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A Multibody Model of the Spine for Injury Prediction in High-Rate Vertical Loading

Lucas Low, Nicolas Newell, Spyros Masouros

Abstract Underbody blast (UBB) results in lumbar spine injuries in 35% of military-vehicle casualties, resulting
in disability and reduced quality of life. A multibody model of a lab-simulated UBB on a full-body cadaver was
developed using geometric and inertial properties acquired from a CT scan of the same cadaver. The model
comprises a skull, individual vertebral bodies, and a sacrum. Vertebral levels were connected by spring-dampers.
Stiffness and damping values were taken from literature of the intervertebral disc and optimized to calibrate the
model. The sacrum acceleration recorded in the experiment was input to the model sacrum, and the optimization
algorithm worked to maximize the CORA (1SO18571) score of the head and T1 vertebra axial acceleration. The
peak accelerations at T1 in the experiment and optimized model were 128 g and 111 g and the times-to-peak
were 13.8 ms and 13.9 ms, respectively. The CORA score of both the head and T1 was 0.645 (fair). Stiffness in
flexion increased by two orders of magnitude, while other degrees of freedom were scaled by values <100. This
study developed a simple, fast-running, subject-specific model to predict injury across the spine. The vision is to
assess the probability of injury of any seat configuration, in any vehicle.
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I. INTRODUCTION

Injury to the spine is a common result of high-rate axial loading, such as in an underbody blast (UBB) event to
seated vehicle occupants, resulting in disability and reduced quality of life. Among individuals injured or killed in
UBB events, up to 4% present fractures in the cervical spine [1-2], 21% in the thoracic spine [1-3] and 35% in the
lumbar spine [1-3]. These spinal injuries predominantly occur because of compression, compression-flexion or
compression-extension loading [1][3]. Fractures in the transverse processes were found to be symmetric,
indicating lateral bending was not a significant contribution to injury in UBB [4]. The location of injury in the spine
has been shown to be correlated with the severity of injury overall, with occupants killed by UBB showing a
greater incidence of spinal injuries in the torso and neck, and isolated transverse process fractures in the lumbar
spine [4-5]. Thus, studying the kinematics of the spine in UBB can aid in the development of injury-mitigation
technologies to reduce mortality and morbidity in UBB.

The blast pulse has been reported to reach the pelvis and lumbar spine within 30 ms, with a peak upwards
acceleration at the seat exceeding 100 g [6]. Insight into the load transfer and kinematics of the spine during high-
rate loading is key to developing targeted and effective injury-mitigating strategies.

Human body models (HBMs) are common in the automotive industry for predicting injury and designing injury
mitigation technologies [6-15]. However, these models were developed with the civilian automotive setting in
mind and so have not been validated for the axial loading seen in UBB. Furthermore, most are finite-element (FE)
models, which are complex to modify and computationally intensive.

Simpler and faster running rigid or multibody models have been used previously to study the behavior of the
spine in high-rate axial loading such as simulating the Hybrid Il anthropometric test device (ATD) in MADYMO
under UBB and aircraft ejection scenarios [16-19]. However, the Hybrid 1l ATD has been shown to be
inappropriate for simulating the behaviour of the human body in UBB [1][21]. Naveen et al. [22] developed a 2D
model of the thoracolumbar spine with three degrees of freedom in the sagittal plane. This model was used to
study the effect of posture on total compression of the thoracolumbar spine but has not been validated against
experiments. Bosch et al. [23] used the MADYMO HBM, which was validated for frontal and lateral impacts only,
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in an UBB setting by optimizing the contact properties between the model and the seat and floorpan to match
the kinematics of the pelvis and spine to cadaveric testing. This approach required separate models to be
developed for different inputs.

Overall, a simple, quick-running multibody model of the spine that can simulate UBB could offer a practical aid
to mitigation efforts. The vision is for the spine model to be valid for use with any high-rate loading pulse. The
model will be easy to modify to simulate mitigation strategies and run almost ‘real-time’. As such, it will allow the
assessment of various injury-mitigation measures, such as seat cushions, and the effect of posture, sex and
patient-specific geometries on spinal injury.

This study aims to develop a subject-specific multibody model of the spine against lab-simulated UBB testing
on a whole-body cadaver in order to estimate the probability of injury during any UBB event so that the efficacy
of injury-mitigation technologies, in any seating configuration, in any vehicle, can be assessed.

