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Abstract 

Determining Brain Mechanical Properties and Presenting a New Computational Paradigm for 

Post-traumatic Cerebral Edema 

Andrew Phillip Vasco Basilio 

 

 Traumatic brain injury (TBI) is a major problem with an estimated cost of $76 billion per 

year in the US alone.  The Center for Disease Control and Prevention (CDC) documented 2.53 

million TBI-related emergency department visits, with approximately 288,000 TBI-related 

hospitalizations and 56,800 TBI-related deaths in 2014 in the US.  The lack of FDA-approved 

treatment strategies for TBI drives the need for novel therapeutic and preventative measures.   

In a quest to reduce TBI-related injuries and deaths, automotive companies have focused 

their efforts to make safer cars for both occupants and pedestrians.  Computational finite element 

(FE) models have been used to advance research efforts in automotive safety systems 

engineering in hopes of ameliorating the burden caused by TBI.  The current use of FE models in 

the automotive industry focuses on predicting stresses and strains that occur during the accident 

itself to predict primary injury.  However, contemporary models lack the appropriate mechanical 

properties required to make accurate predictions of brain tissue deformation after injury and lack 

the ability to model secondary injuries such as cerebral edema (brain swelling).  With cerebral 

edema being a major cause of death and disability after TBI, and with the pattern and magnitude 

of cerebral edema being dependent on the initiating strain field in brain tissue during TBI, 

automotive safety systems could be further improved if 1) FE head models contained more 

accurate mechanical properties and 2) if FE models could simulate secondary injuries such as 

cerebral edema.  Therefore, the driving purpose of this thesis is two-fold: 1) to determine the 



 

 

mechanical properties of different regions of the brain and 2) to present a new computational 

methodology that allows for modeling of cerebral edema to better predict patient outcome 

following TBI.   

The use of FE models requires appropriate constitutive formulations and associated 

parameters to accurately model and predict the initial mechanical response of the brain to injury 

loading conditions.  Since patient outcome is dependent on the resulting strain field within brain 

tissue post-injury, accurate modeling of brain tissue deformation is important for testing the 

efficacy of engineered automotive safety systems using FE simulations.  To address this need, 

the first aim of this thesis employed an inverse FE approach to characterize mechanical 

properties of the human hippocampus (CA1, CA3, dentate gyrus), cortex white matter, and 

cortex gray matter.  Anatomical regions were significantly different in their mechanical 

properties.  Although no sex dependency was observed, there were trends indicating that some 

male brain regions were generally stiffer than corresponding female regions.  In addition, 

mechanical properties were not dependent on age within the examined age range (4-58 years 

old).  Ultimately, this study provides a structure-specific description of fresh human brain tissue 

mechanical properties, which will be an important step toward explicitly modeling the 

heterogeneity of brain tissue deformation during TBI using FE modeling.   

Fatal brain injuries may also result from physiological changes in the brain that occur 

after the primary injury that immediately occurs during head injury.  Secondary injuries such as 

cerebral edema are associated with poor outcome.  Despite the severe consequences of cerebral 

edema, its mechanism is not fully understood.  The second aim of this thesis, therefore, was to 

elucidate the driving mechanism of cerebral edema by demonstrating that cleavage of 

intracellular fixed-charge density (FCD) reduces brain swelling pressure and to measure the FCD 



 

 

content of rat and pig brain tissue.  Thin brain samples were placed into a confined pressure 

chamber, and FCD content was calculated from measured swelling pressure and the Gibbs-

Donnan equation.  We observed that cleavage of FCD using enzymes reduced swelling pressure 

in rat brain tissue samples and determined that pig cortex gray matter contains more FCD than 

pig cortex white matter.  These results demonstrate that cerebral edema may occur in accordance 

with principles of triphasic swelling biomechanics and demonstrates the plausibility of 

computationally modeling cerebral edema with triphasic material formulations.   

Cerebral edema leads to increased intracranial pressure (ICP) as the brain swells within 

the fixed volume of the skull, and there is overwhelming evidence of ICP as a powerful predictor 

of patient outcome following TBI.  Current industry standards of patient outcome evaluation use 

tissue-level metrics solely from primary injury such as maximum principal strain (MPS) or 

cumulative strain damage measure (CSDM), but these methods can be improved especially in 

regards to predicting mortality.  Therefore, the third aim of this thesis was to develop a new FE 

head model and computational methodology incorporating triphasic swelling biomechanics to 

simulate brain swelling following impact to improve patient outcome predictions.  Patient 

outcome was predicted by simulating swelling and calculating the resulting ICP, which is a 

strong indicator of patient mortality.  Calculating ICP in addition to predicting primary injury 

metrics such as MPS and CSDM may allow automotive safety engineers to make better 

predictions of patient outcome following TBI so they can develop better safety systems. 

Another common indicator of poor outcome following TBI is acute subdural hematoma 

(ASDH).  ASDH is an intracranial bleed that often results from TBI because of stretching and 

tearing of the bridging veins which causes blood to collect in the innermost layer of the dura.  

Despite the poor prognosis associated with the presence of ASDH following TBI, the mechanism 



 

 

as to why its presence is associated with a higher likelihood of death remains uncertain.  Current 

state of the art FE head models used in automotive safety engineering efforts do not consider 

ASDH, which may drastically reduce their effectiveness in predicting patient outcome following 

TBI.  Therefore, the fourth and final aim of this thesis was to incorporate ASDH into our FE 

head model of swelling and elucidate the underlying secondary brain injury mechanism of 

ASDH that contributes to increased mortality in hopes of increasing the efficacy of current FE 

models to predict patient outcome and ultimately design better safety systems.  Using our novel 

FE head model and methodology from aim 3, we showed that the higher likelihood of death 

associated with the presence of ASDH may be caused by exacerbated ischemic injury which 

increases ICP, demonstrating that modeling of ASDH is necessary for accurately modeling 

patient outcome following TBI.     

Despite decades of TBI research and FE head model improvements, more work is 

required to enhance the biofidelity of these models to better predict patient outcome.  The work 

in this thesis is important, as it introduces a new tool that will allow automotive safety engineers 

to incorporate cerebral edema and ASDH, both of which may drastically influence patient 

outcome following TBI, into models of head injury to allow for better predictions of patient 

outcome.  It is hoped that the work in this thesis lays the foundation for future work that aids in 

the design of improved automotive safety systems that will save countless human lives. 
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Chapter 1: Introduction 

 

 Traumatic brain injury (TBI) is the leading cause of death in disability in young people 

[1].  TBI is defined as either blunt or penetrating injury to the head that causes alterations in 

brain function [2].  From 1995 to 2001 in the United States alone, there were on average 1.4 

million TBIs and about 80,000-90,000 people experiencing permanent disability from TBI every 

year [3].  In 2013, there were approximately 2.5 million TBI-related emergency department 

visits, approximately 282,000 TBI-related hospitalizations, and approximately 56,000 TBI-

related deaths in the United States [4].  TBI costs are burdensome and generally high, with in-

hospital treatment of patients with TBI ranging from $2,100 to $400,000 per patient [5].  

According to the Center for Disease Control and Prevention (CDC), the estimated direct and 

indirect cost of TBI in 1995 was $56.3 billion, surpassing the cost of spinal cord injury and 

AIDS [6], and the average lifetime cost per survivor of TBI requiring hospitalization was 

$111,578, with the average cost per fatality being $454,717 [7].  Because of the widespread 

detrimental impact of TBI, much research has been conducted in an effort to ameliorate the 

consequences of TBI or to prevent the onset of TBI altogether.  Unfortunately, all clinical trials 

in TBI have failed.  Therefore, prevention remains the most important way to reduce the societal 

costs of TBI.  Development of a computational FE head model that accurately predicts patient 

outcome following TBI and allows for testing of different automotive safety systems within a 

computational environment could facilitate the speedy development of efficacious safety systems 

in vehicles. 

FE head models have been used in automotive safety engineering efforts to predict 

patient outcome after accidents, and accurate predictions require accurate mechanical properties 
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that dictate brain deformation during an accident.  However, these FE head models may not 

contain appropriate mechanical properties, which would lead to inaccurate predictions of brain 

deformation.  Therefore, the first goal of this thesis was to determine the mechanical properties 

of different regions of human brain tissue.  Additionally, current FE head models used in the 

automotive industry predict patient outcome by solely assessing primary injury metrics such as 

stress and strain during the impact itself.  However, secondary injuries such as cerebral edema 

(brain swelling) which occur after the injury itself may also greatly influence patient outcome.  

Therefore, the second goal of this thesis was to create a new computational methodology to 

simulate cerebral edema in FE models to allow for better predictions of patient outcome after 

TBI. 

We modeled cerebral edema under the premise of a hypothesized mechanism that 

includes the cellular structures of the brain and the Gibbs-Donnan effect, which will be described 

in detail later.  Brain tissue is composed of approximately 80% water and 20% solid matrix. The 

solid matrix inside cells consists of negatively charged materials (proteins, glycosaminoglycans, 

DNA, etc.), represented by the concept of a fixed charge density (FCD).  The intracellular and 

extracellular space are separated by the plasma membrane and embedded within that plasma 

membrane are sodium-potassium (Na+/K+) pumps that use energy to remove net positive charges 

from the inside of the cell, which maintains a negative transmembrane potential.  Under normal 

resting conditions, we hypothesize that the FCD is under-hydrated because of this charge 

imbalance, which has major implications for brain swelling after mechanical insult to the plasma 

membrane or failure of adequate Na+/K+ pump activity during ischemic injury.   

The FE head model presented in this thesis was a finite element mesh created using 

FEBio (febio.org) based on the industry standard Global Human Body Models Consortium 
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(GHBMC) finite element model.  Nodal displacements predicted from impact scenarios using the 

GHBMC model served as inputs to the swelling model implemented in FEBio to simulate the 

resulting post-traumatic cerebral swelling based upon the nodal displacements (primary injury) 

followed by secondary injury (ischemic tissue death).  Maximum principal strain (MPS) for each 

element was related to damage (cell death) and damage was related to exposed FCD.  Ischemic 

damage and its effects on brain swelling were also taken into account by relating compressed 

volume ratio for each element to damage (cell death), which was then related to exposed FCD.  

Using the results and methodology highlighted in this work, researchers and automotive safety 

engineers may be able to more accurately predict patient outcome following an automotive 

accident, providing an opportunity to better engineer TBI preventative measures and automotive 

safety systems during the research and development phase. 

 

1.1 Biomechanical Modeling of Brain Tissue 

Patients who experience TBI report a variety of symptoms such as depression, irritability, 

anxiety-related disorders, headaches, dizziness, loss of consciousness, and other cognitive 

dysfunctions [8].  In even more severe cases, TBI can lead to neurodegeneration, Parkinson’s 

disease, Alzheimer’s disease, motor neuron disease, and chronic traumatic encephalopathy 

(CTE) [9].  Damage to a particular part of the brain can lead to disruption of the normal function 

for which that part of the brain is responsible.  This damage is due to deformations of the brain 

tissue, which can lead to certain pathologies such as diffuse axonal injury (DAI) in the white 

matter of the brain [9].  FE computational models have been used for many decades to predict 

brain tissue deformation and mechanical behavior during the impact event.  Because the strain 

field of brain tissue during TBI depends on the mechanical properties of each part of the brain, 
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incorporating accurate mechanical properties for each part of the brain into computational 

models of TBI is a necessary prerequisite for biofidelic predictions. 

Brain tissue can roughly be divided into gray and white matter.  Gray matter consists of 

cell bodies, dendrites, and unmyelinated axons, while white matter mostly consists of myelinated 

axons [10].  Because white matter consists of tracks of myelinated axons, white matter may be 

more anisotropic than gray matter, therefore exhibiting more directional dependence when 

subjected to a load.  However, there is ongoing debate regarding the actual differences in 

mechanical properties between gray and white matter.  The wide discrepancy of mechanical 

property parameters in the literature for brain tissue could be dependent upon a variety of 

different factors such as time post-mortem prior to experimentation, experimentation on different 

species, use of different mechanical testing methodologies, range of tissue deformation during 

experimentation, and simplifying assumptions.  Because of the lack of consensus in the literature 

regarding brain mechanical properties, conducting more studies to shed light upon the true 

mechanical properties of brain tissue is necessary. 

One way that researchers study the mechanical properties of brain is by conducting 

indentation studies [10-12].  Indentation experiments with small probes have the advantage of 

high spatial resolution.  An additional benefit of indentation testing, especially with relatively 

small indenters, is that they can be used to conduct tests on individual anatomical structures or 

even substructures, e.g. pyramidal subregions of the hippocampus.  The force indentation data 

from these experiments can then be analyzed to extract mechanical properties.   

 



5 

 

1.2 Cerebral Edema and the Gibbs-Donnan Effect  

Cerebral edema, otherwise known as brain swelling, is associated with unfavorable 

prognosis and is a leading causing of in-hospital mortality [13].  It is a major cause of death and 

disability following TBI because it leads to increased ICP as the brain swells within the fixed 

volume of the skull, which inhibits blood and oxygen perfusion to the brain.  This lack of blood 

and oxygen to the brain causes subsequent ischemic damage [14].  Cerebral edema has 

classically been subdivided into two types: vasogenic and cytotoxic, but much research is still 

ongoing to elucidate its specific mechanism [15].  Cerebral edema is also a severe consequence 

of acute ischemic stroke in addition to TBI [16].   

