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Abstract The aim of our work was to expand on the

knowledge concerning mild Traumatic Brain Injuries (TBI),

by combining numerical modeling and animal experiments

within a joint approach. A three-dimensional finite element

model of the rat brain and braincase was developed, and

experimental acceleration pulses were applied. Pulse data

were obtained from tests conducted using anesthetized rats,

subjected to coronal plane rotational acceleration loadings

of varying amplitudes and durations, aimed to generate mild

TBI. Times of loss of consciousness were obtained. Bio-

mechanical response parameters generally associated with

TBI (stresses and strains) in the three anatomical regions,

i.e., hypothalamus, thalamus and parietal cortex were ana-

lyzed. While the parameters correlated well with changes in

injury severity linked to peak rotational acceleration, they

were relatively insensitive to the pulse duration or times of

loss of consciousness. As a consequence, new stress-time

and strain-time metrics were computed, and these metrics

were more efficient in predicting changes in injury severity

associated both with acceleration characteristics and loss of

consciousness outcomes in all three anatomical regions

controlling the aforementioned behavior. Results of our

analysis tend to show that time-related metrics may be more

suited for the explanation of mild TBI than commonly used

peak metrics in the three anatomical regions of the brain.

Keywords Biomechanics � Finite element model �
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1 Introduction

Traumatic brain injuries (TBI) represents a major health

issue in our societies. Their consequences extend from

temporary impairments, in cases considered to be mild, to

lifelong disabilities or death for the most severe cases. In

Europe, it has been estimated that among a population of

100,000 persons, 235 would sustain TBI occurrences [41].

In the United States, according to the 2010 report issued by

the Centers for Disease Control and Prevention, about 1.7

million occurrences of TBI are reported annually, among

which 52,000 would end in the death of the victim of TBI,

and 275,000 would result in hospitalizations [9]. Falls are

the first cause of TBI, followed by motor-vehicle collisions

(which becomes the first cause in terms of mortality rate) and

sports-related activities. Very young children (0–4 years),

adolescents and young adults (16–24 years) and adults aged

65 years or older are most likely to be the affected groups of

the population, according to the report. Moreover, the impact

of TBI on the economics of a country should not be

neglected: not only do they cost directly in terms of health

treatments, but also have a long-term financial impact, as

victims of TBI-induced severe disabilities might no longer

be able to be productive. Thus, over the past years, protective

systems in automotive environments and protective equip-

ment in sports have been developed and continually

improved to reduce the severe outcomes and mortality rate of

TBI.

Improved understanding of the biomechanics of head

injuries is critical to achieve better protection. Mechanisms

of TBI have been postulated to be correlated to the
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complex loading conditions of collision forces, with a

major focus on head acceleration [14]. Two components of

this mechanical parameter can be distinguished in real life

collisions: linear and rotational parts, both with direct

consequences for injuries. Linear accelerations have been

depicted to be generally the cause of focal brain injuries

and have been correlated to intracranial pressure changes

[25]. The Head Injury Criterion, HIC, based on the linear

acceleration of the head, is a widely used index for

designing automotive protective structures, albeit it has

generated some controversies over the years [44]. Indeed,

the other component of acceleration, the angular part, has

also long been established as an important parameter in

brain injury mechanisms [17]. It has even been reported to

be responsible for the main contribution to TBI compared

to linear acceleration [13, 46]. Nevertheless, it is rarely

taken into account for the validation of protective systems

[19].

In any case, studies have often focused on moderate to

severe cases of TBI, graded as Abbreviated Injury Score,

AIS 4–6 [1]. Fewer studies have been dedicated to mild

TBI, in spite of the fact that these injuries can be respon-

sible for lifelong disabilities. Ongoing military and its

related involvements for approximately 10 years around

the world have brought this issue more to the forefront

[26, 27, 32]. Being able to predict and prevent mild TBI is

important because treatments continue to be primarily

based on clinical assessments without clear evidence of

detectable lesions, but still have a lasting impact on the

daily life of the TBI victim [15, 43]. Rat models have been

widely used in neurotrauma studies and have documented

physiological and behavioral deficits from different types

of insults: controlled cortical impact [8, 23], dynamic

cortical deformation (DCD) [39], fluid percussion [7, 24],

direct head impact weight-drop [33] and rotational accel-

erations [5, 10, 11]. As a majority of studies have focused

on severe level brain traumas such as diffuse axonal inju-

ries (DAI), a need exists for the development of mild TBI

models using rotational acceleration as the mechanical

insult. Outcomes from mild TBI-specific experiments can

be used to exercise finite element models to determine the

local responses of the rat brain. The following table sum-

marizing a brief review of rat finite element models is

intended to demonstrate gaps in our knowledge and serve

as a basis for the present computational study, aimed to

determine the intrinsic responses of different anatomical

regions of the brain.