Il. METHODS

A multibody model (Fig. 1) of a lab-simulated UBB on a full-body cadaver — Test 1.6 conducted by Bailey et al.
[5] — was developed, using geometric and inertial properties acquired from a CT scan of the same cadaver. The
head and torso were recreated in the model, which comprises rigid bodies of the skull, individual vertebral bodies
(VB) of the spine, and a sacrum. Each rigid body acts as a lumped mass of the soft tissue in an axial slice of the
torso at the level of the skull, vertebra or sacrum. The height of each vertebral level is the vertical distance
between the superior end plates of adjacent VBs, measured at the midpoint of the functional spinal unit (FSU) in
the sagittal and coronal planes. The area of the slice was approximated to be uniform across its height and was
measured from the perimeter of the soft tissue at the superior endplate of the VB, without including empty space
in the lungs. The mass of each slice of the torso was calculated as the volume of the slice measured from the CT
scan, multiplied by the average density of soft tissue from the literature (1050 kg/m?) [24]. By treating the torso
as having a uniform density, the centre of mass coincided with the centroid of the level, calculated using
geometric decomposition.

Adjacent bony structures were connected by a six degree-of-freedom spring-damper system at the centre of
rotation of each FSU. This was placed on the top surface of the inferior VB, at the midplane in the coronal plane,
and approximately one-third of the width from its posterior corner [25-26]. Stiffness and damping values were
taken from experiments of the intervertebral disc under quasi-static loading. Stiffness was inputted as a force-
displacement or moment-rotation relationship, using a polynomial fit of force-displacement and moment-
rotation plots reported in the literature (Fig. 2 and Fig. 3) [27-36]. The polynomial fit was calculated from plots
which contained both directions of loading in a given degree-of-freedom, and approximately in the center of the
range of variation of stiffnesses. A translational damping of 1 N s/mm and a rotational damping of 2300 N mm
s/rad was specified [37].

Each stiffness and damping value were modified by a separate linear scaling factor to account for the increase
in stiffness of the disc at dynamic strain rates [27-28] seen in UBB, and to include the combined effects of the
ligaments and soft tissue. Mass was also given a linear scaling factor to allow for studying the effect of mass
recruitment on the behaviour of the model. Within each region of the spine — cervical, thoracic and lumbar — the
same set of scaling factors was applied to stiffnesses, damping and mass. This resulted in three sets of scaling
factors in total.

The linear scaling factors were then optimized using the Nelder-Mead Simplex algorithm to calibrate the model
against a full-body laboratory-simulated UBB dataset. This algorithm is a direct search method, which does not
require knowledge of the objective function or its derivative. It only needs to compare the result of the objective
function, calculated from the output from each iteration of the simulation. It may also expand the search area to
identify a local minimum, so prior estimation of the converged solution to apply a preset search range is not
required. The sacrum acceleration recorded in Test 1.6 [5] was inputted to the model sacrum (Fig. 1). The
optimization algorithm worked to maximize the CORA (ISO18571) score of the head and the first peak in the T1
vertebra axial acceleration. As the Nelder-Mead Simplex algorithm may converge to local minima and non-
stationary points rather than the global minimum, different starting simplexes were sampled and optimized to
identify the solution with the highest final CORA score. The Latin Hypercube design-of-experiments algorithm was
used to generate 1000 initial simplexes with a scaling factor of between 1-100 for stiffness and between 1-10 for
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mass and damping. The 5 simplexes with the highest CORA score were then used for the optimization. A penalty
function was applied to prevent negative scaling by setting a minimum scaling factor of 0.1. It was considered
converged when the CORA score did not show a change greater than 0.001 within 10 iterations. The simulation
in the simplex with the highest final CORA score is presented in Table II.

The experimental sacrum acceleration pulse (shown in Fig. 4) contained initial peaks under 100 g before a
single peak at 180 g followed by a negative peak at -170 g. These earlier peaks are likely a result of the floor pan
impacting the cadaver’s lower extremities before the seat is impacted. To study the contribution of these initial
peaks to the model response, the optimized model simulated a modified acceleration pulse containing only the
positive and negative peaks at 180 g and -170 g (Fig. 4).
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Fig. 1. (a) The multibody model is composed of rigid bodies of the skull, vertebral bodies and sacrum. The spine is
positioned horizontally following the experimental setup [5]. The sacrum acceleration pulse recorded in the experiment
is input to the model sacrum. The T1 acceleration is output from the model and compared with the acceleration
recorded in the experiment to validate the model. The 3D representations of the skull and spine are for illustrative
purposes and are not involved in the simulation. The coordinate system for the model is shown on the right. (b) Each
vertebral body represents a slice of the torso. Adjacent vertebral bodies are connected by a six degree-of-freedom
spring-damper element positioned at the centre of rotation of the intervertebral disc [25-26]. Each slice of the torso is
treated as having uniform density and uniform cross-sectional area to calculate the location of the centre of mass by
geometric decomposition. (c) Arrangement of the spring-damper system for all six degrees of freedom.
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Fig. 2. Force-displacement plots for axial translation of functional spinal units (caudal-to-cranial; negative displacement
indicates compression) reported in experimental studies [27-33]. The thick black line shows the polynomial fit to the plot by
Marini et al. [32] used in the initial model.
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Fig. 3. Moment-rotation plots for flexion-extension of functional spinal units (positive rotation indicates flexion) reported in
experimental studies [30-31][33-36]. The thick black line shows the polynomial fit to the plot by Charriere et al. [35] used in
the initial model.