One of the most widely used treatments for cerebral edema is mannitol, but there is little 

supporting evidence for its usefulness in treating patients experiencing swelling following acute 

stroke [17] or TBI [18].  Determining the exact mechanism of cerebral edema may lead to better 

treatments and allow cerebral edema to be modeled using FE head models.  Incorporating 

cerebral edema into FE head models would allow for calculation of ICP after a simulated TBI.   

This could enhance the capability of FE head models to better predict patient outcome following 

TBI and aid in the development of better safety systems because of the strong association 

between increased ICP and likelihood of death.  

The forces responsible for driving water from the external environment into the 

viscoelastic matrix of brain tissue must be sufficient to cause sustained pathological levels of ICP 

as seen in the clinic.  We hypothesize that water intake is caused by the Gibbs-Donnan effect due 

to the exposure of intracellular FCD, which could be demonstrated by modeling the brain as a 

triphasic material.  A triphasic material consists of an interstitial fluid phase, a solid matrix phase 

consisting of fixed charges, and an ionic species within the fluid phase [19].  Because brain 
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tissue is comprised of cells, extracellular matrix, water, mobile ions, and fixed negative charges 

from macromolecules such as DNA and proteoglycans, it may behave like a triphasic material 

[20].  Triphasic materials can swell because exposure of negative fixed-charge densities (FCD) 

attached to the porous solid matrix attract positive ions to enter and increase the osmolarity of the 

space within the solid matrix.  In turn, water rushes in and causes the porous solid matrix to 

expand to equalize the osmolarity between the external fluid phase and space within the solid 

matrix.   

In a normal, healthy brain cell, Na+/K+ pumps use energy from ATP to pump cations out 

of the cell, thus leaving the FCD charged, underhydrated, and shrunken.  The cellular membrane 

shields intracellular FCD from excess cations residing in the extracellular environment.  

However, when brain cells die due to ischemic damage or mechanical damage, the counteractive 

force of the Na+/K+ pumps cannot adequately pump out cations into the external environment, 

thus allowing these external cations to rush into the cell as they are attracted to the opposite 

charge of the FCD within the matrix of the cell, thereby increasing the osmolarity of the 

intracellular environment.  Water then rushes into the cell due to the difference in osmolarity 

between the internal and external environment of the cell, causing the cell to swell.  The resulting 

Gibbs-Donnan swelling pressure can be determined by Equation 1, where p is the interstitial 

fluid pressure, R is the universal gas constant, 𝜃 is the absolute temperature in the tissue and 

bath, and 𝑝∗ and 𝑐∗ respectively represent the ambient pressure and osmolarity of the external 

bath fluid. 

Equation 1 

𝑝 − 𝑝∗ = 𝑅𝜃(√(𝐶𝐹)2 + 𝑐∗
2 − 𝑐∗) 
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Elkin et al. has provided evidence that cell death and subsequent exposure of intracellular FCD 

caused tissue swelling in vitro by showing that application of either Triton X-100 or cyanide + 

2DG to brain tissue samples (to either increase porosity of cell membranes or reduce Na+/K+ 

pump activity, respectively) increased tissue volume [20].  Furthermore, Elkin et al. has provided 

additional evidence that triphasic swelling biomechanics is consistent with brain swelling by 

demonstrating decreases in brain tissue swelling when using various enzymes to cleave FCDs 

within the brain tissue in vitro [21]. 

 

1.3 Detrimental Effects of Hematoma Following TBI 

The presence of a hematoma is one of the worst indicators of patient outcome following 

TBI.  In nearly all significant cases of TBI, there is damage to the cerebral blood vessels, thus 

leading to the formation of a hemorrhage, which ultimately leads to formation of a hematoma 

[22].  Because of its prevalence in cases of severe TBI, much ongoing research seeks to 

determine the pathophysiology of death and disability due to hematoma. 

Hematoma occurs when injury disrupts blood vessels, causing blood to leak within the 

skull [23].  Acute subdural hematomas (ASDH) are a particular type of hematoma in which 

bleeding occurs under the dura membrane, and some studies state that they are the most 

important cause of death in severely head injured patients [24] while other studies state that 

ASDH is associated with high mortality [25], with some sources indicating that mortality rate 

can range from 45% to 63% [26-31].  ASDH occurs when blood vessels, such as bridging veins, 

rupture.  Bridging veins, which traverse through the dura, act as drains to pull blood away from 

brain tissue and return it to the heart for continued circulation.  Mechanistically, during head 

impact, especially during occipital head impact, the brain lags behind the skull, causing a 
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longitudinal strain in the bridging veins which leads to tearing [32].  However, when injury 

occurs, these bridging veins can tear if they deform past their ultimate strain, causing blood to 

leak and pool under the dura [33].   

Hematomas may be dangerous because of their space-occupying effect in which they 

compete with the volume of the brain within the limited fixed volume of the skull.  A 

hematoma’s presence, therefore, may compress and damage the brain tissue adjacent to it [34].  

As a result, the compressed brain tissue beneath the hematoma could experience ischemia, 

defined as a lack of blood flow to that particular area of the brain due to compression of blood 

vessels within the tissue.  If blood flow drops to 30% of control levels in a region of the brain, 

signs of brain swelling can occur [35].  Brain swelling may occur because decreased blood flow 

causes reduced oxygen and decreased ATP energy supplies in the ischemic region of the brain, 

leading to reduction of Na+/K+ pump activity.  We hypothesize that reduction of Na+/K+ pump 

activity allows the influx of cations into the cell attracted by the underhydrated and negatively-

charged FCD within the cell.  The influx of cations into the FCD matrix increases the local 

osmolarity, generating an osmotic potential leading to a subsequent influx of water based on the 

mechanism described previously [36]. 

 

1.4 Significance of This Work 

Over the decades, automobile manufacturers and automotive safety agencies have 

focused their safety research efforts on the prevention of TBI.  Data shows that TBI is 

responsible for many deaths from car accidents.  According to National Automotive Sampling 

System - Crashworthiness Data System (NASS-CDS) data from 2010 to 2015 and National 

Automotive Sampling System - Pedestrian Crash Data Study (PCDS) data from 1994 to 1998, 
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the head sustained the most life threatening injury in 33% and 46% in fatal accidents, 

respectively, indicating that head injury is the most frequent cause of death in both car and 

pedestrian accidents [37].  Although many research efforts in automotive safety have attempted 

to address TBI by predicting patient outcome following a car accident, current attempts to 

accurately predict patient outcome following automotive accidents are inadequate.  

Contemporary tissue-level injury predictors used to evaluate patient outcome following a car 

accident include parameters such as maximum principal strain (MPS) and cumulative strain 

damage measure (CSDM) [38].  Several studies have used these methods to compare the 

probability of predicted injury to observed injury rates for accident data from the Abbreviated 

Injury Scale (AIS) 2 to 4 (moderate to severe injuries), but not for fatal accidents [39-41].  

Parameters such as MPS and CSDM only measure primary injury, but patient outcome following 

TBI can depend on the severity of both the primary and secondary injuries.  Primary injury 

occurs as a result of initial injury forces that cause tissue distortion, deformation, and destruction 

at the time of the impact [42].  Secondary injury is defined as the biomolecular-, cellular-, and 

tissue-level changes that occur as a consequence of primary injury and can develop over minutes, 

hours, or days.  Cerebral edema falls under the category of secondary injury and has a large 

effect on patient outcome because it leads to increased ICP.  ICP is an important parameter that 

has been used to predict patient outcome, and some studies have shown that increased ICP leads 

to an increased probability of mortality [43, 44].  Since secondary injury such as cerebral edema 

and increased ICP can be such a powerful predictor of patient outcome following a car accident, 

we hypothesize that predicting the pattern and magnitude of brain swelling following primary 

injury could lead to more accurate predictive models of patient outcome following car accidents, 

and thus assist in the design and production of safer vehicles.  Therefore, the work presented in 
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this thesis is significant because it addresses two issues that exist with current FE head models: 

the lack of accurate mechanical properties to predict the resulting accurate strain field in brain 

tissue after TBI and the inability of current FE head models to model cerebral edema and ASDH 

which can drastically affect patient outcome following TBI. 
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Chapter 2: Region-dependent Mechanical Properties of Human 

Brain Tissue Under Large Deformations Using Inverse Finite 

Element Modeling 

 

2.1 Introduction 

In the United States on an annual basis, about 2.5 million injury-related emergency 

department (ED) visits, hospitalizations, and deaths include traumatic brain injury (TBI) as the 

primary or secondary diagnosis [45].  TBI occurs when head acceleration causes large 

deformation of the brain tissue.  Brain tissue mechanical properties may vary between 

anatomical structures.  Under external load, heterogenous strain fields develop across anatomical 

structures, which could give rise to a broad spectrum of post-traumatic conditions including 

cognitive, behavioral, motor, and somatic symptoms [46-48].  To correctly predict the functional 

consequences of TBI, which may depend on the anatomical structure injured, finite element (FE) 

models have been used to calculate the distribution of stress and strain in the brain during a 

loading event.  Recent advancements in neuroimaging tools help FE models achieve sufficient 

sophistication to explicitly represent different anatomical structures of the brain, and modern 

computational resources can more efficiently solve these anatomically detailed models.  These 

computational models could offer helpful insights into the pathologies that arise from injury to 

different brain structures.  However, the necessary mechanical properties to populate these 

models are lacking.  The aim of this study was to utilize an inverse FE approach coupled with 

micro-indentation experiments on fresh human brain tissue to determine structure-specific 

mechanical properties. 
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Micro-indentation testing offers great spatial resolution in the measurement of tissue 

mechanical properties because the captured load-displacement data mostly depends on the small 

domain of the material adjacent to the tip of the indenter.  Inspired by our previous work on rat 

[49-51], pig [52] , and human brain tissue [52, 53] using micro-indentation testing, herein, using 

an inverse FE approach, we reanalyzed previously collected data from human brain tissue 

samples resected during surgery. The use of fresh, post-operative tissue is highly advantageous 

as it avoids pitfalls of cadaveric tissue and allows data to be collected before degenerative 

processes alter mechanical properties [54].  

A challenging aspect of TBI biomechanics is the modeling of the large strains that arise 

during head injury.  Previous studies have modeled indentation using closed-form mathematical 

solutions under the assumption of small strain [52, 53].  However, the small strain assumption 

may be invalid at larger deformations that arise either during indentation testing or during 

moderate to severe TBI.  In this study, an inverse FE modeling scheme for brain tissue 

indentation was employed to circumvent the limitation of the small strain assumption to extend 

the study to finite strain analysis.   

 

2.2 Methods 

2.2.a Tissue Preparation, Indentation Testing, and Data Processing 

In this study, we reanalyzed the previously collected data from human brain tissue 

samples resected during surgery [52].  All patients provided informed consent, and protocols 

were approved by Columbia University’s Institutional Review Board.  The sex and age of 

sample donors are listed in Table 1.  Sections of human non-sclerotic hippocampus and non-

epileptic neocortex were taken from 11 patients of both sexes ranging in age from 4 to 58 years 
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during surgical procedures to resect underlying epileptic foci.  1 mm thick slices of tissue were 

cut using a vibratome (Vibratome 1000 plus, The Vibratome Company) and transported in Gey’s 

solution containing 4.5 mg/mL glucose (Sigma).  At the time of indentation testing, the slices 

were adhered to a Petri dish using a thin layer of cyanoacrylate glue and bathed in warmed CO2 

independent medium (Gibco) supplemented with 4.5 mg/ml glucose (Sigma).  The testing was 

completed within 6 hours following resection [54]. 

To extract the mechanical properties from white and gray matter of the cortex as well as 

CA1, CA3, and dentate gyrus of the hippocampus, indentation testing was performed on a 

custom-designed micro-indentation device as previously described [53].  The Petri dish 

containing the sample slices was mounted on a 10 gram capacity load cell (GSO-10, Transducer 

Techniques).  A cylindrical indenter with a 250 μm radius was mounted on a linear actuator (M-

227.10, Physik Instrumente), and its displacement was monitored with a capacitive transducer 

(capaNCDT 6100, Micro-Epsilon).  After a tare load of 1-2 mg was achieved, three consecutive 

indentations were performed on the tissue to displacements of 40, 80, and 120 μm.  During each 

step, the tissue was indented by 40 μm in 70 ms, with a maximum shear Lagrange strain rate 

(mean ± standard error of the mean) of 3.57 s-1 ± 0.02 s-1 for the first indentation, 1.42 s-1 ± 0.04 

s-1 for the second indentation, and 0.79 s-1 ± 0.02 s-1 for the third indentation, and held for 19.93 s 

to capture the stress relaxation response.  Both displacement and load data were acquired with 

custom LabVIEW code (LabView 8.6, National Instruments) at 10 kHz.  The collected data was 

de-noised by removing 60 Hz harmonics and down-sampled to provide equal weight between 

short-term and long-term viscoelastic behaviors.  For each indentation step, the filtered data was 

reduced to 100 points for fitting with 50 points linearly distributed over the first 100 ms and 

another 50 points logarithmically distributed over the remaining 19.9 s stress relaxation period.   
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Table 1:  Sex and age of sample donors.  The regions examined were the cortex 

gray matter (CtxG), cortex white matter (CtxW), cornu ammonis 1 (CA1), cornu 

ammonis 3 (CA3), and dentate gyrus (DG). 

