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Traumatic Brain Injury Investigation Using FE Modeling of the Rat and Experimental High Amplitude
Rotations in the Sagittal Plane

M. Lamy , D. Baumgartner , J. Davidsson and R. Willinger

Abstract A combined approach of numerical modeling and animal experiments was used to study the
mechanisms of traumatic brain injury (TBI). A three‐dimensional finite element model (FEM) of the rat brain
was submitted to experimental sagittal plane rotational acceleration pulses. The experimental setup provided
histological analysis of injured brain tissues for a range of severities. The biomechanical response parameters
were extracted from the FEM in the anatomical regions identified by experiments as prone to injuries. Von
Mises stresses and first principal strains proved to increase with both the amplitude of acceleration loadings and
the tissue injuries severities. Further comparison between mechanical responses and experimental histological
scores allowed proposing tissue thresholds for the occurrence of TBI, namely 1.5 kPa and 4% approximately for
Von Mises stresses and first principal strains, respectively. Those values can be used for further investigations
of the mechanisms of TBI.
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I. INTRODUCTION
In modern society, Traumatic Brain Injuries (TBI) represent a major health issue. Depending on their
intensities, they can generate many consequences. While cases considered as being mild can result in
temporary impairments, the most severe cases can eventually be responsible for lifelong disabilities or even
death. In Europe, it has been estimated that TBI affect 235 out of 100,000 persons every year [1]. In the United
States, it has been reported that approximately 1,700,000 cases of TBI occur per year [2]. Falls represent the
main cause of TBI, followed by traffic incidents and sports‐related activities, though traffic incidents are the first
cause in terms of mortality rate. Populations most at risk of sustaining TBI are young children under 4 years,
adolescents and young adults (16 to 24 years), and adults aged 65 years or older. Furthermore, TBI are not only
a health issue but also affect a country’s economics. In addition to obvious costs in terms of health treatments
(approximately $76.5 billion in 2010 in the US [2]), they also have a long‐term financial impact, as victims of TBI‐
induced severe disabilities might no longer be able to be productive. As a consequence, over the past years,
many projects have focused on reducing the severe outcomes and mortality rate of TBI, for example through
the development and improvement of protective systems in automotive environments or of protective
equipment in sports. However, if better protection or even prevention of TBI is to be achieved, it is of utmost
importance to constantly improve further the state of understanding of the biomechanics of head injuries.
It has been postulated that the complex loading conditions of collision forces are correlated with the
mechanisms leading to the occurrence of TBI. In particular, a major focus has been placed on head acceleration
[3]. In real life, whatever the global complexity of a collision, its acceleration parameter can be separated into
two distinct components, linear and rotational, both of which have potential direct consequences for injuries.
The linear component has been studied and depicted to be generally responsible for focal brain injuries, and it
has also been correlated to intracranial pressure changes [4]. Linear acceleration has often been used as a
component for criteria and indexes that are used in standards or validation procedures. One such index is the
Head Injury Criterion (HIC) which is based on the linear acceleration of the head and is widely used in the
automotive industry for designing protective structures. However, the HIC has generated some controversies
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over the years [5], in particular for taking into account only one part of the global acceleration parameter.
Indeed, the angular component of acceleration, while oft‐ignored by many criteria, has also long been
established as an important factor in brain injury occurrences and mechanisms [6]. It has even been reported to
be the main contributor to TBI, more than the linear component [7‐8]. Nevertheless, it very rarely is taken into
account for the validation of protective systems [9].
In this regard, TBI and the complex collision conditions under which they are alleged to occur are important
research areas. But, as information about human TBI can only be obtained a posteriori, works in these areas
require animal and numerical models. On the experimental side, rodent, and especially rat, models have often
been used for studying neurotrauma and documenting behavioral or physiological changes and deficits.
Different types of models, and consequently of lesions, have been developed: controlled cortical impact [11‐12],
dynamic cortical deformation [13], fluid percussion [14‐15], direct head impact weight‐drop [16] and rotational
accelerations [17‐22]. Though several finite element models of the rat brain exist [22‐27], to our knowledge no
complete three‐dimensional finite element model of a rat brain was used for the simulation of very high
amplitude angular acceleration loadings in a sagittal plane. Yet, outcomes from TBI‐specific experiments can be
used as loadings for finite element models to determine the local responses of the rat brain. As such, the
present computational study aimed to determine and analyze the intrinsic mechanical responses of the
different anatomical regions of the brain in reaction to a rearward sagittal rotational acceleration collision.
Based on the foregoing observations and brief review, and the importance of region‐specific responses, a
finite element model of the rat head was submitted to experimental data to better understand the brain
biomechanical behavior under angular acceleration loadings leading to TBI. Specifically, tissue responses were
analyzed and compared to histological evidence to propose thresholds for the occurrence of TBI.