Ill. RESULTS

The comparison between the experiment and the model acceleration pulses is shown in Table | and Fig. 4. The
scaling factors that resulted in the highest CORA score before and after optimization are shown in Table II. A
typical run time to simulate 20 ms of the blast using 2000 time steps was 10 s, using a 64-bit Intel Xeon E5-2640
processor at 2.5 GHz, with 48 GB of RAM.

When optimized to the experiment, the model’s stiffness in flexion-extension increased by two orders of
magnitude while other degrees-of-freedom were scaled by less than 100. The translational and rotational
damping values were scaled to below 1, except the thoracic translational damping (scaled by 2.5) and lumbar
rotational damping (scaled by 5). The cervical and thoracic masses stayed within 50% of the nominal value, but
the lumbar masses were scaled by 3.1.
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TABLE |
COMPARISON BETWEEN ACCELERATION PULSES IN THE MULTIBODY MODEL AND EXPERIMENT
Sacrum input Detail Model Experiment
Experimental CORA window 0-10 ms
acceleration Head CORA score 0.645 (fair)
T1 CORA score 0.645 (fair)
T1 peak acceleration 111¢g 128 g
T1 time-to-peak acceleration 9.0 ms 8.9 ms
T1 pulse width 2.5ms 5.0 ms
Modified CORA window 0-20 ms
acceleration Head CORA score 0.334 (poor)
T1 CORA score 0.658 (fair)
T1 peak acceleration 109¢g 116 g
T1 time-to-peak acceleration 12.9ms 8.9 ms
T1 pulse width 2.5ms 5.0 ms
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Fig. 4. Axial acceleration from the experiment (Test 1.6) [5] and model. The acceleration of the sacrum is the experimental
data input to the multibody model. (a) Simulation of the experiment with the acceleration at the head and T1 vertebra as
the model output. (b) Simulation of the experiment with the initial peaks removed.
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TABLE Il
SCALING FACTORS BEFORE AND AFTER OPTIMIZATION OF THE SIMPLEX WITH THE HIGHEST CORA SCORE
Spinal Change from Initial
region Parameter Initial Optimized  to Optimized (%)
Cervical Mass 0.36 0.65 80.56
Translational stiffness Lateral 2.63 2.99 13.69
Anterior-posterior 44.62 49.77 11.54
Axial 1.34 0.25 -81.34
Rotational stiffness Lateral bending 70.08 74.75 6.66
Flexion-extension 218.40 257.03 17.69
Axial 0.39 0.60 53.85
Translational damping 0.10 0.15 50.00
Rotational damping 0.32 0.45 40.63
Thoracic Mass 1.52 1.13 -25.66
Translational stiffness Lateral 13.70 20.42 49.05
Anterior-posterior 31.17 30.47 -2.25
Axial 0.26 0.1 -61.54
Rotational stiffness Lateral 476.06 358.98 -24.59
Flexion-extension 4.37 3.85 -11.9
Axial 61.93 77.49 25.13
Translational damping 1.94 0.29 -85.05
Rotational damping 0.15 2.52 1580.00
Lumbar Mass 2.35 3.12 32.77
Translational stiffness Lateral 10.94 11.55 5.58
Anterior-posterior 41.61 42.41 1.92
Axial 2.16 1.60 -25.93
Rotational stiffness Lateral 179.01 184.74 3.20
Flexion-extension 78.82 60.19 -23.64
Axial 103.59 112.67 8.77
Translational damping 0.21 0.27 28.57
Rotational damping 5.80 5.00 -13.79

IV. DISCUSSION

A quick-running multibody model of the spine was developed and optimized to simulate a lab-simulated
whole-body cadaveric UBB test. The model was able to capture the smoothing of the acceleration pulse as it
propagates up the spine — from multiple peaks at the sacrum to a single peak at T1. This was found to be a
benefit of using non-linear stiffnesses in the spine over linear stiffnesses [38].

