint contact loads from OpenSim that were 
converted to IDP using two conversion equations. The first 
equation is from Dreischarf et al. (2013),

and the second expression is from Ghezelbash et al. (2016),

where FC is the axial compressive force, CSA is the disc 
cross-sectional area, 0.66 is a correction factor for conver-
sion between IDP and compressive loading (Nachemson 
1960; Dreischarf et al. 2013), P (MPa) is the nominal pres-
sure ( FC∕CSA ) and � ( ◦ ) is the L4–L5 intersegmental flexion 
angle. The intervertebral disc CSA was defined as 18 cm2 , 
reported by Wilke et al. (2001). Comparisons of L4–L5 IDP 
normalized to the upright standing value (taken as the final 
data point in our sit-to-stand simulation) as well as compari-
sons of absolute values of L4–L5 IDP were made.

3 � Results

Both the musculoskeletal and FE simulations completed 
successfully for all 40 sit-to-stand trials. Average root-
mean-squared (RMS) residual forces and moments in the 
musculoskeletal model across all participants and all tri-
als were small, indicating credible results (0.94, 0.41, 0.88 
%BW forces in the anterior/posterior, superior/inferior, and 
medial/lateral directions, and 0.36, 0.21, and 2.60 %BW-m 
moments in the frontal, transverse, and sagittal planes).

(6)IDP =
FC

CSA × 0.66

(7)
IDP(P, �) = − 1.556 × 10−2 + 1.255P + 1.243

× 10−2� + 3.988 × 10−2P2 − 1.212

× 10−2P� + 1.669 × 10−3�2,
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3.1 � Kinematics

Values of trunk-pelvis range of motion in the sagittal, fron-
tal, and transverse planes were not different between groups 
(Fig. 6, t tests not shown). However, the comparison of aver-
age curves pooled by group (TOT) revealed that average 
trunk-pelvis angles over the sit-to-stand motion were greater 
for participants with TTA compared to able-bodied partici-
pants in all planes ( p < 0.001 ) (Table 2). The maximum 
values for axial rotation (i.e., toward the intact or dominant 
limb) were greater in participants with TTA ( p = 0.029 ) 
and the minimum values for axial rotation (i.e., toward the 
non-dominant or residual limb) were greater in able-bodied 
participants ( p = 0.017 ) (Table 2). In addition, the greatest 
differences in trunk-pelvis kinematics between participants 
with and without TTA occurred at the moment of lift-off, 
in which participants with TTA were an average of 12.8circ 
more flexed and 2.5circ more axially rotated (Fig. 6).

3.2 � Symmetry index

Participants with TTA had a smaller symmetry index 
( SI = 0.83 ) compared with able-bodied participants 
( SI = 1.00 ) ( p < 0.001 ) (Table  2). These values indi-
cate favoring of the intact limb for participants with TTA 
while able-bodied participants remained more symmetric 
(Equation 5).

3.3 � Muscle forces

Average values of trunk muscle forces over the sit-to-stand 
cycle (TOT) were greater among participants with TTA 
compared to able-bodied participants ( p < 0.05 ) for all 
muscle groups (Fig. 7, Table 2). The range of erector spi-
nae muscle forces approached being significantly greater for 
able-bodied participants compared to participants with TTA 
( p = 0.081 ). The ranges of rectus abdominis and quadra-
tus lumborum muscle forces were greater for participants 
with TTA compared to participants without ( p < 0.05 ) 
(Table 2). The maximum rectus abdominis and quadratus 
lumborum muscle forces were also greater for participants 
with TTA ( p < 0.001 ) (Fig. 7, Table 2). Average values for 
rectus abdominis and quadratus lumborum muscle forces 
throughout sit-to-stand (TOT) were 0.07 and 0.47 BW, 
respectively, for participants with TTA, while able-bodied 
participant averages were much lower (6E–4 and 0.03 BW, 
respectively) (Table 2).