II. METHODS
Experimental Testing
An in vivo animal model that produces diffuse brain injury (DBI) in sagittal plane rearward rotational
acceleration was used to produce injury data for this study. The model has been presented and the injuries
characterized in the past [17‐20]. In this model, the skull of anesthetized adult rats, Sprague‐Dawley rats
weighing 0.415 kg in average, was tightly secured to a rotating bar. During trauma, the bar was impacted by a
striker that caused the bar and the animal head to rotate rearward; the acceleration phase lasted 0.4 ms and
was followed by a rotation at constant speed and gentle deceleration when the bar made contact with a padded
stop. The total head angle change was less than 30 degrees. By adjusting the air pressure in the rifle used to
accelerate the striker, resulting rotation acceleration between 0.37 and 2.10 Mrad/s² were achieved. The work
was performed in accordance with the Swedish National Guidelines for Animal Experiments which was
approved by the Animal Care and Use Ethics Committee in Umeå.
For detection of axonal injuries, the animals were sacrificed 3 to 120 h post trauma, the brains removed and
fresh frozen on dry ice. Coronal 14 μm cryostat sections from three regions, front, middle and occipital, of the
brains were cut and incubated with antibodies for beta‐amyloid precursor protein (β‐APP) for detection of
axonal injuries. In situ hybridization was carried out with probes for cyclooxygenase 2 (COX‐2). The latter is an
enzyme responsible for formation of important biological mediators; it has been reported to be abundant in
cells at sites of inflammation and has been suggested to correlate with cell death [19, 28‐29].
In the histological analysis, brain sections from each of the three brain regions were chosen arbitrarily and
antibody reactivity was assessed with a NIKON E600 microscope equipped with a confocal C1 unit or traditional
white light according to a grading schema (Table 1).
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TABLE 1
GRADING OF ‐APP AND COX‐2
Grade

Number of β‐APP‐
positive axons per
section

Shape and dimension
of β‐APP‐positive
axons

Intensity of COX‐2 silver
staining per section

Localization of the
COX‐2 positive cells

0

Only slight β‐APP
stains in cell body



Sometimes visible

1

50 ‐ 100

Small but asymmetric

Visible in 10 x microscope

2

100 ‐ 200

Large and asymmetric

3

> 200

Large and some
extended along the
axon

Visible in 1x microscope, bright
contrast underlying tissue
Visible macroscopically and
overshadowing tissue behind

Distributed
regardless of tissue
type
Localized to cell
bodies
Localized to cell
bodies
Localized to cell
bodies

