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Abstract

A current area of interest in lumbar injury is vertical impact loading. This
includes effects of underbody blast (UBB), high speed planing boat impacts, and
helicopter crashes. Lumbar spine fractures occur in 18% of all wounded in action injuries
and 26% of soldiers killed in action exposed to UBB. Further, the US military has
moving towards including women in all combat roles, including as the Special Forces
beginning in January 2016. Volunteer and cadaveric data exist which suggest that male
and female injury risk is not the same for equal stresses or loads. Dynamic injury
mechanisms and thresholds have been extensively studied in the cervical spine, but not
for the lumbar spine. While many lumbar models are available, no previously developed
model is appropriate for high-rate vertical impact loading with intra-abdominal
pressure and active musculature. So, the primary objective of this dissertation was to
create a biofidelic hybrid multibody/finite element model to compare male and female
response and assess the importance of active musculature and intra-abdominal pressure
during single accelerative loading impacts (3-15g).

A 50t percentile male model was created using data from literature,
experimental data, and medical imaging data. Scaling relationships for the 50" and 85
percentile female were derived, and an 85 percentile female model developed. The 85t

percentile female model is mass-matched to the 50" percentile male model. An 11%

iv



increase in ischium breadth in the 85t female changes the line of action for muscles
inserting on the pelvis. These changes resulted in a female model having increased axial
loads over a male model when matched for mass.

The 50t percentile male osteoligamentous model was validated against
developed strain energy-force corridors and T12/L1 injury risk functions. A 50t
percentile risk of spinal fracture of 5237 N was reported. During failure loading (as seen
from experimental tests), the osteoligamentous spine model predicts a 41% risk of
failure. While the model slightly underpredicts the risk of injury, the peak compressive
load in T12/L1 lies within the 95% percentile confidence intervals for the 50t percentile
risk of injury.

In this dissertation, it was hypothesized that men and women do not have the
same risk of injury on an effective stress basis. This hypothesis was supported by
comparing mass-matched male and female hybrid multibody/finite element models
during an underbody blast loading condition. Based on the comparison between the 85t
percentile female model to the 50t percentile male model predicts higher axial loads due
to changes in musculature. It was also hypothesized that the use of active musculature
decreases injury tolerance in compressive loading. This hypothesis was supported by
comparing model intervertebral axial loads to both experimental (underbody blast) and
epidemiological (electroconvulsive therapy) loading conditions. This research

demonstrates higher muscle activations increase risk of lumbar spine injury in vertical



impact loading. A tensed activation state contributes 48 percent of the compressive load
estimated to fracture the lumbar spine during underbody blast. While this corresponds
to a low risk of injury (<10%), this could exacerbate risk of injury during additional
compressive loading.

By better understanding the female lumbar spine response, new safety measures
can be developed. This work could inform the design of new protective personal

equipment, or guide permissible exposure limits and risk of injury.
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1 Introduction

The current study explored computational approaches suitable for modeling
lumbar spine response and injury across gender, while also being applicable for high

rate, vertical loading environments.

1.1 Lumbar spine injury in men and women

Many studies have shown sex-based differences in lumbar spine strength and
injury risk. For example, the vertebral breaking strength is lower in females, unadjusted
for stress [1 2]. A population-based epidemiologic research study of Rochester, NY
indicated a higher incidence of vertebral fractures in women compared to men [3]. Also,
women had more severe fractures following moderate trauma, while men had more
fractures following severe trauma [3]. Brinckmann, et al. [4] found the compressive
strength of function spinal units (FSUs) to be dependent on bone mineral density and
endplate area.

While it is expected for female spines to break at lower loads due to size
differences, there are likely other factors which contribute to differences in
biomechanical response. Schmidt et al. found that even after accounting for loading
area, females were still at higher risk of injury than males [5]. Based on this study, it
should be concluded that female spines are not simply smaller male spines. Other

anatomical differences such as mass distribution, muscle mass, muscle recruitment,



muscle insertion points and lines of action, and intra-abdominal volume between males
and females likely contribute to injury risk.

While osteoligamentous studies of the lumbar spine yield information regarding
vertebral body and vertebral disc failure [6], they do not contain active musculature
which contributes additional loads and moments on the spinal column [7]. This makes
determination of in vivo injury risk difficult to obtain. Since experimental studies of
injurious loading of the in vivo human lumbar spine are for obvious reasons not
achievable, researchers turn to computational models. These models can be tested in a
range of loading scenarios and muscle activations to determine injury risk and produce
biofidelic kinematics [8]. Such models have regularly been applied for the cervical spine

and demonstrate the necessity of including active musculature [9].

1.2 Anatomy

In order to develop a lumbar spine model, it is critical that the correct anatomical
features are represented. While a complete description of the lumbar anatomy is beyond
the scope of this work, the salient features are summarized here, including the
osteoligamentous lumbar spine, relevant musculature, the upper torso mass, and intra-

abdominal pressure. Where appropriate, differences between males and females are

described.



1.2.1 Osteoligamentous lumbar spine

The lumbar spine has five vertebral bodies and is bounded by the thoracic spine
superiorly, and the sacral spine inferiorly. In adults the natural posture is lordotic, with
a posterior center of curvature. The lumbar vertebrae are joined by intervertebral discs,
composed of an annulus fibrosis and nucleus pulposus. The disc provides range of
motion and represents the primary kinematic degrees of freedom for the
osteoligamentous lumbar spine. The disc is often assumed to be incompressible [10] and
viscoelastic [11] or poroelastic [12] to incorporate rate-dependent effects. Other
structures connecting the vertebrae include ligaments such as the anterior longitudinal
ligament, posterior longitudinal ligament, ligamenta flava, supraspinous ligament, and
joint capsules at the facets.

When accounting for geometric differences between sexes, female spines do not
scale the same in all three axes when compared to male spines. For example, the cross
sectional area of female vertebral bodies is 25% smaller than the male area when
matched for vertebral body height [13]. Male vertebral body dimensions are larger than

female dimensions when matched for age, stature, and mass [13].

1.2.2 Musculature

The musculature surrounding the lumbar spine aids in support of the spinal
column and upper torso mass. Muscles that contribute to lumbar spine kinetics and

kinematics include the abdominal wall muscles (i.e. quadratus lumborum, rectus



abdominis, external and internal oblique) and the erector spinae muscles on the dorsal
spine (i.e. longissimus, iliocostalis, and multifidus). Muscle cross-sectional area differs
between males and females (e.g. [14]). In addition to size differences, the relative
proportion of muscle mass to segmental mass differs by sex. For males, upper body
muscle mass relative to body mass is 42.9%, while for females, upper body muscle mass
is 39.7% [15].

Active musculature may play a role in sex-based differences in lumbar injury
risk. Dewald et al. and Easton and Sommers demonstrated compression fractures in the
spine as a complication of convulsive seizures due to electroconvulsive therapy, and
showed the incidence of female spines fractures was significantly less than the incidence
of fractures in male spines [16 17]. This is hypothesized to be due to larger muscle mass
in the males, as well as different lines of action for muscle loading. Compressive
fractures in the vertebral bodies were found in thoracic spine, most commonly in the

fourth through sixth vertebrae [16].

1.2.3 Torso mass

The torso mass influences the inertial response of the lumbar spine [18]. The
body mass distribution is different between males and females., and this difference is
larger in the upper body than the lower body [15]. Janssen et al. compared healthy adult
men (n=268) to women (n=200), with ages from 18-88 years. Both skeletal mass and

muscular mass were determined from MRI. McConville et al. reports segmental body



masses from 31 male subjects [19], and is the basis for the NASA Standard 3001, which

details human needs for space flight. Segmental body masses for the American Male

Crewmember are given in Table 1.

Table 1 Segmental and upper torso body masses from NASA STD 3001

Segment 5t percentile (kg) | 50* percentile (kg) | 95" percentile (kg)
Head 4.260 4.40 4.550

Neck 0.930 1.100 1.270

Thorax 20.420 26.110 31.760

Summed upper torso | 25.61 31.61 37.58

mass

The upper torso mass for females can be scaled from male data using body

weight and stature. Segmental body mass percentages and center of mass locations are

given in Table 2.

Table 2 Segment mass as percentage of whole body mass and center of mass
location as a percentage of segment length for men and women (adapted from [21])

Segment Mass (%) Longitudinal CM Location (%)
Female Male Female Male

Head 6.68 6.94 58.94 59.76

Upper torso | 15.45 15.96 20.77 29.99

Middle torso | 14.65 16.33 45.12 45.02

1.2.4 Intra-abdominal pressure

Increased muscle activations cause an increase in muscle forces, and therefore

increased intra-abdominal pressure. Grenier and McGill investigated different

abdominal muscle activation strategies computationally and found that they cause




changes in spine stability and pre-compression [22]. Thus, an intra-abdominal pressure
component should be included in a computational model that contains active
musculature, but has not been developed to date. Mean intra-abdominal pressure
ranges from 0.027-2.16 kPa, with a mean of 867 Pa when sexes are combined [23]. This
same study did not determine intra-abdominal pressure to be significantly different

between males and females.

1.3 Predicting injury

Schmidt et al. recently updated the ISO 2631-5 criterion [5], which predicts bodily
injury due to repeated loading, including the lumbar spine. The ISO 2631-5 criterion, R,
is calculated based on maximum stress in a cycle, number of cycles, ultimate strength,
and static stress. It informs the injury risk due to repeated exposure to mechanical
shocks. The modified R value provides probability of failure for both males and
females.

The Federal Aviation Administration Standard 14 CFR Part 25 Subpart 562 for
aircraft airworthiness standards includes occupant safety testing in emergency landing
dynamic conditions. For a minimum acceleration of 14 g’s in less than 80 ms, with a
change in velocity (delta-v) of at least 10.7 m/s, the peak compressive load measured at
the junction of the pelvis and the lumbar spine cannot exceed 6672 N in a 50 percentile

male anthropomorphic test device (ATD) meeting 49 CFR part 572 Subpart B.



One injury criterion used in the cervical spine is the N;; criterion. Designed for use
with the Hybrid III, N;; is used to predict severe injury (AIS 3+) and is based on simple
beam theory concepts. Injury is predicted based on a combination of axial force and

sagittal bending moment.

F, M,

Nij= +

Zcrit Mycrit

N;; does not predict injury based on stress, but has different critical values for a
50t percentile male and 5% percentile female. For the Hybrid III 50t percentile male, the
compression critical value is 6806 N (FMVSS 208). For the 5% percentile female, this
critical value is 3880 N. Thus, an injury will occur at lower loads for the 5% female

compared to the 50™ male.

1.4 Existing lumbar spine models

A search of existing lumbar models was performed to assess their validity and
applicability for the current study. This search had two primary objectives. The first was
to determine if there were any commercially available models that were presently viable
or that could be minimally modified. The second was to explore if any other research
groups had already created a model for this purpose. If potentially viable models exist,
were appropriate parameters used to create the target model, and was validation
performed across a range of applicable loading conditions? Both finite element and
multibody dynamic models were investigated. Candidate models were then restricted to

multibody models, as the simplified construction has significant advantages in terms of

7



computational cost for dynamic loading conditions, where kinematics are of particular
importance.

A total of 15 lumbar or whole body models containing a lumbar spine were
found. Models are listed in Table 4, and indicate five potential multibody models. In
addition, out of all 15 models, only the MADYMo model provided any vertical impact
validation. Most models are used for quasistatic applications, with the remainder used

for automotive applications.

1.4.1 Commercially available models

Models that are commercially available include the GHBMC, THUMS,
MADYMo, and LifeMod/ADAMS models. GHBMC and THUMS are finite element
models, while MADYMO, LifeMod/ADAMS, and AnyBody Modeling Systems are
multibody models. GHBMC, THUMS, and MADYMo are used for automotive
applications.

MADYMo presents the sources of its validation in a quality report [27]. For
impact, a vertical sled test from volunteer experiments is used [28]. Peak sled
acceleration is 6-10 g, which is lower than peaks seen by high speed planing watercrafts.
However, this study may be used for model development or validation. MADYMo, as a
numerical solver, implements multibody, finite element, and computational fluid

dynamics methods. It can also be coupled with LS-DYNA.



The Global Human Body Model Consortium (GHBMC) is comprised of several
automotive companies, with sponsors including the National Highway Traffic Safety
Administration (NHTSA). As such, it is developed primarily for automotive
applications, but states it is also for “real world injury conditions.” The whole body
model, including the lumbar spine, is a finite element model with 2.2 M elements (M50
Occupant Version 4.4) [29].

The Total Human Model for Safety (THUMS) is developed by Toyota and LSTC.
However, it “is limited to civilian use, and may under no circumstances be used in
military applications [30].” Because of this restriction, THUMS was no longer
investigated as a possible model.

LifeModeler’s human modeling software, LifeMod, can be integrated with other
models. This includes MSC.Adams and LifeModeler’s LumbarSim. However, LifeMod
does not give any information on data used to create and validate the model. Therefore,
it is unclear for what applications it is useful. Similarly, another modeling software,
AnyBody Modeling Systems, does not provide validation data or material properties.

AnyBody does list aerospace and defense as modeling applications.