Sample Number Sex Age Region 

1 Male 4 
CA1, CA3, CtxW, CtxG, 

DG 

2 Male 31 CtxW, CtxG 

3 Male 43 CtxW, CtxG 

4 Female 7 CA3, CtxW, CtxG, DG 

5 Male 50 CA1, CA3, DG 

6 Female 27 CtxW, CtxG 

7 Male 12 CA1 
8 Female 19 CtxW, CtxG 

9 Unknown Unknown CtxW, CtxG 

10 Male 58 CA1, CA3, CtxW, CtxG 

11 Female 35 CA1, DG 

 

2.2.b Finite Element Model and Simulation 

A finite element model was created in FEBio (febio.org) to simulate the indentation 

experiments [55, 56].  The cylindrical indenter was modeled as a rigid body with a radius of 250 

μm.  The outer edge of the indenter was modeled with a rounded fillet radius of 20 μm, which 

matched that of the indenter used in the experiment.  The brain tissue was modeled as a nearly-

incompressible viscoelastic material using an uncoupled strain energy formulation for either an 

Ogden, Neo-Hookean, or Mooney-Rivlin constitutive model, all of which are isotropic. The 

tissue model had a thickness of 1 mm and a radius 10 times larger than the radius of the indenter 

to avoid edge-effects.  The relaxation function was expressed as the following Prony series:  

Equation 2 

𝐺(𝑡) = 𝐺0 + ∑ 𝐺𝑖 𝑒
−

𝑡
𝜏𝑖

𝑁

𝑖=1

 

where Gi are viscoelastic coefficients and i are relaxation times.  Viscoelastic coefficient G0 was 

set to 1 by default in FEBio.  The strain energy density function for each constitutive formulation 
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is listed in Table 2.  For Ogden, ci and mi are mechanical parameters, 𝜆̃1, 𝜆̃2, and 𝜆̃3 are 

eigenvalues of the deviatoric right-stretch tensor, 𝐽 is the determinant of the deformation gradient 

tensor, and 𝑈(𝐽) is the dilatational energy in the simulation of nearly-incompressible behavior.  

For Mooney-Rivlin and neo-Hookean materials, 𝐶1 and 𝐶2 are mechanical parameters, 𝐼1 and 𝐼2 

are the first and second invariants of the deviatoric right Cauchy-Green deformation tensor, and 

the coefficient 𝐾 is the bulk modulus associated with the function 𝑈(𝐽).  𝐾 was set to a high 

enough value to ensure mesh elements changed in volume by no more than 1% during 

simulations (0.99 ≤ 𝐽 ≤ 1.01). 

The tissue model was meshed with 3D quadratic hexahedral and pentahedral elements. 

Given the geometry of the experimental indentation configuration, an axisymmetric approach 

was used to minimize computation time and simplify the geometry as a 3 wedge (Figure 1) with 

appropriate boundary conditions (symmetry planes defined on wedge faces).  A tied-elastic 

interface was employed between the inner and outer wedge domains, to accommodate disparate 

meshing. Simulating the experimental condition of using cyanoacrylate to adhere the tissue to the 

Petri dish, the nodes at the bottom surface of the mesh were fixed.  A z-direction displacement 

was prescribed to the indenter to match the experimental indentation displacement profile.  A 

frictionless sliding elastic contact interface simulated the interaction between the indenter and the 

upper surface of the tissue, and the interface between the two non-conforming surfaces in the 

mesh representing the tissue was defined as a tied-elastic interface.  The mesh was biased in both 

x and z direction such that the smallest elements in the mesh occupied the region underneath the 

indentation contact. 
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Figure 1: The finite element model.  The meshes of the indenter and tissue are 

labeled. 

 

2.2.c Mesh Convergence Study 

Prior to creating the mesh in Figure 1, a mesh convergence study was performed.  A 

mesh convergence study is necessary to ensure that the elements are small enough to accurately 

represent the spatial gradients within the mesh without introducing numerical artifacts, like 

artificially stiffening the response of the mesh.  A competing criterion is that a mesh with fewer 

elements is advantageous because it shortens computational time.  However, the disadvantage is 

that solutions may be artificially stiff.  Conducting a mesh convergence study is necessary to find 

the appropriate balance between computational time and solution accuracy. 

A mesh convergence study was conducted by creating meshes ranging from fewer 

elements to many elements (Figure 2).  Mesh a had 1,152 brain tissue elements with a minimum 

element size of 7.5 μm, Mesh b had 4,608 brain tissue elements with a minimum element size of 

4.4 μm, and Mesh c had 10,368 brain tissue elements with a minimum element size of 4.1 μm.  



17 

 

All meshes used quadratic elements (as opposed to linear elements) because we found that 

running simulations with fewer quadratic elements yielded solutions that matched meshes with 

many more linear elements but that took much longer to run. 

 

 

Figure 2: Meshes used in mesh convergence study. 

 

The same indenter displacement profiles and external mesh geometries were applied to 

each mesh, and indenter z-forces were compared since this is the output parameter used for 

optimization in the inverse FE cycle.   
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Figure 3: Plot showing indenter z-forces for all meshes shown in Figure 2. 

 

 Visually, the forces among all three meshes appear almost identical, but the difference in 

forces between meshes b and c are smaller than the already small force differences between 

mesh a and b, despite the significantly larger number of elements in mesh c (Figure 3).  The 

RMSE between mesh a and b was 0.049 mg with a peak percent difference of 5.2%, and the 

RMSE between mesh b and mesh c forces was 0.027 mg with a peak percent difference of 4.4%.  

We concluded that the mesh we use to run inverse FE simulations should match the forces from 

mesh c as closely as possible.  In other words, we considered mesh c to produce the ground truth 

simulation. 

 Next, we created a mesh that produced forces close enough to the ground truth mesh but 

could also be simulated quickly enough so that iterative inverse FE procedures would not be 

computationally burdensome and time-consuming.  After testing several iterations of meshes, we 

settled on the mesh in Figure 1.  This mesh has smaller elements under the indenter and larger 

elements everywhere else.  The intent was to ensure that deformations (and gradients) were as 
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accurate as possible near the indenter by creating smaller elements underneath the indenter, but 

that the overall mesh had as few elements as possible to speed up run time.  Forces from this 

“mismatched nodes” mesh (Figure 1) were compared to our ground truth mesh (Figure 2, mesh 

c) for the Ogden formulation.  Herein, we present data from meshes using elements with an 

Ogden material formulation because it fit the data better than Mooney-Rivlin or Neo-Hookean 

formulations. 

 

 

Figure 4: Comparing indenter z-forces between our currently used mesh in inverse FE 

simulations (see Figure 1) and the ground truth mesh (Figure 2, mesh c) with the Ogden 

material formulations.  Note that the indenter force is plotted for each data point and not as a 

function of time.  This representation gives equal visual weight to both the rapid and long-

term response of the simulation for each of the three indentation steps. 

 

As presented in Figure 4, there is a close overlap (RMSE = 0.12 mg) between the chosen 

inverse FE mesh and the ground truth mesh (Figure 2, mesh c) with a maximum percent 
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difference of 3.6%.  Overlap was also close when we simulated material parameters in both 

meshes that produced higher forces where the third indentation peak was between 40-50 mg.  

Therefore, we concluded that the mesh in Figure 1 could be used to determine material properties 

of brain using inverse FE methods. 

In summary, a study of meshes with minimum element dimensions of 4.1 (Figure 2, mesh 

c), 4.4 (Figure 2, mesh b), 7.5 (Figure 2, mesh a), and 10.9 μm confirmed that the mesh 

converged when the minimum element dimension was 10.9 μm; this mesh was used for all 

subsequent simulations (Figure 1). 

 

Table 2: Strain energy density function for each constitutive model, where 𝑼(𝑱) =
𝟏

𝟐
𝑲(𝒍𝒏 𝑱)𝟐. 

Constitutive formulation Strain energy density function 

Ogden Ψ = ∑
𝑐𝑖

𝑚𝑖
2 (𝜆̃1

𝑚𝑖 + 𝜆̃2
𝑚𝑖 + 𝜆̃3

𝑚𝑖 − 3) +
𝐾

2
(𝐽 − 1)

𝑁

𝑖=1

 

Neo Hookean Ψ = 𝐶1 (𝐼1 − 3) + 𝑈(𝐽) 

Mooney Rivlin Ψ = 𝐶1 (𝐼1 − 3) + 𝐶2(𝐼2 − 3) + 𝑈(𝐽) 

 

 

2.2.d Inverse Finite Element Method 

Inverse FE simulations were conducted in FEBio [55, 56] to determine the mechanical 

parameters that minimized the objective function: 

Equation 3 

𝑓(𝑎) = ∑[𝑦𝑖 − 𝑦(𝑥𝑖; 𝑎)]2

𝑛

𝑖=1
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where (𝑦𝑖 , 𝑥𝑖) were pairs of experimental force-displacement data and 𝑦(𝑥𝑖; 𝑎) was the 

corresponding reaction force output, which was the reaction force of the rigid indenter, from a 

FE simulation with mechanical parameters 𝑎.  The FEBio solver implemented the constrained 

Levenberg-Marquardt method which solved the nonlinear squares problem with a combination 

of steepest gradient descent and Gauss-Newton's method [57].  

Force displacement curves of 73 individual samples including cortex gray matter, cortex 

white matter, CA1, CA3, and dentate gyrus were collected from the indentation testing [52].  The 

force-displacement curves within each region were averaged.  To determine which constitutive 

model provided the overall optimal fit, inverse FE simulations were conducted using Ogden, 

Mooney-Rivlin, and Neo-Hookean constitutive formulations to fit averaged regional force-

displacement curves.  The sum of squared error (SSE) was calculated against each averaged 

regional response.  The formulation with the lowest SSE was chosen as the optimal model and 

used for all subsequent analysis.  In addition, to determine the effect of sex, age, and region on 

mechanical behavior, the inverse FE simulations were performed on individual sample data to 

extract corresponding mechanical parameters.  

 

2.2.e Virtual Indentation 

To assess differences in brain tissue response as a function of sex, age, or location, we 

used optimized parameters from inverse FE simulations from each of the 73 individual 

experimental samples to conduct virtual indentations under a single large deformation, as 

opposed to relying on detecting statistical differences between material constants because 

different combinations of hyperelastic and viscoelastic parameters could produce similar load 

results.  A virtual z-displacement vector was created for the indenter to simulate the experiment 
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as a single indentation of 120 μm in 70 ms with a trapezoidal motion profile and held at that 

position for a total of 20 s.  Based on optimized mechanical parameters extracted from individual 

samples through inverse FE simulations, the virtual indentation was simulated, and the load at 70 

ms was extracted from each simulation for comparison. 

 

2.2.f  Statistical Analysis 

Two-term, three-term, and four-term Prony series were tested for the viscoelastic model 

in Equation 2.  The optimal number of terms needed in the Prony series was determined by the 

F-statistic [49, 51] using the equation: 

Equation 4 

𝐹 =  
(𝑆𝑆𝐸𝑆 − 𝑆𝑆𝐸𝐿)/(𝐾𝐿 − 𝐾𝑆)

𝑆𝑆𝐸𝐿/(𝑁 − 𝐾𝐿 − 1)
 

where 𝑆𝑆𝐸𝐿  is the sum of the squared error of the larger Prony fit, 𝑆𝑆𝐸𝑆 is the sum of squared 

error of the smaller Prony fit with one fewer term, 𝐾𝐿 is the number of parameters in the larger 

Prony fit, 𝐾𝑆 is the number of parameters in the smaller Prony fit and 𝑁 is the number of data 

points analyzed for each fit.  However, if the magnitude of the 95% confidence interval was 

larger than the corresponding fitted parameters, the reduced model was accepted.  Two-way 

ANOVA followed by a Bonferroni post hoc test was performed on the simulated loads from 

virtual indentations to determine the effects of region and sex.  T-tests were conducted to 

determine the effect of sex within each region.  The effect of age was assessed using linear 

regression.  Significance was set as p < 0.05. 
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2.3 Results 

2.3.a Ideal Constitutive Model and Optimized Mechanical Parameters 

Based on the averaged SSE across all averaged regional responses for each constitutive 

model, the Ogden constitutive formulation provided the best fit to the experimental data (Table 

3).   

 

Table 3: The average summed squared error (SSE) of all constitutive formulations when fitting to 

the averaged experimental load-displacement curve for all anatomical regions. 

Constitutive Model  Averaged SSE (mg2) 

Ogden 45.85 

Mooney-Rivlin 266.08 

Neo-Hookean 516.05 

 

An example comparing the fit of each constitutive model for the averaged dentate gyrus 

experimental load data is shown in Figure 5.  The best fit parameters along with their 95% 

confidence intervals for each averaged regional response are displayed in Table 4.  As 

determined by the F-statistic, a two-term Prony series best fit the data for cortex white and cortex 

gray matter whereas a four-term Prony series best fit the data for the subregions (CA1, CA3, 

DG) within the hippocampus.  Sorted by region, the fittings for all individual samples were 

averaged and shown in Figure 6.   

 

Table 4: Best fit parameters using an Ogden constitutive model for different regions of 

human brain tissue with +/- 95% confidence interval.  The bulk modulus for all simulations 

was 106 Pa to ensure that the brain tissue mesh was nearly-incompressible. 