3.4 � Net joint contact loads

Net compressive and shear L4–L5 joint contact loads were 
greater on average (TOT) in participants with TTA com-
pared to able-bodied participants ( p < 0.05 ) (Table 2). Aver-
age force values were 2.63 and 1.77 BW in compression and 
0.76 and 0.56 BW in shear for participants with and without 
TTA, respectively. In addition, the maximum compressive 
L4–L5 load was greater for participants with TTA (4.29 
BW) compared with able-bodied participants (3.12 BW) 
( p = 0.042 ) (Table 2).

3.5 � Tissue‑level mechanics

For all tissue-level load transfer metrics investigated (annu-
lus fibrosis vM stress, facet contact force, and intradiscal 
pressure), average values over the sit-to-stand cycle (TOT) 
were greater for participants with TTA compared with able-
bodied participants (Table 2). The range of L4–L5 facet 
contact forces approached being significantly greater for 
participants with TTA (508 N) compared to able-bodied 
participants (279 N) ( p = 0.054 ) (Table 2). The maximum 
values for facet contact force and intradiscal pressure also 
approached being significantly greater for participants with 

Fig. 6   Trunk-pelvis kinematics (mean) for participants with (TTA) 
and without (AB) a transtibial amputation (solid and dashed curves). 
Kinematics for individual trials are shown as light red lines for able-
bodied participants and light blue lines for participants with TTA​



348	 J. D. Honegger et al.

1 3

TTA (mean values of 513 N and 3.96 MPa, respectively) 
compared to able-bodied participants (mean values of 282 
N and 2.81 MPa, respectively) (Table 2).

3.6 � Kinematic and load relationships

Relationships between tissue-level load transfer metrics 
and lumbar rotations (Fig. 8) generally indicated that annu-
lus fibrosis stress and IDP were highest shortly after lift-
off when all three lumbar rotations deviated to the great-
est extent from their zero values (referenced to a nominal 
standing posture). Facet forces had the opposite trend, with 
higher force values predicted when lumbar rotations were 
near zero and away from a flexed position. Other clear trends 
in variation of tissue loads with spinal motion were not visu-
ally obvious, highlighting what appeared to be strongly indi-
vidual patterns of loading and motion during the sit-to-stand 
task.

3.7 � Annulus fibrosis stress

The annulus vM stress peak moved about the posterior por-
tion of the annulus for each participant in a manner that 
consistently tracked with individual kinematics. The overall 
peak stress occurred in the inner postero-lateral region of 

the disc just after lift-off at the moment of maximum flexion 
and/or lateral bending (Fig. 9). The stress peak then moved 
to the mid-sagittal plane as participants became less flexed 
and bent laterally, and it continued decreasing until the 
end of the sit-to-stand cycle (Figs. 8, 9). Some participants 
without TTA maintained very symmetric motion during the 
sit-to-stand task, but for any participant who bent laterally 
while rising from the chair, the overall peak annulus stress 
was always on the side to which the individual was leaning.

3.8 � Intradiscal pressure comparisons

Results for IDP from the musculoskeletal model normalized 
to upright standing were in good agreement with Wilke et al. 
(2001) for both participant groups (Fig. 10). Normalized 
IDP estimates from the FE model for participants with TTA 
also fell within the range of the previously reported data, 
but FE results for the able-bodied participants were slightly 
higher than Wilke et al. (2001). Comparing absolute values 
of L4–L5 IDP during upright standing, only the range of 
musculoskeletal model estimates for able-bodied partici-
pants using the conversion equation from Ghezelbash et al. 
(2016) (0.42–0.76 MPa) were close to the value reported by 
Wilke et al. (2001) (0.5 MPa) (Fig. 10). The IDP estimates 
for able-bodied participants from the musculoskeletal model 

Fig. 7   Summed trunk and abdominal muscle forces per body-
weight (erector spinae: longissimus thoracis pars thoracis, longis-
simus thoracis pars lumborum, iliocostalis lumborum pars thoracis, 
and iliocostalis lumborum pars lumborum; psoas major; multifidus; 
rectus abdominis; obliques: internal and external obliques; and quad-

ratus lumborum) (mean values) for able-bodied participants (solid red 
lines) and participants with TTA (dashed blue lines). Individual mus-
cle force sums for each sit-to-stand trial are shown as light red lines 
for able-bodied participants and light blue lines for participants with 
TTA​
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using the Dreischarf et al. (2013) conversion equation (lower 
bound = 0.53 MPa) and from the FE model (lower bound = 
0.52 MPa) were close to the in vivo results. All estimates of 
absolute IDP during upright standing for participants with 
TTA were greater than the value reported in Wilke et al. 
(2001) (Fig. 10).