Based on the foregoing observations and brief review,

summarized in Table 1, and the importance of region-

specific responses, a finite element model of the rat head

was developed to better understand the biomechanical

behavior under mild TBI conditions. Specifically,

mechanical variables were extracted in regions susceptible

to alterations following mild TBI induced by rotational

accelerations of varying magnitudes and pulse durations.

2 Methods

2.1 Finite element model development

Medical imaging techniques were used to obtain the three-

dimensional model of the head of a male Sprague-Dawley

rat. The rat under study was 8–9 weeks old and weighted

350 g. Rat skull geometry was obtained from micro-com-

puted tomography images with voxel size: 93 lm 9

93 lm 9 93 lm. The soft tissue geometry was extracted

from magnetic resonance images with voxel size

500 lm 9 500 lm 9 500 lm. The extraction of geomet-

rical data was realized by thresholding the medical images,

and provided a surface triangular mesh of the brain external

surface. This surface served to delimit the volume to be

meshed to represent the brain in the finite element model.

The meshing exercise was performed using commercial

software (Altair HyperMesh 10.0�, Troy MI, USA) to

define the volume which was to become the brain mesh.

Elements in the models were exclusively eight-node

hexahedral elements and four-node shell elements with a

standard Lagrange integration scheme. The minimum

edge-size for the elements was chosen as 0.45 mm; the

average edge-size is consequently of 0.5 mm. Other crite-

ria were defined and strictly monitored so that the resulting

mesh would be as regular as possible. The chosen values

were based on those used for the Strasbourg University

Finite Element Head Model (SUFEHM) [6]. The maximum

warpage was fixed at 40�, the maximum aspect ratio was

defined as equaling 5, and the cut-off value for skewness

was chosen at 60�. Meanwhile, the minimum jacobian was

0.7. The whole mesh was achieved with these cut-off

values, and elements were manually improved one by one

when they would not verify one of those values.

A first complete mesh was achieved with those criteria,

with a total of 17,972 hexahedral elements and 3,220 shell

elements. Then, a refined mesh was created by splitting the

elements of this first mesh: one hexahedral element would

be divided into eight smaller ones, while one shell element

would result in four smaller ones. The new refined mesh

that was obtained resulted in a minimal edge-size of

0.2 mm, which an average edge-size situated around

0.25 mm. Other criteria for the mesh were still well

respected by the split mesh. The maximal reported warpage

is 27.54�. The maximum aspect ratio was observed as 3.49,

with less than 1 % of the elements having an aspect ratio

higher than 2.5. Less than 0.2 % elements have a skewness

higher than 60�, with the maximal value being 63.43�;

overall, 90 % of the elements have a skewness lower than
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40�. Finally, 1 % of the elements have a Jacobian value

lower than 0.7, the minimal value being 0.5; less than

0.2 % of the elements have a Jacobian lower than 0.6.

Eventually, the complete finite element mesh consisted

of three main parts, which are continuous in and between

themselves. The first one is the brain, composed of 118,016

hexahedral elements, and subdivided into 22 anatomical

components among which 18 are internal to the cerebrum.

The brain mesh used in the present study is shown in Fig. 1,

with a detailed example of a coronal section in Fig. 2. The

second part of the model is a single continuous layer of

25,760 hexahedral elements, encasing the brain, which are

representing the cerebrospinal fluid and the meninges as a

whole. This continuous layer was chosen over shell layers

of meninges in order to maintain continuity in the mesh, and

also in the relative movement between brain and skull. The

third and last part is the skull itself, made of 25,760 shell

elements (constant thickness of 0.1 mm), which are present

on the external surface of the model.

The next step in the development of the finite element

model consisted of assigning material properties to the

various components, performed using commercial software

(Altair Hypercrash 10.0�, Troy, MI, USA). All the ele-

ments of the model were considered to be homogeneous

and isotropic and all brain elements were assumed to be

made of gray matter. Soft tissue mechanical behaviors were

obtained from the literature: the skull and brain/skull

interface were attributed properties based upon finite ele-

ment modeling studies from our group and research from

Wayne State University [4, 28]. Skull in particular was

assigned an elastic modulus similar to the one used in the

SUFEHM: though studies have shown that this elastic

modulus could have lower values [16, 30], the 15 GPa was

kept as the model in this work would not be used to

Table 1 Computer models in

literature
Model

(year)

Short description Type of simulation

Shreiber

[38]

3D model made of hexahedral elements.

