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Abstract

The ability of a biomechanical simulation to produce results that can translate to real-life
situations is largely dependent on the physiological accuracy of the musculoskeletal model.
There are a limited number of freely-available, full-body models that exist in OpenSim, and
those that do exist are very limited in terms of trunk musculature and degrees of freedom in the
spine. Properly modeling the motion and musculature of the trunk is necessary to most
accurately estimate lower extremity and spinal loading. The objective of this study was to
develop and validate a more physiologically accurate OpenSim full-body model. By building
upon three previously developed OpenSim models, the Full-Body Lumbar Spine (FBLS) model,
comprised of 21 segments, 30 degrees-of-freedom, and 324 musculotendon actuators, was
developed. The five lumbar vertebrae were modeled as individual bodies, and coupled
constraints were implemented to describe the net motion of the spine. The eight major muscle
groups of the lumbar spine were modeled (rectus abdominis, external and internal obliques,
erector spinae, multifidus, quadratus lumborum, psoas major, and latissimus dorsi), and many of
these muscle groups were modeled as multiple fascicles allowing the large muscles to act in
multiple directions. The resulting FBLS model’s trunk muscle geometry, maximal isometric joint
moments, and simulated muscle activations compare well to experimental data. The FBLS
model will be made freely available (https://simtk.org/home/fullbodylumbar) for others to
perform additional analyses and develop simulations investigating full-body dynamics and

contributions of the trunk muscles to dynamic tasks.

1. Introduction
Dynamic simulations of human movement are a beneficial addition to experimental data, as

they enable researchers to conduct biomechanical investigations involving parameters of the



neuromusculoskeletal system that are difficult or impossible to examine using experiments alone.
However, the ability of a simulation’s results to translate to real-life situations is dependent on
the physiological accuracy of the musculoskeletal model.

OpenSim is a freely available, open-source musculoskeletal modeling software (Delp et
al., 2007) that allows users to develop and analyze dynamic simulations of human movement.
The open-source nature of the software results in a large database of previously built, validated,
and tested musculoskeletal models for other users to expand upon. Despite this large database,
very few full-body models exist in OpenSim, and those that do exist are very limited in terms of
trunk musculature and degrees of freedom in the spine (Caruthers et al., 2013; Hamner et al.,
2010).

Properly modeling trunk motion and muscle activations is necessary to most accurately
estimate lower extremity loads as well as spinal loading. Additionally, a physiologically relevant
trunk is necessary to investigate the role of core strength and stability in dynamic movements, a
topic that has received increasing clinical and scientific interest over the past decade (Chaudhari
etal., 2012; Ferber et al., 2015; Jamison et al., 2013; Kibler et al., 2006; McGill, 2010; Willson
et al., 2005). The purpose of this study was to develop and validate a more physiologically
accurate OpenSim full-body model with extensive trunk musculature and degrees of freedom in

the lumbar spine.

2. Methods
2.1. Model Development
The Full-Body Lumbar Spine (FBLS) model (Fig. 1) was developed by combining three

previously built OpenSim models: Hamner’s full-body model (Hamner et al., 2010) for the base



model, Christophy’s lumbar spine model (Christophy et al., 2012) for the torso, and Arnold’s
model (Arnold et al., 2010) of the patella. Brief details about model development will be
presented here and more details can be found in the Supplemental Material Section 1.1.

When combining models together extreme care must be taken to ensure all models are
scaled to the same size person, so that when they are combined all mass and inertial properties
are consistent across the models. After scaling the component models, discrepancies still
remained since Hamner’s model and Christophy’s model used different ribcage and pelvis
geometry. Consequently, all attachment points of the 224 trunk muscle fascicles to the ribcage
and pelvis had to be adjusted to their appropriate physiological locations in the FBLS model. It
was important that these were attached with close inspection to ensure the most anatomically
correct muscle paths, because incorrect attachments and paths would result in non-physiological
estimations of muscle activations and forces.

The resulting FBLS model is comprised of 21 segments, 30 degrees-of-freedom, and 324
musculotendon actuators. The five lumbar vertebrae are modeled as individual bodies, each
connected by a 6 degree-of-freedom joint (Christophy et al., 2012). After 27 coupling constraints
are imposed, the net lumbar movement is described as three rotational degrees-of-freedom:
flexion-extension, lateral bending, and axial rotation (Christophy et al., 2012). The rigid torso
(lumped thoracic and cervical vertebrae, ribcage, scapulae, and head) is connected to the first
lumbar vertebrae by a one degree-of-freedom rotational joint that allows for additional axial
rotation of the torso, if necessary. While some detailed musculoskeletal models of the spine exist
(Bruno et al., 2015; Christophy et al., 2012; de Zee et al., 2007), the FBLS model is the first full-
body OpenSim model to describe the trunk musculature in this level of detail. The eight major