 G1 G2 G3 G4 1(s) 2(s) 3(s) 4(s) 𝒄𝟏 (Pa) 𝒎𝟏 

CA1 
874.4  

71.3 
261.3  

39.3 
199.4  

32.9 
271.1  

16.7 
0.0125  
0.0026 

0.1439  
0.05 

1.3  
0.4 

41.5  
5.3 

2.5  
0.01 

16.4  
0.4 

CA3 
315.3  
0.015 

90.1  
11.0 

66.9  
11.2 

98.3  
11.7 

0.0115  
0.0024 

0.1633  
0.05 

2.0  
0.6 

56.8  
11.0 

7.2  
0.7 

18.4  
0.4 
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DG 
1932.2  

43.2 
357.2  

99.1 
237.8  

81.6 
340.3  
107.8 

0.0047  
0.0021 

0.0842  
0.03 

1.1  
0.3 

47.4  
7.7 

2.6  
0.8 

21.9  
0.5 

Cortex 
Gray 

235.9  
35.2 

124.5  
14.6 

  
0.0515  
0.0056 

26.9  
2.3 

  
4.8  
0.500 

15.0  
0.8 

Cortex 
White 

227.9  
12.0 

90.2  
3.8 

  
0.0445  
0.0043 

21.3  
2.1 

  
9.6  
0.002 

18.1  
0.8 

 

 

2.3.b Dependence of Mechanical Properties on Region, Sex, and Age 

As determined by two-way ANOVA, brain region significantly affected mechanical 

behavior (p < 0.05).  The load in the cortex white matter was significantly greater than that of the 

cortex gray matter; the load in the CA1 was significantly greater than that of the cortex gray 

matter; the load in the dentate gyrus was significantly greater than that of the cortex gray matter 

(p < 0.05) (Figure 7a).  There was no significant effect of sex on brain tissue mechanical 

behavior.  Although the average load of cortex gray matter, cortex white matter, CA1, and 

dentate gyrus in male was larger than those in female, there was no statistically significant sex-

dependent difference in the load within each region (Figure 7b).  Additionally, there was no age-

dependent difference in the load within each region or for all samples (Figure 7c).   



25 

 

 

 

Figure 5: Inverse FE simulation using different constitutive models compared to the 

experimental load for averaged DG.  The Ogden formulation fit the experimental 

data best.  Data is plotted by down-sampled time point to highlight the fast 

indentation component of each step.  Error bar represents the standard error of the 

mean. 

 

 

Figure 6: Simulated load curves using optimized parameters of different regions in 

the human brain.  Data is plotted by down-sampled time point to highlight the fast 

indentation component of each step.  Error bar represents the standard error of the 

mean. 
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Figure 7: Load at 70 milliseconds of a single virtual 120 μm indentation step 

comparing the (a) effect of anatomical regions, (b) male versus female, and (c) age.  In 

figure (b), there was no statistically significant difference between male and female 

load within any region.  In figure (c), load was not dependent on age.  * p < 0.05, mean 

± SEM 
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2.4 Discussion 

Compared to earlier work that conducted indentation experiments on cadaveric tissue 

followed by inverse FE analysis [58], our micro-indentation experiments conducted on fresh, 

post-operative human brain tissue in our previous study are highly advantageous as the 

mechanical properties were measured before postmortem changes could take place [54].  To our 

knowledge, our work is the first to use inverse FE methodology on multistep micro-indentation 

experiments on fresh, post-operative human brain tissue as opposed to cadaveric material, to 

generate highly localized measurements within human cortex gray matter, white matter, and 

hippocampus [53].  

 Using an inverse FE approach to reanalyze the data from our previous work [52], tissue 

mechanical properties differed significantly by anatomical regional.  Specifically, cortex white 

matter was stiffer than cortex gray matter, which supports our previous study that was limited 

because of the small strain assumption [52].  Regional differences are further supported by 

another study reporting that human corona radiata was stiffer than gray matter [59].  These 

consistent results could be explained by structural differences between white and gray matter.  

White matter is comprised of highly oriented axonal tracks while gray matter is comprised of 

mainly dendrites, cell bodies, and glia in a random orientation [60].  However, other studies have 

reported that gray matter was stiffer than white matter [61, 62].  One of these studies used 

scanning force microscopy with indentations of only 3 μm, which may be too small of an 

indentation depth to apply to the large deformations typical of TBI [61].  Additionally, that study 

was conducted on rat brain tissue, which may have different properties than human brain tissue.  

In another study, the authors used non-invasive magnetic resonance elastography to compare the 

stiffness between human gray matter and white matter [62].  However, their methodology was 
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sensitive to noise due to the use of third-order derivative calculations, which may have affected 

their results [62].  A different study used magnetic resonance elastography to measure the 

stiffness of hippocampal subfields (subiculum, CA1, CA2, CA3, dentate gyrus) in human male 

subjects between 18 to 33 years old and found no significant regional differences [63], which 

also supports our finding that hippocampal stiffness is homogenous.  Overall, we report regional 

variations in the mechanical properties of human brain, providing evidence that the heterogeneity 

of brain tissue may lead to regional disparities in injury susceptibility. 

Due to the lack of a large strain analytical solution for cylindrical indentation of a 

viscoelastic layer, previously we reported mechanical properties of human brain tissue using a 

linear viscoelastic model assuming small strain [51].  However, nonlinear mechanical behavior 

of brain tissue has been observed for strains over 15% [50, 64].  In a more recent study, a 

quasilinear viscoelastic (QLV) model was adapted to characterize mechanical behavior of brain 

tissue under large strain [53].  To calculate load for a given strain in the QLV model, the authors 

used Equation 5 to define the nominal uniaxial compressive strain underneath the indenter where 

𝜖 is strain, 𝑅 is the radius of the indenter, and 𝛿 is the indentation depth.   

Equation 5 

𝜖 =
2𝛿

𝜋𝑅
 

However, in that study, the fitting of the QLV model was less optimal than the fitting of the 

linear viscoelastic model.  A prerequisite for using Equation 5 is that it is only valid for “small 

strains”, but it was used because it provided a definitive solution of the strain calculation for a 

given indentation depth and indenter radius.  This equation, however, may not be valid for the 

larger strains induced during the tissue indentation experiments.  The use of the strain 

approximation in Equation 5 also assumes that the strain field under the indenter is homogenous 
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and isotropic under uniaxial compression.  Our FE models of indentation show that the strain 

field is indeed not homogenous, which could explain why the strains calculated using Equation 5 

may not be valid for calculating load.  In the current study, using an inverse FE approach and an 

FE solver for large nonlinear deformations, avoided the challenge of relying on the small strain 

assumption, allowing the constitutive model to more accurately capture the mechanical 

properties of brain tissue under large deformation. 

In our inverse FE simulations, the Ogden constitutive formulation was found to be the 

optimal model, among those tested, for capturing the non-linear behavior of brain tissue.  More 

specifically, this formulation was able to better capture the peaks in load corresponding to the 40, 

80 and 120 μm indentation depths than the Mooney-Rivlin and neo-Hookean constitutive 

formulations.  Our results support the use of QLV with an Ogden constitutive formulation for 

modeling the nonlinear mechanical behavior of human brain tissue.  Other studies have also 

supported the use of QLV for brain tissue.  Laksari et al. conducted uniaxial compression tests 

on cylindrical samples of bovine brain tissue and derived two isochronous curves (stress values 

at different strain-levels but at the same time interval after the peak stress during the compression 

experiment) [65].  They demonstrated that the ratio of two isochronous stress data at two 

different timepoints following the instantaneous jump in the displacement curve were not 

dependent on strain level, demonstrating the validity of the QLV assumption for strain levels up 

to 35%.  In a study by Prange et al., porcine brain tissue white matter (corona radiata and corpus 

callosum) and gray matter (thalamus) samples were tested in shear and unconfined compression 

in different directions to determine their mechanical behavior [66].  The Ogden constitutive 

model, modified to include dissipation, fit the constitutive relationships for all regions and 

directions well.  In addition to modeling brain tissue, the Ogden constitutive formulation has also 
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been used to model the non-linear mechanical behavior of other soft tissues such as liver, for 

nominal compression up to 30%, fitting better than a Mooney-Rivlin formulation [67].  Another 

study found that the Ogden model better simulated rat brain and fat tissue than the neo-Hookean, 

Mooney-Rivlin, Fung, or Gent models [68].31  These results on various soft tissues support our 

finding that an Ogden constitutive model is appropriate for human brain tissue. 

In the limit of small strains, the material properties of the Ogden elastic solid (Table 2) 

reduce to those of a linear isotropic elastic material (Hooke’s law), with equivalent Lamé 

constants 𝜆 = 𝐾 and 2𝜇 = ∑ 𝑐𝑖
𝑁
𝑖=1 , where 𝜇 is the shear modulus (2𝜇 = 𝑐1 here).  Thus, in that 

limit, the equilibrium Young modulus of nearly-incompressible brain tissue is 𝐸 ≈
3

2
𝑐1, with 𝑐1 

given in Table 4. 

There was no significant difference in simulated load within an anatomical brain region 

between males and females.  However, our small sample size limited the power of our statistics 

to an average of 0.34, requiring at least 12 additional samples for a power of 0.8. Despite the lack 

of statistical significance, trends in our data suggest that male cortex white matter may be stiffer 

than female cortex white matter.  The difference in stiffness could help explain the difference in 

TBI outcomes between males and females with females experiencing greater neurological 

deficits.  Because female cortical white matter may be softer, it may experience larger 

deformations during head acceleration, leading to greater tissue damage for the same 

macroscopic acceleration.  In addition to other physiological factors, studies have also reported 

that females have higher gray matter percentage while males have more white matter [69-71].  

Combined with the trend observed in our study that cortex white matter is stiffer than cortex gray 

matter, the difference in gray and white matter percentage could further contribute to female 
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susceptibility to TBI.  Given that most finite element models of brain are independent of sex, it 

may be critical to build models with appropriate sex-specific mechanical properties.   

An advantage of testing samples resected from surgery is access to brain samples from 

patients over a wide range of ages.  In this study, the age of donors ranged from 4 to 58 years, 

however, age did not affect mechanical properties.  Our result is in agreement with a previous 

report in humans ranging in age from 45 to 94 years old [59].  However, a significant increase in 

brain tissue stiffness between 5 months and 22 months was observed in another study [72].  

Additionally, in contrast to our study, animal studies revealed a different pattern of age-

dependent mechanical properties.  In rats, brain shear moduli of different anatomical regions 

were greater in adult rats than in postnatal day 17 rats [73].  In pigs, infant brain tissue was softer 

than that of adult brain tissue [74].  Collectively, these studies suggested that human brain tissue 

may mature mechanically earlier in neurodevelopment.  Although human brain mechanical 

properties may remain consistent throughout most of life, it is still important to take into account 

the geometry and size of the brain which varies by age.  One study examining the cerebral 

volumes of 100 men and women between age 25 and 83 found that the cerebral volume of men 

tended to decrease by approximately 5 mL/year, whereas cerebral volume in women did not [75].  

Therefore, it may be possible to use the same mechanical parameters for different ages provided 

the model incorporates age-specific size and geometry. 

Despite the advantages of our study, there were some limitations.  Due to the difficulties 

of procuring human brain tissue, the observations made in this study were confined to a small 

sample size such that the statistical tests may have been under-powered.  Moreover, although the 

virtual indentation provided an indication of how the regions would respond to a single large 

deformation, future experimental validation is needed to determine the validity of extrapolating 
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from three smaller cumulative indentations to a single large indentation.  We also assumed that 

the tissue under the indenter was isotropic, which may be a concern because white matter may be 

anisotropic.  One study reported that white matter was stiffer in the direction parallel to the axons 

[76].  Although that study was conducted using bovine brain tissue, human white matter may 

behave similarly, given its structural similarity.  Anisotropy of white matter due to axon 

orientation could be important in determining patient outcome following TBI, especially because 

serious pathologies, such as diffuse axonal injury (DAI), are caused by axonal strain.  For 

example, one study proposed that the brain injury tolerance limit for a 50% risk of DAI was 

14.65% axonal strain [77].  Therefore, the orientation of white matter during injury will affect 

the induced strain and the resulting damage. 

The applicability of our results to severe or penetrating TBI could be limited due to the 

strain rate of our indentation testing.  In our study, the indenter was displaced at an averaged 

maximum Lagrange shear strain rate of 0.79 s-1 to 3.57 s-1 depending on the indentation step.  

However, previous studies using physical and computational models suggested that strain rates 

operant during acceleration-driven TBI are on the order of 10 s-1 [72, 78-81].  Although strain 

rates in our indentation paradigm were lower than those thought to arise during severe impact 

TBI, they are larger than strain rates applied in some other studies measuring brain mechanical 

properties [82-86]. Furthermore, the shortest time constants across all regions in our study were 

on the order of tens of milliseconds (Table 4).  TBI usually occurs within time scales < 100 ms 

[73], indicating that our results captured the short-term mechanical behavior of brain appropriate 

for modeling TBI. 