Homogeneous, isotropic, modified

hyperelastic material law for the brain;

gray matter only

Dynamic cortical deformation (DCD)

experiments: nine different pulses (three

pressure levels, three durations). Suggests

that blood–brain barrier damage is most

sensitive to maximal principal logarithmic

strain

Gefen [12] Three idealized 2D cross-sectional models.

Linear viscous elastic material law for the

brain

The model was used to characterize the

material properties of the braincase by

simulating indentation experiments

Pena [36] 2D model. Homogeneous, isotropic linear

elastic brain. Three cases were studied for

the Young modulus E: constant (50 kPa),

linear ([10; 100] kPa) or inverse linear

([100; 10] kPa)

Controlled cortical impacts (CCI) were

simulated. Displacements were observed,

as well as mean stresses and shear stresses.

The linear variation of E was reported as

showing the most likely stress distribution

Levchakov

[22]

3D model made of tetrahedral elements.

Homogeneous, isotropic, viscous elastic

brain; gray matter only

Simulation of closed head impact injury.

Brain displacements were studied. The aim

was to observe the influence of age on

mechanical responses such as stresses and

strains

Mao [28] 3D high definition model made of

hexahedral elements. Homogeneous,

isotropic, viscous elastic brain. Gray and

white matters were differentiated. Brain

anatomical components are present

Validated against DCD data, it was used to

simulate different CCI cases. Simulations

indicated first principal strain as a

significant parameter that best correlated

with experimentally observed injuries

Fijalkowski

[11]

2D model of a mid-brain coronal section.

Anatomical structures were represented.

The brain was depicted linear viscous

elastic, with differentiated gray and white

matters

Validated under three rotational loading

conditions. Then, nine cases of rotational

loadings, deemed responsible of mild TBI,

were simulated. Sustained Maximum

Principal Strain criterion was proposed

correlating with experimental outcomes

Zhu [47] Based on Mao [28] with an even more

refined mesh (more than 500,000

elements)

Used to simulate blast cases under a shock

tube environment. Validated against

experimental pressure–time histories at the

cortex and lateral ventricle. Pressure

amplification was found in the skull. Low

shear stress and principal strain were

implied not to be injury mechanisms for

blast
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simulate fracture occurrences. Furthermore, the skull was

defined as a rigid body for the simulations, limiting the

skull elastic modulus influence. The other components

representing the brain were assigned a linear viscous elastic

material behavior. The Boltzman law was chosen for this

purpose [12, 28]. The associated mechanical parameters

were based on the literature [11]. While other material

models, such as hyperelastic or nonlinear viscous elastic

models, could have been chosen, there is even less avail-

able data for them than for linear viscous elastic models,

even more so concerning rats. Table 2 includes the mate-

rial properties in addition to the descriptions of the com-

ponents used in the finite element model.

2.2 Model validation

To determine the efficiency of the model, protocols of

DCD were simulated, based upon experimental data [38].

Shell elements from the skull component, as well as

hexahedral elements from the layer between the skull and

the brain (i.e., CSF and meninges elements), were removed

to represent a craniectomy over the left cortex. Since there

is only a single continuous layer of elements for both the

CSF and meninges, cerebrum was directly exposed, though

in the experimental setup the pia was preserved. Also,

because of the geometry of the mesh, the craniectomy is

squared. This shape was chosen in order to avoid redefining

the mesh around the opening, which would trample with

the chosen mesh criteria. Also, as the mesh would not be

changed, a squared area was preferred to a rounded one to

avoid unwanted additional edge effects.

The general protocol consisted in applying a vacuum

pressure pulse directly on the brain elements that were

exposed by the craniectomy, while the skull was granted no

degree of liberty. The simulated displacements of the

exposed brain surface were measured and compared to

Fig. 1 Three-dimensional finite

element model of the rodent

brain used in the study.

Proceeding from the right of the

photograph are the olfactory

bulbs, cerebrum, brainstem

(lower part) and cerebellum

Fig. 2 A coronal section of the model (approximately Bregma—2.5 mm), with the detail of visible components. The lateral view of the model

on the right part of the figure positions the coronal section in the model. Table 2 includes the various components simulated in the model
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experimental measures. This protocol was exercised in nine

different simulations, representing all the combinations of

pressure pulse amplitude (25, 50 and 100 psi) and duration

(25, 50 and 100 ms) from the experimental set.