muscle groups of the lumbar spine that are modeled include the erector spinae (ES), rectus



abdominis (RA), external obliques (EO), internal obliques (10), multifidus (MF), quadratus
lumborum (QL), psoas major (PS), and latissimus dorsi (LD). Every muscle group is modeled as
multiple fascicles with different lines of action to account for the fact that most of the trunk
muscles are large and can act in multiple directions (Christophy et al., 2012). The ES is defined
as the iliocostalis lumborum (IL) and the longissimus thoracis (LT), each of which have a
rib/thoracic (IL_R, LTpT) and lumbar component (IL_L, LTpL). Wrapping surfaces are also
included in the model to ensure physiological muscle lines of action.
2.2 Model Validation

The model validation process includes comparing model parameters and simulations to
experimental data to ensure that they represent the physical phenomena of interest (Hicks et al.,
2015). We validated the FBLS model through the three phases described in the following
sections that have previously been used to validate the capability of a musculoskeletal model to
produce a dynamic simulation (Arnold et al., 2010; Hicks et al., 2015; Holzbaur et al., 2005).
2.2.1 Validating Model Parameters

The first step of the validation process is to validate model parameters by comparing

them to experimental values measured in vivo or in cadavers. Authors of the three individual
models have each done extensive literature searches to determine the individual segment and
muscle properties of their models and very few of these were altered when developing the FBLS
model. The only individual muscle parameter altered in development of this model was the
maximum isometric force property in several of the trunk and lower extremity muscles that were
found to be too weak for simulations of jogging (listed in Supplemental Table 1). As mentioned
previously, since several of the trunk muscle attachment points were altered it was necessary to

validate the trunk muscle geometry to ensure that muscle attachments and lines of action were



physiologically relevant. To do this, we compared the trunk muscle sagittal plane moment arms
at zero degrees trunk flexion to those measured experimentally in the literature (Jorgensen et al.,
2001).
2.2.2 Validating muscle function

Next, we validated muscle function by examining the model’s moment generating capacity
about a given joint to ensure the moment is comparable to experimental results. For more details
on how OpenSim calculates maximum isometric joint moments, see the Supplemental Material
Section 1.3. Since minimal changes were made to the lower extremities during development of
this model, validation was focused on function of the trunk musculature about the L5-S1 joint.

Maximal isometric trunk joint moments measured experimentally in our laboratory and
similar data reported in the literature were compared to the moment generating capacity of our
model. Seven healthy adult males (mass = 79.30 £ 9.18 kg, height = 1.79 + 0.07 m, age = 22.43
+ 2.89 y) participated after providing IRB-approved consent. To experimentally measure the
trunk flexion, extension, and lateral bending moments a custom device described elsewhere was
used (Jamison et al., 2012). For more information on this testing process, see the Supplemental
Material Section 1.4.
2.2.3 Validating simulations

Lastly, model simulations were validated by comparing model muscle activations estimated
during Static Optimization to experimentally measured surface electromyography (EMG) during
overground jogging at a comfortable speed (2.48 + 0.25 m/s). Kinematics, kinetics, and EMG
during jogging were collected for one healthy participant (male, mass = 100.93 kg, height = 1.85
m, age = 30 y) as part of another IRB-approved study. The generic musculoskeletal model was

scaled to match the anthropometry of the study participant. Inverse Kinematics, Inverse



Dynamics (using the residual reduction algorithm), and Static Optimization (SO) were performed
in OpenSim (Delp et al., 2007) to estimate individual muscle activations during jogging. Surface
electromyography (EMG) was performed on the following muscles as described by McGill et al.
(McGill et al., 1996) or directly on the muscle belly unilaterally on the dominant side (bilaterally
for obliques): RA, EO, 10, erector spinae (L5), gluteus maximus (GMax), gluteus medius
(GMed), rectus femoris (RF), vastus lateralis (VVL), vastus medialis (VM), biceps femoris (BF),
semitendinosus (ST), lateral gastrocnemius (LG), soleus (Sol), and tibialis anterior (TA). Before
analysis, EMG was processed (10-500Hz band-pass filtered, rectified, and RMS smoothed with
60 ms window) and normalized to the peak activation over the gait cycle. A 40 ms delay was
applied to processed EMG to account for electromechanical delay between surface EMG and
force production (Arnold et al., 2013). Normalized EMG was compared to simulated muscle
activations, which are defined between 0 and 1. For muscle groups that are modeled as multiple
fascicles, we compared the average activation of all the fascicles in the muscle group to the

corresponding EMG.