1.4.2 Finite element models

A total of nine finite element models were investigated. Eight of these were
compiled and tested in a study of existing models by Dreischarf et al [31]. The material

properties for these models are summarized in



Table 3. None of these were created for high rate loading, or vertical loading. In
this study, all models were run in static loading, pure bending, and compression at low

rates.
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Table 3. Finite element models” material properties (from Driescharf 2014)

Schmidt Rohlmann
Kim and | Puttlitzand Chen and Little and and Shirazi- and Goel and
Component Park Labus Wang Adam Wilke Adl Zander Kiapour
E=
Cortical 12000 E1=22000 E=11300 E1=2200 E=10000 E=12000
bone MPa E11=8000 MPa | MPa MPa 0 MPa Rigid MPa MPa
E2=11300 E2=1130
v=0.3 E22=8000 MPa MPa v=0.2 0 MPa v=0.3 v=0.3
E33=12000
MPa v1=0.484 v1=0.484
v1=0.4 v2=0.203 v2=0.203
v2=0.34
v3=0.3
Cancellous E=100 Based on CT E=140 E1=200 E1=200 E=100
bone MPa images E1=200 MPa MPa MPa Rigid MPa MPa
E2=140 E2-140
v=0.2 E2-140 MPa v=0.2 MPa MPa v=0.2
v1=0.45 v1=0.45 v1=0.45
v2=0.315 v2=0.315 v2=0.315
Hyper- Hyper- Hyper- Hyper-
Annulus bulk | elastic Hyperelastic elastic Linear elastic elastic
ground Mooney | Hyperelastic Mooney- Mooney- hypo- Neo- Neo-
substance -Rivlin Yeoh Rivlin Rivlin elastic Hookean Hookean
E=4.2
¢1=0.18 ¢c10=0.0146 c1=0.42 c1=0.7 ¢c1=0.56 MPa ¢c1=0.3448 c1=0.3448
c2=0.04
5 ¢20=-0.0189 ¢2=0.105 c2=0.2 c2=0.14 v=0.45 c2=0.3 c2=0.3
¢c30=0.041
Incomp Incomp
fluid- fluid- Incomp
Nucleus filled Incompressib | Incomp filled Incomp fluid-filled Incom
pulposus cavity E=1.0 MPa le fluid fluid cavity fluid cavity fluid
v=0.49

1.4.3 Multibody models

Among multibody models, MSC.ADAMS can be used separately from LifeMOD
to model the human. For example, Abouhossein et al. used MSC.ADAMs to create a
rigid body model of the lumbar spine [32]. They replaced the MSC.ADAMS material
properties with material properties derived from studies such as Pintar, et al. [33] and de
Jager [34]. This study investigated low frequency, low amplitude oscillations and static

equilibrium.
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In another study reported using a multibody model, Yoshimura et al.
investigated seated human body exposure to vibration (4.3-13.9 Hz)[35]. This model is
two-dimensional, and contains 10 degrees of freedom, eight in rotation and two in
translation. The model proposed in this dissertation is a three-dimensional model, and
will simulate loading rates with frequencies much higher than investigated in
Yoshimura, et al. [35].

De Zee et al. used AnyBody modeling software [36]. While the details of the
model are not presented (see commercial models section), this paper does include
lumbar muscles. Validation is determined from comparing moments and range of
motions through physiological ranges.

No models were found that were used for vertical impact loading and contained

active musculature.
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Table 4 Basic information of current multibody and finite element models

Model
GHBMC

THUMS
MADYMO

LifeMod/ADAMS

Kim/Park

Puttlitz/Labus

Chen/Whang
Little/Adam

Schmidt/Wilke

Shirazi-Adl

Rohlman/Zander

Goel/Kiapour

Yoshimura
Zee (generic
detailed rigid-
body)
Abouhossein

Source

Dreischarf
2014/Park 2013
Dreischarf 2014
(but found
model paper
later)

Dreischarf
2014/Liu 2011
Dreischarf
2014/Little 2008
Dreischarf
2014/Schmidt
2012

Dreischarf
2014/Shirazi-Adl
1994

Dreischarf
2014/Rohlmann
2006

Dreischarf 2014/
Kiapour 2012
Yoshimura 2005
Zee 2007

Abouhossein
2011

Type
FE

FE
Multibody
Multibody

FE

FE

FE
FE

FE

FE

FE

FE
Multibody
Text based,

multibody

Multibody

13

Use

Automotive, "real world injury
conditions"

Automotive

Automotive, vertical impact,
intermediate impact directions,
rollover

Static loading, pure bending,
compression
Static loading, pure bending,
compression

Static loading, pure bending,
compression
Static loading, pure bending,
compression
Static loading, pure bending,
compression

Static loading, pure bending,
compression

Static loading, pure bending,
compression

Static loading, pure bending,
compression
Vibration (4.3-13.9 Hz)

equilibrium, 0.05 Hz w/ mag. Of 0-
13 Nm in flexion and 0-15 Nm in
extension



Based on the conducted search of the available academic and commercial
computational models for lumbar kinematics and injury, none were deemed suitable for
the present study. Therefore, this dissertation extended the current literature to
incorporate high rate and vertical kinematic inputs. The developed model is validated
against a number of physiologic scenarios, including electroshock, high rate
compression, and torso stabilization against gravitational loading. It includes both active
and passive musculature and a novel representation of the abdomen to account for

physiologic inertia during these loading events.
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2 Multibody model creation

A 50t percentile male lumbar multibody model was developed following the
same general methodology as the Duke Adult Male Head/Neck Model (see [37 38]) and
included both active musculature and the osteoligamentous spine. All model
simulations were performed using the simulation software LS-DYNA (LSTC, Livermore,
CA).

Where available, model properties were taken from literature. General
musculoskeletal properties will remain the same as in the cervical model (Table 5). If
other model parameters were needed that are not found in literature, they were scaled
from the cervical model (e.g. shear stiffness found in the literature is not tested at
sufficiently high rates for the current study [39]), or determined via medical imaging
data (e.g. vertebral inertia).

Table 5. Musculoskeletal model properties

Property Source

Bone Density 2.0g/em?  [40]

Cortical Bone Thickness 0591 mm  [41]
Cortical Bone Porosity 13.8% [42]
Trabecular Bone Porosity 87.2% [43]
Muscle max isometric stress 0.50 MPa [44]
Muscle activation state time constant 15 ms [45]
Muscle deactivation state time constant 40 ms [45]
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2.1 Model geometry development
2.1.1 Image acquisition

In order to generate biofidelic anatomy for the proposed multibody models, an
imaging study was proposed. Experience with cervical models suggests that muscle
insertion locations and lines of action affect model response [46]. Comparable literature
for the lumbar spine suitable for finite element model development does, to the author’s
knowledge, not exist. The purpose of this study is to quantify anthropometric properties
of the muscular and osteoligamentous anatomy of the male and female lumbar spine.
With accurate mechanical and geometric data of lumbar muscles, sex-specific
computational models of the lumbar spine can be developed. As the computational
models in this study are simulating seated loading conditions, MRI images from a seated
MRI were preferred, but ultimately were not available. Instead, ten MRI or CT scans
were obtained from supine subjects. These were bounded by the ANSUR II mean *+ 1
standard deviation (SD) for stature and mass. This is 176 +/- 7 cm for men and 162 +/-
6.5 cm for women [47]. Mass criteria was 78.5 kg +/- 11.1 kg for men and 62.01 kg +/-
8.35 kg for women [47]. The age inclusion criteria was 18-50 years old.

A retrospective review was performed with IRB approval of previously obtained
acquisitions that included the lumbar spine in men and women of various stature and
weight groups. These scans may have been obtained for a variety of purposes during

clinical treatment of the patient. Scans with extreme pathology or abnormal findings
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were omitted. A representative at Duke Department of Orthopaedic Surgery (the Data
Collector) obtained the needed scans from the archives by starting at the present (time of
IRB approval) and sequentially going backwards in time. All patient identifiers (name,
medical record number, etc.) were removed when the analyses were performed except
age and gender, which are necessary for proper data and response normalization. These
scans were de-identified by the Duke Radiology Multi-D Lab.

This retrospective study resulted in 4 MRI and 6 abdominal CT scans being
procured under the IRB with Duke University. Of these ten scans, three of the subjects
were women and seven were men. One of the female scans was unusable for this
project due to technical reasons, and a total of nine scans were segmented. MRIs
provided greater spatial resolution, but did not capture the needed musculature.
Abdominal CTs were more likely to be associated with an acute injury, but provided full

visualization of abdominal musculature (Figure 1).
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Figure 1. Segmentation of vertebral bodies and individual muscles in an MRI
slice (left) and CT slice (right). CT scans allowed for full segmentation of
musculature for lumbar modeling,.

2.1.2 Image segmentation and vertebral property determination

In order to obtain accurate and biofidelic geometric estimates for the lumbar
spine and surrounding musculature, voxel-based segmentation of the acquired medical
images was performed. Muscles were segmented at the mid intervertebral disc from

joint levels T9/T10 through L5/S1 as well as at their endpoints (Figure 2 and Figure 3).
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Figure 2. Full segmentation of lumbar spine, sacrum, and pelvis before 2D
mesh generation in Avizo. Both vertebral bodies and intervertebral discs were fully
segmented to ensure a continuous mesh.

Vertebral bodies and intervertebral discs were segmented along the length of the
spine from T9 through the sacrum (Figure 3). Spinal muscles segmented were the
multifidus, psoas, erector spinae, latissimus dorsi and quadratus lumborum. In
addition, abdominal muscles segmented included the rectus abdominus, and the
internal and external oblique. The obliques were segmented together as there was

difficulty in distinguishing between the muscles during segmentation.
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Figure 3. Front and side view of segmented bony and muscular anatomy.
Muscles are segmented at the intervertebral discs, origins, and insertions. The
obliques (in grey) were grouped together instead of modeling separately with poor
boundaries.

Segmentation and 2D mesh generation was performed with Avizo. There were
slight differences between segmentation methodology for the MRI and CT scans. The
MRI scans required manual segmentation of vertebral bodies. However, CT scans
provided a higher level of contrast for bones, and a masking tool was used to segment
automatically as a first step. This was followed with manual segmentation to ensure
proper boundaries, and to eliminate holes and islands within the mesh.

In order to convert voxel segmentation to usable finite element model
constituents, LS-Prepost was used for 3D solid mesh generation from the shell surface
meshes output from Avizo. The shell elements were used to model cortical bone, while

the 3D solid mesh was used to model trabecular bone (Figure 4).
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Figure 4. Sagittal cross-section of the L5 vertebral body including both cortical
shell mesh (pink), and solid trabecular mesh (purple) for vertebra inertia calculations.

Combining the two parts resulted in better estimates for mass and inertial
properties for vertebral bodies (Table 6) than using averaged properties. Both vertebral
mass and inertia increase as the spine is traversed from superior to inferior ends.
Inertial values are needed to properly define the *PART_INERTIA card chosen to model

the rigid body vertebrae.
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Table 6. Inertial properties of the male lumbar spine, determined via
segmentation of MRI and CT scans.

Mean Values

Ixx Ixy Ixz lyy lyz lzz mass (kg)

(kg m2) (kg m2) (kg m2) (kg m2) (kg m2) (kg m2)
Ti1 2.97E-05 -1.98E-08 -2.62E-07 1.88E-05 2.83E-06 3.48E-05 @ 5.31E-02
Ti12 4.25E-05 -5.45E-07 2.97E-07 3.11E-05 5.68E-06 4.83E-05 @ 1.05E-01
L1 5.34E-05 -9.51E-07 1.79E-07 3.56E-05 7.97E-06 5.95E-05 @ 1.15E-01
L2 6.50E-05 -1.85E-06 1.47E-07 4.04E-05 9.08E-06 7.19E-05 @ 1.25E-01
L3 7.14E-05 -2.32E-06 3.27E-07 4.30E-05 8.30E-06 8.07E-05 | 1.30E-01
L4 7.14E-05 -1.72E-06 -1.13E-07 4.54E-05 5.32E-06 8.63E-05  1.35E-01
L5 6.07E-05 -1.46E-06 -1.32E-06 4.73E-05 -2.36E-06 7.95E-05 = 1.33E-01
Sacrum 6.53E-04 -5.24E-06 1.57E-07 6.81E-04 2.32E-04 7.15E-04 @ 5.07E-01

Standard Deviation

Ixx (kg Ixy (kg m2) | Ixz (kg m2) | lyy (kg m2) lyz (kg m2) lzz (kg m2) mass (kg)

m2
Ti1 2.)44E-05 7.28E-08 2.74E-07 1.64E-05 1.44E-06 2.93E-05 5.62E-02
T12 1.69E-05 7.52E-07 4.77E-07 1.43E-05 1.69E-06 2.04E-05 @ 3.18E-02
L1 2.17E-05 1.23E-06 9.60E-07 1.38E-05 2.68E-06 2.47E-05 3.17E-02
L2 2.52E-05 2.89E-06 9.56E-07 1.59E-05 3.30E-06 2.99E-05 = 3.33E-02
L3 2.53E-05 3.42E-06 1.86E-06 1.31E-05 3.99E-06 2.89E-05 @ 2.69E-02
L4 2.72E-05 3.20E-06 1.99E-06 1.44E-05 4.46E-06 3.33E-05 | 3.16E-02
L5 2.24E-05 1.76E-06 1.95E-06 1.52E-05 6.19E-06 2.64E-05 3.10E-02
Sacrum 3.77E-04 1.14E-05 1.04E-05 3.38E-04 1.47E-04 3.57E-04 @ 1.75E-01

2.1.3 Male model mesh generation

One of the male abdominal CT scans was selected to develop the finite element
mesh for the 50" percentile male model. Linear interpolation was used to generate a
continuous segmentation of muscles between the intervertebral discs from the previous
segmentation step (Figure 3). In addition, the pelvic floor, pelvis, and diaphragm were

segmented for boundary considerations. The resulting finite element mesh is shown in
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Figure 5. The abdominal cavity is bounded superiorly by the diaphragm (brown),
anteriorly by the abdominal muscles (green and yellow), inferiorly by the pelvis (red)
and pelvic floor (orange), and posteriorly by spinal musculature and osteoligamentous

spine.