Finite Element Model Description
A three‐dimensional finite element model of the rat head has been developed. Data for this model were
obtained through medical imaging techniques used on a Sprague‐Dawley rat. Magnetic Resonance Images
displaying a voxel size of 500 m x 500 m x 500 m allowed for the acquisition of the soft cerebral tissue
geometry. In both situations, geometrical data were extracted by realizing a segmentation of the medical
images. The result was a surface triangular grid of the external brain surface which served to define the volume
to be meshed to represent the brain in the model.
Commercial software (Altair HyperMesh 10.0© Troy MI, USA) was used to create the mesh defining the brain
volume. Volume elements in the model were exclusively eight‐node hexahedral elements, while four‐node
were all shell elements, with a standard Lagrange integration scheme. The average edge size for the elements
was chosen as 0.45 mm. In addition to edge size, other criteria were defined, among which were the warpage
of the faces of the finite elements, the aspect ratio of its edge sizes and the global skewness. They were based
upon those which had been used for our Strasbourg University Finite Element Head Model (SUFEHM) [30].
Those criteria were strictly controlled during the whole meshing step so that the resulting mesh would be as
regular as possible and that irregular elements, which would possibly degenerate during simulations, were
avoided. The criteria are summarized in table 2.
TABLE 2
SUMMARY OF THE FEM CRITERIA
Criterion

Chosen value Respect of criterion

Range

Supplementary information

Minimum length

> 0.45mm

100%

0.45mm ‐ 0.68mm

0.45mm<Min length<0.55mm: 96.7%

Maximum length

< 1.5mm

100%

0.49mm ‐ 1.5mm

0.49mm<Max length<1mm: 85,5%

Warpage

< 40°

100%

0° ‐ 39.79°

Warpage<20°: 90.8%

Aspect Ratio

<5

100%

1.06 ‐ 3.18

Aspect ratio <2.5: 98.3%

Skewness

< 60°

100%

0.03° ‐ 59.58°

Skewness<30°: 80.5%

Jacobian

> 0.7

90.7%

0.4 ‐ 1

Jacobian>0.6: 95.4%
Jacobian>0.5: 98.6%

The achieved finite element mesh of the brain volume consisted of 14,752 hexahedral elements. This brain
was itself subdivided into 22 anatomical components. 18 of those 22 components represented internal
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divisions of the cerebrum. The brain mesh is shown in Figure 1. Another component made of a single
continuous layer of 3,220 hexahedral elements was created to encase the brain and represent both the
cerebrospinal fluid and the meninges. Eventually, a layer of 3,220 shell elements (constant thickness of 0.1 mm)
was added on the external surface of the model to represent the inner surface of the skull. This simplified skull
was chosen because the skull only had to confine the brain. Furthermore, the skull component was defined as a
rigid body and therefore the whole skull geometry was not needed. Thus, the complete FE mesh of the model
consisted of 24 components which were continuous in themselves and between each other.
Following the initial meshing steps, material properties were assigned to the components of the model, once
again through the use of commercial software (Altair Hypercrash 10.0©, Troy MI, USA). Several assumptions
were decided for the model. First, all the elements were considered as being homogeneous and isotropic.
Then, brain elements were assumed to be made of gray matter. Literature was then explored for the soft tissue
mechanical behaviors. Properties for the skull and for the brain/skull interface were based upon finite element
modeling studies from our group as well as research from Wayne State University [26, 31]. The skull, in
particular, received an elastic behavior with a Young modulus similar to the one used in the SUFEHM; though
studies have shown that this elastic modulus could have lower values [32‐33], the current model kept a 15 GPa
value as it would not be used to simulate fracture occurrences. Also, the skull was defined as a rigid body for
this work’s simulations, lessening the skull’s elastic modulus influence. The other components representing the
brain were assigned a linear viscous elastic material behavior, defined by a Boltzman law [24, 26], with
associated mechanical parameters based on the literature [22]. The choice of a linear viscous elasticity instead
of other material models, such as hyperelastic or nonlinear viscous elastic ones, was made for practical reasons.
Available data for those other models are quite scarce, even more so than for linear viscous elastic models,
especially when considering rats specifically. The short‐term shear modulus was chosen, in accordance with
MRE data from our laboratory [34], to be appropriate for the very short duration loading which was to be
simulated. The assumed homogeneity of brain matter was also partly dependent on this choice; regional
mechanical properties can be found in the literature [35‐38], but there are strong differences in modeling
choices concerning the relative stiffnesses of grey and white matter [24, 26]. Also, those studies were not
dealing with high‐frequency loadings like the ones in this study. Consequently, homogeneity of brain matter
with a short‐term shear modulus suitable for the loading frequency was preferred to heterogeneity and
uncertainty on this heterogeneity at high frequencies. Table 3 includes the material properties as well as
detailed descriptions of the components used in the finite element model.