The optimized model captured the magnitude and timing of the peak acceleration at the skull and T1
measured experimentally (Fig. 4(a)). However, the flexion-extension stiffness was increased significantly by two
orders of magnitude. This may be partially due to the increase in stiffness of the intervertebral disc at high
strain rates [27-28]. The initial stiffness values were taken from studies of the intervertebral disc in quasi-static
loading due to lack of data in dynamic strain rates and rotation rates, particularly in the thoracic and cervical
spines.

Over the simulated blast pulse, the strain rate was between 10-50/s and thus the scaling factor was kept
constant. The mass scaling factor also did not change over the course of a single simulation as the fraction of
mass recruited was assumed to be unchanged over the simulation period. The validated scaling factors will be
used in future simulations of different blast pulses, using the same subject-specific model, as the strain rates are
expected to be within the same order of magnitude.

Using a single point to generate reaction forces and moments, as done in this model, has been applied before
[22][39-41]. Though, similar to the present study, the contributions of the facet joints, anterior and posterior
ligaments, and the surrounding soft tissue to stiffness was not specific to the direction of loading. Wang et al.
[42] implemented separate linear stiffnesses for the loading directions that are not symmetrical — flexion-
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extension, tension-compression and anterior-posterior translation. This would be needed to reflect the
engagement of the facet joints and different ligaments in different directions of loading. A further study may be
to use separate scaling factors for these non-symmetrical loading directions.

This model included only the spinal column to simplify the parameters to optimize. However, the authors
appreciate that greater complexity by including other components such as the rib cage and ligaments may lead
to a more representative model which would enable a greater degree of confidence when using it to assess
mitigation technologies. Other multibody models of the spine have treated the thoracic region as a single rigid
component due to the contribution of the ribcage to stiffness [39][42]. Huynh et al. [43] implemented the
ribcage and ligaments as separate passive elements. Additionally, existing multibody models have included
muscles as active elements [39][41-42][44]. The model developed in this study considered the muscles to have
a passive stiffness due to the comparison being against a cadaveric test. The present study aimed to capture all
these contributions to passive stiffness using a single scaling factor for each degree of freedom. A further
development would be to implement these contributions as parallel spring-damper systems, each optimized
independently.

Mass was included as a variable in the optimization in this study as preliminary models where mass was not
optimized resulted in poor matches between model and experiment. Allowing mass to be varied would address
that fact that each vertebral level was considered to have a uniform area across its height and uniform density.
It also replicated the different amount of mass recruitment as the pulse transfers up the spine. This approach
may be improved by implementing mass recruitment as a function of time rather than a constant over the
20 ms blast pulse. The optimization sequence with mass as a variable will also need to be verified by simulating
additional cadaveric UBB tests.

The pulse-width in the optimized model was less than half of that seen in the experimental data. As most of
the damping values were scaled to below the nominal value, this may be a result of the model being unsensitive
to changes in the damping values compared to the stiffness. The model may also be unsensitive to increases in
mass, as the lumbar spine mass was tripled instead of being reduced as expected to reflect the delayed mass
recruitment in high-rate loading. This suggests future optimization should be completed with a time-dependent
variation in mass recruitment.

The additional simulation using an acceleration pulse with a single positive and negative peak (Fig. 4(b)) was
able to capture the pulse shape and magnitude beyond the first peak at T1, beyond the point the model has
been calibrated. The pulse-width remained unchanged. This suggests that experimentally, the initial
acceleration from impact to the lower extremities contributes to the timing of the response in the spine.

Overall, the multibody model was able to capture the peak acceleration of the T1. Other kinetic and
kinematic data such as the peak axial force, peak axial acceleration of VBs, and peak compression of
intervertebral discs may also be extracted from the model. These metrics have all been proposed as injury
criteria [6][18][22][45-46]; thus, the results of the simulations with this model in conjunction with injury-risk
curves will enable the prediction of injury at all levels of the spine. This will enable the assessment of the
efficacy of injury-mitigation strategies for any seating configuration, in any vehicle.

V. CONCLUSIONS

This study developed a simple, fast-running, subject-specific model of the spine to predict injury across the
spine in UBB based on the acceleration in each vertebral body. These models may quickly and inexpensively
simulate a range of body dimensions, include different seats as spring-dampers, and reposition the spine without
the need to modify soft tissue as well. The next step is to further refine the optimization method using data from
additional cadaveric experiments. The increase in flexion stiffness of two orders of magnitude needs to be studied
with flexion experiments on the intervertebral discs, from all regions of the spine, at dynamic rotation rates to
determine if it is physiological, or if the model should be modified to include the facet joints and longitudinal
ligaments.
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