Figure 5. Side view (left), front view (center), and top view (right) of the solid
mesh constructed from segmentation of abdominal CT scan. The top view has the
diaphragm removed for a view of the interior of the model, as well as the mesh
continuity.

Solid, three dimensional elements were generated from the segmentation surface
meshes. While solid and surface meshes were used to generate inertial vertebral
properties, only the surface mesh was necessary for rigid body modeling in the resulting
multibody model. Similarly, the pelvis and sacrum were modeled as shell surfaces. The
use of a surface mesh in Avizo allowed for a continuous mesh between all parts once
imported into LS-Prepost for solid mesh generation. Therefore, contact boundary
conditions or constraints were not necessary to keep the abdominal muscles and spine

together during model simulations.
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2.2 Osteoligamentous spine

The osteoligamentous model contains seven vertebral bodies (T11-L5), sacrum,
pelvis, and seven intervertebral joints (T11/T12-L5/S1). In order to account for the
upper torso, an additional node was tied to T11 which provides the necessary mass of
18.94 kg. Joints are modeled using six-degree-of-freedom beam elements. Vertebral
bodies are rigid and linked by the intervertebral joints. The use of rigid bodies reduces
the mass of each body to its center of gravity and treats the rigid body mesh as a set of
dependent nodes [48]. As such, the shell elements used to model the vertebrae, sacrum,

and pelvis are used for contact interaction only.

2.2.1 Torso

The upper torso mass was modeled as a point mass fixed in space at the upper
torso center of gravity. The center of gravity and mass characteristics of the upper torso
were calculated from the relative mass percentages of the head, upper torso, and upper
arm from Zatsiorsky [49]. A 70 kg male was chosen, resulting in an upper torso mass of
18.94 kg at a position 2.7 cm anterior to and 45 cm superior to the sacrum CG (the spatial
origin of the model). The mass was constrained to the T11 vertebral body. The location

of the upper torso mass node relative to the rest of the lumbar model is shown in Figure

6.
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Figure 6. Lumbar model with upper torso mass indicated by black node 920
near top of image. The upper torso mass is constrained to move with the T11
vertebral body.

2.2.2 Vertebrae

Lumbar vertebrae were modeled as individual rigid bodies. Bony rigid bodies
include six vertebral bodies (T11 to L5), as well as the sacrum and pelvis. Inertial
properties for the lumbar vertebrae were determined via segmentation (Section 2.1.2).
Vertebral masses were averaged from nine cadaveric lumbar spines. The resulting
masses from cadaveric data and moments of inertia from imaging analysis are given in
Table 6 above. Vertebral body centers of gravity were adapted from Stokes and Gardner-

Morse [50].
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2.3 Joints

Intervertebral discs, ligaments, and facets were lumped together into single-joint
properties. Six-degree-of-freedom beam joints were used to model viscoelastic joint
properties. Joint centers of rotation were modeled as the midpoint between the vertebral
bodies given in Stokes and Gardner-Morse [50].

Compression properties are from Brinckmann [4]. Brinckmann was chosen for
compression data as there exists data for both male and female joint segments, and sex-
specific models could be produced with this data. There are 31 functional spinal units

that met the previously established inclusion criteria and were below 50 years old [4]
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Figure 7. Compressive joint stiffness properties from Brinckmann (1988) for
male and female segments less than 50 years of age. The male subjects also include
standard deviations.

(Figure 7).
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Tension properties are scaled based on lumbar endplate area from the Duke
cervical model [51]. As compression is of more interest than tension for this study,
scaling cervical tension data should not negatively impact the results. First, the L3L4
joint force displacement curve to fracture from Brinckmann [52] was scaled by peak
force and peak displacement for each joint level. Then, the low rate UBB
osteoligamentous test (Chapter 5, Section 2) was simulated with the Brinckmann
properties. However, as these are low-rate compression properties, high-rate
underbody blast data from experimental tests were used to calibrate the model. The
peak force from the experimental test was divided by the peak force from the
Brinckmann curve model simulation to find a compression stiffness scale factor. This
resulted in a scale factor of approximately two in axial stiffness properties to account for
the high rate loading conditions of interest in this study. This calibration results in the

compression/tension curves seen in Figure 8.
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Figure 8. Calibrated compression (positive) and tension (negative) axial

stiffness curves for the lumbar model. L551 is slightly softer than the upper lumbar
spine.

Anterior and posterior shear properties are scaled from cervical model [53] using
endplate areas. Joint-specific bending stiffness (Figure 9) are from Adams [54-56]. The
bending response of the L5/S1 joint is qualitatively different from the upper lumbar
spine joints. For injurious loading of the lumbar spine, capturing this difference in

response is likely critical for accurate reproduction of biofidelic angular displacements.
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Figure 9. Lumbar spine bending response adapted from Adams 1980, 1991, and
1994. The L5/51 joint indicates qualitatively different behavior than the rest of the
spine.

Shell finite elements with a null material model were used to geometrically
model the intervertebral discs. These elements do not contribute to joint stiffness, but
allow a surface for contact with the abdominal pressure part. This ensures the
abdominal pressure part does not penetrate the posterior of the model during loading,
and prevents stress concentrations which might result from mesh distortion in these

regions.

2.4 Muscles

Muscle anatomy for rectus abdominis, external and internal oblique, quadratus

lumborum, longissimus, iliocostalis, and multifidus muscles were given in Stokes and

29



Gardner-Morse and were determined via an analysis of available literature and the Visible
Human Project [50]. Stokes and Gardner-Morse separate the muscles into numerous
strands to account for varying origin and insertion points. This results in 90 muscle
strands for the 11 active muscles. The individual strands are seen relative to the full model
in Figure 10. Muscle origin and insertion locations, bony attachments, physiological cross-
sectional areas (PCSA), are adapted from Stokes and Gardner-Morse [50]. A view of the

lumbar model with active muscles included is shown in Figure 10.
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Figure 10. Developed lumbar spine model including anatomically correct
muscle attachments from (left) top view (middle) lateral view and (right) frontal view.
The solid mesh of the passive muscles and pelvis have been removed to view the
spatial relationship of the active beam elements to the osteoligamentous spine.

Muscles superiorly insert on the ribs, and inferiorly from T8 through the
sacrum/pelvis, depending on the strand. Since some of the muscles attach outside the
lumbar spine, i.e. on the ribs or sacrum and pelvis, it is necessary to include a boundary
condition that accommodates these attachments. For muscles that have superior
attachments to T12 (other thoracic vertebrae or ribs), nodes at the attachment coordinate
are rigidly affixed to the upper torso mass. Therefore, these attachments exist at the
correct coordinate in space, but will move with the upper torso mass. This assumes

there is no relative motion between the anatomical attachment part and the upper torso
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mass (i.e. no movement between ribs and thoracic vertebrae, or between thoracic
vertebrae). Similarly, for muscles that have inferior attachments that are on the pelvis,
nodes at the attachment coordinate are rigidly affixed to the sacrum. The pelvis of the
model was rigidly constrained to the sacrum, which assumes no motion between the
two bony parts, and so a sacroiliac joint was not included in the model.

Muscles are modeled using multi-segment sliding contact beam elements [57]. A
Hill-type lumped parameter model permits both an active (contractile) component to the
muscle. The active component is dependent on a prescribed activation level that varies
with time, maximum isometric stress, strain, and strain rate (Table 5). The active
element was incorporated in the same manner as a previously published cervical model
[9].

The passive component is strain-rate dependent [58] and modeled using solid
elements. This differs from the Duke cervical model so that the pressurized abdominal
volume is contained during dynamic . It allows the solid abdomen mesh to interact with
both the muscles as well as the osteoligamentous spine. The passive muscle properties
are the same as those used by the GHBMC model. This material model is an Ogden
rubber model by Hedenstierna and Halldin [59] and was used to capture the behavior of

passive muscles. Material coefficients for this constitutive model are listed in Table 7.
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Table 7. Passive muscle properties from Hedenstierna and Halldin 2008 for
*MAT_OGDEN_RUBBER LS-DYNA material card.

Density 1.06

(kg/m?)

Poisson's 0.49

ratio

mul (Pa) 13337

alphal 14.5

Gi (Pa) 522e+3 211e+3 375e+3 2.90E+05 8.00E+04
Beta i (s7) 1020 400 65 30 0.1

2.5 Intra-abdominal pressure

A complex problem in lumbar modeling is handling intra-abdominal pressure.
The line of action of abdominal muscles are more complex than the muscles running
along the spine, as they curve around a deformable space. This boundary condition can
be defined in part by determining the state of intra-abdominal pressure. Intra-
abdominal pressure ranges from 0.027-2.16 kPa, with a mean of 933 Pa for men, and was
not found to be significantly different between males and females [23].

A finite element airbag mesh was inflated to fill the abdominal cavity bounded
by the surrounding muscles and bone. As this stressed geometry can result in severe
deformation of the initial mesh, the airbag was re-meshed to improve mesh quality. It

was then solid meshed (Figure 11) to include proper mass and inertial response.
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Figure 11. Abdominal volume solid mesh which is bound by and contoured to
the diaphragm superiorly, pelvis and pelvic floor inferiorly, abdominal muscles
anteriorly, and spinal muscles and spine posteriorly. This part is used to initialize the
mean intra-abdominal pressure.

The solid mesh was modeled as an elastic solid with the density of a 95% water,
5% air mixture (993.36 kg/m?). To accurately model abdominal compliance, a Young’s
modulus of 78.96 kPa and a Poisson’s ratio of 0.33 were implemented with
*MAT_ELASTIC card for the abdominal solid. This results in a 0.657% volume change
for the initial abdominal volume of 8.67 E-3 m® during the application of mean intra-
abdominal pressure. The shell mesh was attached to the solid mesh for applying mean
intra-abdominal pressure. This was modeled in LS-DYNA using *LOAD_SHELL_SET,

which allows the application of pressure to finite element shells. First, a baseline
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abdominal pressure was used for passive muscles. The model was first equilibrated by
applying mean intra-abdominal pressure of 933 Pa to the shell elements on the exterior
of the abdomen over a time period to reach steady state pressure. After equilibration,

active musculature and dynamic loading conditions could be simulated.

2.6 Development of a mass-matched female model

In order to obtain female results from the male model, a scaled model matching
the 50t percentile male mass was needed. Scale factors in Table 8 were developed to
most closely match a female of similar mass. All scale factors are reported as the ratio of
the mean female value with respect to the male value. For example, the 85" female scale

factor for height can be determined by

height 85th female  170.2 cm

85th SFneight = =
hetght height 50th male 177.0 cm

=0.961 (1)

For future female model development and scaling, dimensions and ratios for a
50 percentile female were also included.

According to CDC growth charts, a 50t percentile male at age 20 is about 70 kg.
This value was held constant for the iso-mass female model. Values from the female
growth chart were interpolated to determine that a 70 kg female is approximately in the
85t percentile of females. An 85" percentile female corresponds to a height of 170.2 cm
[60].

Trunk musculature regression models developed in [61] were used to calculate

PCSA dimensions for the 50t male, 50t female, and 85t female. Because there were
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multiple regression models for various trunk muscles, the final selected models used for
this analysis depended on if a muscle group had available models for both sexes, and if
the model depended on a variable that could be obtained for 50t male, 50t female, and
85" female such as weight, height, or BMI. BMI values for the three demographics were
calculated using the height and weight data for that specific percentile rather than using
the CDC percentile data for BMI.

Mean endplate area data for males and female was obtained from [4] for T12/L1
down to L4/L5. Assuming a normal distribution, sum of the mean and one standard
deviation approximately corresponds to an 84" percentile. Therefore, the 85% percentile
female was estimated this way. Other vertebral dimensions, such as length and width
were calculated using the stature percentile data from [60] and plugging them in the
stature-dependent regression models developed in [62].

Using the relationship for compression stiffness, k = EA/L, assuming Young's
Modulus (E) remains constant between males and females, mean endplate areas from [4]
and the relevant vertebral lengths calculated from [62] were used to develop
compression stiffness scaling ratios. In Table 8, the values for compression stiffness are
in terms of E. Female and male mean bending stiffness data was obtained from [54 63
64]. Again, a sum of the female mean and one standard deviation was used to obtain an

estimate for the 85% percentile female. Additional dimensions for the torso were found
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from the U.S. Army’s 2012 Anthropometric Survey which explicitly included 85" female
percentile data [65].