In conclusion, we have identified that the mechanical properties of fresh human brain 

tissue are region-dependent, but neither sex- nor age-dependent within the statistical power of 
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our sample size.  The mechanical behavior of brain tissue under large deformation was 

accurately modeled using an Ogden constitutive formulation in FEBio without relying on a small 

strain approximation.  Our study characterized human brain tissue mechanics and provided 

mechanical properties to improve brain finite element models to predict a more biofidelic 

response, which furthers our understanding of TBI pathology and can be applied to the 

development of more effective safety systems. 
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Chapter 3: Fixed Charge Density Measurements of Brain Tissue 

Using Confined Swelling Pressure Methodology  

 

3.1 Introduction 

 Traumatic brain injury (TBI) is a leading cause of death and disability in the United 

States [87].  In 2003, there were an estimated 1,565,000 TBIs in the United States: 1,224,000 

emergency department visits, 290,000 hospitalizations, and 51,000 deaths [88].  TBI can occur 

from many types of trauma including motor vehicle accidents, falls, and crush injuries.  TBIs are 

also typically classified into primary injury and secondary injury, where primary injury is caused 

by mechanical forces acting on the brain, and secondary injury is caused by biomolecular and 

physiological changes that occur in the brain following primary injury [42].  Secondary injuries, 

which significantly contribute to the prognosis of patients suffering from TBI [89], include 

processes such as ischemia, swelling, and alterations of endogenous neurochemical mechanisms 

[90].  One of the worst types of secondary injury resulting from TBI is cerebral edema, also 

known as brain swelling.  Cerebral edema is associated with unfavorable prognosis and is a 

leading causing of in-hospital mortality [13], increasing mortality rates by up to 80% in severe 

cases [91] of cerebral edema, and responsible for up to half of all mortality and morbidity in 

younger victims of TBI [92].   

Cerebral edema is a major cause of death and disability following TBI because it leads to 

increased intracranial pressure (ICP)  [93].  ICP increases because the brain swells within the 

fixed volume of the skull.  This swelling within the fixed volume of the skull causes certain 

regions of the brain parenchyma to be compressed, which in turn compresses brain tissue 

vasculature.  Compressed vasculature increased the resistance and therefore lowers the cerebral 
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blood flow (CBF) to the affected brain tissue, and this lack of blood and oxygen to the brain 

causes subsequent ischemic damage [14], killing the brain tissue.  Despite high mortality rates 

associated with cerebral edema following head injury, the underlying mechanism causing 

swelling is not fully understood.   

There are currently several procedures used to clinically treat cerebral edema: 

administration of hypertonic saline, administration of mannitol, and decompressive craniectomy.  

Hypertonic saline is administered into the blood stream and lowers ICP by establishing an 

osmotic gradient between the intracellular and intravascular space [94].  There is also evidence 

that hypertonic saline also optimizes blood viscosity and cerebral blood flow, allowing 

compensatory vasoconstriction mechanisms to cause a reduction in cerebral blood volume to 

lower ICP [94].  However, there are also potential complications that may arise with the use of 

hypertonic saline such as renal failure, osmotic demyelination syndrome, a rebound increase in 

ICP, coagulopathies, volume overload, and electrolyte abnormalities [95].  Mannitol is also 

widely used, and there are currently two theories that potentially explain how it may decrease 

ICP.  One theory argues that mannitol lowers ICP by reducing cerebral blood volume, either by 

raising blood pressure or by reducing blood viscosity, which induces reflex vasoconstriction; the 

other theory argues that mannitol acts to reduce brain water content by drawing water from the 

cerebral extracellular space into the vasculature though establishment of an osmotic gradient 

between plasma and brain cells [96, 97].  Despite mannitol’s widespread use, there is little 

supporting evidence for its usefulness in treating patients experiencing swelling following acute 

stroke [17] or TBI [18].  The use of mannitol can also lead to complications such as electrolyte 

abnormalities, hypotension, and congestive heart failure with pulmonary edema [98].  Post-

traumatic cerebral edema is also treated by decompressive craniectomy, a practice in which a 
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large bone flap along with the underlying dura is removed to allow swelling to occur but without 

an increase in ICP so as to maintain blood flow [99].  However, decompressive craniectomy 

leads to many potential complications such as high rates of infection, development of subdural 

hygromas and hydrocephalus, and many other cognitive, psychological, and neurological deficits 

[100].  The high mortality rate associated with cerebral edema and the complications associated 

with using hypertonic saline, mannitol, or decompressive craniectomy warrants a new type of 

treatment that is safer and more effective.  Creating a new treatment, however, necessitates a 

better understanding of the mechanism of cerebral edema. 

Traditionally, cerebral edema has been divided into three main categories: vasogenic, 

cytotoxic, and interstitial edema.  Vasogenic edema occurs when there is breakdown of the tight 

endothelial junctions of the blood-brain barrier (BBB), leading to extravasation of intravascular 

protein and fluid into the interstitial space of the brain [101]; cytotoxic edema occurs when water 

moves into the intracellular compartment of brain cells [102], and interstitial edema occurs due 

to obstructions of cerebrospinal fluid outflow [14].  Some studies have characterized the type of 

edema following TBI to be mainly cytotoxic in nature [103, 104].  Therefore, determining the 

mechanism of post-traumatic cytotoxic edema would be paramount in facilitating efforts to 

discover new treatments. 

The forces responsible for driving water from the external environment into the 

viscoelastic matrix of brain tissue must be sufficient to cause sustained pathological levels of ICP 

as seen in the clinic.  Other studies have attempted to deduce the molecular mechanism for 

cytotoxic edema, with some stating that influx of sodium, cause by failure of Na+/K+ pumps due 

to ischemic damage, followed by an influx of chloride ions causes obligated water to flow into 

the interior of the cell [102, 105].  However, these mechanisms may not reveal the entire truth, 
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since ions can also flow outwards from the inside of the cell to the external environment, thus 

counteracting the influx of water.  A component of the mechanism must be responsible for 

keeping ions within the intracellular environment of the brain cell to ensure a subsequent influx 

of water. 

We hypothesize that exposure of intracellular FCD caused by cell death is one of the 

main drivers responsible for causing water to flow into the intracellular environment leading to 

brain swelling.  Therefore, modeling the brain as a triphasic material which could help represent 

intracellular FCD exposure during cell death may aid in the modeling of cerebral edema within 

FE head models.  A triphasic material consists of an interstitial fluid phase, a solid matrix phase 

consisting of fixed charges, and a counter-ionic species within the fluid phase [19].  Because 

brain tissue is comprised of cells, extracellular matrix, water, mobile ions, and fixed negative 

charges from macromolecules such as DNA and proteoglycans, it may behave like a triphasic 

material.  Triphasic materials can swell because exposure of negative fixed-charge densities 

(FCD) attached to the porous solid matrix attract positive ions and increase the osmolarity of the 

space within the solid matrix.  In a normal, healthy brain cell, Na+/K+ pumps use energy from 

ATP to pump cations out of the cell, thus leaving the FCD without counter ions.  In effect, the 

FCD inside a healthy cell is, underhydrated and shrunken.  The plasma membrane shields 

intracellular FCD from excess cations in the external environment.  However, when brain cells 

die due to ischemic damage or mechanical damage, the counteractive force of the Na+/K+ pumps 

cannot adequately pump out cations to the external environment, thus allowing these external 

cations to rush into the cell as they are attracted to the opposite charge of the FCD within the 

matrix of the cell, thereby increasing the osmolarity of the intracellular environment.  Water then 

rushes into the cell due to the difference in osmolarity between the internal and external 
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environment of the cell, causing the matrix of the interior of the cell to swell.  The resulting 

Gibbs-Donnan swelling pressure can be determined by Equation 1, where p is the interstitial 

fluid pressure, R is the universal gas constant, 𝜃 is the absolute temperature in the tissue and 

bath, and 𝑝∗ and 𝑐∗ respectively represent the ambient pressure and osmolarity of the external 

bath fluid.  Cartilage has been shown to swell in accordance with triphasic mixture theory [19], 

so brain swelling during cytotoxic edema may follow the same mechanism.   

Elkin et al. has provided evidence that cell death and subsequent exposure of intracellular 

FCD may cause brain swelling by showing that application of either Triton X-100 or cyanide + 

2DG to brain tissue (to either increase porosity of cell membranes or reduce Na+/K+ pump 

activity, respectively) increased brain tissue volume [20].  This same study also showed that 

adequate oxygenation of slices in aCSF supplemented with glucose drastically mitigated 

swelling compared to dying slices, providing evidence that the degree of FCD exposure was 

proportional to the amount of cell death and that the FCD responsible for swelling (when 

exposed to the extracellular environment) was intracellular.  Furthermore, Elkin et al. has 

provided additional evidence that triphasic swelling biomechanics is responsible for water intake 

into the brain cell internal environment by demonstrating decreases in brain tissue swelling when 

using various enzymes to cleave FCDs within the brain tissue in vitro [21]. 

Although these two studies conducted by Elkin et al. have demonstrated that cellular 

FCD exposure during brain cell death is responsible for brain swelling, no study to our 

knowledge has provided direct evidence that FCD exposure due to cell death leads to increased 

brain swelling pressure, and no study to our knowledge has calculated FCD content of brain 

tissue by measuring confined swelling pressure of brain.  In this study, a custom device was 

constructed to measure the confined swelling pressure of rat brain samples to calculate its FCD 
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content and show that the application of FCD-cleaving enzymes, which may act as a future 

therapeutic for brain swelling, reduces swelling pressure.  We also measured the FCD content of 

cortex white matter and cortex gray matter of pig brain tissue to determine if FCD content differs 

between the two regions.  Knowing the true FCD content of brain tissue may aid in 

computational modeling of cerebral edema by predicting the pattern and magnitude of brain 

swelling using principles from triphasic swelling biomechanics. 

 

3.2 Methods 

3.2.a Confined Swelling Pressure Device Construction and Data Processing 

 A custom device (Figure 8) was built to measure the confined swelling pressure of brain 

tissue to calculate FCD content.  The purpose of the device was to measure the swelling pressure 

of a brain tissue sample under confined conditions, while still allowing exchange of water and 

ions between the tissue sample and external bath, so that FCD could be calculated without 

interference of volume change as the solid matrix deforms.  A stainless steel cylindrical confined 

chamber (Figure 9) with a diameter of 4.79 mm and depth of 1.6 mm was machined to hold the 

brain sample.  The confined chamber containing the brain sample was placed inside a reservoir 

and fully submerged in Gey’s solution (Sigma-Aldrich, catalog number G9779-6X500ML) of 

known osmolarity.  The reservoir was placed on an aluminum platform that sat on top of a 250 

gram miniature load cell (Honeywell, model 31 Low, range code AN) which gathered load data 

and sent it to a signal conditioner/display (Honeywell, Model GM) which then sent the data to an 

A/D board (National Instruments, USB-6210) that was visualized and read on a custom 

LabVIEW VI at 5 Hz.  A digital step drive (Geckodrive, catalog number G213V) was controlled 

using a custom LabVIEW virtual instrument (VI) to control a stepper motor (Anaheim 
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Automation, catalog number 23Y004D-LW8) powered using a power supply (Acopian, part 

number B24G170) to move a linear actuator (Deltron, catalog number L-RSA3-75-B02-EH-

NPN-1-X) which lowered a sintered, porous indenter (diameter of 4.77 mm) from the top of the 

confined chamber until it was flush with the brain sample inside.  The porous indenter allowed 

for transport of water and ions between the tissue sample and the external bath in the reservoir 

while constraining the volume of the brain sample.  An LVDT (Harold G. Schaevitz Industries, 

The Sensor Connection, part number T-812-A-100) was used to ensure that the porous indenter 

was not displaced during the duration of the experiment as the brain sample attempted to swell 

within the confined chamber.  Data from the LVDT was entered into a signal conditioner (TE 

Connectivity, part number ATA-2001) which then sent the processed data into the A/D board 

(National Instruments, USB-6210) that was visualized using a custom LabVIEW VI.  To 

eliminate high-frequency noise, a low-pass filter (with a cutoff frequency of 0.15 Hz) was 

applied with zero-phase shift.  The filtered data was then subjected to a moving average 

calculation over a window of 300 data points.  Finally, the data was down-sampled every 600 

data points to obtain the final trace of swelling.  Our data processing technique, which sampled 

one data point every two minutes, provided sufficient resolution to capture the swelling pressure 

profile over time. 
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Figure 8: Assembly of our device's mechanical parts. 

 

3.2.b Brain Isolation Procedures 

All animal procedures were approved by the Institutional Animal Care and Use 

Committee (IACUC) of Columbia University.  Rat experiments were conducted to test the 

efficacy of using FCD-cleaving enzymes in reducing swelling pressure to substantiate the role of 

the FCD.  Adult Sprague-Dawley rats (Taconic) were deeply anesthetized with isoflurane, 

decapitated, and the brain removed as quickly as possible.  Pig experiments were conducted to 
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determine the difference in FCD between white matter and gray matter of the cortex.  Yorkshire 

pigs (Animal Biotech Industries) between 40-50 kg were sedated with telazol followed by 

propafol, then euthanized with euthasol.  The skull was rapidly removed, the brain removed, and 

coarsely blocked into samples approximately 5-10 mm thick.   

After this stage, samples of either rat of pig brain were treated identically.  The bottom of 

the tissue sample was superglued to a Petri dish, and ice-cold artificial cerebrospinal fluid (aCSF, 

125 mM NaCl, 3.5 mM KCl, 26 mM NaHCO3, 1.2 mM KH2PO4, 1.3 mM MgCl26H2O, 2.4 mM 

CaCl2, 10mM HEPES, 4.5% glucose) equilibrated with 95% O2 / 5% CO2 submerged the tissue.  