Figure 1. Display of the three‐dimensional Finite Element Model of the rat brain which was used in the current
study. The olfactory bulbs are present at the far left, while the cerebellum (upper) and the brainstem (lower)
are at the far right on the picture. The central cortex exhibits some internal sub‐components on the picture.
The cerebrospinal fluid and meninges layer as well as the skull are not displayed in the figure.
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TABLE 3
MATERIAL PROPERTIES OF THE ANATOMICAL COMPONENTS OF THE MODEL
(Numbers of elements are indicated in parentheses)
Density (kg/m3)

1,040

Short term shear modulus (kPa)

10

Long term shear modulus (kPa)

2

Bulk modulus (GPa)

2.19

Decay constant (s‐1)

0.125

Layer of hexahedral elements connecting the skull to the brain
(Single continuous layer representing the meninges and
cerebrospinal fluid ‐ 3,220)

Density (kg/m3)
Young modulus (MPa)
Poisson's ratio

1,130
20
0.45

Skull (3,220)

Density (kg/m3)
Young modulus (MPa)
Poisson's ratio

1,800
15,000
0.21

Cerebrum (6,374), Cerebellum (2,634), Brainstem (1,484),
Olfactory bulbs (1,390), Orbitofrontal cortex (420), Cingulate
cortex (216), Parietal cortex (494), Striatum (366), Septum (30),
Thalamus (198), Hypothalamus (152), Amygdala (24),
Hippocampus (354), Temporal cortex (74), Ventral tegmental
nuclei (14), Mesencephalic tegmentum (32), Occipital Cortex
(254), Superior Colliculous (94), Entorhinal cortex (54), Aqueduct
(24), Subiculum (46), Inferior Colliculous (24)

Model Validation
The model efficiency was established by performing simulations of protocols of dynamic cortical deformation
(DCD) based upon experimental data [23]. In these protocols and in our corresponding simulations, the left
cortex, which had been exposed through a craniectomy, was submitted to vacuum pressure pulses of varying
durations and amplitudes. The simulated displacements of the exposed brain surface were extracted before
being compared to the experimental measures.
Results from the validation simulations were published in a previous IRCOBI study [39]. Simulated
displacements were of the same order of magnitude as the experimental ones. The slightly lower values in
simulations compared to experiments were considered to be due to the choices in the mechanical parameters.
Those parameters were selected to be adapted for acceleration loadings of high amplitudes and short durations
[22, 34], but may not have been as appropriate for the lower‐frequency DCD protocols. Still, the results were
deemed acceptable.
Numerical Simulations
The finite element model was submitted to different sagittal plane rearward rotational acceleration pulses.
Each pulse was based upon experimental angular acceleration versus time data [17‐20]. Eventually, 47
acceleration cases were available and each one of them served as a loading case for a specific numerical
simulation. To do so, the acceleration loading data were applied directly to the rigid skull component. Figure 2
shows a representative plot of the typical rotational acceleration versus time history for the current study. The
mean duration of the main acceleration peak in the different cases was approximately 0.4 ms. In terms of
maximal amplitude of the angular acceleration, the loadings varied from 0.37 Mrad/s² to 2.10 Mrad/s². The
simulations all shared the same material properties. The mechanical analysis was conducted with commercial
software (Radioss Crash© solver, Altair HyperMesh 10.0© Troy MI, USA) on a standard personal computer with
an Intel core 2 DUO© processor running at 3.33 GHz with 2 GB of RAM. As far as performances are concerned,
simulations were run for 10 ms durations; their completion would generally take approximately an hour of
computational calculation. The hourglass energy of the model remained under five percent of the total energy.
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Figure 2. Representative acceleration time‐history applied to the FEM. This particular acceleration corresponds
to a severe case (maximum amplitude close to 2 Mrad/s²).
The main results acquired from the numerical simulations consisted of mechanical responses at tissue levels.
Though the global distributions of mechanical responses were analyzed, the stress analysis output was
extracted for three anatomical components of interest in the brain model: the cingulate cortex, the
hippocampus and the superior colliculous (Figure 3). The cingulate cortex was chosen based on direct
histological findings of the experimental setup. The hippocampus and superior colliculous were chosen because
they are the components in the current subdivisions of the FEM that would correspond to the vicinity of the
corpus callosum. Strain and stress data in particular were observed and evaluated in these regions, more
specifically maximum principal strains and Von Mises stresses. For each parameter, after the complete
anatomical distributions were analyzed, time history data were obtained for each element in the model.
Consequently, the mean values of the parameters were evaluated as functions of time for each component.
Thus, anatomical distributions and peak mean values of the studied parameters were used to try and quantify
the consequences of the rotational acceleration loading. Furthermore, the mechanical results of the study were
eventually compared to histological scores from the experimental setup so that potential mechanical thresholds
could be proposed.