Finally, pelvic dimensions were particularly important because of the distinct
genetic pelvis differences between males and females. Beyond the scaling ratios, certain
pelvic dimensions, such as the sacral breadth and ischium breadth, allowed for more
accurate lines of action for muscle activation. Mean data for ilium height, iliac breadth,
sacral breadth, and ischium breadth were obtained from [66] and mean inlet diameter, a
depth dimension, was obtained from [67] using a weighted average between white and
black populations. All pelvic dimensions for the 85t percentile female were estimated

from the given means and standard deviations.
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Table 8. Scale factors for 85th percentile female and 50th percentile female
with respect to 50th percentile male dimensions

Dimension Ratios Source
50 M 50t F  85tF = 85f/50m = 50f/50m
HEIGHT (cm) 177.0 163.4 | 1702 = 0.961 0.923 [60]
PCSA (cm”2) [61]
--Avg of erector spinae 2262 | 1662 2088 @ 0923 0.735
--R. erector spinae 22.78 16.69 2141  0.939 0.733
--L. erector spinae 22.45 16.24 | 21.05 @ 0.938 0.723
--Avg of rectus abdominis 7.12 6.64 7.65 1.074 0.932
--R. rectus abdominis 7.78 6.42 7.40 0.951 0.826
--L. rectus abdominis 7.66 6.74 7.82 1.021 0.880
ENDPLATE CSA (cm”"2) [4]
--T12/L1 14.0 12.2 14.38  1.027 0.871
--L1/L2 16.0 12.4 14.16 | 0.885 0.775
--L2/L3 17.0 14.1 1556 = 0916 0.829
--L3/4 17.5 13.7 15.67 | 0.895 0.783
--L4/L5 17.3 154 17.34  1.002 0.890
VERTEBRAL PROPERTIES (cm) [62]
--length (L2-L4) 10.63 10.01  10.45 @ 0.983 0.942
--width (L2-L4) 4.01 3.77 3.89 0.970 0.940
COMPRESSION STIFFNESS (k=EA/L) [4 62]
--T12/L1 1.32E 122E 138E 1.045 0.925
--L1/L2 151E 124E 136E 0.900 0.823
--L2/L3 1.60E 141E 149E 0.931 0.881
--L3/4 1.65E 137E 150E 0911 0.831
--L4/L5 1.63E 154E 166E 1.020 0.945
BENDING STIFFNESS (Nm/deg) [54 63 64]
--Adams 1991 7.23 4.99 7.53 1.041 0.690
--Adams 1980 7.99 5.83 8.50 1.064 0.730
--Adams 1994 5.19 4.33 5.28 1.017 0.834
--Combined Adams Data 6.77 4.94 7.16 1.058 0.730
TORSO DIMENSIONS (cm) [65]
--bicristal breadth 27.5 27.3 29.6 1.076 0.993
--hip breadth 34.4 35.3 38.0 1.105 1.026
--hip breadth, sitting 37.8 39.7 43.2 1.143 1.050
--sitting height 91.8 85.7 89.1 0.971 0.934
PELVIC DIMENSIONS (cm) [66 67]
--ilium height 13.45 1248 1322 0.983 0.928
--max iliac breadth 27.97 27.77 2920 @ 1.044 0.993
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--max sacral breadth 11.52 11.53 12.12 1.052 1.001
--max ischium breadth 9.29 1032  12.03 = 1.295 1.111
--inlet diameter 9.9 11.1 12.2 1.232 1.121

Changes in pelvis dimensions caused changes in insertion points, and therefore,

lines of actions for muscles inserting on the pelvis.

2.7 Conclusions

A biofidelic model of the lumbar spine was developed based on high quality
medical imaging and segmented reconstructions of the salient anatomy. The resulting
model is a hybrid formulation containing a multibody osteoligamentous spine, beam-
type active musculature, solid passive musculature, and solid intra-abdominal volume.
Previously developed models have neglected to include the intra-abdominal cavity,
which provides support for the surrounding musculature and is hypothesized to impact

the resulting kinematics during high-rate dynamics.

2.8 Limitations

The developed model faithfully reproduces the anatomical complexity of the
human spine. It incorporates validated methods for modeling both the osteoligamentous
spine and supporting musculature. Nevertheless, the model possesses several
limitations which could be improved by future work.

First, linear tetrahedral solid meshes, such as that used to generate the passive

musculature, are well known to generate nonphysical results in some cases and are
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generally regarded as too stiff [68]. In order to be sure that this does not occur for any
loading scenarios which might be applied, future work would include replacement with
a hexahedral solid mesh. For complex geometries and interfaces between multiple parts
such as is encountered here, this represents a significant and nontrivial undertaking and
is beyond the scope of the current work.

While the use of a multibody framework for the osteoligamentous spine provides
significant savings in terms of computational cost, it precludes the direct determination
of deformation and stresses within the vertebral bodies. While the loads at the joints
provide some information about the internal mechanics and dynamics, the ability to
localize regions of high stress within each body might be of use for comparing with
experimental studies of lumbar vertebral fracture.

Finally, the use of a lumped mass as the superior torso is an obvious
simplification. Since the model is designed for high-rate compression this is likely a
reasonable assumption given the uniaxial nature of the input, it eliminates any degrees
of freedom between the inferior thoracic spine and the upper torso center of mass.
Whether or not such a simplification changes the resulting kinematics or
osteoligamentous forces remains an open question. However, one primary advantage of
using a lumped mass torso is the speed of computation when compared with a full

finite element torso.
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3 Active musculature optimizations against gravitational
loading

3.1 Introduction

Previous work with realistic computational head and neck models has found
they are unstable under gravitational loading in the absence of activated cervical
muscles [69]. Also, differences in initial muscle activation can affect model kinetics
during dynamic loading [69 70]. Our group has found that multiple muscle segments
increase the realism of kinematic and kinetic response [57]. Vasavada et al. found that
females had significantly more slender necks, but greater head mass per unit muscle
area when subjects were matched for height and neck length [71]. This may indicate a
difference in muscle activations between males and females to maintain head stability.
Similar behavior may occur in the lumbar spine, where upper torso masses differ
between males and females[49]. Cervical spine model simulations have found that
active musculature affects not only model kinematic response, but model forces, and
may play a dramatic role in failure response. For example, tensed muscle response may
contribute 40% or more of the compressive tolerance of the adult and pediatric neck [69].

This dissertation hypothesizes that the use of active musculature improves
model kinematic response to volunteer data. To investigate this hypothesis, muscle
activation states were determined for the lumbar multibody models under gravitational

loading. Additionally, no models were found that were used for vertical impact loading
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and contained active musculature, therefore muscle optimizations were necessary for
the lumbar model developed in this dissertation.

While there are many lumbar models that include active musculature, only a few
have examined gravitational loading[72 73]. Hwang, et al. [74] includes gravitational
moments of body segments as model inputs, as well as active muscles, but their active
muscles are based on EMG data from surface electrodes in experimental tests, as
opposed to the optimized activations investigated here. Others either did not include
gravitational loading, or did not mention if it was included[36 75-80]. Panjabi [81]
includes both gravitational preloads, as well as active musculature, but sets all activation
levels equal. Han, et al. [82] includes intra-abdominal pressure, but not active
musculature.

Chancey, et al. [70] details a methodology of determining both a tensed and
relaxed muscle activation scheme for use in cervical models. This methodology has
been successful in additional cervical spine models (pediatric six and ten year old) [69],
and thus was chosen for the general methodology in the lumbar model muscle
optimization. During compressive loading of the time range seen in under body blast
events, there is not enough time for muscles to have time dependent responses to the
event. However, muscle activation states prior to the event will persist over the entire

event and affect spinal loading.
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The primary objective of this chapter was to follow the methodology reported by
Chancey, et al. [70] and [69] to determine relaxed and tensed muscle activation states
for the 50t percentile male model. These activation states can then be applied to more
complex and dynamic scenarios, such as underbody blast. It is expected that the
activation optimizations for males and females will differ due to geometric differences in

the osteoligamentous spine, and PCSA differences in the muscles.

3.2 Methods
3.2.1 Optimization details

Two muscle activation schemes were investigated. The first was a relaxed state
which models an unaware, or unbraced subject. The relaxed state cost function was
used by Dibb et al. [69]. This activation scheme seeks to minimize muscle fatigue (Eq. 2)
while keeping the lumbar spine stable. Muscle fatigue is defined as the sum of squares

of the ratio of muscle force to the maximal muscle force [83].

11 11

min f(a) = Z (FmP;x’)Z = Z a? (2)

=1 i=1

Muscles were constrained to positive forces. The optimization rejects models if
the upper torso mass displaces more than 3 mm in the AP direction, or if the T12/L1 joint
force exceeds a 50t percentile risk of fracture of 5237 N. The sacrum was held fixed, and
the remaining vertebrae were constrained to only move in the sagittal plane. By

enforcing these optimization tolerances, the optimization keeps the spine upright under
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gravitational loading. Initial activation levels were set to 0.15 and bounded between
0.001 and 0.25.

The second state is a tensed state which seeks to model a maximally braced
subject. This activation scheme maximizes total muscle force (Eq. 3) while keeping the

spine stable and uninjured.

11
maxf(@) = ) F; (3)
i=1

Again, muscles were constrained to only positive forces. The optimization rejects
models if the upper torso mass displaces more than 3 mm in the AP direction, or if the
T12/L1 joint force exceeds the 50t percentile risk of fracture of 5237 N (detailed below,
Figure 12).

Like the relaxed activation scheme, these torso displacement optimization
tolerances are adapted from Dibb et al. [69]. The sacrum was held fixed, and the
remaining lumbar vertebrae were constrained to only allow sagittal plane motion. By
enforcing these optimization tolerances, the optimization will keep the spine upright
under gravitational loading and ensure muscular contraction will not result in spinal
injury during gravitational loading. Initial activation levels were set to 0.01 and bound
between 0.001 and 1.00.

Activation levels, 0 < a <1, of each of the 11 muscle pairs were varied using Latin
Hypercube point selection for 20 experiments per iteration. There was a maximum of 10

iterations for the tensed state, and 20 iterations for the relaxed state. All constraints were
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set to soft, which allows constraint violations if needed. Optimizations completed when
design change tolerance, objective function tolerance and metamodel accuracy reached
0.01. Metamodel sampling settings included fitting the lumbar spine model responses
to a polynomial metamodel with linear order. The optimization algorithm is a hybrid
algorithm with Adaptive Simulated Annealing (ASA) with a switch to Leap Frog
Optimizer (LFOP). Time history outputs included force histories for each of the 90
muscle strands, as well as the T12/L1 joint force history, and torso kinematics.

The 11 active muscle pairs were separated into 90 different muscle strands to
account for different origins and insertions along the length of the muscle (see Chapter
2.4 and Figure 10). Gravity was simulated in LS-DYNA through a constant 9.81 m/s?
load in the superior to inferior direction applied to the entire model. The stability of the
model was quantified using the maximal torso center of gravity translational and
rotational displacement, and comparing the 50t percentile risk of injury in T12/L1. Prior
to muscle activations, the abdomen was pressurized to a mean intra-abdominal pressure
of 933 Pa [84] to reach steady-state pressure during gravitational loading. Thus, the only
variable that changed during this simulation was the activation levels of the muscles.
Simulations ran for 30 ms, which allowed for a muscle response to reach its peak load, as

the muscle activation state time constant is 15 ms [45].
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3.2.2 Underbody blast failure tests and injury risk curve development

An injury risk curve for lumbar spinal fracture from axial loading (Figure 12)
was generated from underbody blast failure tests for a nominal posture plus or minus a
standard deviation of the posture (Duke unpublished data). These experimental tests
are whole spine osteoligamentous compression tests meant to simulate underbody blast.
The lumbar spine from 29 cadavers were potted in a fixed-fixed end condition in a
posture representative of a seated solider [85]. The caudal end was loaded via
displacement control to nominal loading rates of 200, 400, and 600 N/ms, and then
failure. The force at failure for these 29 lumbar spine experiments were used to create a

survival plot from T12/L1 axial force at fracture using a Weibull fit.
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Figure 12. Injury risk curve for fracture force at T12/L1 from UBB failure tests
(Bass, unpublished data)

3.3 Results

The relaxed optimization converged after 17 full iterations with no constrain
violations on the converged solution. Figure 13 and Table 9 show the converged
activation levels for the 11 active muscle pairs. All activation levels are well below ten

percent, resulting in axial forces of less than 15 N per muscle.
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Table 9. Active lumbar muscles relaxed optimized activation levels

Muscle Variable name | Activation Level

External oblique EXTOBLACT 1.00E-03
Internal oblique INTOBLACT 1.00E-03
Rectus abdominus RECTABDACT 1.00E-03
Thoracic Multifidus THMULTACT 1.00E-03
Lumbar Multifidus LUMULTACT 6.14E-03
Longissimus pars Lumborum LOPLUACT 2.42E-03
lliocostalis pars Lumborum ILPLUACT 3.58E-03
Longissimus pars Thoracis LOPTHACT 1.90E-02
lliocostalis pars Thoracis ILPTHACT 6.94E-03
Psoas PSOASACT 1.00E-03
Quadratus Lumborum QULUMACT 3.76E-03

Variable Plot

Optimum Iteration 17
with 95% Confidence Interval in red

EXTOBLACT

INTOBLACT

RECTABDACT

THMULTACT

LUMULTACT

LOPLUACT

ILPLUACT

0.2 0.4 0.6 0.8
Design space scaled to [0,1]

Figure 13. Relaxed muscle activations indicate slight contraction of the
extensor muscles to maintain an upright torso

While all muscle activation levels were low, there was higher contraction of the

extensor muscles in keep the torso upright. This effect is expected because of the
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moment of the upper torso about the location of the spine. The posterior displacement
of the torso CG was most sensitive (metamodel sensitivity using linear ANOVA) to the
external oblique, rectus abdominus, and thoracic multifidus activation levels (Figure 14).
External oblique sensitivity was 283% larger than the rectus abdominus sensitivity, and

318% larger than the thoracic multifidus sensitivity.

Sensitivities Plot for TorsoCGDisp_x_Min
with 95% Confidence Interval
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RECTABDACT
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-0.002 -9.499E-011 0.d02 0.do4 0.006
Terms in expansion of TorsoCGDisp_x_Min

Figure 14. Sensitivity of the posterior torso CG displacement to relaxed muscle
activations. Descriptions for variable names are found in Table 9.