3. Results and Discussion
3.1 Model Parameters

Sagittal plane moment arms for the RA, EO, and 10 muscle fascicles with respect to each of
the lumbar vertebral levels are shown in Table 1. The moment arm of each fascicle and the
average (AVG) moment arm for a group of muscle fascicles was compared to the moment arm
for the respective muscle group recorded by Jorgensen et al. experimentally using magnetic
resonance imaging (Jorgensen et al., 2001). It is important to note that often, one experimentally

measured moment arm for an entire muscle group is compared to all of the individual fascicles



for that muscle group in the model. The RA, EO, and 10 muscle groups were found to have
fascicles with a moment arm within one SD of the experimentally collected moment arm for
almost all joint levels. The FBLS model was scaled to the average height and weight of the
subjects for which experimental data was collected (Jorgensen et al., 2001), however ribcage
geometry and spinal curvature of the model are not subject specific. Additionally, if multiple
fascicles in a muscle group cross a given joint level, it is unknown for which of these fascicles
experimental data was collected. These limitations may explain why model moment arms
compare well to experimental data at certain joint levels but not as well to others. This same
analysis was completed for all trunk muscle fascicles (Supplemental Table 2) and similar results
were found.
3.2 Muscle function

Figure 2 shows maximum isometric joint moments for the trunk degrees-of-freedom in the
model compared to experimental data collected in this study and data in the literature examining
trunk strength at multiple joint angles (Keller and Roy, 2002; Khalaf et al., 1997; Kumar et al.,
1995). While the model’s joint moments do not correspond exactly with experimental data, the
general behavior is comparable. These differences between the model and experimental data may
arise due to slight differences between muscle physiological cross sectional area and tendon
slack length parameters in the model and in the population for which experimental data was
collected. These values in the model are generally acquired through cadaveric studies, which
may not be representative of a young, healthy experimental population. The maximum isometric
force properties for several muscles have been scaled up to account for this difference, but this

will not account for all discrepancies.



Additionally, when calculating the maximum isometric joint moment in the model, we
assumed all muscles that could contribute to the moment are doing so with maximal activation.
Experimentally, this may not be the case but it is not possible from this data to discern varying
levels of activation to incorporate into the model.

3.3 Simulations

Trunk and lower extremity simulated jogging kinematics are shown in Figure 3 and
simulated joint moments are shown in Figure 4. These joint angles and moments compare well to
those measured experimentally in the literature (Brown et al., 2014; Novacheck, 1998), as well
as those previously reported using full-body musculoskeletal simulation models (Hamner et al.,
2010). Figure 4 compares trunk and lower extremity (LE) joint moments during jogging
simulated by Hamner et al 2010 to the moments simulated using the FBLS model. There is some
variability between the data due to comparing data from two different subjects, but overall the
simulated moments compare well. Additionally, it is important to note that Hamner’s model had
no degrees of freedom in the spine. Figure 5 shows the EMG experimentally collected and
simulated activations. Generally, the LE muscle activations tend to compare well to EMG
measured in this study and EMG reported during jogging in the literature (Cappellini et al.,
2006), while some of the trunk muscles compare better than others. There may be more
variability in trunk muscle activation than LE muscle activation during jogging because the trunk
muscles primarily act as stabilizers during running and produce forces considerably lower in
magnitude. Additionally, some discrepancies between EMG and simulated activations occur
because SO is a frame-by-frame solver so anticipatory activations are not reflected in the
simulated activations. If anticipatory actions are of interest, Computed Muscle Control (CMC)

should be used instead.



3.4 Limitations and Conclusion

Limitations exist that should be considered when using this model. With 324
musculotendon actuators, the computational cost to create simulations with this model is higher
than simpler models. This increased cost is a trade-off for a more physiologically accurate
model. Additionally, spinal curvature in the FBLS model was not subject-specific. Future studies
should consider using imaging techniques to accomplish this (Zhou et al., 2000), as spinal
curvature has been shown to affect vertebral load magnitudes (Bruno et al., 2012).

The model is not yet suited for CMC or Forward Dynamics. This is likely because the
maximum force property of some muscles were altered (described in Supp Material Section 1.2)
while the passive muscle property remained the same. The simulation results presented here are
not affected by this discrepancy since the SO algorithm excludes the passive muscle force when
calculating instantaneous muscle forces (Hicks and Dembia, 2014). CMC does not exclude
passive muscle forces, so increasing F"owithout also adjusting the passive muscle force property
will lead to high passive muscle forces in the model (Thelen and Anderson, 2006). SO has been
shown to predict muscle forces during walking and running that are comparable to those using
CMC (Lin etal., 2012), and SO is considered more robust and computationally efficient than
CMC (Mokhtarzadeh et al., 2014). Therefore, SO remains a valuable tool to investigate the
behavior of muscle forces and activations during dynamic tasks.