Results are displayed on Fig. 3. Reported simulated

displacements are the mean value for the nine nodes situ-

ated in the region of maximal observed deformation. This

region and the nine selected nodes were consistent for all

nine simulations.

Simulated displacements were of the same magnitude

order than the experimental ones. They were close to the

lowest experimentally measured deformation for all nine

cases, and about 1.5 time lower than the experimental mean

results. For a given duration, maximal displacement

increased with the amplitude of the pressure pulse. On the

opposite, and in accordance with experimental findings,

duration of the pressure pulse had no significant effect for a

given pressure amplitude.

Concerning the difference between the mean experi-

mental displacements, and their simulated equivalents

which were 1.5 time lower, the question of the material

properties can be addressed. It is known that the value of

some of these properties, mainly the short-term shear

modulus, can affect the values of the mechanical responses

of a brain model. Indeed, an increase in shear moduli

would result from an increase in the frequency of the

loadings [40, 42]. Since dynamic cortical displacements

occur during 25–100 ms, they represent loadings of a lower

frequency than the rotational acceleration loadings we

applied for our simulations, as said accelerations happen in

1–3 ms. This suggests that a lower short-term shear mod-

ulus might be more appropriate for dynamic cortical dis-

placements simulations, and this could be a reason for the

slightly lower simulated displacements. However, the

short-term shear modulus was chosen to be appropriated

for the mTBI-inducing rotational accelerations protocols

[11]. As a matter of fact, the choice of the DCD protocol

for validation purpose could be argued since this protocol

is extremely different from the angular acceleration one.

However, and because of the paucity of available data,

which can be used for validation investigation, the DCD

protocol was still chosen.

2.3 Numerical simulations

The finite element model was exercised under different

coronal plane rotational acceleration pulses. As skull

fractures were not planned in these simulations, the skull

was treated as a rigid body. Hence, rotational accelerations

were applied directly to the skull. Each loading case, rep-

resenting a specific pulse, was based upon experimental

angular acceleration versus time data [11]. Figure 4 shows

a representative plot of the rotational acceleration versus

time history. The rotational accelerations and time dura-

tions are included in Table 3. While each numerical sim-

ulation received the loading conditions of its respective

experimental group (described later), they all shared the

same material properties. The stress analysis was con-

ducted using commercial software (Radioss Crash� solver,

Altair HyperMesh 10.0�, Troy, MI, USA), on a standard

Table 2 Material properties of

the anatomical components of

the model

Numbers of elements are

indicated in parentheses

Cerebrum (50,992), cerebellum (21,072), brainstem (11,872), olfactory

bulbs (11,120), orbitofrontal cortex (3,360), cingulate cortex (1,728),

parietal cortex (3,952), striatum (2,928), septum (240), thalamus

(1,584), hypothalamus (1,216), amygdala (192), hippocampus (2,832),

temporal cortex (592), ventral tegmental nuclei (112), mesencephalic

tegmentum (256), occipital cortex (2,032), superior colliculous (752),

entorhinal cortex (432), aqueduct (192), subiculum (368), inferior

colliculous (192)

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—

25,760)

Density (kg/m3) 1,130

Young modulus

(MPa)

20

Poisson’s ratio 0.45

Skull (25,760) Density (kg/m3) 1,800

Young modulus

(MPa)

15,000

Poisson’s ratio 0.21

Fig. 3 Experimental and simulated cortical displacements (experi-

mental data are reported from [38])
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personal computer with an Intel core 2 DUO� processor

running at 3.33 GHz with 2 GB of RAM. In terms of

performances, simulations were conducted for 10 ms

durations and generally took nearly an hour of computa-

tional calculation time to be completed. The hourglass

energy of the model was nullified using a HEPH 8-node

linear element with reduced integration point and physical

stabilization of hourglass.

Mechanical responses at tissue levels were obtained

from the numerical simulations. The stress analysis output

was extracted for the following three anatomical regions in

the brain; hypothalamus, thalamus and parietal cortex.

Reasons for using these regions are discussed later. Strain

and stress data were used to compare responses in these

regions to the loss of consciousness times obtained from

experiments [11]. Specifically, maximum principal strains

and Von Mises stresses were evaluated. For each parame-

ter, anatomical distributions were analyzed; at the same

time, time history data was obtained for each element in the

model, and then the mean values of the parameter for every

anatomical region were evaluated as functions of time. In

the end, anatomical distributions and peak mean values of

the studied parameters were used to determine the conse-

quences of the rotational acceleration loading. Results are

presented in two groups: increasing rotational accelerations

with constant time durations and increasing time durations

with constant rotational accelerations. Data are illustrated

for the hypothalamus, followed by the thalamus and pari-

etal cortex regions.