One able-bodied participant from our study (height = 175 
cm, weight = 70 kg), denoted as AB1, matched the anthro-
pometry of the participant in Wilke et al. (2001) (height 
= 174 cm, weight = 72 kg). Thus, this participant’s resulting 
L4–L5 IDP was also compared separately. Model estimates 
for IDP during upright standing were close in magnitude 
to the in vivo value reported in Wilke et al. (2001) (0.5 
MPa) (Fig. 11). However, estimates for peak IDP during 
sit-to-stand all over-estimated the value from Wilke et al. 
(2001) (Fig. 11). The peak IDP averaged across all AB1 tri-
als for the musculoskeletal model using the Dreischarf et al. 
(2013) conversion factor, the musculoskeletal model using 
the Ghezelbash et al. (2016) conversion factor, and the FE 

model were 1.5, 1.3, and 2.1 MPa, respectively compared to 
1.1 MPa reported in Wilke et al. (2001).

4 � Discussion

A multiscale model of the lumbar spine was developed for 
people with and without TTA to investigate loads within 
the tissue structures of the lumbar spine during sit-to-
stand and to determine if there is a relationship between 
an individual’s lumbar spine kinematics and the result-
ing tissue loads. To the best of our knowledge, this was 
the first study to use a multiscale modeling framework 
to estimate lumbar spine tissue loads for two distinct 
population groups while simulating a dynamic activity of 
daily living. The multiscale model was robust to changes 
in participant characteristics and model inputs, success-
fully simulating all 40 trials. The model provided insight 
into participant-specific lumbar spine kinematics and the 

Table 2   Summary of group mean (±SD) of outcome metrics that 
were significantly different ( p < 0.05 , *) or approached significance 
( 0.05 ≤ p ≤ 0.1 , ̃ ). Measures include range of values (RNG), maxi-

mum values (MAX), minimum values (MIN), and the overall average 
of values (TOT), where (D/I) and (N/R) refer to dominant/intact and 
non-dominant/residual limb, respectively

Metric DOF, Group, or Location Measure TTA​ Able-bodied Effect size p value

Symmetry index Vertical GRF N/A 0.83 (0.11) 1.00 (0.1) 1.647 0.000*
Trunk-pelvis angle (°) Flexion (−)∕ Extension (+) TOT −18.3 (16.5) −5.93 (12.8) 0.842 0.000*

Lateral bending TOT 0.76 (3.77) −0.10 (3.04) −0.251 0.000*
Axial Rotation MAX (D/I) 5.75 (3.45) 0.67 (0.92) −2.010 0.029*

MIN (N/R) −0.40 (1.38) −3.65 (1.41) −2.329 0.017*
TOT 2.74 (2.97) −1.62 (1.45) −1.862 0.000*

Muscle force (BW) Erector Spinae RNG 1.41 (0.08) 1.83 (0.39) 1.481 0.081 ̃
TOT 1.52 (0.42) 1.41 (0.70) −0.190 0.007*

Psoas Major TOT 0.27 (0.27) 0.15 (0.10) −0.580 0.000*
Multifidus TOT 0.37 (0.23) 0.27 (0.16) −0.493 0.000*
Rectus Abdominis RNG 0.06 (0.03) 3E-3 (6E-3) −2.867 0.007*

MAX 0.11 (0.03) 3E-3 (7E-3) −4.881 0.000*
TOT 0.07 (0.02) 6E-4 (2E-3) −4.163 0.000*

Obliques TOT 0.22 (0.20) 0.09 (0.05) −0.924 0.000*
Quadratus RNG 0.50 (0.02) 0.08 (0.03) −15.06 0.000*