Figure 3. The three components which received special investigation in the study (cingulate cortex,
hippocampus and superior colliculous) are presented from two different points of view.

III. RESULTS
General Results
The distributions of Von Mises stresses and first principal strains, and their temporal variations, were
observed for each of the 47 simulations. Though the values of the mechanical responses varied depending on
the simulation and the original associated loading, all simulations provided similar results in terms of spatial
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distributions.
Both stresses and strains reached maximal values in the cingular cortex component in the upper cerebrum.
At the same time, a secondary core of high mechanical responses was observed in the more central parts of the
brain model in the vicinities of the hippocampus and superior colliculous.
Figure 4 presents the distributions of both first principal strains and Von Mises stresses in the mid‐sagittal
plane after 1.7 ms of computation for a 2.09 Mrad/s² loading, which was the instant of maximal mechanical
response for this particular simulation. The reported distributions in Figure 4 correspond to the general
patterns for the instants of maximal mechanical responses in all simulations.

Figure 4. First principal strains (left) and Von Mises stresses (right) observed in the mid‐sagittal plane at the
instant when maximal values were reached for a 2.09 Mrad/s² angular acceleration loading.
Relations between Imposed Acceleration Amplitudes and Mechanical Responses
The variations of the Von Mises stresses and first principal strains were analyzed as potential functions of the
amplitude of the imposed angular acceleration loadings. For each of the three regions of interest, the general
positions of maximal responses were extracted from the analyzed distributions. As a consequence, the maximal
Von Mises stresses and maximal first principal strains were estimated as mean peak values based upon 20
elements for the cingulate cortex, 14 elements for the hippocampus and 16 elements for the cingulate cortex.
Thus, the occurrence of isolated elements, presenting maximal but not meaningful values, was avoided.
Figure 5 presents the reported variations. For all three regions, both the maximal stresses and maximal
strains appeared to increase almost linearly with the applied angular acceleration loadings amplitudes.

Figure 5. Imposed acceleration amplitudes compared with resulting maximal Von Mises stresses (upper line)
and maximal first principal strains (lower line) in the cingulate cortex (left column), the hippocampus (middle
column) and the superior colliculous (right column).

‐APP Scores vs Von Mises Stresses
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The maximum Von Mises stresses responses in the cingulate cortex, hippocampus and superior colliculous
were extracted for all 47 simulations. Among those simulations, 27 had corresponding available β‐APP scores.
As such, β‐APP scores and Von Mises stresses were analyzed together for the three regions of interest in those
27 cases as shown in Figure 6. For each of the three regions, higher β‐APP scores were associated with loadings
which had also caused higher maximal Von Mises stresses.

Figure 6. Relationship between β‐APP scores and Von Mises stresses in the regions of interest.