3 Results

Table 3 lists the whole set of acceleration pulses. The central

case has a maximum rotational acceleration of 419 krad/s2

for 2 ms duration. Pulses are ordered in two groups. Group A

pulses have similar durations (2 ms) with increasing rota-

tional accelerations (from 292 to 523 krad/s2) while group B

pulses have similar rotational accelerations (425 krad/s2)

with increasing durations (from 1 to 3 ms). The central case

(419 krad/s2 for 2 ms) is shared between the two groups as

the medium pulse for both of them. All cases were based on

six samples, except the medium case, which had seven.

Table 3 also reports the observed average durations during

which the rats of the different groups remained unconscious.

Those are the unconscious times attributed to the effects of

the acceleration pulses only. A sham group of uninjured rats

had been observed to need 120 s to recover from the anes-

thesia. Unconscious times in Table 3 correspond to the

additional durations needed by the rats to recover after these

120 first seconds. Increasing amplitudes (with fixed duration)

or increasing duration (with fixed amplitude) of the loading

pulse both resulted in increasing unconscious times.

3.1 Strains: hypothalamus, parietal cortex

and thalamus

The maximum principal strain responses in the hypothal-

amus, parietal cortex and thalamus for the two groups of

pulses are displayed in Fig. 5. For each of the three regions,

strains increased with increasing amplitude of the loading

pulse (while its duration was fixed). In contrast, a similar

trend was not apparent when the amplitude was fixed and

duration was increased.

3.2 Strain rates: hypothalamus, parietal cortex

and thalamus

Strain rates in the three regions presented the same

observations as strains, i.e., increasing rates with increasing

amplitude of acceleration (fixed duration), but no apparent

trend when amplitude was fixed and duration increased.

These data are shown in Fig. 6.
Fig. 4 Representative acceleration-time history inputted to the finite

element model

Table 3 Pulses for the two groups along with experimentally determined unconscious times

Nomenclature Units Group A Group B

Low Medium High Low Medium High

Average values ± standard deviation

Rotational acceleration krad/s2 292 ± 34 419 ± 29 523 ± 15 424 ± 24 419 ± 29 427 ± 21

Duration ms 2.1 ± 0.2 2.0 ± 0.2 2.0 ± 0.2 1.1 ± 0.2 2.0 ± 0.2 3.0 ± 0.1

Unconscious time s 86 ± 44 246 ± 25 325 ± 28 80 ± 12 246 ± 24 510 ± 105

The medium case (highlighted column) is one and the same, but is presented twice for comparison purpose
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3.3 Stress metrics: hypothalamus, parietal cortex

and thalamus

Von Mises stress responses were similar to strain outputs in

all the three anatomical regions, i.e., stresses increased with

increasing amplitude of the loading pulse (fixed duration).

However, a similar trend was not apparent with increasing

durations when the amplitude was fixed. These are shown

in the form of combined bar charts for the two groups of

pulses in Fig. 7.

3.4 New metrics: the stress-time and strain-time values

Because the trends were not consistent between the two

groups for all the former metrics (strains, strain-rates and

stresses), a different metric was examined. It was accom-

plished through the use of a stress-time parameter, rationale

described later. The mean Von Mises stress data history

was integrated in three anatomical regions separately. Then

the stress-time value was defined as the integral for the

duration of the pulse. Figure 8 reports the Von Mises and

integrated Von Mises stresses data histories for a typical

middle duration acceleration pulse. Figure 9 demonstrates

the variation of this metric for the two groups, showing

improved consistency with regard to changes in magni-

tudes and durations of rotational acceleration pulses and

between unconscious times.

In the same way, strain-times values were defined from

the integrated strain data histories in the three anatomical

regions. They were defined as the values of the integral for

the duration of the acceleration pulse. Figure 10 depicts the

strain and integrated strain data histories for a typical

middle duration acceleration pulse, while Fig. 11 displays

the variations of this strain-time metric, which is more

consistent with variations in amplitude or duration of the

rotational acceleration pulse.

3.5 Correlations of stresses and strains

with unconscious times

Table 4 shows the results of a linear correlation between

the unconscious times for the two groups of pulses and the

stress and strain metrics for the three anatomical regions.