   Lumborum MAX 0.79 (0.04) 0.09 (0.03) −19.50 0.000*
TOT 0.47 (0.14) 0.03 (0.02) −4.542 0.000*

Net joint loading (BW) L4-L5 Compression MAX 4.29 (0.73) 3.12 (0.54) −1.822 0.042*
TOT 2.63 (0.83) 1.77 (0.71) −1.113 0.000*

L4-L5 A/P Shear TOT 0.76 (0.22) 0.56 (0.26) −0.814 0.000*
Annulus fibrosis von mises 

stress (MPa)
L4-L5 Posterior, Peak TOT 4.82 (2.54) 2.99 (1.99) −0.805 0.000*

Facet contact force (N) L4-L5 RNG 508 (38.0) 279 (188) −1.687 0.054 ̃
MAX 513 (39.4) 282 (191) −1.673 0.056 ̃
TOT 138 (116) 37.7 (49.2) −1.126 0.000*

Intradiscal pressure (MPa) L4-L5 MAX 3.96 (0.93) 2.81 (0.58) −1.484 0.081 ̃
TOT 2.13 (0.96) 1.39 (0.75) −0.867 0.000*
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magnitude, timing, and distribution of tissue-level load 
transfer, which answered our first question: What loads 
develop within the tissue structures of the lumbar spine 
for individuals with and without TTA during sit-to-stand? 
With the exclusion of trunk-pelvis ranges of motion, our 
results did follow our expectations that participants with 
TTA would exhibit greater trunk muscle forces, net joint 
loads, and tissue-level loads compared with able-bodied 
participants (Fig. 7, Table 2).

Participants with TTA adopted a more flexed posture 
and rotated their trunk toward the intact limb as opposed 
to able-bodied participants who flexed less and generally 
maintained a more neutral posture throughout sit-to-stand 
(Fig. 6). While all participants with TTA rotated toward their 
intact versus amputated limb, some bent laterally toward 
their intact limb while others bent toward their amputated 
side (Figs. 6, 8). This finding demonstrates differences 
between participants even within a specific subpopulation 

Fig. 8   L4–L5 tissue-level load transfer metrics (annulus fibrosis 
stress, facet joint contact force, and intradiscal pressure) versus lum-
bar spine rotations (flexion/extension, lateral bending, and axial rota-
tion) for participants with a transtibial amputation (TTA) and able-

bodied participants (AB) (average participant curves). Temperature 
color-map (cold to warm) signifies progression from lift-off to stand-
ing
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and highlights the importance of participant-specific analy-
sis. Nonetheless, the average symmetry index of peak vGRF 
for participants with TTA was 0.83 as opposed to 1.00 for 
able-bodied participants ( p < 0.001 ) (Table 2), indicating 
that participants favored loading their intact limb while able-
bodied participants remained more symmetric during sit-
to-stand. These results suggest that people with TTA favor 
loading their intact limb by shifting the trunk and pelvis 
center-of-mass toward the intact limb when performing 

sit-to-stand, which is consistent with greater GRF genera-
tion under the intact limb and in agreement with movement 
strategies for people with a lower-limb amputation during 
sitting and standing movements (Burger et al. 2005; Šlajpah 
et al. 2013; Hendershot and Wolf 2015).

Over the sit-to-stand motion, the average magnitudes of 
trunk muscle force for all muscle groups were greater for 
participants with TTA compared to able-bodied partici-
pants (Table 2, Fig. 7). All measures for rectus abdominis 

(a)

(b)

(c)

(d)