‐APP Scores vs First Principal Strains
The maximum first principal strain responses were analyzed in the cingulate cortex, hippocampus and
superior colliculous for all 47 simulations. As with Von Mises stresses, first principal strains were compared in
all regions of interest with β‐APP scores for the 27 cases which had received said scores as shown in Figure 7.
For each of the three regions, the cases which displayed higher maximal first principal strains were also cases
which had received higher β‐APP scores.

Figure 7. Relationship between β‐APP scores and first principal strains in the regions of interest.
COX‐2 Scores vs Von Mises Stresses
Similar to the comparison between maximal Von Mises stresses and β‐APP scores, another analysis was
carried out to examine the possible correlations between the Von Mises stresses and COX‐2 scores. Among the
47 simulated cases, 22 had associated COX‐2 histological results. Figure 8 presents the results of the analysis.
Based on those 22 cases, and for each of the three regions, it appeared that the higher COX‐2 scores were
obtained with loadings which were responsible for the higher maximal Von Mises stresses.

Figure 8. Comparison between COX‐2 scores and Von Mises stresses in the regions of interest.
COX‐2 Scores vs First Principal Strains
In addition to the Von Mises stresses, COX‐2 scores were also compared with the maximal first principal
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strains in the three regions of interest. The results which are presented by Figure 9 were quite similar to the
stress results in that parallel increases were observed between the COX‐2 scores and the maximal first principal
strains.

Figure 9. Comparison between COX‐2 scores and first principal strains in the regions of interest
First Estimation of Von Mises Stresses and First Principal Strains Thresholds
Figures 6 to 9 suggest that β‐APP and COX‐2 scores are increasing after a stress or strain threshold has been
reached. Thus, results were analyzed a second time by plotting stresses and strains as functions of the
histological scores. Then, linear regressions were made and their parameters are shown in Tables 4 and 5. In
particular, thresholds were estimated from the obtained linear equations as the strain or stress values which
were given by these equations for a score of 0. Those thresholds are to be seen as the values of sustained
mechanical responses for which the histological scores are not null anymore.
TABLE 4: RESULTS OF LINEAR REGRESSION ANALYSIS CORRELATING STRESS AND STRAIN DATA WITH ‐APP SCORES

Parameter

Strain

Stress

Details
Slope [%]
R²
Threshold [%]
Slope [kPa]
R²
Threshold [kPa]

Anatomical region
Cingular cortex

Hippocampus

Superior colliculous

1.4167
0.6432
4.7914
0.4994
0.6479
1.6628

0.9483
0.3202
4.5401
0.3451
0.3196
1.6828

0.2751
0.0309
5.3358
0.0952
0.0323
1.8121

TABLE 5: RESULTS OF LINEAR REGRESSION ANALYSIS CORRELATING STRESS AND STRAIN DATA WITH COX‐2 SCORES

Parameter

Strain

Stress

Details
Slope [%]
R²
Threshold [%]
Slope [kPa]
R²
Threshold [kPa]

Anatomical region
Cingular cortex

Hippocampus

Superior colliculous

1.6577
0.5081
4.8868
0.5803
0.5054
1.6979

1.381
0.6067
3.4101
0.5091
0.6203
1.2648

1.2674
0.6067
3.8157
0.4292
0.6089
1.298

Tables 4 and 5 presented results for the three regions of interest. To propose thresholds for the general
brain, weighted means have been calculated. The thresholds of the three regions were taken into account,
while the R² coefficients of the linear regressions served as weights for the estimation of the mean. Table 6
regroups the global proposed thresholds.
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TABLE 6: PROPOSED THRESHOLDS FOR VON MISES STRESS AND FIRST PRINCIPAL STRAIN

β‐APP analysis
COX‐2 analysis

Stress threshold [kPa]

Strain threshold [%]