Unlike the relaxed activation, the tensed activation produced co-contraction of
flexors and extensors at very high activation levels (Table 10 and Figure 15). All
activation levels were between 75 and 100 percent. The lumbar multifidus, iliocostalis
pars lumborum, and quadratus lumborum all optimized to a maximum activation level
of 1. The iliocostalis pars thoracis had the lowest activation level at 76%. All abdominal

muscles activated to levels above 90 percent.
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Table 10. Active lumbar muscles tensed optimized activation levels

Muscle Variable Activation Level
name
External oblique EXTOBLACT 9.48E-01
Internal oblique INTOBLACT 9.85E-01
Rectus abdominus RECTABDACT 9.37E-01
Thoracic Multifidus THMULTACT 8.94E-01
Lumbar Multifidus LUMULTACT 1.00E+00
Longissimus pars Lumborum = LOPLUACT 9.52E-01
lliocostalis pars Lumborum ILPLUACT 1.00E+00
Longissimus pars Thoracis LOPTHACT 9.79E-01
lliocostalis pars Thoracis ILPTHACT 7.63E-01
Psoas PSOASACT 9.39E-01
Quadratus Lumborum QULUMACT 1.00E+00
Variable Plot

Optimum lteration 10
with 95% Confidence Interval in red
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Figure 15 Tensed muscle activations for 11 different muscles all exceed 70
percent activation, and there is co-contraction of flexors and extensors

The compressive force in T12/L1 reached 2623 N (Figure 16), which corresponds
to a seven percent risk of failure (Figure 12). Activation levels for the tensed state

resulted in axial forces of 50 to 600 N per muscle. The optimization quickly reached a
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steady-state value for the T12/L1 axial force. However, computed infeasibilities of early
iterations kept the model from converging until 10 iterations had passed. The tenth

iteration resulted in a computed feasible solution.
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Figure 16. Optimization history for the maximum compressive force in
Newtons in T12/L1 joint

Like the relaxed state, the tensed state showed posterior torso CG displacement
to be most sensitive (metamodel sensitivity, linear ANOVA) to the activation levels of
the external oblique, longissimus pars thoracus, and rectus abdominus. Here, the
external oblique sensitivity is 65.5% greater than the longissimus pars thoracus
sensitivity, and 178% greater than the rectus abdominus sensitivity. Therefore, while
there are large co-contractions of all muscles in the tensed state, the external oblique had

the primary influence on torso CG posterior displacement. While activation levels only
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varied 24% across all muscles, kinematic sensitivities indicate these relatively smaller

variances have a large effect on torso kinematics.

Sensitivities Plot for TorsoCGDisp_x_Min
with 95% Confidence Interval
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Figure 17. Sensitivity of the posterior torso CG displacement to tensed muscle
activations

Intra-abdominal pressure was determined by outputting the pressure from the
abdominal solid elements within 1 mm of the joint cutplane. This is 114 solid elements
at L5S1 to 750 solid elements at T12L1. The tensed muscle state results in up to 16.3%
increase of median intra-abdominal pressure (Figure 18). As the muscle activate, there is
a ramp up period in change in intra-abdominal pressure. However, approximately 15
ms, the intra-abdominal pressure begins to reach steady state. This is consistent with the
15 ms activation time constant for musculature. After the 30 ms simulation where the

tensed activation state is applied to the model, there is not a statistically significant
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difference between intra-abdominal pressure by joint level (Figure 19). The box and
whisker plot indicate a red dash at the median, with whiskers at the 25" and 75"
percentiles. As the notches do not overlap, the pressure by joint levels are not
statistically different. Red crosses represent elements that fall outside the 25" and 75%
percentiles. While the pressures are not statistically different, there is a larger variance
at the lower joint levels. This is likely due to the large geometric variances at the lower
joint levels. At L4L5, there is anthropometric differences due to the psoas muscle, while
L5S1 is largely constrained by the rigid pelvis. This contrasts to the more superior joints,
which are constrained by abdominal musculature, the erectors, and the
osteoligamentous spine (Figure 20). This variance may be reduced in the future by
using a material card which does not support tension, increasing the time over which
the mean intra-abdominal pressure is applied, and increasing the simulation time for
tensing the muscles. This may result in less variance in the steady-state values across

the cut planes.
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Figure 18. Percent increase in intra-abdominal pressure by joint level over the
30 ms of tensed muscle activation.

2000 F : . - .
: | *
+ $ | +
< 1500 | I T | .
o : %
*
: E E
21000 - i 5 % -
st |
o ¥ f L : +
+ | 4
500 * I . + | +
, N . L .

711712 T12L1  L1L2 L2L3 L3L4 L4L5 L5S1

Figure 19. Box and whisker plot of intra-abdominal pressure after tensed
activation state. Whiskers represent the 25 and 75% percentile, and the central red
dash marks the median. Intra-abdominal pressure does not differ by joint level.
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Figure 20. Model transverse cut planes at joint centers of rotation. Left- T12L1,
middle- L4L5, right- L551. Solid elements in full color, with shell parts outlined.

3.4 Discussion and Limitations

No previous lumbar models with active musculature have been developed for
high rate compression loading. Since the material properties of the spine were
developed for high rate loading, an active muscle optimization may result in different
muscle recruitment and activation levels than in other computational models. A
limitation of this study was that optimization results may be non-unique, as well as
dependent on both model and optimization constraints (cf [86]). While this optimization
was limited to motion within the sagittal plane, biological response allows motion in all
planes, and would take into account any differences in symmetry between the left and
right side of the body. Since the primary lumbar spine response in compressive loading

is compression and bending, a sagittal plane motion constraint is sufficient. While other
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muscle activation schemes may exist, these optimization schemes present two possible
conditions for keeping the torso upright without additional dynamic loading. These
schemes are vital inputs to further lumbar spine modeling.

In the relaxed activation state, extensor activations were higher to keep the torso
stabilized. In the tensed state, there was co-contraction of both flexors and extensors.
This agrees with the results of Dibb, et al. [69], which analyzed the cervical spine
stabilization against gravitational loading. In both the lumbar and cervical spine, there
is a lordosis of the spine, with the head/torso CG anterior of the spine. Both states keep
the spinal forces below the known risk for fracture failure. For the tensed state, the load

in the spine is at seven percent risk of failure.

3.5 Conclusion

Muscle activation states were found over 30 ms to maintain an upright posture
against gravitational loading. Both activation schemes investigated, torso stability
(quantified by torso CG displacement) was most sensitive to external oblique activation.
For an unaware subject, activation of the extensor muscles is necessary to maintain and
upright torso. In the relaxed state, the largest activation was 1.9 percent, resulting in
maximum muscle forces of less than 15 N. Still, extensor activations are 2.4 to 19 times
greater than flexor activations. For an aware subject, large co-contraction of both flexors
and extensors will maintain an upright torso without fracturing the lumbar spine.

Muscle activations vary from 76 to 100 percent for the tensed state. The compressive
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force during a tensed activation reaches 50 percent of the estimated failure force, which
can exacerbate risk of injury during compressive loading. Muscle activations result in

changes in intra-abdominal pressure of up to 16 percent.
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4 Sensitivity analysis of the male model
4.1 Introduction

The work proposed investigates differences in male and female biomechanical
response due to differences in stature, mass distribution, and muscle activation.
However, it is possible that while differences might arise in these simulations, they
could be due to the specific conditions and parameters chosen. For example, Hansen et
al. found that changes in muscle line-of-actions affected model outputs [87]. Therefore,
a sensitivity analysis is needed to determine the realistic range of responses. The
importance of model input parameters for underbody blast loading with active
musculature was analyzed via a sensitivity analysis using LS-OPT (LSTC, Livermore,

CA).

4.2 Methods
4.2.1 Sensitivity analysis methods

A sensitivity analysis was conducted by varying parameters within plus and
minus one standard deviation as reported in literature (Table 11). Both geometric model
parameters and material properties were varied. This was used to determine which
parameters had the most effect on model response and injury outcome. In XX, while
some parameters are varied over their range such as CG position in meters, others are
varied as scale factors, such as vertebral mass scale factor. Here, scale factors are

defined as
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_ mean — STD

SFmin - mean (4)
mean + STD
SEnax = ean 5)

Vertebral bodies anteroposterior positions were varied independently. Vertebral
masses and inertias were varied jointly. Muscle origin/insertions were varied jointly in
x/y/z. Muscular cross-sectional areas scale factors were varied the same for all muscle
strands.

Spine and torso parameters included the anteroposterior position of the vertebral
bodies and upper torso mass, the axial position of the upper torso mass, and vertebral
mass and inertial scale factors. Initial intra-abdominal pressure values were the mean
male intra-abdominal pressure of hospitalized patients.

Scale factors for both the active and passive muscle components were generated.
For the passive muscle, the passive muscle stiffness standard deviation was assumed to
be the same as that applied to the cervical model [58]. The active beam elements were
varied geometrically by their cross-sectional area, and origin and insertion points.
Parameters affecting muscle response such as peak isometric stress, maximum
shortening strain rate, and force velocity scale factor were included in the sensitivity
analysis.

Joint stiffnesses were scaled for tension/compression, flexion/extension, and
shear. Additionally, the translational and rotational dampers used in parallel with the

springs were varied in accordance with the methodology used by Dibb, et al. [38].
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Finally, the energy loss ratio for the lumbar spine was assumed to match that for the

cervical spine, and was varied across its standard deviation.
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Table 11. Sensitivity analysis variables and input ranges by category. SF= Scale
factor

Spine and Torso

Abdomen

Muscles

Joints

Variable Description

L1 X CG Position (m)
L2 X CG Position (m)
L3 X CG Position (m)
L4 X CG Position (m)
L5 X CG Position (m)
T11 X CG Position (m)
T12 X CG Position (m)
Torso CG X Disp (m)
Torso CG Z Disp (m)

Vertebral Mass Scale Factor

Vertebral Inertial Scale
Factor

Initial Intra-abdominal
Pressure (Pa)
Max Isometric Stress (Pa)

Muscle PCSA Scale Factor

Max Shortening Strain Rate
(")

Maximum Relative Force
Force Velocity Scale Factor
Passive Stiffness SF
Energy Loss Ratio SF
Origin/Insertion X Disp SF
Origin/Insertion Y Disp SF

Origin/Insertion Z Disp SF
Force Length Shape Factor

Tension/Compression
Stiffness Scale Factor
Flexion/Extension Stiffness
Scale Factor

Shear Stiffness SF

Translational Damper SF

Rotational Damper SF

Variable
Name
CGL1

CGL2
CGL3
CGL4
CGL5
CGT11
CGT12
torsox
torsoz

VmassSF

InertSF

[APinit

IsostressSF

PCSASF

edotmax

fvml

fvsh

PassStiffSF

ELR
dispSFx
dispSFy

dispSFz
sk
ComSF

BendSF

ShearSF
DMPtSF
DMPrSF
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Value

-0.0084
0.0036
0.0174
0.0262
0.0162
-0.0195
-0.0158

—_

933.26

500000
1
0.5

15
0.3

Min

-0.0167
0.0162
0.0044
0.0131
0.012
-0.0364
-0.0302
-0.099
-0.218
0.757

0.695

466.63

250000
0.732
0.25

1.1

0.2
0.712
0.838
0.81884
0.81884

0.81884
0.179
1.4997

0.616

0.178
0.5
0.5

Max

-0.0001
-0.009
0.0393
0.0393
0.0204
-0.0026
-0.0014
0.099
0.218
1.243

1.305

1400

750000
1.268
0.75

1.8
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Model inputs were varied using Latin Hypercube point selection for 44 cases (the
default number of cases for linear order without interactions for 28 independent
variables). Metamodel sampling settings included fitting the lumbar spine model
responses to a polynomial metamodel with linear order. Time history outputs included
force histories for each of the muscle strands, vertebral joint compressive and shear
histories, abdominal pressure time histories, and torso kinematics. Sensitivity analysis
responses for comparison with input parameters were based on the maximum or

minimum value of the time history responses.

4.2.2 Model simulation methods

The simulated condition that was used for the sensitivity analysis was the Duke
unpublished UBB subfailure test. These tests were whole spine osteoligamentous
compression tests meant to simulate underbody blast. The spine was potted in a fixed-
tixed end condition in a posture representative of a seated solider [85]. The caudal end
was loaded via displacement control to nominal loading rates of 200, 400, and 600 N/ms,
and then to failure. This sensitivity analysis used the 200 N/m subfailure test to
investigate model response to input parameters. The mean axial displacement profile
from the experimental tests (Figure 21) was applied to the sacrum of the model. The
*BOUNDARY_PRESCRIBED_RIGID_MOTION card in LS-DYNA was used to apply

axial displacement. As in the experimental test, T12 was held fixed, the sacrum free in Z
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displacement, and the remaining vertebral bodies restricted to movement in the sagittal

plane.
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Figure 21. Experimental axial displacement for subfailure test (Duke,
unpublished data)

4.3 Results

The peak intra-abdominal pressure in the upper lumbar spine (T12/L1) was most
sensitive to axial stiffness, muscular cross-sectional area, and initial intra-abdominal
pressure (Figure 22). Axial stiffness and initial intra-abdominal pressure are negatively
correlated with peak intra-abdominal pressure. In the sensitivity analysis, peak intra-
abdominal pressure is reported as a negative value, while the parameter intra-
abdominal pressure is a positive value. Therefore, as axial stiffness and initial intra-
abdominal pressure increase, so does the maximum intra-abdominal pressure. It is

expected that if the mean initial pressure increases, so should the response. As axial
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stiffness increases, the model shifts more of the load to the abdomen, increasing intra-
abdominal pressure as a result. As muscular cross-sectional area increases, peak intra-
abdominal pressure decreases. This is a result of more of the axial load being borne by

musculature, instead of the abdominal viscera.
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Figure 22. Coefficients of correlation for intra-abdominal pressure at the
T12/L1 joint level with 95% confidence intervals in red

The peak intra-abdominal pressure in the lower lumbar spine (L5/S1) was most
sensitive to bending and shear stiffness (Figure 23). Of those with the strongest
correlation, bending and shear have a positive correlation. In the lower lumbar spine, as
bending and shear stiffnesses increase, there is increased loading placed on the abdomen

from the spine. This leads to increased intra-abdominal pressure.
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There was much stronger correlation to torso and muscle geometric parameters

(torso CG x displacement, muscle origin/insertion scale factors) when compared to the

upper lumbar spine. This means as the torso CG moves posterior, peak intra-abdominal

pressure increases. In the L5/5S1 joint, as the muscles origin/insertions move more

anterior or superior, intra-abdominal pressure decreases. But as the origin/insertions

move farther away from the spine laterally, intra-abdominal pressure increases.