Fig. 9   Example of von Mises stress field distribution in the posterior 
region of the L4–L5 annulus fibrosis for a participant with a left TTA. 
a High stress initiates in the inner right postero-lateral region at the 
moment of lift-off and peak flexion, b moment of highest stress in the 

annulus coinciding with peak lateral bending, c stress decreases and 
maximum stress moves to mid-sagittal plane midway through the sit-
to-stand cycle, and d overall and maximum stress decreases further 
when standing at the end of the cycle
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and quadratus lumborum muscle forces that were analyzed 
for significance were greater for participants with TTA 
(Table 2). Muscle forces for both rectus abdominis and 
quadratus lumborum groups were active throughout sit-to-
stand for participants with TTA while essentially inactive 

for able-bodied participants (Fig. 7). The greater abdominal 
muscle activity in participants with TTA could be attrib-
uted to stabilization of the spine (Gardner-Morse and Stokes 
1998). In addition, efforts to increase the stability of the 
spine may be a mechanism to reduce injury risk during tasks 
that are not demanding (Cholewicki and McGill 1996).

Average net compressive and shear L4–L5 joint contact 
loads were greater in participants with TTA compared to 
able-bodied participants, which led to greater average annu-
lus stress, facet contact forces, and intradiscal pressure val-
ues throughout the sit-to-stand movement (Table 2). Simi-
larly, previous work has shown that people with TTA have 
greater peak and average L4–L5 compressive loads during 
sit-to-stand compared to able-bodied participants (Actis 
et al. 2018b). In addition, a general trend across all partici-
pants was greater disc loading at the initiation of sit-to-stand 
and greater facet loading at the end of sit-to-stand (Fig. 8). 
This trend is consistent with the lumbar spine transitioning 
from greater flexion early in the motion back to a nominal 
posture at the end of the sit-to-stand cycle (Fig. 6). Greater 
ranges and peak values of facet contact force were predicted 
for participants with TTA during sit-to-stand in this study 
(Fig. 8, Table 2), which was associated with greater trunk 
muscle forces (Fig. 7) leading to greater facet compression. 
This increased compression is an important observation, as 
axial compression coupled with lateral bending and flexion 

Fig. 10   Normalized and absolute L4–L5 intradiscal pressure (IDP) 
comparison of model estimates for able-bodied participants (red bars) 
and participants with TTA (blue bars) to in vivo values from the lit-
erature (Wilke et al. 2001) (gray bars). Diagonal hatch marks are des-
ignated for axial joint contact loads from the musculoskeletal model 

(MSM) converted to IDP using the equation from Dreischarf et  al. 
(2013) and crossed hatch marks are designated for axial joint contact 
loads converted using the equation from Ghezelbash et  al. (2016). 
Error bars indicate ± 1 standard deviation

Fig. 11   L4–L5 intradiscal pressure (IDP) comparison of in vivo val-
ues and model estimates for the participant measurements from Wilke 
et al. (2001) (gray bars) and the five trials for the matched able-bod-
ied participant in this study (AB1, white bars), respectively. Diagonal 
hatch marks are designated for axial joint contact loads from the mus-
culoskeletal model (MSM) converted to IDP using the equation from 
Dreischarf et  al. (2013) and crossed hatch marks are designated for 
axial joint contact loads converted using the equation from Ghezel-
bash et al. (2016)
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has been shown to lead to intervertebral disc injury (Marras 
et al. 1993; Adams et al. 1994, 2000; Callaghan and McGill 
2001), which has potential implications for the develop-
ment of LBP caused by internal disc disruption or hernia-
tion (Bogduk 2012). In addition, participants with TTA had 
higher peak IDP compared with able-bodied participants, 
but peak annulus fibrosis stress was not different between 
groups (Table 2). This finding highlights the unique capa-
bility of the multiscale model to quantify the distribution of 
tissue-level load transfer within different portions of the disc 
and surrounding tissues during a realistic activity of daily 
living. Differences in intervertebral disc load transmission 
between participant groups is attributed to the combination 
of greater back muscle activity and greater flexion (Fig. 6) 
observed in participants with TTA, factors that have also 
been correlated with greater intradiscal pressure (Andersson 
et al. 1977; Örtengren et al. 1981).