500 m sections were cut with a vibratome (Series 1000 Classic).  A 5 mm diameter biopsy 

punch (Miltex, model 33-35) was used to cut cylindrical samples of tissue, which were then 

placed into a stainless steel confined chamber (Figure 9).   

 

3.2.c Measuring FCD 

After the tissue sample was placed into the pressure chamber, the chamber was placed 

into the reservoir shown in the experimental device (Figure 9).  9 mL of oxygenated Gey’s 

solution (Thermo Fisher Scientific, catalog number J67569-K2) supplemented with 4.5% glucose 

was placed into the reservoir, submerging the confined tissue.  The load served as the baseline 

reading for calculating swelling pressure and therefore FCD.  The porous indenter was aligned 

with the pressure chamber and lowered until a load of at least 20 grams was achieved, indicating 

that the indenter was in good contact with the tissue.  By doing so, the tissue sample was fully 

constrained, and the porous indenter was completely engaged with the tissue.  Stress-relaxation 

was allowed to occur for 10 minutes after which 1 mL of Gey’s solution with Triton X-100 was 

added to a final concentration of 0.5%.  Triton X-100 accelerated cell death and maximized 
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exposure of the intracellular FCD.  The temperature of the solution in the bowl was measured 

with a thermocouple.  The sample was left for 16 hours and swelling pressure was monitored for 

the entire duration.  

Swelling pressure was measured as the difference between the maximum swelling load 

minus the weight of the set-up prior to the tare load (we assumed the tare load relaxed to 0 grams 

in each case) divided by the cross-sectional area of the porous indenter.  With known values of 

swelling pressure, temperature, and concentration of counter ions in the external solution, the 

FCD was calculated using Equation 1. 

To test whether brain swelling was due to gradual intracellular FCD exposure as the 

tissue died, some samples of rat brain tissue were placed in the confined chamber which was 

fully submerged in Gey’s solution, supplemented either with or without glucose, with 0.5% 

Triton X-100 for at least two hours in an effort the completely kill the tissue.  The swelling 

pressure of these intentionally poisoned samples were then measured and compared to the 

control group. 
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Figure 9: Description of vital parts of experimental set-up.  The sample of brain sits inside 

the confined chamber and the reservoir is filled with Gey’s solution.  A porous indenter is 

slowly lowered until it contacts the brain tissue.  As the tissue swells, the load is measured 

by the load cell underneath. 

 

3.2.d FCD-cleaving Enzymes 

FCD-cleaving enzymes were added to a subset of rat brain samples prepared identically 

as the control group, with the addition of a cocktail of four enzymes: DNase (Sigma-Aldrich, 
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catalog number 10104159001), heparinase I (Sigma-Aldrich, catalog number H2519-50UN), 

heparinase III (Sigma-Aldrich, catalog number H8891-10UN), and chondroitinase ABC (Sigma-

Aldrich, catalog number C3667-10UN) at concentrations of 1.5 mg/mL, 0.2 units/mL, 0.2 

units/mL, and 0.2 units/mL, respectively, to digest the FCD and reduce the swelling pressure.  

The enzymes were mixed with the 9 mL of Gey’s solution that was added immediately into the 

external reservoir to submerge the confined chamber containing the brain tissue sample prior to 

application of the tare load using the porous indenter. 

 

3.2.e FCD Measurements as a Function of Post-mortem Time 

Brain samples from Sprague-Dawley rats were removed and samples were isolated in the 

same fashion described previously, but using 1 mm thick samples.  Samples were placed in 

oxygenated Gey’s solution (Sigma-Aldrich, catalog number G9779-6X500ML) at room 

temperature for various amounts of time following dissection.  Swelling pressure and FCD were 

measured as described previously.  Either Triton X-100 at 0.5% concentration or 5mM sodium 

cyanide + 10 mM 2-deoxyglusose (2DG) were used to poison the tissue. 

 

3.3 Results 

3.3.a FCD Content of Rat Brain 

Maximum FCD was calculated using the measured maximum swelling pressure of the 

tissue sample.  The maximum FCD value for rat brain in the control group was 42.6  2.7 mEq/L 

and the maximum FCD value for rat brain tissue treated with the enzyme cocktail was 40.5  2.5 

mEq/L (Figure 10).  The maximum FCD value was not statistically significant between groups. 
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Figure 10: Comparison of maximum FCD between the control group and enzyme treated 

group.  N = 9 for both groups.  The maximum FCD between the two groups was not 

statistically different (p > 0.05).  Mean ± standard error of the mean (SEM). 

 

3.3.b Effect of FCD-cleaving Enzymes 

In Figure 11, FCD content over time is presented for the control and enzyme treated 

groups.  The swelling pressure in the treated group decreased faster after reaching its peak 

compared to the control group.  The faster reduction of swelling pressure, and hence FCD, in the 

enzyme-treated group lead to significantly lower measurements of FCD content at 16 hours post-

dissection when compared to the control group (Figure 12).  
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Figure 11: Comparison of FCD as a function of time between the control group (Gey's 

solution + Triton X-100) and the enzyme treated group (Gey's solution + Triton X-100 + 

enzyme cocktail).  N = 9 for both groups.  The load and FCD of the group treated with an 

enzyme cocktail was reduced compared to the untreated group at 16 hours.  The corridors 

designate ± SEM. 

 

 

Figure 12: The FCD was significantly lower in the enzyme treated group compared to 

the control group after 16 hours (p < 0.05).  Mean ± SEM. 

0 2 4 6 8 10 12 14 16

Time (hr)

0

10

20

30

40

50

F
C

D
 (

m
E

q
/L

)

Control

Enzyme



48 

 

3.3.c FCD Content of Pig Brain 

The total FCD of pig cortex gray matter was 36.5  1.7 mEq/L while the total FCD of pig 

cortex white matter was 16.0  2.5 mEq/L (Figure 13).  The difference in total FCD between 

white and gray matter was statistically significant (p < 0.01). 

 

 

Figure 13:  Comparing total FCD between cortex white matter (CtxW) and cortex gray matter 

(CtxG).  N = 6 for both groups.  Total FCD of cortex gray matter was significantly greater than 

that of the cortex white matter (p < 0.01). 

 

3.3.d Relationship Between FCD and Post-mortem Time 

Figure 14 and Figure 15 show the relationship between FCD and time post-mortem of 

brain tissue samples incubated in oxygenated aCSF at room temperature, when Triton X-100 or 

Cyanide + 2DG were used to kill the tissue, respectively.  FCD content decreased between 15 

minutes post-dissection and 1 hour post-dissection, but FCD content between 1 hour and 6 hours 

post-dissection was not significantly different. 
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Figure 14:  FCD as a function of post-mortem time.  Brain slices sitting in oxygenated aCSF at 

room temperature produced less swelling pressure at longer post-mortem times compared to 

samples tested immediately post-mortem due to lesser amounts of FCD leftover to be 

exposed as the tissue died gradually over time.  Triton X-100 was used to kill tissue. 
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Figure 15: FCD as a function of post-mortem time.  Brain slices sitting in oxygenated aCSF at 

room temperature produced less swelling pressure at longer post-mortem times compared to 

samples tested immediately post-mortem due to lesser amounts of FCD leftover to be 

exposed as the tissue died gradually over time.  Cyanide + 2DG was used to kill tissue. 

 

 Figure 16 shows a comparison of swelling pressure of the control group and experimental 

group treated with a cocktail of FCD-cleaving enzymes to a separate group of tissue samples 

designated as the “dead tissue” group that were intentionally poisoned in Gey’s solution with 

0.5% Triton X-100 prior to testing using our device.  Using Gey’s solution either with or without 

supplemented glucose had no noticeable effect on measured swelling pressure in the “dead 

tissue” group.  The lack of any increase in swelling pressure in the “dead tissue” group indicates 
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that the tissues were dead and had exposed all of their intracellular FCD prior to being tested 

using our device. 

 

Figure 16: Rat tissue samples that were placed in the confined chamber and submerged in 

Gey’s solution (supplemented with or without glucose) with 0.5% Triton X-100 for at least 2 

hours prior to testing with our device showed no increase in swelling pressure, indicating 

that slices were dead and fully swollen prior to being tested. Sample sizes are n = 9 for both 

the control and enzyme groups, while n = 10 for the dead tissue group.  Data is plotted 

starting at 15 minutes following tare load. 

 

3.4 Discussion 

Cerebral edema is one of the worst consequences following TBI and is responsible for 

many deaths and disabilities following head injury.  There is no current consensus as to what the 

exact mechanism for cerebral edema is.  Current clinical treatments lack significant efficacy and 

may lead to various complications.  Therefore, the purpose of this study was to propose a 
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potential mechanism for cerebral edema, offer a potential treatment option that may be clinically 

viable in the future, and differentiate the amount of FCD between cortex white matter and cortex 

gray matter of the brain. 

In this study, we calculated the FCD value of rat brain tissue using the Gibbs-Donnan 

equation (Equation 1).  Maximum swelling pressure occurred within 1-2 hours.  After reaching 

maximum swelling pressure, the pressure slowly began to decrease, reflected in the reduction of 

calculated FCD over time (Figure 11).  The rise in swelling pressure, and thus the rise in 

measured FCD exposure, may have been due to a combination of two factors: 1) the relatively 

quick FCD exposure due to cell death from brain cells that were already damaged on the tissue 

sample due to cutting from the Vibratome and 2) the quick FCD exposure due to brain cells 

lysing due to contact with Triton X-100.  In a study conducted by Elkin et al., brain tissue slices 

in Gey’s solution with 0.5% Triton X-100 experienced a significant increase in volume 

compared to brain tissue slices in Gey’s solution without Triton X-100 when observed 30 

minutes following dissection, indicating that Triton X-100 had already diffused through the 

tissue to kill enough cells to significantly increase the rate of swelling within that 30 minutes.  

The slices used in our study were 500 m instead of 350 m used in Elkin’s study, but should 

have been thin enough where diffusion of Triton X-100 through our samples would accelerate 

the rate of cell death, maximizing FCD exposure within the first 1-2 hours.  The subsequent 

decrease in swelling pressure and calculated FCD content in the control group following peak 

swelling pressure may have been due to a variety of factors, one being diffusion of FCD from the 

tissue sample into the external bath as endogenous proteases may cleave FCD as brain cells die. 

The average calculated FCD of rat brain tissue in this study was higher than the FCD 

content of brain (5.88 mEq/L) measured by Elkin et al. in which a standard 1,9 



53 

 

dimethylmethylene blue (DMMB) assay was used to measure glycosaminoglycan (GAG) content 

[20].  One limitation of using a DMMB assay is that it binds to sulphated GAGs and can 

therefore only be used to measure sulphated GAGs that contribute to the FCD content of the 

brain.  However, FCD content can also come from other contributions such as DNA, proteins, 

and other matrix molecules [20] which may not be detected using a DMMB assay.  The 

advantage of our experimental set-up is that it allows for calculation of FCD content regardless 

of the constituents of the total FCD within the brain sample.  One possible reason that the FCD 

content of rat brain tissue calculated in this study is higher than the FCD content measured by 

Elkin et al. is that rat brain tissue might have significantly higher levels of FCD that are not 

GAGs, so using a DMMB assay to measure FCD may severely underestimate the true amount of 

FCD content within tissue.  Although the DMMB assay has be used to successfully measure 

FCD values for comparison to FCD predictions in tissues modeled as triphasic mixture materials 

[20, 106, 107], this may be because GAGs make up a large percentage of the FCD constituents in 

cartilage and aorta, which may be different for brain tissue.  An FCD measurement of 5.88 

mEq/L as measured in the study by Elkin et al. would generate confined swelling pressures much 

less than what was observed in this current study. 

When comparing the swelling pressure over time between the control group and 

experimental group treated with FCD-cleaving enzymes, the experimental group experienced a 

significantly faster rate of decrease.  The addition of enzymes to digest likely constituents of the 

FCD significantly lowered the swelling pressure in rat tissue, providing evidence that brain 

swelling is caused by exposure of intracellular FCD.  The motivation for using enzymes to 

cleave FCD was to reduce the cF (FCD) term in Equation 1 to reduce the Gibbs-Donnan osmotic 

pressure responsible for driving water intracellularly.  A reduction in the Gibbs-Donnan osmotic 
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pressure reduced the magnitude of the pressure gradient responsible for driving water into the 

cells, thus reducing the measured swelling pressure.  DNase, heparinase I, heparinase III, and 

chondroitinase ABC were chosen for our experiment because these enzymes caused a reduction 

in brain swelling volume in a study conducted by Elkin et al. [21].  DNase digests DNA which 

contain negatively charged phosphate ester groups [108, 109]; heparinase I and III digest heparin 

sulfate proteoglycans which contain an arrangement of negatively charged sulfate groups [110], 

and chondroitinase ABC digests chondroitin sulfate proteoglycans which also contain an 

arrangement of negatively charged sulfate groups [111].  Brain samples in both the control group 

and enzyme treated group experienced swelling followed by shrinking.  Pressure in the control 

group began to decrease after ~1-2 hours following loading of the sample into our test device, 

perhaps indicating that endogenous processes were degrading FCD causing them to diffuse into 

the external bath.  However, pressure generated by samples in the enzyme treated group 

decreased at a faster rate compared to the control group, providing strong evidence that cleavage 

of FCDs was responsible for accelerating the decrease in swelling pressure.  This study, which 

shows a reduction in swelling pressure after application of FCD-cleaving enzymes, in 

conjunction with a study conducted by Elkin et al. which showed a decrease in swelling volume 

of swollen brain slices after application of the same FCD-cleaving enzymes, provides strong 

evidence that FCD exposure during cell death is the driving force of cerebral edema. 