Peak spinal compressive force was more strongly correlated with peak intra-

abdominal pressure at higher joint levels (Figure 24), with poor correlation at the L5/S1

joint level.
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Figure 25 shows the linear interpolation of peak intra-abdominal pressure
compared to the spinal stiffness parameters in the sensitivity analysis. While overall,
these were of the top parameters affecting intra-abdominal pressure response, the

strength of the correlation of each parameter is dependent on joint level.
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4.4 Discussion and limitations

In general, geometric and material muscular parameters along with spinal
stiffness parameters, correlated more strongly with peak intra-abdominal pressure
response for both the upper and lower lumbar spine. However, intra-abdominal
pressure was most sensitive to axial stiffness in the upper lumbar spine, but most
sensitive to bending stiffness in the lower lumbar spine. This is likely due to the
increased non-linearity of the L5/S1 bending stiffness compared to the rest of the lumbar
spine (Figure 9 in Chapter 2). Other parameters which affect spine bending response
include muscle origin and insertion points. These parameters affect the moment arm of
the muscle with respect to the spine. Origin and insertion muscle scale factors were
found to be more strongly correlated in the lower lumbar spine. Therefore, while the
upper lumbar spine response is most sensitive to factors affecting compressive stiffness
of the joints, the lower lumbar spine is most sensitive to factors affecting the bending
response of the spine.

The intra-abdominal pressure and spinal compressive force were dependent on
one another, even while varying muscle related parameters. Higher muscle cross-
sectional areas led to higher spinal forces and intra-abdominal pressure in T12/L1. In
L5/S1, varying the origin and insertion points of the muscles affect their moment arms,

and also the peak spinal forces and intra-abdominal pressure. This supports the
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hypothesis that active musculature affects intra-abdominal pressure and its stabilization
of the lumbar spine.

Some limitations of this sensitivity analysis were that posture was not
investigated, but instead the anteroposterior position of the vertebral bodies were varied
in space. This allowed for investigation of the influence of vertebral bodies
independently, but not a more flexed or extended posture where these bodies” positions
would be dependent on one another. Additionally, the standard deviation of the
muscular origin and insertions scale factor was based on the maximum distance to the
spine, instead of the displacements in each dimension. This gives a conservative
estimate of the influence of muscle origin/insertion, since the maximum distance is
larger than the distance in any particular direction. Also, the scale factor was averaged
across all muscles. This caused a larger scale factor for some muscles, and smaller for
others. Muscle cross-sectional areas were also varied jointly for all muscles. In future
work, muscle origin/insertions will be varied by their individual standard deviations.
Additionally, a future sensitivity analysis will look at linear order metamodels with

interaction effects.

4.5 Conclusions

The interplay between the three components (osteoligamentous spine,
abdominal pressure, and active musculature) is complex and both intra-abdominal

pressure and active musculature are needed to capture spinal response. While both
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muscular cross-sectional area and intra-abdominal pressure affect the model
osteoligamentous response, there are interdependences between muscular force or
contraction and intra-abdominal pressure. Computational modeling of the lumbar spine
should include both intra-abdominal pressure, as well as active musculature. A
difference in sensitivity between the upper and lower lumbar spine suggests that
modeling efforts need to consider the region of interest in the spine, and acknowledge
that level specific properties are important. Future sensitivity analyses will include
individual varied muscle cross-sectional areas and origin/insertion variations. This will
allow for further understanding of the sensitivity of the model to local model

parameters.
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5 Computational modeling of underbody blast

5.1 Introduction

A current area of interest in lumbar injury is vertical impact loading. This
includes underbody blast (UBB), high speed planing boat impacts, and high-speed
aircraft ejection (e.g.[92-96]). Lumbar spine fractures occur in 18% of all wounded in
action injuries and 26% of soldier skilled in action exposed to UBB [97]. Of all military
musculoskeletal injuries, lumbar spine injuries accounted for 20 percent [98].
Additionally, the lumbar spine is likely the primary load path for injuries to the head
and neck in vertical impact loading conditions. Typically, these impacts happen on the
order of a few to a couple hundred milliseconds and 15 g’s or higher. Furthermore, the
US military has moving towards including women in all combat roles, including as the
Special Forces beginning in January 2016 [99]. Even after scaling stresses using surface
anthropometry, men and women exhibit differences [5]. It is unknown how women will
respond biomechanically in these loading conditions.

Recent research has investigated underbody blast both experimentally (e.g. [93
100 101]) and computationally [102]. The US Army has focused efforts on the
development of an anthropometric test device (ATD) called the Warrior Injury
Assessment Manikin (WIAMan) for underbody blast loading [103 104]. While
experimental research has driven determination of biomechanical properties of the

WIAMan ATD, a computational model can provide insight without the need for many
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cadaveric tests. Additionally, a lumbar computational model for UBB that can be scaled
to different sizes and sexes may provide useful understandings for the future direction
of experimental research. While many lumbar models were available, no previously
developed model was appropriate for high-rate vertical impact loading with both intra-
abdominal pressure and active musculature included. While it is known that the lumbar
spine is viscoelastic, the properties at high-rates, such as those experienced during UBB
events, have only recently been investigated [105]. To this end, a computational lumbar
model was created to investigate high-rate loading. The scope of this project is to
investigate lumbar spine response to single accelerative loading impacts (3G-15G), such
as those seen in military settings- high speed craft impacts, ejection seats, underbody
blast.

It is hypothesized that the use of active musculature decreases injury tolerance in
compressive loading. A tensed muscle response may contribute 40% or more of the
compressive tolerance of the adult and pediatric neck [69]. This hypothesis is tested
using two sets of simulations. First, the model force and moment response from the
Duke UBB failure simulations will be compared to against the experimental corridors
(see Figure 27 and Figure 37) from cadaveric tests currently being conducted at Duke
University. It is hypothesized that the muscle activations will increase pre-compression
in the osteoligamentous spine. Therefore, the simulations with muscle activations will

lie farther from the experimental corridor (which have no active musculature). They
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should also lie closer to the injury risk threshold, due to pre-compression in the

osteoligamentous spine.

5.2 Methods
5.2.1 Experimental data collection

The osteoligamentous portion of the 50 percentile male model is validated using
high rate vertical impact loading tests conducted at Duke University (unpublished data).
These tests are whole spine osteoligamentous compression tests meant to simulate
underbody blast. The spine was potted in a fixed-fixed end condition in a posture
representative of a seated solider [85] with a neutral lordotic posture. The caudal end
was loaded via displacement control to nominal loading rates of 200, 400, and 600 N/ms,
and then to failure. Six degree of freedom load cells were used to acquire upper
(T12/L1) and lower (L5/S1) lumbar force and moment responses. Also captured was
sacral displacement via an LVDT, and upper, lower, and mid lumbar accelerations with

a three degree of freedom accelerometer.

5.2.2 Osteoligamentous model validation and active musculature
simulations

The mean axial displacement profile from the experimental tests (Figure 26) was
applied to the sacrum of the model. As in the experimental test, T12 was held fixed in
both translation and rotation. The sacrum was free to move axially, but not in along the

anteroposterior and lateral axes. Rotation was restricted for all degrees of freedom. The
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remaining vertebral bodies (L1 through L5) were restricted to movement in the sagittal

plane.
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Figure 26. Experimental axial displacement for subfailure test (Duke,
unpublished data) (left), and experimental setup (right).

First, the osteoligamentous model was chosen for model validation. The lower

rate (200 N/ms) test was validated against the T12/L1 axial force corridor (Figure 27).
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Figure 27. T12/L1 axial force corridor for 200 N/ms underbody blast loading
(Duke, unpublished data). Compression is negative.

This corridor was developed from the mean plus or minus a standard deviation
from the upper lumbar spine load cell. The corridor ends at peak force, as the loading
region is of particular interest. The T12/L1 joint load cell was chosen for validation over
the lower lumbar load cell because no mass compensation was needed for the
experimental results. This results in a higher confidence in the experimental data for
T12/L1. The failure test was validated against a force-energy curve (Figure 28), and the

injury risk curve detailed in Chapter 3 (Figure 12).
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Figure 28. Strain energy as a function of force for 29 cadaveric lumbar failure
tests. Lumbar spines were potted in a neutral lordotic posture plus/minus one
standard deviation, and loaded axially through displacement control of the sacrum
(Duke, unpublished data).

The force-energy curve was generated from the mean and plus or minus one
standard deviation from 29 experimental lumbar tests. Energy was calculated as the
integral of the T12/L1 axial force with respect to sacral displacement (Equation 6), and so

represents the strain energy of the lumbar spine.

E= f F, dz (6)
The mean and standard deviation curves were calculated across the curves for all
spines extended through the mean injury load of 4929 N. Figure 29 shows the 50t
percentile male strain energy response to force, and two scaled female responses. This

response shows the 85 percentile female is a comparable model to the 50 male. Force

76



was scaled by area while compressive strain energy was scaled by the product of

vertebral area and length.
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Figure 29. Compression energy with respect to force for 50th percentile male,
50th percentile female, and 85th percentile female (Bass, unpublished data)

An injury risk curve for lumbar spinal fracture from axial loading (Figure 12)
was generated from underbody blast failure tests for a nominal posture plus or minus a
standard deviation of the posture (Duke unpublished data). The force at failure for

these 29 lumbar spine experiments were used to create a survival plot from T12/L1 axial

force at fracture using a Weibull fit.
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Figure 30. Injury risk curve for 50th percentile male, 50th percentile female,

and 85th percentile female. Confidence intervals not included for 50th and 85th
female for clarity (Bass, unpublished data).

Figure 30 shows the injury risk for a 50 percentile male, 50* percentile female,
and 85% percentile female. The curves demonstrate that while the risk for the 50t female
and 50" male differ considerably, the injury risk for the 85t percentile female is closer to
the 50t percentile male due to closer dimensions of these two demographics. Force
scaled by vertebral area. Schmidt, et al. [5] was used to obtain the 50t percentile female
vertebral loading area from 50t percentile male dimensions and the 85t percentile
female was found using the normal population area regression from Korpinen, et al.

[106]. This regression model yielded a vertebral area for the 85t female which was very
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close in size to the 50" male. Male and female response can be compared to their
respective injury risk curves.

Finally, the relaxed and tensed muscle activation states were simulated for both
the 200 N/ms and failure loading conditions. The relaxed and tensed muscle activations
were detailed in Chapter 3. The dynamic lumbar spine responses are compared by
activation state, or lack thereof. Finally, an 85% percentile female model was simulated
in the low rate case using the male relaxed activation state. The creation of the 85"

percentile female model is detailed in Chapter 2.

5.3 Results
5.3.1 Validation

In the subfailure underbody blast simulation, peak compressive force in the
T12/L1 joint was 924 N, and occurs at 0.012 s. While the validation corridor is for only
T12/L1, computational modeling gives insight into the loads seen between those that can
be measured experimentally. For example, in the experimental setup, only T12/L1 and
L5/51 axial force could be measured. But here, the axial force in L1/L2 through L4/L5 are

also determined.
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Figure 31. Compressive forces in the lumbar spine for an approximately 3 mm
sacral impact are between 930 and 1200 N. Compressive force increases from the
superior to inferior direction.

This peak compressive force is within the experimental corridor, indicating the
model is valid for lower rate (200 N/ms) vertical impact simulations. Figure 32 shows
the axial force/displacement curves for this subfailure simulation. While sacral
displacement is on the order of 3 mm, each vertebral joint compress approximately 10
percent of the total spinal compression. There is slightly more compression (.05 mm) in

the L551 joint.
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Figure 32. Axial force displacement curves of the intervertebral joints during
subfailure underbody blast.

For failure response, strain energy as a function of axial force is a better indicator
of model response to experimental data than model force over time. It decouples the
response from time, and paints a picture of lumbar displacement coupled with force.
The failure energy corridor in Figure 30 was developed from 29 failure tests of cadaveric
lumbar spines in a neutral posture plus or minus one standard deviation. The 50™
percentile male model energy response lies within the corridor, but slightly above the

mean response.
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Figure 33. Model simulation strain energy response compared to experimental
corridors shows the lumbar model can be used for modeling failure .

Peak model strain energy occurs at 4809 N and 34.5 ]. When compared to the 50
percentile male injury risk curve, this represents a 41% risk of spinal fracture, but within
the 95" confidence intervals for a 50t percentile risk of injury. The compressive force
time histories for all vertebral joints is shown in Figure 34. Compressive force increases
as you move inferiorly down the lumbar spine. Of interest for this study is the loading
portion of the underbody blast profile, up to maximum force. Here, forces decrease after
approximately 12 ms because the sacrum begins to return to its initial position (see

Figure 26).
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Figure 34. Underbody blast failure simulation axial compressive force by joint

level. T11/T12 was held fixed, and compressive force in the spine increases in the
caudal direction.

Failure shear loads were also highest for the lower lumbar spine joints (Figure
35), reaching peaks of 1600 N in L5/S1. There are phasing differences between the
intervertebral joints in shear, and magnitude does not increase with each subsequent
joint level while traveling inferiorly. The L4/L5 joint, as well as the L5/S1 joint first move
into anterior (positive) shear, and then cross into posterior (negative) shear. All other

joints are in posterior shear for the entire loading profile.
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Figure 35. There is a phase lag between the shear responses of the

intervertebral joints. The two lowest FSUs first go into anterior (positive) shear,
while all other joints immediately go into posterior (negative) shear.