We plotted tissue loads versus lumbar rotations to answer 
our second question: Is there a relationship between an indi-
vidual’s lumbar spine kinematics and the resulting tissue 
loads (Fig. 8)? While general trends existed such as higher 
disc loads at the beginning of sit-to-stand and higher facet 
forces at the end of sit-to-stand, no clear relationships 
between variables arose for either participant group. This 
result is likely due to differences in whole-body coordina-
tion (Fig. 6) and different muscle forces among individuals 
(Fig. 7) leading to a variety of distributions in tissue-level 
load transfer. These results underscore the importance of 
participant specificity and the potential benefits of individu-
alized rehabilitation strategies that take both kinetics and 
kinematics into account.

Incorporation of the FE model in the multiscale modeling 
workflow enabled estimates of in vivo field variables such 
as annulus fibrosis stress across different participants and 
trials. Fig. 9 illustrates an example of the vM stress field 
in the posterior region of the L4–L5 annulus fibrosis for a 
single participant with TTA. High stress was observed at 
lift-off with the moment of peak stress occurring shortly 
after and coinciding with the moment of peak lateral bend-
ing. For all participants, peak annulus vM stress occurred at 
the inner posterior region of the annulus, similar to previous 
findings that show the initiation and propagation of annulus 
fibrosis damage to occur in the inner posterior region of 
the disc (Shahraki et al. 2015). The location of peak stress 
corresponded to the dominant and intact sides of the inner 
postero-lateral region for able-bodied participants and par-
ticipants with TTA, respectively. The annulus stress contin-
ued to decrease and move toward the mid-sagittal plane as 
participants progressed to a less flexed posture throughout 
sit-to-stand (Fig. 9).

The location of peak annulus vM stress predicted by the 
multiscale model, in the postero-lateral region of the disc, 
was consistent with previous reports (Shahraki et al. 2015; 

Bogduk 2012; McNally et al. 1996), and validation tests 
demonstrated the credibility of our intervertebral disc model 
(Figs. 2–4). Thus, we feel confident in the overall validity of 
our findings. But the magnitude of annulus stress predicted 
in this study (0.85–11.6 MPa during sit-to-stand) appears 
high. Experimental studies have shown that although the 
annulus itself is able to sustain high stress in compression 
(>30 MPa), the endplates fail much sooner (<5 MPa) (Bog-
duk 2012). In the computational modeling literature, many 
FE models of the intervertebral disc have been described 
(Dreischarf et al. 2014; Ayturk and Puttlitz 2011; Kiapour 
et al. 2012; Little et al. 2008; Liu et al. 2011; Park et al. 
2013; Schmidt et al. 2012; Shirazi-Adl 1994; Zander et al. 
2009; Campbell et al. 2016), but vM stress in the annulus 
has been rarely reported. There are no published data we are 
aware of for annulus vM stress under realistic in vivo load-
ing conditions. Goto et al. found a peak vM stress of 0.87 
MPa in the posterior portion of the L4–L5 disc and 18.40 
MPa in the vertebral endplate when a 15 Nm pure flexion 
moment was applied Goto et al. (2002), but their mesh was 
very coarse, which can lead to inaccurate results from an FE 
model. Rohlmann et al. found peak vM stress < 6 MPa for 
applied pure moments of 10 Nm (Rohlmann et al. 2006). For 
computational efficiency, our FE model simulated the bones 
and endplates as rigid. This simplification produced local 
stress peaks immediately adjacent to the endplates due to 
the discontinuity in stiffness at the disc/bone boundary. For 
this reason, stress results from annulus elements adjacent 
to the endplates were discarded from our results, but the 
local peaks likely caused some elevation of stress values 
throughout the annulus. While several previous studies have 
also modeled bones and endplates as rigid (Cegoñino et al. 
2014; Coombs et al. 2013; Dreischarf et al. 2014; Little et al. 
2007; Moramarco et al. 2010; Rao 2012), it will be impor-
tant to incorporate a more accurate tissue stiffness gradient 
at the disc/bone boundary for future models that aim to make 
accurate predictions of intervertebral disc stresses.