For these correlation studies, the intercept value was forced

Fig. 5 Bar chart showing maximum strains in the hypothalamus,

parietal cortex and thalamus. Left shows variations with increasing

magnitude of applied rotational acceleration (fixed duration), and

right shows variations with increasing magnitude of duration (fixed

rotational acceleration)

Fig. 6 Bar chart showing maximum strain rates in the hypothalamus,

parietal cortex and thalamus. Left shows variations with increasing

magnitude of applied rotational acceleration (fixed duration), and

right shows variations with increasing magnitude of duration (fixed

rotational acceleration)
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to zero, since we assumed that the absence of mechanical

solicitation would not cause an unconscious time (that is to

say would not delay return to consciousness past the 120 s

due to recovery from anesthesia). As can be seen, both the

strain and stress parameters showed poor correlations while

the time-related metrics responded with improved corre-

lations, regardless of the anatomical region. However, the

correlation was the greatest for the thalamus, followed by

the parietal cortex and hypothalamus.

Data points and their associated regression trends are

illustrated on Fig. 12 for the hypothalamus. Trends for the

parietal cortex and the thalamus were mainly similar to

those for the hypothalamus.

4 Discussion

4.1 On the choice of the animal model

The current three-dimensional modeling effort was under-

taken to examine the region-specific intrinsic variables

because data on unconscious times were available in a

Fig. 7 Bar chart showing stresses in the different regions of the brain. Left shows variations with increasing magnitude of applied rotational

acceleration (fixed duration), and right shows variations with increasing magnitude of duration (fixed rotational acceleration)

Fig. 8 Typical shapes of Von Mises stress (left) and integrated Von Mises stress (right) data histories for a middle duration (2 ms) rotational

acceleration pulse. In such a case, the stress-time indicator would be the value of the integrated Von Mises stress at 2 ms time

Fig. 9 Bar chart showing stress-time responses in the different

regions of the brain. Left shows variations with increasing magnitude

of applied rotational acceleration (fixed duration), and right shows

variations with increasing magnitude of duration (fixed acceleration).

Note similar trends in both groups (left and right)
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controlled experimental setup. The used regional compo-

nents are pertinent to mild TBI. We are not aware of any

similar studies on the human, and recognizing fundamental

differences in the brains between the current animal model

and the human, such as compositions of gray and white

matters, the present study should be considered as a first

step in an improved understanding of the intrinsic

biomechanics of mild TBIs induced by angular loading.

Furthermore, it should be noted that the experimental

animal model used in the present study has long been used

by brain injury researchers including biomechanical engi-

neers, finite element modelers and basic scientists. Also,

while rat and human brains have many noticeable differ-

ences (in size, shape, white matter distribution, gyri, etc.),

at the tissue or cellular level they are more comparable

[39]. So, information on lesions and thresholds from the rat

model is not irrelevant for injury mechanisms. Conse-

quently, additional studies are needed to fully understand

the mechanics of mild TBIs in the human.

4.2 Rationale for selecting the three anatomical regions

Biomechanical variables examined in the present study at

three anatomical locations, i.e., the hypothalamus, thala-

mus and parietal cortex, were correlated with the times of

loss of consciousness from animals exposed to differing

levels of rotational acceleration and duration. The rationale

is as follows for the selection of the three regions [18, 43].

While precise mechanisms for the loss of consciousness are

yet to be substantiated, several anatomical entities are

considered by basic neuroscience, clinical and other

Fig. 10 Typical shapes of Maximum Principal Strain (left) and

integrated Maximum Principal Strain (right) data histories for a

middle duration (2 ms) rotational acceleration pulse. In such a case,

the strain-time indicator would be the value of the integrated

Maximum Principal Strain at 2 ms time

Fig. 11 Bar chart showing strain-time responses in the different

regions of the brain. Left shows variations with increasing magnitude

of applied rotational acceleration (fixed duration), and right shows

variations with increasing magnitude of duration (fixed acceleration).