The bending moments (Figure 36) for all joint levels are low (<1 Nm), and are less
than the moments seen in the experimental tests (Figure 37). T12/L1, L1/L2, and L5/S1
have a slight extension bending moment, while L2/L3 through L4/L5 have a small
flexion bending moment. Overall, there is minimal bending in the model during

underbody blast.
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Figure 36. Bending moments at the joints” CORs for the lumbar spine are
small during vertical impact. Upper lumbar spine segments and L5/S1 move into
extension (negative), while the mid lumbar spine segments (L2/L3 to L4/L5) moves
into flexion (positive).
However, the experimental tests have a very wide corridor and were found to be

very sensitive to the position where the moment was taken, since moments had to be

translated from the load cell to joint centers.
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Figure 37. Experimental underbody blast moment response for the upper
lumbar spine (top), and lower lumbar spine (bottom). The upper lumbar spine
corridor runs close to zero, while the lower lumbar spine has a negative response with

a wide corridor (Duke, unpublished data).
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5.3.2 Muscle activations and sex comparisons

The inclusion of active musculature, and the abdominal pressure decrease the
compressive force in the spine (Figure 38). This is because the inclusion of the soft tissue
allows for an alternative load path. Additionally, loading occurs earlier in time. Peak

compressive loads occur at 9.2 ms versus 11 ms for the osteoligamentous spine.
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Figure 38. Full lumbar model with active muscles decrease the axial
compressive load of the lumbar spine. Solid lines represent the osteoligamentous
model, while dashed lines are the full model with relaxed activated muscles.

When comparing the relaxed to tensed activation states, spinal axial forces
increase dramatically. Peak T12/L1 force in the tensed activation simulation is 2487 N,

compared to 245 N in the relaxed case. This is a 10x increase in spinal force. In the
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tensed case, the T12/L1 spinal force is 47 percent of the estimated compressive failure
load. This agrees with results for a tensed case in the cervical spine, which saw 45

percent of compressive preloads [69].
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Figure 39. Tensed activations (dashed) result in substantially higher axial
forces in the lumbar spine compared to tensed (solid) activations.

A preliminary female 85t percentile model was compared to the 50 percentile male
model for the 200 N/ms loading condition with relaxed muscles. The female model
resulted in higher spinal loads for the same loading condition (Figure 40). Peak T12/L1
force for the female model (1266 N) was almost five times higher than the male model
(258 N). These differences were greater at lower lumbar spine levels. For both models,

these results are subinjurious (less than 1 percent risk of injury from Figure 29).
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Figure 40. Comparison of male (solid) and female (dashed) models of matched
mass and including active musculature. Compressive forces in the lumbar spine are
higher in the female model.

5.4 Discussion and limitations

At lower forces, the model stays closer to the mean strain energy (Figure 33).
However, at higher force levels, the lumbar model increases in energy at a higher rate
than the mean experimental data. While the model is still validated against
experimental response for a neutral lordotic posture for axial force and strain energy,
this may result high spinal displacement at higher spinal forces relative to the

force/displacement ranges investigated here. A sensitivity analysis of the model posture
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would better indicate over what range of positions in which this model is valid. This
was outside the scope of this dissertation, which only focused on neutral posture. The
lumbar model may slightly underpredict lumbar spine injury based on experimental
data. However, the injury risk for the computational lumbar results in a risk that falls
within the 95 confidence intervals for a 50" percentile risk of injury. Therefore, this
model is valid from low rate vertical impacts up to high rate tests, and failure loading.

The bending moments for all joint levels are low (<1 Nm), and are less than the
moments seen in the experimental test. However, the experimental tests have a very
wide response corridor and were found to be sensitive to the position where the
moment was taken, since moments had to be translated from the load cell to joint
centers. Therefore, lumbar bending moment is not recommended for a validation
criterion. While bending response is of interest in the lumbar spine, the lumbar spine is
more of a stacked column than the cervical spine. Therefore, lumbar loading should
have more axial compression and less sagittal bending than the cervical spine.

The female model used in this study used lines of action scaled from the male
model. A 50* percentile male relaxed activation state was applied to the 85" percentile
female model. The difference in response between the two sexes suggests that muscle
recruitment for women is different than men. An optimization for a female relaxed and
tensed case should be performed separately in future efforts. Additionally, while only a

sub-failure simulation was compared, there was still an order of magnitude difference
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between the peak male and female response. For higher rate tests, this may result in the
female model reaching fracture injury threshold prior to the male model for the same
input.

A full lumbar spine model including intra-abdominal pressure and active
musculature decreases compressive loads in the spine when compared with an
osteoligamentous model. Increasing muscle activation from the relaxed to the tensed
states increases the axial load in the lumbar spine when only looking at a whole

lumbar/abdominal model.

5.5 Conclusions

The lumbar osteoligamentous model developed in this dissertation was
validated for both sub-failure and failure loading conditions in vertical impact loading.
A relaxed lumbar spine model has decreased vertebral joint axial loads compared to the
osteoligamentous model. However, when looking at a human response instead of a
cadaveric response, increasing muscle activations increased the compressive load in the
intervertebral joints an order of magnitude for the tensed case over the relaxed case.
Peak compressive force in the subinjurious simulation increased from a less than 1% risk
of injury to a 6% risk of injury. However, this is a load increase of over 2000 N, and
represents 47% of the compressive failure load in T12/L1. This supports the hypothesis
that active musculature increases pre-compression in the osteoligamentous spine, and

pushes the lumbar axial response closer to the injury risk threshold. The female lumbar
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spine had increased spinal compressive loads compared to the male model with the
same activation state. Female models with active musculature should be optimized for

their own relaxed and tensed states, instead of applying those from a male model.
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6 Sex Effects and injury risk for muscle tetanus

6.1 Spinal injury risk from muscle tetanus

The advent of convulsive therapy to treat mental illness in the 1930s - 1950s
resulted in spine fractures in numerous cases [16 17]. Typical techniques used to induce
convulsions included administration of metrazol[107], insulin [108], or electroconvulsive
therapy [109]. Typical side effects included Vertebral body compressive fractures in
thoracic spine, most commonly in thoracic vertebrae, T4-T6 [16].

The available multiple-patient epidemiology studies span a period from 1939 to
1955, including studies performed before widespread use of paralytics such as curare for
convulsive therapy (e.g. Bennett, 1940) [110]. Without a paralytic, typical full torso and
other muscle activation is seen, inducing vertebral fractures and muscle tearing [111].

Of the 23 epidemiological studies of spinal fractures that were identified from
convulsions, including fractures resulting from epileptic seizures (grand mal), 19
investigated the incidence of fracture in electroshock therapy, convulsive therapy with
metrazol, or insulin shock, without a muscle relaxant or paralytic. Interestingly, based
on raw incidence when men are separated from women in the available studies, spinal
fractures from convulsive therapy or seizure occurred in at a higher rate in men
(359/1058 = 33.9%) than in women (230/1204 = 19.1%). This may be due, in part, to
differential torso muscle cross sectional areas in women relative to men relative to the

spinal vertebral cross sectional area.
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Table 12. Studies of spinal fracture from convulsive therapy and grand mal epileptic

seizures. Dashes indicate missing data. C=cervical, T=thoracic, L=lumbar,

m=male,f=female.

Study Incidence
male fw
Author Yr Modality n fx | Fx% | C T L m |f w fx fx
Androp[112] 1941 | Metrazol 30 7 23% | - - - - 6 1
Barrett[113] 1942 | Electroshock 20 3 15% | 0 3 0 10 | 10 3 0
Metrazol 20 9 45% | 0 9 0 10 | 10 6 3
Epilepsy 20 9 45% | 0 9 0 10 | 10 4 5
Bennett, 1939
Fitzpatrick[11
4] Metrazol 17 8 47% | 0 8 0 3] 14 1 7
Cummins[115 1942
] Metrazol 122 | 18 14% | 0 18 0
Dewald[17] 1954 | ECT
[20] (Glissando) 120 | 23 19% | 0 23 0 33 | 87 11 12
ECT (direct) 111 | 25 23% | 0 25 0 23 | 88 13 12
Easton, 1942 11
Sommers[116] Metrazol 200 | 46 23% | 0 46 0 84 6 24 22
Easton[16][ 1944 20 43
[19] Metrazol 800 9 26% | 0 | 209 0 366 4 136 73
Graves, 1940
Pigmataro[117
] Metrazol 187 | 15 8% | 0 15 0 - - - -
Krause[118] 1941 | Metrazol 75 | 32 43% | 0 31 1 33 | 42 19 13
Lingley[119] 1947 13
[119] Electroshock 230 | 53 23% | - - 4 94 6 35 18
Newbury, 1955
Etter[120] ECT 85 | 23 27% | 0 23 0 20 | 65 4 19
Pederson 1976
[121] Epilepsy 87 | 14 16% | - - - 55 | 32 9 5
Polatin[122] 1939 | Metrazol 51 | 22 43% | 0 22 0 23 | 35 6 16
Pool, 1952 | Insulin, no prev
Meschan[123] therapy 46 6 13% | 0 6 0 46 0 6 0
Insulin, prev
ECT or
metrazol 53 | 10 18% | 0 10 0 53 0 10 0
Insulin + ECT
(no prev) 32 8 25% | 0 8 0 32 0 8 0
Insulin + ECT
(prev) 35 6 17% | 0 6 0 35 0 6 0
Schatz, 1941
Konwaler[124 Metrazol 66 | 19 29% | 0 19 0 38 | 28 - -
] Epilepsy 10 5 50% | 4 1 0 10 0 5 0
Smith[125] 1942 | Electric Shock 156 5 3% | 0 5 0 - - - -
Reed, 1940 | Epilepsy 72| 25 35% | 0 25 0 32 | 40 15 10
Dancey[126] Metrazol +
Insulin 86 | 27 31% | 0 27 0 36 | 50 18 9
Vasconcelos 1973 | Epilepsy w/o
[127] back pain 70 | 11 16% | 0 10 3 38 | 32 8 3
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Epilepsy w
back pain (from
1427 patients) 15 15 100% | O 15 6 12 3 12 3
Worthing, 1942 | Electric Shock 60 0 0| - - - - - - -
Kalinowsky
[128] Epilepsy 45 2 4% | - - - - - - -
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(n=2921) (n=1204) (n=1058)
Figure 41. Percentage spinal fractures in patients being given convulsive

therapy without a muscle relaxant or paralytic, using metrazol shock, insulin shock,
electroshock, or tonic-clonic seizure, overall and by sex.

Where reported (n=2454), the location of spinal fracture in patients was in the
thoracic spine (n=558) in the vast majority of patients (Figure 42). Cervical (n=4) and
lumbar fractures (n=14) were rarer. Though Vasconcelos (1973) reported a 47% risk of
lumbar fractures in a subset of grand mal epilepsy patients (n=15), these were a subset

reporting pain selected from a cohort of 1487 patients. Since no other patients were
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examined for spinal fractures, the true incidence in this study may be larger than the
implied incidence in the study (1%).

25%

20%

15%

10%

Percentage Spinal Fractures

5%

0% |
Cervical Thoracic Lumbar
(n=4) (n=558) (n=14)

Figure 42. Location of spinal fractures by region in patients being given
convulsive therapy without a muscle relaxant or paralytic, using metrazol shock,
insulin shock, electroshock, or tonic-clonic. Lumbar fracture numbers include results
from Vasconcelos (1973) [127].

6.2 Scaling men and women for date of study

Among the potential causes of the difference between risk of spinal fracture from
muscle tetanus reported in the convulsive therapy and epilepsy literature is a relative
difference in muscle cross sectional area relative to abdominal and spinal support. Men
typically have larger PCSA values than women increasing risk of spinal fracture under
full muscle activation, but women have potentially offsetting decreases in spinal disc

and vertebral body area and in abdominal cross sectional area relative to men.
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One potential confounding factor in using data from the 1940’s to assess the
current population risk is differences in anthropometry between the two periods. The
mean stature in 18 year old men and women is shown in Figure 43. Between 1939 and
2014, the mean stature of men has significantly increased (p<0.01) 3.2+1 cm while the
mean stature of women has increased 3.1+1 cm. This is a 1.7% difference in stature for
men and a 1.8% difference for women. Body mass, too, has increased significantly
(p<0.01) in the interval between 1940 and 2010 as shown in Figure 44. The mean body
mass of men has increased 16.6+0.7 kg while the mean mass of women has increased
17.3+0.6 kg. This is a 19.2% difference in mass for men and a 23.2% difference women.
These large differences in mass, and consequent increases in muscle PCSA, may drive

increases in risk relative to the smaller increases in structural anthropometry.
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Figure 43. Stature of 18-year-old men and women by age from 1939-2014 [129]
shows that the average stature of men has increased 1.7% from 1939 to 2014. The
average stature of women has increased 1.8% from 1939 to 2014.
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Figure 44. Body mass of 18-year-old men and women by age from 1940-2010
(NCDRisk, 2020 for stature, [130] Komlos, 2011 for BMI, Population demographics
from Census, 1975[131]). The average mass of men has increased 19.2% from 1940 to
2010. The average mass of women has increased 23.2%.

6.3 Muscle and spinal characteristics

To determine the effect of muscle characteristics on scaling the injury risk from
the 1939-1955 time period, regressions are used that relate body mass to muscle PCSA in
the torso. Marras et al (2001) [61] provide regressions for large abdominal muscles

based on combinations of BMI, height, weight, and combinations of height and weight.