Normalized L4–L5 IDP predicted by our model (Fig. 10) 
agreed well with a previous report of normalized in vivo 
disc pressure during sit-to-stand (Wilke et  al. 2001) as 
we expected. The multiscale model estimates for absolute 
L4–L5 IDP among able-bodied participants during upright 
standing (or the end of sit-to-stand) were similar to the 
in vivo data. However, all model estimates for participants 
with TTA predicted higher IDP than the reported in vivo 
value (Fig. 10). This difference is not surprising and can be 
attributed to the greater abdominal force (Fig. 7) and greater 
lumbar flexion angle (Fig. 6) observed in participants with 
TTA. In addition, the participant in Wilke et al. (2001) did 
not have an amputation. Currently, no in vivo values of IDP 
have been reported for people with a lower-limb amputation.

To provide a more direct IDP comparison, an able-bodied 
participant in the present study (AB1) was identified (post 
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hoc) with anthropometry (height = 175 cm, weight = 70 kg) 
that matched very closely to the participant in Wilke et al. 
(2001)(height = 174 cm, weight = 72 kg). Multiscale esti-
mates for AB1’s disc pressure during upright standing were 
nearly identical to the in vivo value (Fig. 11). However, both 
the musculoskeletal and FE models overestimated peak IDP 
during sit-to-stand for AB1 relative to the value reported in 
Wilke et al. (2001). This discrepancy could be caused by 
realistic differences in motion and loading. The exact trunk-
pelvis kinematics for the participant in Wilke et al. (2001) 
during sit-to-stand were not reported and are likely different 
than the AB1 participant in this study. The average initial 
flexion angle for AB1 across the five sit-to-stand trials was 
10◦ . As demonstrated in Fig. 8, a flexion angle of 10◦ was 
associated with a range of possible IDP values in the present 
study, an effect driven by variations in trunk kinematics and 
muscle force distribution (Figs. 6, 7). It is challenging to 
compare biomechanical model estimates to in vivo values 
for dynamic activities of daily living when in vivo values 
are reported for only a single participant and trial. In light 
of these considerations, we would argue that the multiscale 
estimates of disc pressure are reasonable.

This study had several limitations. Although our mul-
tiscale framework comprised previously validated models 
at the whole-body (Actis et al. 2018a, b) and tissue-level 
(Campbell et al. 2016) length scales, additional validation 
of the combined multiscale model must be conducted to 
increase confidence in its suitability for clinical application. 
Indeed, validation of such a model is a highly targeted activ-
ity (i.e., focusing on specific outputs for specific contexts of 
use), and it is much more of a process than a discrete task. 
Successful completion of musculoskeletal simulations for 
some participants required increases in the default muscle 
strength. Incorporating participant-specific lumbar spine 
geometry, muscle physiology, muscle attachment locations, 
ligament properties, and kinematic rhythms may improve 
the muscle force and joint loading estimates from the mus-
culoskeletal model (Arshad et al. 2016; Bruno et al. 2017; 
Bayoglu et al. 2019), which may also affect tissue loading 
estimates from the FE model (Dehghan-Hamani et al. 2019; 
Zanjani-Pour et al. 2016). Incorporation of greater subject-
specificity in both models may reduce the need for increases 
in muscle strength, which may influence tissue-level load 
transfer. Able-bodied participants in this study were mostly 
younger, smaller females, whereas the participants with TTA 
were older, larger males. To mitigate differences in height 
and weight, loading outcomes were normalized by body 
weight. It is a challenge to recruit well-matched participants 
for biomechanics studies, especially when targeting persons 
with amputation, but we acknowledge that better control-
ling for age, height, weight, and gender may provide better 
comparisons between groups in future studies. In order to 
gain better understanding of tissue-level load transfer for 

relevant populations during a variety of activities of daily 
living, many different tasks (e.g., lifting, squatting, walking) 
should be investigated. Lastly, including pain as a factor will 
be critical for future work to determine potential tissue-level 
differences between people with and without LBP. These 
future investigations will shed light on participant-specific 
tissue-level load transfer during a variety of daily activities 
and aid in targeted clinical care for individuals with pain 
originating from biomechanical factors.
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