1.674
1.403

4.727
3.989

IV. DISCUSSION
Concerning the Choice of the Rodent Model
In order to complement anatomical and histological findings from a controlled experimental setup [17‐20],
the three‐dimensional finite element model of the rat brain was used for the examination of the region‐specific
intrinsic mechanical variables. While there are obvious fundamental differences in the brains between a rodent
one and a human one, such as composition of gray and white matter, or different sizes and shapes, at the tissue
or cellular level cerebral structures are more comparable [13]. As such, the present study should be considered
a first step toward an improved understanding of the angular loading‐caused intrinsic biomechanics of mild TBI.
Moreover, it should be stressed that the experimental animal model used in the present study has long been
used by brain injury researchers. For these reasons, information on lesions and thresholds obtained from the
rat model can prove to be relevant for the study of injury mechanisms. Still, additional studies are needed to
fully understand the mechanics of mild TBI and to translate or confirm the knowledge acquired from the rodent
brain to the human brain.
Rationale for the Evaluation of Stress and Strain Variables
The Introduction pointed out that finite element models of the rat brain have been developed to simulate a
varied array of loadings: dynamic cortical deformations [23] to study injuries to the blood‐brain barrier;
controlled cortical impacts [24‐25] to complement experimental indentation data [26]; inertial loading to
examine strain‐time based parameters for hippocampal damage [22]. However, the present model is the first
complete three‐dimensional TBI‐specific model to correlate stress‐ and strain‐related data in different regions of
the brain with histological evidence of graded TBI caused by angular acceleration collisions.
The present work included the Von Mises stress as a variable of particular interest, since previous studies
correlated the peak Von Mises stress with neurological outcomes and cerebral injuries in animal and human
models [31, 40‐42]. Similarly, strains have been proposed as indicators of levels of cerebral injuries [26, 30, 43‐
44], resulting in their inclusion as variables in the present study. Furthermore, the amplitude of angular
acceleration loading has been shown in the experimental setup, which was numerically simulated by the
present work, to be related to the varying severity of TBI; it was proposed that a 1.1 Mrad/s² loading was the
limit after which TBI were likely to occur [17]. The current work showed that the Von Mises stresses and first
principal strains increased with the amplitude of the acceleration loading and therefore could be used as
mechanical thresholds for the severity of TBI.
The three regions of interest studied were chosen because of the histological evidence in the experimental
setup. Simulations revealed the cingulate cortex as being the part of the brain which experienced the highest
stresses and strains. However, it should be noted that the shape of the skull component is slightly protruding
inward just above the upper central surface of the brain in the mid‐sagittal plane and thus above the cingulate
cortex. This could have resulted in a slight increase in the mechanical responses in the cingulate cortex
component. Also, stresses and strains displayed the hippocampus and superior colliculous vicinities as
secondary regions of high mechanical responses, correlating with the histological evidence. The importance of
those internal regions is further supported by the centripetal theory that clinical concussion, resulting from
applying rotational accelerations, was attributed to stresses/strains initiating from the surface (cortex, mild
cases) and progressing towards the diencephalic and mesencephalic cores (more severe cases) [6, 45].
Comparison with Literature
As mentioned previously, other finite element modeling studies have included magnitudes of strains as
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thresholds for cerebral injuries. In 2006, based on controlled cortical impact loading applied to a rat finite
element model, Mao et al. reported that a strain level of 0.30 represents contusive brain injury [26]. In 2006,
Cater et al. [46] found, from an in‐vitro model of TBI based on hippocampal slice cultures, that a 0.20 strain
would result in significant percentages of cell death, and that these percentages depended on the strain
magnitude and also on the region of the hippocampus. In 2007, a continuation of the previous study showed
that tolerance was region‐based, with cortex having a lower strain threshold than hippocampus [47]. In 2007,
Kleiven et al. used the maximum principal strain as a metric for predicting concussion: 50% risk of concussion
was estimated at a strain level of 0.21 in the corpus callosum and the same magnitude was also applicable for
the gray matter [44]. In 2008, using the Strasbourg University Finite Element Head Model, the first principal
strain was proposed as a criterion to assess diffuse axonal injury: a strain level of 0.31 corresponded to 50%
injury risk [30]. Recently, a FEM of the monkey head also found an association between a 50% risk of
concussion and a sustained strain of 0.21 [48]. Strains have also been explored in in‐vivo conditions. In 2008