While some trunk EMG was collected in this study, it was limited. EMG was not
collected for some of the trunk muscles in the FBLS model (LD, QL, PS, MF) to compare with
the estimated activations. Future studies should consider using more surface and fine-wire EMG

on the trunk to further validate upper body muscle activations and force estimates in this model.



An OpenSim full-body musculoskeletal model was developed with detailed trunk
musculature and degrees of freedom in the lumbar spine. The FBLS model is the first OpenSim
model to the authors’ knowledge to combine a complex model of the spine, involving detailed
trunk musculature and degrees of freedom, with a well-established OpenSim lower extremity
model. Future studies may explore integrating models of the spine that incorporate even higher
complexity than the one used in this study (Bruno et al., 2015; de Zee et al., 2007). The FBLS
model will be made freely available (https://simtk.org/home/fullbodylumbar) for others to
perform additional analyses and develop simulations investigating full-body dynamics and

contributions of the trunk muscles to dynamic tasks.
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Figure Captions

Figure 1. The full-body lumbar spine (FBLS) model. The model consists of 324 musculotendon actuators

and wrapping surfaces.
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Figure 2. Maximum isometric joint moments for axial rotation (A), lateral bending (B), trunk extension

(C), and trunk flexion (D) in the model compared to experimental data collected in this study and data in

the literature examining trunk strength at multiple joint angles.

12

10

Trunk Axial Rotation Moment
(%6BW™*h)
o™

0

Axial Rotation Strength

—

A

—4—current study
—B-Kumar 1995
~——FBLS madel

0

clockwise

10

20 30 40
Axiial Rotation Angle (°)

S0

60

counter-clockwise

Trunk Extension Moment (%BW*h)

Trunk Extension Strength

30

o

flexion

-60

-40 -0 0 20

Trunk Extension Angle (%)

40

—a—current study
—e—Keller 2002
—a—khalaf 1997
——FBLS m odel

extension

Lateral Bending Strength
25

15

Trunk Lateral Bending Moment
(%BW*h)

—4—current study
~W-kumar 1995

10 \ ~—FBLS m odel
ol
@ n 10 0 10 20 30 a0
left Lateral Bending Angle () right
Trunk Flexion Strength
- 20 40 D

Trunk Flexion Moment (%BW*h)

flexion Trunk Extension Angle ()

——current study
—o-Keller 2002
—4—khalaf 1997
~—FBLS model

extension




Figure 3. Trunk and lower extremity jogging kinematics simulated using the FBLS model over
one right foot gait cycle. Abbreviations: right (R) or left (L) anterior superior iliac spine (ASIS),
extension (ext), flexion (flex), plantarflexion (plantarflex), dorsiflexion (dorsiflex). The direction

of lateral bending and pelvis list is with reference to the stance leg.
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Figure 4. Trunk and lower extremity (LE) joint moments during jogging simulated by Hamner et
al 2010 and using the FBLS model. Note the two studies simulate different subjects with
different kinematics. Abbreviations: extension (ext), flexion (flex), plantarflexion (plantarflex),

dorsiflexion (dorsiflex). The direction of lateral bending and lumbar rotation is with reference to

the stance leg.
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Figure 5. EMG for all collected muscles (dashed line) compared to model activations calculated in

OpenSim (solid line) through Static Optimization. The black vertical line represents toe-off. For

simulated activations, the average activation for a muscle group modeled as multiple fascicles is reported,
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Table Captions




Table 1. Sagittal plane moment arms for RA, EO, and 10 muscle fascicles. A *,**, ~ or M signifies the
model’s moment arm was within 1 standard deviation (SD), 1.01-1.5 SD, 1.51-2 SD, or 2.01+ SD,

respectively, of Jorgensen et al.’s experimentally collected data (Jorgensen 2001).

Moment Arm (mm) with Respect to Given Lumbar Vertebral Joint Level

Fascicle L1-L2 L2-L3 L3-L4 L4-L5 L5-S1

Rectus Abdominis

RA 3™ 76"\ 64"\ 64* 75*

External Oblique

EO1 74* 85" 85/ 90 40*
EO2 70* 80 81 87 37*
EO3 55** 67** 70 80" 36*
EO4 417 54* 61 3/ 34*
EOS ™"n oM 14* 25* 45*
EO6 6" 4Mn 2" 15* 36*
AVG 42/ 50* 52n 62/ 38*

Internal Oblique

101 N/A N/A N/A N/A 37*
102 N/A N/A N/A N/A 30**
103 N/A N/A N/A N/A 36*
104 57" 537 39* 31* 20
105 28"\ 22"\ 12 8 16~
106 mn 5/ o ™" 6"

AVG 20/ 271" 20n 16** 24"