Note similar trends in both groups (left and right)

Table 4 Results of linear regression analysis correlating unconscious

time with stress and strain data

Parameter Details Anatomical region

Hypothalamus Parietal

cortex

Thalamus

Strain Slope [103 s] 9.732 9.926 15.626

R2 0.4134 0.4076 0.3734

Stress Slope

[s.Pa-1]

0.301 0.308 0.459

R2 0.4128 0.4064 0.3761

Strain-

time

Slope [106] 15.210 15.724 31.618

R2 0.9120 0.9196 0.9499

Stress-

time

Slope [103

Pa-1]

0.461 0.471 0.800

R2 0.9202 0.9277 0.9450
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investigators. In the human, different components/regions

of the brain account for specific functions, although no

single component acts in isolation, i.e., interconnectivity

exists. Focusing on consciousness, the activation of the

neurophysiological systems occurs to this sensation. Sub-

cortical scanning leads to the involvement of the thalamus,

which in turn projects into the prefrontal association cortex

consisting of the posterior inferior temporal and parietal

and bilateral association cortices. The maintenance or loss

of consciousness depends on the interaction between the

brainstem, thalamus, hypothalamus and cortical activity.

The reticular activating system of the brainstem must be

intact for the conscious state, and the hypothalamus and

cerebral cortex provide signals to this system. The cell

bodies of the activating system are located in the thalamus.

It was thus decided to examine intrinsic responses of the

hypothalamus, thalamus and parietal cortex to achieve the

objectives of the present study. Structural damage to these

regions stemming from mechanical insults such as those

used in the current model, individually or collectively, may

contribute to the primary effects of consciousness or its

lack thereof. It should be noted that the three areas of brain

analyzed are correlations, not causations, of unconscious-

ness. It should also be added that the brainstem responses

were observed in the model. But, while the brainstem has a

role in the mechanisms of consciousness, it did not display

any significant stresses or strains in the simulation. This is

certainly linked to the fact that the mesh limits itself to the

brain, diminishing the boundary conditions that a complete

spinal cord would impose on the brainstem.

The selection of the three regions is further supported by

physical and primate experiments conducted in 1943 and

1974 [17, 35]. Using the centripetal theory as a basis, and

applying rotational accelerations to primates, a mode

similar to the present study, clinical concussion was

attributed to stresses/strains initiating from the surface

(cortex, mild cases) and progressing towards the dience-

phalic and mesencephalic cores (more severe cases). The

extractions of stresses/strains in the thalamus components

located in the former core along with the peripheral cortex

are appropriate. Furthermore, while peak magnitudes have

been proposed as a metric to characterize brain injuries,

especially DAI, recent studies have shown that trauma is

region dependent and pulse-shape dependent [11, 45]. In

fact, this was an impetus to examine the stress analysis

outputs in the three anatomical regions and in two groups

of insults, acceleration and duration. The region depen-

dency was based on the loss of consciousness, as discussed

above, and the stress analysis outputs were examined for

different parameters, as discussed below.

4.3 Rationale for evaluating stress variables

As indicated in the Introduction, although finite element

models of the rat brain were developed to simulate DCDs

[38] to study injuries to the blood–brain barrier; controlled

cortical impacts [28, 36] and closed head injuries [22] to

complement experimental indentation data [12]; and iner-

tial loading to examine strain-time-based parameters for

hippocampal damage [11], the present model is the first

complete three-dimensional mild TBI-specific model to

correlate stress- and strain-related data at the hypothala-

mus, parietal cortex and thalamus with loss of conscious-

ness. Because previous studies correlated the peak Von

Mises stress with neurological outcomes in animal and

human models, this variable was included in the present

study [2–4, 41]. This metric may also be used as a candi-

date for mild TBI, as stresses in all regions increased with

increasing unconscious times, associated with increasing

peak accelerations. However, the metric did not follow the

same pattern with increasing pulse times, reflecting its

limited application. It was for this reason the stress-time

metric was examined for its potential effectiveness. As

indicated in the previous section, this metric was found to

be a better correlate than the pure peak stress parameter in

these mild TBI cases. Although not fully established, the

present analysis may have discovered a new metric to

characterize mild TBI.

As for the significance of such integrated new metrics, a

comparison can be established with a variable consisting of

deformation and time that had been used in earlier research

[11]. Sustained maximum principal strain had been used as

a metric in a slice model of the brain. The present study

follows a similar pattern although the difference is that we

used integrated strain-time (and stress-time) as a metric in

the three-dimensional model in contrast to a preselected

strain level over a preselected time. An implied physical

meaning is that the mechanics of the brain tissue may be

Fig. 12 Data points in the hypothalamus and their associated linear regression trends
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characterized by cumulative strain, determined by the

integral of the variable with time, and including the notion

of mechanical wear and tear of brain matter.