Sabet et al. observed deformations in human volunteers under mild angular acceleration loading using tagged
magnetic resonance images and reported that large portions of the brain sustain strains exceeding 0.02 [49].
Most of the aforementioned studies dealt with conditions different from the present study: some had direct
contact impact, creating high strains near the contact interface [26], while other studies were based on
experimental or numerical models of the human brain [30, 49] or the non‐human primate brain [48].
Differences in the strain level may be due to these variations. Furthermore, the aforementioned studies
proposed strains thresholds designed to elaborate on a percentage of risk of sustaining injuries. The current
study proposes thresholds corresponding to the early occurrence of TBI, thus possibly resulting in lower strain
values. Indeed, if the most severe cases only are considered in our study, then strain values are closer to 0.1
and thus more similar to the aforementioned values. Also, the results from this study were compared to
available histological evidence and the brain was considered homogeneous. As a consequence, developing
precise thresholds for the whole brain is not possible; thresholds can only be evaluated in selected regions.
In the current three‐dimensional model, the rat head was subjected to inertial loadings without direct
contact. This necessitated the application of greater levels of loadings/rotational acceleration to achieve
outcomes similar to those observed in the human [6, 50‐51]. It also has consequences on the direct response of
the finite element modeling of the brain. Using a human brain finite element model, it has been shown that the
size of the brain model affects the biomechanical outputs such as internal stresses [52].
The mechanical responses are also influenced by the chosen material modeling. Through parametric studies,
it has been shown that these responses, Von Mises stresses in particular, will have varying maximal peak values
depending on different material parameters, though the global patterns of distribution will be largely
unaffected by the changes in these parameters [53]. As such, it is important to remember that the thresholds
are strongly related to the model and should be considered only in light of the FEM precise setup. For example,
if the short term shear modulus is doubled, the Von Mises stresses will also be increased twofold [53]. Strains,
on the other hand, will decrease with the short‐term shear modulus, though not significantly over a reasonable
range for this modulus. Furthermore, if a more detailed characterization of brain matter were to be
implemented, it might modify local distributions of mechanical responses at boundaries between anatomical
components, though maybe not the global distribution. Still, differentiating white matter from grey matter
would require a change in white matter material properties, and consequently would change Von Mises stress
and first principal strain in this white matter, meaning a possible modification of the thresholds. In summary,
the thresholds remain model‐bound and the Von Mises stress threshold in particular is very dependent on
assigned material properties.
Also of interest are the relative magnitudes of strains and stresses in the three anatomical regions of the
brain that were studied. The highest values were reported in the cingulate cortex followed by the hippocampus
and the superior colliculous. This would be in accordance with the centripetal force theory [45] as the cingulate
cortex is situated along the upper surface of the brain while the other two regions are more central and closer
to the centre of rotation. This observation also addresses some aspects of the FE model. It is considered
homogeneous and made only of gray matter. However, a differentiation between gray and white matter
properties could affect the results of the model. By using available subcomponents of the cerebrum and
material data, an anatomically‐related definition of material properties and more accurate region‐specific
mechanical responses could be developed. These are considered future research directions.
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V. CONCLUSIONS
A finite element model of the rat brain and skull was used to simulate head sagittal angular accelerations
based on data from animal experiments. This combined approach of numerical modeling and animal
experiments allowed for the investigation of region‐dependent mechanical responses of the anatomical
components of the brain. These responses were stresses and strains, and were analyzed in relation to
histological scores that quantified DBI in the experimental setup. The experimental acceleration pulses covered
a variety of grades of severity as evidenced by the histological results. First principal strains and Von Mises
stresses matched variations of peak angular accelerations in the regions of interest for the numerical FEM. They
were also correlated with the histological scores which lead to a first estimation of potential thresholds for
stresses and strains to correspond to the occurrence of DBI. Those thresholds, used in conjunction with the rat
FEM, can be used in future new simulations of collisions to gain further knowledge and insight about the
mechanics of TBI.
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