These are tabulated in
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Table 13 for the 50% male and female comparing 1939 values to 2014 values. As
discussed above, the largest differences are attributable to mass differences between the
demographics. For example, it is striking that a 2014 50% female has a larger body mass
than a 1939 50% male. The regressions for the muscles listed in this table show increases
in body size are correlated with an average 23.3% increase in the PCSA for mid-sized
women over the time period and 19.0% increase in mid-sized men. This estimated
increase potentially increases the full activation forces by the increased PCSA acting in
the direction of the lumbar spinal support in the absence of abdominal pressure support.
In particular the full effect of changes to posterior musculature such as erector spinae
increased area will likely be felt in the spine when the torso muscles are fully activated,
as opposed to the anterior musculature in which the spine may be shielded by
abdominal support.

Using the PCSA regressions from Marras (2001) [61] in terms of height and body
mass and the vertebral body cross sectional area (VBCSA) regressions from Korpinen
(2019) [106] in terms of body mass, the percentage change in PCSA and VBCSA are
shown for men in Figure 45 and women in Figure 46. Based on trends in the relative
areas, the ratio between PCSA and VBCSA is approximately the same for women from
1940 to 2010, but shows a substantial decrease in the ratio for men based on the relative
increase in the regression for PCSA by demographics. The ratio of PCSA/VBCSA has

increased for women relative to men over the time investigated. In 1940, women’s ratios
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were approximately 90% men suggesting they had lower average risk than men. By
2010, the risks are similar. Based on the relative torso masses between men and women
and the influence of the relative spinal cross sectional areas, this is not unexpected. For
example, Schmidt, 2012 [132] found that there were fundamental differences in injury
risk between men and women outside vertebral area/stress contributions alone, but that
these differences were compensated by decreased torso mass distribution in women,
leading to similar injury risk between men and women before adding torso borne
protective equipment. Presumably, the remodeling adaptation for both PCSA and
VBCSA that led to this result occur across the population for normal physiological
stresses, and the regressions of Marras et al. and Korpinen et al. implicitly include these
effects. The PCSA/VBCSA ratio for men and women was used to adjust force estimates

from earlier studies for risk analysis below.
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Table 13. Demographic characteristics of mid-size female and males in 1939
and 2014 (NCDRisk, 2020, CDC, 2020[62]) and PCSA values for selected muscles from
regressions of Marras et al. (2001). Based on the calculated regressions, the
demographic changes are correlated with an increase in weighted PCSA of 19.0%
from 1939 to 2014, while the PCSA for women has increased an average of 23.3%.
These estimated changes are largely attributable to body mass differences.

50% Female 50% Male
Year Year

Year 1939 2014 1939 2014
BMI (kg/m~2) 23.45 28.12 23.41 27.92
Height (cm) 160.45 163.54 173.96 177.13
Weight (kg) 60.36 75.22 70.83 87.61
HTWT (m kg) 96.85 123.01 123.22 155.18
HTDWT (cm/kg) 2.66 2.17 2.46 2.02
WTDHT (kg/cm) 0.38 0.46 0.41 0.49
Muscle PCSA (cm2)

R. erector spinae 18.40 25.57 23.59 28.38
L. erector spinae 17.12 23.18 23.34 28.70
R. rectus abdominis 7.10 9.03 7.89 10.08
L. rectus abdominis 7.49 9.63 7.77 10.07
R. internal oblique 6.81 8.10 9.23 11.17
L. quadratus

lumborum 2.82 3.41 454 5.82
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Figure 45. Percentage change in PCSA and vertebral body cross sectional area
(VBCSA) by year in young men. PCSA estimates were based on erector spinae area
regressions by height and weight (Marras et al., 2001), and VBCSA estimates are
based on population regressions by body mass for men (Korpinen, 2019). Ratio of the
change of PCSA to VBCSA shows that the body mass and stature effect makes mean
1940’s men at less risk of spinal fracture from full muscle activation than 2010 men.
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Figure 46. Percentage change in PCSA and vertebral body cross sectional area
(VBCSA) by year in young women. PCSA estimates were based on erector spinae
area regressions by height and weight (Marras et al., 2001), and VBCSA estimates are
based on population regressions by body mass for women (Korpinen, 2019). Ratio of
the change of PCSA to VBCSA shows that the body mass and stature effect makes
mean 1940’s women have approximately the same risk of spinal fracture from full
muscle activation than 2010 women. The relative values between men and women
have changed over this time, with women’s risk values increasing relative to men.

The previous estimate for 50t percentile male lumbar spinal fracture in terms of
axial force (Figure 30) can be used as a basis for an estimate of the thoracic and lumbar
injury risk for full muscle activation. Uncorrected injury risk for full muscle activation

for males and females across the available studies is shown in Figure 41. Since the input
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force is unknown, even though the outcome measure (injury/no injury) is available,

several simplifying assumptions have been made.

1.

The major effect on lumbar axial force in full activation may be approximated by
differences in the erector spinae alone. As noted above, these are not offset by
abdominal pressure effects in the tensed state.

Spinal loading across the relevant time period may be scaled using Figure 45 for
men and Figure 46 for women.

Force values implied in all cases represented fully activated muscles.

The form of the lumbar osteoligamentous risk curve maintains its slope in a
Weibull distribution and the slope is the same as that given for 50% risk of
lumbar spinal fracture given above for males and females for both the thoracic
and lumbar spine (Weibayes assumption, cf. Abernethy, 1983[133]).

The demographic characteristics of the patients from a given time period may be
approximated by a sampling a Gaussian distribution about the mean height and
mass by sex and that the mean height and mass in the general population is the
same as the patient population, and this sampling distribution may be corrected
for the ratio of percentage change PCSA to VBCSA over the time period of the
studies.

The breakdown of thoracic and lumbar injuries by sex is shown in Table 14.

Using these assumptions, a scaled Weibayes analysis was performed using Minitab 19

(Minitab, Inc). Based on the lumbar spine injury data, the male 2010 risk curve was

scaled to a male 1945 risk curve and the resulting Weibull scale was calculated using the

lumbar injury risk data from the studies. These were translated to females using the

regression equations discussed above and a new 1945 injury risk assessment was

calculated, again assuming a Weibull distribution with a fixed slope. These values were

then scaled to 2010 values using the assumptions and regressions above. The resulting

Weibull coefficients are shown in Table 15.
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Table 14. Breakdown of thoracic and lumbar injuries by sex in the 19 studies

in Table 12.
Thoracic Spine Lumbar Spine
n fx n fx
Men 1204 359 1204 10
Women 1058 230 1058 4

Table 15. Weibull coefficients for the statistical models by sex and year.

Year Shape Scale
Men 1945 | 3.199+0.037 | 6340+449
2010 | 3.199+0.037 | 5873%416
Women 1945 | 3.199+0.037 | 5851+415
2010 | 3.199+0.037 | 6127+434

Using the assumptions above, the thoracic injury risk values from the dataset
may be used to assess the derived force ratios for men to women at relatively high risk.
In Figure 47, the ratio of PCSA to VBCSA to the relative risk of spinal fractures in the
thoracic spine from the dataset is compared for values scaled to 1945. The two force
ratios are comparable, suggesting that the ratio of PCSA to VBCSA is likely a good
correlate for injury risk among men and women, and that the injury risk Weibull values

derived above are suitable for assessing spinal fracture from large muscle action.
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Ratio of PCSA/VBCSA Relative risk from thoracic spinal
fractures

Force ratio@ full muscle activation - 1945 scaling

Figure 47. Ratio of VBSA/VBCSA for men and women compared with relative
risk from thoracic spinal fractures scaled to 1945 values. Based on the assumptions in
the models, these are in relatively close agreement with the injury risk assessments
from PCSA/VBCSA of approximately 0.92 from men to women with thoracic spinal
fractures estimated as 0.82 on a common force basis accounting for differences in
PCSA and VBCSA.

6.5 Conclusions

Based on the analysis of spinal fractures from convulsive therapy and grand mal
epileptic seizures, injury risk functions for injury risk to the lumbar spine for full
activation for men and women were developed. Since much of the data was gathered in
the 1940s before the widespread use of paralytics for convulsive therapy, scaling
principles were developed to correct for population differences across the time period.

The injury risk assessments are consistent with frequent thoracic injury risk seen in these
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settings. This concordance suggests that the differences in injury risk between men and

women are largely in structural anthropometry and PCSA.

6.6 Limitations

Based on the assumptions and limitations in the dataset, there are a number of
important information. The analysis is based on demographic and anthropometric
principles alone. Many of the regressions used in this analysis are based on
demographic characteristics and imaging findings from a population at a given time, not
across time periods. It is uncertain if these regressions hold across time periods.

The effects of nutrition and fitness are not considered here. It is likely these are
somewhat offsetting; there is likely improved fitness because of more physical activity in
the 1940s reducing risk from the 1940s relative to the current period. However,
improved nutrition in the current period likely improves bone strength. As a stark
example, pellagra (niacin) deficiency still caused substantial mortality in the 1940s, but
was almost completely eliminated by 1950 [134].

The Weibayes analysis assumptions present substantial limitations since there is
no underlying knowledge of the force to fail in any of the patients. This could be further
mitigated using population reconstructions with a validated lumbar and thoracic spine

model.
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7 Conclusions and contributions to science

Women are moving into new positions in the work force that have different
physical demands than those previously investigated in biomechanics. In particular,
they are being exposed to vertical impacts, such as those seen in underbody blast. As
the military has transitioned to including women in all combat roles, it is vital to
understand how women’s risk of injury differs from men’s. This dissertation
investigated anatomical differences between men and women and their role in sex-based
variances in biomechanical response. Furthermore, this dissertation investigated the
role of active musculature in lumbar spine kinetics during vertical impact loading. This
study gives insight into sex-based differences in the lumbar spine during realistic
combat exposures. Sub-failure response with active musculature were investigated for
both different sexes, and different muscle activation strategies. By better understanding
the female lumbar spine response, new safety measures can be developed. This work
could inform the design of new protective personal equipment, or guide permissible
exposure limits and risk of injury.

A 50th percentile male hybrid multibody/finite element model was developed for
use in high rate vertical impact loading. This model is unique in that it includes intra-
abdominal pressure, active musculature, and an osteoligamentous spine validated for
underbody blast. Previously, there were no underbody blast models that included

active musculature and intra-abdominal pressure. Previous models that included active
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musculature and intra-abdominal pressure were not developed, or validated in
underbody blast.

Relaxed and active muscle activations were developed to in stabilizing the torso
during gravitational loading, which are then applied during dynamic loading
conditions. In the relaxed activation state, all activations were below 10 percent and
resulted in axial forces of less than 15 N per muscle. Extensor contraction was required
to keep the torso upright against gravity. In the tensed activation state, activations
varied between 75 and 100 percent, resulting in a peak T12/L1 compressive force of 2623
N, corresponding to a seven percent risk of failure.

A sensitivity analysis of model parameters revealed the interplay between intra-
abdominal pressure, active musculature, and the osteoligamentous spine is complex,
and all three are needed to capture spinal response. This is a major contribution of this
dissertation. Higher muscle cross-sectional areas lead to both higher peak intra-
abdominal pressures, as well as peak spinal compressive forces. Peak intra-abdominal
pressure was most sensitive to axial stiffness of the spine, muscular cross-sectional area,
and initial intra-abdominal pressure.

The osteoligamentous portion of the 50 percentile male model was validated
against novel strain energy vs force corridors, generated from experimental data. Also
developed for this dissertation were T12/L1 spinal fracture injury risk functions for the

50t percentile male, which were then scaled to the 50 percentile female and 85t
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percentile female. During failure loading (as seen from experimental tests), the
osteoligamentous spine model predicts a 41% risk of failure. While the model slightly
underpredicts the risk of injury, the peak compressive load in T12/L1 lies within the 95%
percentile confidence intervals for the 50t percentile risk of injury. Therefore the model
is validated for use in injurious underbody blast loading conditions.

When comparing the relaxed to tensed activation states during 200 N/ms
underbody blast loading, there was a 10x increase in spinal force for the tensed state.
The peak T12/L1 axial force was 2487 N, which is 47 percent of the estimated
compressive failure load. This is similar to the compressive preloads in a tensed state
for a cervical model [69]. A comparison of a preliminary 85" percentile female model to
the 50t percentile male model predicts higher axial loads due to changes in musculature.

It was hypothesized that men and women do not have the same risk of injury on
a stress basis. This hypothesis was supported by comparing mass-matched male and
female hybrid multibody/finite element models during failure and subfailure loading
conditions. It was also hypothesized that the use of active musculature decreases injury
tolerance in compressive loading. This hypothesis was supported by comparing model
intervertebral axial loads to both experimental (underbody blast) and epidemiological
(electroconvulsive therapy) loading conditions. Finally, a sensitivity analysis was
performed to help guide future research efforts and to ensure hypotheses results are

valid for a range of model parameters encompassing human variance.

111



This dissertation provides the following contributions to the field of injury
biomechanics:

1. This research produced a high-rate lumbar hybrid multibody/finite element
model validated for vertical impact loading with relatively rapid run times. By
including active musculature, the model can be used to further understand live
human response to realistic vertical impact loading conditions.

2. This research produced mass matched male and female scaling relationships,
and a preliminary 85th percentile female hybrid multibody/finite element model.
It demonstrates women are more vulnerable than men to lumbar spine injury on
an effective stress basis through finite element modeling. It provides insight that
changes in muscle cross-sectional areas and lines of action contribute to variance
in force response when matched for mass.

3. This research demonstrates higher muscle activations increase risk of lumbar
spine injury in vertical impact loading. A tensed activation state contributes 48
percent of the compressive load estimated to fracture the lumbar spine during
underbody blast. While this corresponds to a low risk of injury (<10%), this
could exacerbate risk of injury during additional compressive loading. This can
inform bracing strategies during potential vertical impact loading scenarios such

as underbody blast
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