4.4 Comparison with literature

A comparison of results from the present study with the lit-

erature indicates the following. Finite element modeling

studies have reported greater magnitudes of strains than

those found in the present study. In 2006, based on controlled

cortical impact loading applied to a rat finite element model,

Mao et al. [28] reported that a strain level of 0.30 represents

contusive brain injury. Kleiven et al. [21] 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. In 2008, using the Strasbourg

University Finite Element Head Model, the first principal

strain was proposed as a criterion to assess DAI: a strain level

of 0.31 corresponded to 50 % injury risk [6]. However, Sabet

et al. [37] observed deformations in the human volunteers

under mild angular acceleration loading using tagged mag-

netic resonance images and reported that large portions of the

brain sustain strains exceeding 0.02. Most of the aforemen-

tioned studies dealt with conditions different from the pres-

ent study: some had direct contact impact, creating high

strains near the contact interface [28]; and other studies were

based on experimental or numerical models of the human

brain [6, 37]. Differences in the strain level may be due to

these variations.

In the current three-dimensional model, the rat head was

subjected to inertial loadings without direct contact. This

necessitated the application for greater levels of loadings/

rotational acceleration to achieve outcomes similar to those

observed in the human [17, 31, 34]. It also has conse-

quences on the direct response of the finite element mod-

eling 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

[20]. It has also been observed that a smaller-sized brain

model would result in lower deformations overall, in a

study comparing adult and child human brain models [29].

Consequently, while strains from the current model could

be seen as a little low, there is a possibility that these values

are linked to the small size of a rat brain. And though

strains appear a bit low, strain rates as shown in Fig. 6 were

of the same order of magnitude reported in an earlier study

[19]. In the cited study, 25 % risk of injury was associated

with a strain rate of 46 per second, and this was based on

logistic regression analysis, as defined by the -2 log

likelihood ratio score and Wald Chi Squared statistics.

Furthermore, it should be noted that external loadings used

in the present simulations were aimed to produce only mild

TBI, and among the aforementioned works, only the work

of Sabet et al. aimed at mild TBI. Indeed, the strains in the

current work are in the magnitude order of the 0.02 strains

reported by Sabet et al. acknowledging the above discus-

sion, the present study has relevance to the application of

mild TBI.

To confirm the estimated strain levels, as a first step, the

current three-dimensional rat finite element model was

exercised at rotational accelerations similar to a study

conducted in 2009 for the analysis of DAI under rearward

accelerations [5]. In the 2009 study, a 1.5 Mrad/s2 accel-

eration pulse of 0.5 ms duration resulted experimentally in

damaged axons in the hippocampus region, while the

model predicted its highest stresses in the corresponding

anatomical component. In the current study, the hypothal-

amus responded with a peak strain of approximately 15 %

for this DAI loading case, a magnitude considerably greater

than peak strains found in the current mild TBI model.

Hence, it appears that strain data from the present study are

in-line with the pulse severity, although correlations of the

predicted magnitudes from this model with the human

brain remain to be explored.

Also of interest are the relative magnitudes of strains

and stresses in the three studied anatomical regions of the

brain. The highest values were reported in the hypothala-

mus, then in the parietal cortex, and would be the lowest in

the thalamus. This would be in accordance with the cen-

tripetal force theory [35], as in our model the hypothalamus

is situated along the lower surface of the brain while the

thalamus is one of the most central parts and closer to the

centre of rotation. At the same time, this observation also

points towards some perspectives for 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. To achieve

this, a refinement of the mesh may be needed. Such

extensions considerably increase computational times.

Associated with the already depicted sub-components of

the cerebrum, it could allow having an anatomically related

definition of material properties. These are considered as

future research directions.

5 Conclusion

Anatomical region-dependent mechanical responses of the

brain in mild TBI cases were investigated through a com-

bined approach of animal experiments of head coronal

plane angular accelerations and a finite element model of

the rat brain and skull. These responses, stresses and

strains, were obtained through the computational model

and were correlated to the behavioral evidence of injury in

rats submitted to the same experimental setup, i.e., loss of
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consciousness times. The acceleration pulses, both in

experiments and simulations, were designed to obtain

independent gradations of amplitude and duration. While

the strains and Von Mises stresses matched variations of

peak angular acceleration in the hypothalamus, parietal

cortex and thalamus, similar trends were not obvious for

variations in the duration of the rotational acceleration.

Consequently, two time-integrated metrics were explored.

They proved to be better suited for the prediction of the

variations in injury severity associated with both the

amplitude and duration of the loading pulses. These met-

rics, strain-time and stress-time, were well correlated with

experimentally observed loss of consciousness times.

Results of our hybrid approach indicate that new time-

integrated metrics may be better suited to explain the

mechanics of mild TBI.
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