Interestingly, despite the decrease in swelling pressure and calculated FCD content within 

the control group, the FCD content did not drop to zero.  One possible explanation is that the 

breakdown of FCD due to endogenous enzymes created large fragments of negatively charged 

molecules that leached out of the tissue and into the external bath, but over time, the porosity of 

the solid matrix of the brain decreased as these fragments accumulated within the pores of the 
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solid matrix.  The reduction in porosity would prevent the leaching out of additional large 

fragments of negatively charge molecules into the external bath, which would maintain the 

osmotic gradient necessary to sustain swelling pressure at a non-zero value.  The reduction in 

porosity could also affect hydraulic permeability, as small variations in porosity have been 

shown to cause significant changes in hydraulic permeability in cartilage [112], which could also 

significantly inhibit water movement from the inside of the brain tissue sample into the external 

bath, thus reducing the rate of swelling pressure decrease.  Another possible explanation as to 

why swelling pressure and FCD did not decrease to zero in the control group is because some 

FCD were not cleaved by endogenous enzymes and remained attached to the solid matrix of the 

brain, thus contributing to the osmotic gradient required to sustain pressure.  Swelling pressure 

and calculated FCD content in the enzyme-treated group, however, seemed to continually 

decrease.  The enzyme-treated group was treated with a cocktail of four different enzymes 

targeting DNA, chondroitin sulfate proteoglycans, and heparin sulfate proteoglycans, which may 

have caused a majority of the total FCD content within the samples to break down.  This cocktail 

of enzymes may have cleaved large, macromolecular FCD (either from the solid matrix itself or 

from residual large molecular fragments accumulating within the pores of the solid matrix due to 

activity of endogenous enzymes) into much smaller molecules which would allow them to 

diffuse out from the sample and into the external bath easier.  Chondroitinase ABC is a bacterial 

enzyme that degrades chondroitin sulfate proteoglycans by cleaving glycosaminoglycan chains 

into disaccharides or tetrasaccharides [113], and heparinases cleave polysaccharides into 

disaccharides and oligosaccharides [114], all of which may be able to easily diffuse into the 

external bath due to their relatively small sizes. 
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The maximum swelling pressure, and thus maximum FCD value, were not significantly 

different between the control group and the enzyme treated group (Figure 10).  One possible 

explanation is that the enzymes in the experimental group required more time to diffuse through 

the porous indenter and throughout the thickness of the sample than the time required for the 

tissue sample to reach maximum swelling pressure.  Cations and water are substantially smaller 

than these enzymes (chondroitinase ABC is ~120 kDa, heparinase I is ~43 kDa, heparinase III is 

~73.5 kDa, and DNase is ~ 30 kDa) and are able to diffuse much faster through the porous 

indenter and the brain tissue sample, which may be the reason why the maximum swelling 

pressures for both groups were not significantly different.  Therefore, it was necessary to wait for 

several hours after maximum swelling pressure was reached for the enzymes to diffuse through 

the porous indenter and into the tissue sample before a difference in swelling load was observed. 

The measured maximum FCD value for pig brain gray matter tissue was lower than that 

of rat perhaps because it took longer, on average, to extract pig brain and obtain a sample to test 

in our device compared to rat brain.  Brain isolation procedures for pigs took longer than for rats 

because pig skulls were difficult to cut, extending the time required for removing the brain.  Pig 

brain tissue was also more difficult to manipulate than rat brain tissue using the vibratome, 

causing more time to elapse before it could be placed inside the confined chamber.  There is 

some evidence that pig gray matter may have more FCD than rat gray matter [21] and that 

neuronal density might scale with brain mass [115] indicating that pigs might have higher 

neuronal density and FCD than rats, so the extra time needed to obtain brain samples from pig 

may have caused a greater degree of cell death, and hence FCD exposure, prior to testing, which 

would have lowered the measured maximum FCD value for pig compared to rat. 
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When comparing the swelling pressure of pig cortex gray matter to pig cortex white 

matter, pig brain gray matter swelled more, indicating higher levels of exposed FCD over time.  

Brain FCD consists of molecules such as chondroitin sulfate proteoglycans, heparin sulfate 

proteoglycans, and DNA, with chondroitin sulfate proteoglycans and heparin sulfate 

proteoglycans especially present predominantly within the cell cytoplasm [21].  Because gray 

matter is comprised mainly of neuronal cell bodies, dendrites, and glia while white matter is 

comprised of mostly myelin and highly oriented axon tracts [53],  there may be larger amounts 

of cellular cytoplasm in gray matter, indicating larger amounts of FCD in gray matter compared 

to white matter.  Myelin, a constituent of the brain that is only present in white matter, has little 

to no chondroitin sulfate while neuronal cell bodies, axons, and astrocytes contain significant 

amounts [116, 117].  In rodents, astrocytes in white matter have small cell bodies while 

astrocytes in the gray matter are typically larger [118], meaning that there might be more cellular 

biomass of astrocytes in gray matter than white matter.  This difference in morphology may also 

be present in pigs and humans.  Since astrocytes contain large amounts of chondroitin sulfate, 

and perhaps other sulfate proteoglycans, FCD content may be more abundant in gray matter 

compared to white matter. 

Figure 14 and Figure 15 show FCD as a function of post-mortem time.  Brain samples 

placed in room temperature oxygenated aCSF for longer periods of time (>1 hour) produced 

lower swelling pressures than brain samples that were tested as soon as possible post-mortem 

(~15 minutes post-dissection) and thus contained less leftover FCD to be exposed, since cells 

that were dying while sitting in the aCSF were already swelling due to exposure of the FCD 

which was neutralized by cations in the surrounding bath.  After one hour post-dissection, 

measured FCD already decreased noticeably compared to samples tested approximately 15 
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minutes post-dissection, despite attempting to keep tissue alive by placing it in oxygenated 

aCSF, indicating that testing the tissue sample immediately following dissection was necessary.   

To demonstrate that swelling pressure and FCD content were dependent on cell viability, 

we measured the swelling pressure of rat brain tissue samples that were intentionally poisoned 

for at least 2 hours in Gey’s solution with 0.5% Triton X-100 prior to testing.  Swelling pressure 

was nearly non-existent in this experimental group, indicating that all FCD had already been 

exposed and that the tissues had already fully swelled, as opposed to the samples in the control 

group that were tested immediately post-dissection and still contained FCD which had not been 

fully exposed yet (Figure 16).  This result, coupled with data from Elkin et al. which showed that 

350 µm thick rat brain samples given sufficient oxygen and energy supply swelled minimally for 

2 hours post-dissection, supports that FCD exposure and subsequent brain swelling is caused by 

the cell death process. 

Our study did have some limitations.  The calculated total FCD value for rat brain tissue 

(Figure 10) may not be the total FCD within the tissue.  As cells in brain tissue die, they begin to 

expose the intracellular FCD, leading to swelling [20].  Immediately after euthanizing the rat, 

brain cells may begin to die because the heart is no longer pumping oxygen and nutrients to the 

brain.  The process of extracting the brain, obtaining an adequately-sized test sample, placing the 

sample into the pressure chamber, and lowering the porous indenter onto the sample could only 

be achieved, at best, within 15 minutes.  This time frame may be long enough for some brain 

cells to die and expose their FCD prior to the start of the experiment, causing premature swelling 

of the tissue sample, and leaving some FCD undetectable by our experimental paradigm.  A 

study by Elkin et al. demonstrated that samples of rat brain cortex 350 m thick experienced a 

slight change in volume 15 minutes following dissection, indicating that some brain cells may 
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have been dying even within 15 minutes after euthanasia.  Indeed, cerebral ischemia has been 

shown to trigger neuronal death within as little as 5 minutes [119], compared with a substantially 

longer period of 20-40 minutes for cardiac monocytes or kidney cells [120].  If brain cells within 

the tissue sample began to die prior to the start of measurement by our device, the true total FCD 

content of the sample may be higher than what we reported experimentally. 

Another factor to note when interpreting the total FCD content is that the FCD may be 

digested by endogenous enzymes, allowing it to diffuse out of the tissue and into the external 

bath.  The brain tissue samples used in our experiments died from a combination of ischemic 

injury due to lack of oxygenation of the external bath and application of Triton X-100 to destroy 

cell membranes.  Ischemia has been shown to induce catabolic necrosis in brain tissue in as little 

as 5 minutes after a complete lack of oxygen and glucose [121].  Necrosis due to ischemic injury 

leads to the degradation and fragmentation of DNA by various proteases and endonucleases 

[122].  These DNA fragments, which contain a negative charge per nucleotide base at its sugar-

phosphate backbone [123], could diffuse out of the tissue and into the external bath, decreasing 

the total amount of calculated FCD within the tissue sample as the tissue dies. The premature 

digestion of the FCD by endogenous enzymes prior to the death of all cells within the tested 

tissue sample may underestimate the true FCD content of the tissue sample by reducing the peak 

pressure obtained during the experiment.  One way to possibly circumvent this issue is to apply a 

cocktail of enzyme inhibitors to the sample in future experiments to slow the rate of natural, 

endogenous processes that break down the FCD or to use a heated external bath to denature any 

endogenous enzymes within the tissue sample. 

In summary, this study demonstrated that exposure of intracellular FCD during cell death 

caused brain swelling, and that application of FCD-cleaving enzymes reduced brain swelling 
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pressure, which could aid in the development of novel therapies to treat cerebral edema in the 

future.  This study also distinguished differences in FCD content between pig cortex gray matter 

and cortex white matter,  which is important if cerebral edema is to be modeled within FE head 

models that simulate swelling based on triphasic swelling biomechanics such as that 

demonstrated in a study by Basilio et al [124].  Coupled with data from Elkin et al., the results in 

this study provide additional evidence that exposure of intracellular FCD during cell death is a 

potential driving mechanism of cerebral edema.  Despite the interesting findings in this study, the 

total FCD content of human brain tissue remains unknown.  The difference in FCD content 

between cortex gray matter and cortex white matter in pig reveals that FCD content in the human 

brain may also vary by region.  Future work should therefore be conducted to measure the FCD 

content of freshly procured different regions of the human brain. 
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Chapter 4: Simulating Cerebral Edema and Delayed Fatality After 

Traumatic Brain Injury Using Triphasic Swelling Biomechanics1 

 

4.1 Introduction 

Traumatic brain injury (TBI) is a major contributor of mortality and morbidity after 

motor vehicle crashes (MVCs). Between 1995-2001, 20% of annual TBI-related emergency 

department visits, hospitalizations, and deaths were attributed to MVCs [125].  In 2013, 21.5% 

of TBI-related hospitalizations were attributed to MVCs [4].  In the quest to reduce the societal 

costs of MVCs, finite element (FE) models have contributed to our understanding of injury 

causation as well as aided in the design of improved safety systems for both occupants and 

vulnerable road users.  A family of FE models has been developed by the Global Human Body 

Models Consortium (GHBMC) that includes structures of the entire human body, including a 

detailed mesh of the head and brain. The GHBMC model has been validated at both the 

component and whole-model levels to support its biofidelic, dynamic response [126, 127].  The 

current use of FE models in the automotive industry focuses on predicting stress and strain 

during the accident itself to predict primary injury; contemporary models have not been used to 

simulate delayed brain swelling from edema that occurs after the impact on the time-scale of 

hours to days.  Over 70% of severe TBI patients (GCS ≤ 8) experience cerebral edema leading to 

increased intracranial pressure (ICP), and elevated ICP is highly associated with poor outcome 

 
1 A modified version of this chapter was previously published and is reproduced here with permission: Basilio, A. V, 

Xu, P., Takahashi, Y., Yanaoka, T., Sugaya, H., Ateshian, G. A., Morrison III, B. (2019).  Simulating Cerebral 

Edema and Delayed Fatality After Traumatic Brain Injury Using Triphasic Swelling Biomechanics. Traffic Inj. 

Prev. 
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and increased mortality [128].  By simulating cerebral edema, it may be possible to improve 

prediction of mortality during this sub-acute phase to inform the design of novel safety systems. 

Brain tissue, like most biological tissue, is composed of approximately 80% water and 

20% solid matrix. The solid matrix within cells is comprised of material with an inherent 

negative charge (proteins, glycosaminoglycans, DNA, etc.), represented by the concept of a fixed 

charge density (FCD).  The intracellular and extracellular space are separated by the plasma 

membrane.  Embedded within that plasma membrane are sodium-potassium pumps that, under 

homeostatic conditions, expend significant energy to remove net positive charges from the inside 

of the cell, maintaining a negative transmembrane potential.  Under resting conditions, we 

hypothesize that the FCD is under-hydrated because of this charge imbalance, which has major 

implications for brain swelling after injury. 

When cerebral blood supply is reduced such that the ion pumps no longer function or 

when the plasma membrane becomes compromised due to a mechanical insult, the intracellular 

FCD becomes exposed to the extracellular environment.  Because these fixed charges are 

integral to the structural components of the cell, they are not free to diffuse.  Rather, the FCD 

attracts positive ions, leading to a higher osmolarity in the matrix relative to the fluid phase [20, 

21].  The resulting osmotic potential attracts water, thereby swelling the matrix, according to the 

Gibbs-Donnan theory.  

We hypothesize that the degree of FCD exposure is related to cell death and that cell 

death is dependent on the maximum principal strain (MPS) experienced by tissue during impact, 

as is often assumed in FE modeling [77, 129-132].  As cells die, we hypothesize that the FCD is 

exposed, and tissue swells.  Because the skull is rigid, areas of the brain that experience swelling 

compress adjacent regions.  In turn, the vasculature is also compressed, thus decreasing cerebral 
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blood flow (CBF) to that area [133].  If CBF is reduced sufficiently, the lack of energy supply 

compromises the function of sodium-potassium pumps or leads to ischemic cell death, exposing 

additional FCD and leading to additional swelling [134].  Taking this approach to simulate post-

traumatic swelling in FEBio, we predicted a clinically relevant increase in ICP in a 

reconstruction of a fatal pedestrian MVC.  With this capability to predict the degree of swelling 

after an injury, we believe there is potential to make cars safer by incorporating delayed 

mortality when testing safety systems in silico during the design and development phase. 

 

4.2 Methods 

4.2.a Triphasic Theory 

Triphasic theory models a biological tissue as a mixture of a porous deformable solid 

matrix whose pore space is filled with an interstitial fluid consisting of water and two 

monovalent counter-ions (such as Na+ and Cl−).  Each of these constituents is assumed to be 

intrinsically incompressible, although the porous solid matrix may gain or lose volume due to 

fluid transport into or out of the pore space (conceptually similar to a sponge).  Thus, to account 

for pore volume variability, the porous solid matrix is modeled as a compressible hyperelastic 

material; the Cauchy stress tensor produced by the deformation of this solid matrix is denoted by 

𝝈𝑒.  The deformation gradient of the solid matrix is denoted by 𝑭, and its determinant, 𝐽 = det 𝑭, 

represents the solid matrix volume ratio (the ratio of solid matrix volume in the current and 

reference configurations).  Recall that 𝐽 = 1 in the reference configuration.  The pore volume 

fraction in the reference configuration is denoted by 𝜑𝑟
𝑤. As the solid matrix deforms, this pore 

volume may increase or decrease; the value of the pore volume fraction in the current 

configuration is denoted by 𝜑𝑤 and related to 𝜑𝑟
𝑤 via the axiom of mass balance 
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Equation 6 

𝜑𝑤 =
𝐽 − 1 + 𝜑𝑟

𝑤

𝐽
  

This relation shows that the smallest possible value of the solid matrix volume ratio is 

Equation 7 

𝐽 = 1 − 𝜑𝑟
𝑤 

which occurs when the pores have completely closed and the interstitial fluid has completely 

exuded (𝜑𝑤 = 0). 

The interstitial fluid pressure is denoted by 𝑝, which is positive in compression, so that 

the total (or mixture) stress is 

Equation 8 

𝝈 = −𝑝𝑰 + 𝝈𝑒 

This pressure represents the combination of osmotic and hydraulic effects.  The molar 

concentrations of the monovalent counter-ions are denoted by 𝑐+ and 𝑐−. These molar 

concentrations are evaluated as moles of ion per interstitial fluid volume.  In the triphasic theory, 

electrically charged molecular species may be bound to the solid matrix, imparting a fixed-

charge density (FCD) to the solid.  The FCD concentration in the reference configuration is 

denoted by 𝑐𝑟
𝐹; it is evaluated with units of equivalent mole of a monovalent ion per volume of 

interstitial fluid, and its value is either negative or positive.  As the pore volume changes with 

tissue deformation, the charge density changes accordingly, such that its value in the current 

configuration is given by the axiom of mass balance as 

Equation 9 

𝑐𝐹 =
𝜑𝑟

𝑤𝑐𝑟
𝐹

𝐽 − 1 + 𝜑𝑟
𝑤 
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This relation implies that complete pore closure (𝜑𝑤 → 0) is a limiting condition for which 

|𝑐𝐹| → ∞. 

Since electroneutrality must be satisfied at every point in the mixture, the concentrations 

of ions inside the mixture are affected by the FCD, such that they differ from those in the 

surrounding fluid bath.  The imbalance of ion concentrations between the interstitial and external 

fluids is called the Gibbs-Donnan effect; it produces an osmotic pressure difference between the 

interstitial fluid and external bath, called the Gibbs-Donnan pressure [135, 136].  Under steady-

state conditions, when the fluxes of interstitial fluid and ions have subsided, the hydraulic 

pressure reduces to zero so that the only contribution to the interstitial fluid pressure 𝑝 is the 

Gibbs-Donnan osmotic pressure, given by Equation 1 described previously where 𝑅 is the 

universal gas constant, 𝜃 is the absolute temperature in the tissue and bath, and 𝑝∗ and 𝑐∗ 

respectively represent the ambient pressure and osmolarity of the external bath fluid.  This 

expression was derived under the assumption of ideal physico-chemical conditions for mixtures 

containing two monovalent counter-ions.  It is common to set 𝑝∗ = 0, so that 𝑝 represents the 

gage pressure. 

The FEBio software can perform a triphasic analysis under transient or steady-state 

conditions [56].  Transient analyses can evaluate the time-dependent responses of the solid 

matrix deformation gradient 𝑭, fluid pressure 𝑝, ion concentrations 𝑐+ and 𝑐−, as well as 

interstitial fluid and ion fluxes.  However, only steady-state analyses were employed in the 

current study, thus producing steady-state solutions for 𝑭, 𝑝, 𝑐+ and 𝑐−, based on the equations 

presented above as well as additional relations for the mixture momentum balance and boundary 

conditions for the ion electro-chemical potentials. 
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4.2.b Simulating Impact 

A fatal vehicle-to-pedestrian impact was simulated from the Crash Injury Research & 

Engineering Network (CIREN), load case ID 06-053-P-1 with impact speed of 46 km/h.  For a 

non-injury case, a time history (case number LX1507) was obtained from the NHTSA 

Biomechanics Test Database of head acceleration data from lateral sled tests (50-70 m/s2) of 

human volunteers [137].  Details of the simulations using the GHBMC human model are given 

in [37] with the six-degree-of-freedom acceleration histories for the fatal case shown in Figures 

A2 and A3 in Basilio et al [124] (Figure 17 and Figure 18 in this thesis).  The element 

deformation histories then served as inputs for the FEBio swelling simulations.  

 

4.2.c FEBio Mesh 

Because we were only interested in analyzing brain swelling, we extracted the skull and 

brain elements from the GHBMC model and imported them into FEBio (febio.org) [55, 56].  The 

FEBio model contained 24 brain parts; Table 5 lists the structures, material type, and material 

properties.  Swelling elements were redefined as being triphasic (‘multiphasic-fcd’) in FEBio, 

while matching their original GHBMC Kelvin-Maxwell viscoelastic mechanical properties.  To 

match the properties in FEBio, we used a multiphasic-fcd material with neo-Hookean properties 

for the solid fraction with a Poisson’s ratio () of 0 making the mixture compressible due to fluid 

movement.  The Young’s modulus (E) was matched to the original long-term shear modulus (G) 

with Equation 10.  The long-time shear modulus was used because swelling is a slow 

phenomenon. 

Equation 10 

𝐸 = 2𝐺(1 + 𝑣) 
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Table 5: Material properties of structures in the FEBio model. 

Structure Material Density Young’s 

Modulus 

(kPa) 

Poisson’s 

Ratio 

Beta 

HE_OR_Cerebellum_3D multiphasic-

fcd 1060 2.4 0 
 

HE_OR_Cerebrum-Gray-

Lower_3D 
multiphasic-

fcd 1060 2.4 0 
 

HE_OR_Cerebrum-Gray-

Upper_3D 
multiphasic-

fcd 1060 2.4 0 
 

HE_OR_CorpusCallosum_3D 
multiphasic-

fcd 1060 3 0 
 

HE_OR_Thalamus_3D 
multiphasic-

fcd 1060 2.4 0 
 

HE_OR_Brainstem-Midbrain_3D 
multiphasic-

fcd 1060 4.8 0 
 

HE_OR_Brainstem_3D 
multiphasic-

fcd 1060 4.8 0 
 

HE_OR_BasalGanglia_3D 
multiphasic-

fcd 1060 2.4 0 
 

HE_OR_Cerebrum-White_3D 
multiphasic-

fcd 1060 3 0 
 

HE_MG_Pia_2D 
neo-

Hookean 1100 12500 0.35 
 

HE_MG_Tentorium_2D 
neo-

Hookean 1100 31500 0.3 
 

HE_MG_Arachnoid-

Cerebrum_2D 
neo-

Hookean 1100 12000 0.35 
 

HE_MG_Arachnoid-

Cerebellum_2D 
neo-

Hookean 1100 12000 0.35 
 

HE_MG_Falx_2D 
neo-

Hookean 1100 12500 0.35 
 

HE_VS_Sagittal-Sinus_3D 
neo-

Hookean 1040 0.2 0 
 

HE_VS_Sagittal-Sinus-

Anterior_3D 
neo-

Hookean 1040 0.2 0 
 

HE_VS_Sinus-Dural_2D 
neo-

Hookean 1100 31500 0.35 
 

HE_MG_Dura_2D 
neo-

Hookean 1100 31500 0.35 
 

HE_Spinal-Cap_2D 
neo-

Hookean 1100 31500 0.315 
 

HE_BC_Skull-Outer-Inner-

Diploe_3D rigid body       
 

HE_CF_Ventricle-Lateral_3D 
Holmes-

Mow 1060 0.2 0 4 

HE_CF_Ventricle-Third_3D 
Holmes-

Mow 1060 0.2 0 4 

HE_CF_CSF_Cerebrum_3D 
Holmes-

Mow 1060 0.2 0 4 

HE_CF_CSF_Cerebellum_3D 
Holmes-

Mow 1060 0.2 0 4 

 

We followed this same method when transferring the material properties of HE_VS-Sagittal-

Sinus_3D and HE_VS_Sagittal-Sinus-Anterior-3D from GHBMC to FEBio.  All shell (2D) brain 
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domains in FEBio were assigned identical material properties and thickness as in LS-DYNA.  

These material properties were not tuned to match a desired output. 

We tested two different representations for the CSF-containing regions of the mesh 

(ventricles and CSF surrounding the brain) to simulate their compaction as the brain swelled.  In 

one strategy, the CSF containing elements were removed (represented by empty space), and 

contact definitions applied to the surrounding interacting surfaces.  In a second scenario, CSF 

regions were represented by material elements with low moduli, similar to the strategy in the 

GHBMC model.  Given the extreme deformations due to swelling, the CSF was represented by a 

Holmes-Mow material that exhibit mild strain stiffening to prevent element inversions. 

 

4.2.d Simulating Swelling 

The displacement histories at 1 millisecond intervals for each node from the GHBMC 

simulations were read into FEBio.  Figure 17 and Figure 18 show the linear translational 

accelerations and rotational accelerations used as input to the GHBMC model; Figure 19 shows 

the resulting first principal strain histories of representative elements from five different parts of 

the brain.  A common strategy to predict tissue injury in TBI simulations is based on tracking the 

maximum principal strain (MPS) experienced by an element [130, 132, 138].   
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Figure 17: Linear translational accelerations used as input to the GHBMC model to simulate 

initial brain deformation during the reconstructed fatal pedestrian crash scenario. 

 

 

Figure 18: Rotational accelerations used as input to the GHBMC model to simulate initial 

brain deformation during the reconstructed fatal pedestrian crash scenario. 
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Figure 19: First principal strain histories of representative elements from indicated brain 

structures during the reconstructed fatal pedestrian crash scenario in response to the 6 degree 

of freedom accelerations represented in Figure 17 and Figure 18. 

 

We adopted a similar strategy using the feature of reactive damage mechanics in FEBio that 

allows for individualized relationships between an input parameter driving damage and the 

subsequently altered material property.  

The amount of damage that an element experienced was assumed to obey a log-normal 

cumulative distribution function:  

Equation 11 

𝐷 =
1

2
𝑒𝑟𝑓𝑐[−

(𝑙𝑛
𝑥
𝜇)

𝜎√2
] 

where D is damage (ranging from 0 to 1), x is the material input parameter (MPS in this case), 

and  and  are parameters to define the midpoint and spread of the cumulative distribution 
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function.  This distribution was chosen for its simplicity because it can be specified with only 2 

parameters. 

In our case, we used the damage metric as a surrogate to represent cell death.  Intuitively, 

the log-normal distribution represents the expected relationship between strain and cell death: at 

low strains, cell death is zero; as strain increases, cell death increases; as strain increases further, 

cell death saturates as all cells die.  Based on experimental studies in the literature that have 

characterized the relationship between strain and cell death, we set  = 0.35 and  = 0.25 (Figure 

20) [139-152].  The choice of a particular distribution function (e.g. log-normal vs. Weibull) 

does not affect the predictions as long as the chosen distribution accurately represents the 

literature. 

We assumed that the exposure of the FCD was proportional to the damage metric, i.e. cell 

death, with the maximum tissue FCD set to -60 mEq/L.  The choice of -60 mEq/l was based on 

several studies reporting tissue osmolarity driving edema ranging from a low of -56 mEq/l [153] 

to a high of -92 mEq/l [154] with an average of -70 ±14 mEq/l [155].  A choice of -60 mEq/l 

seemed reasonable.  Therefore, to simulate cell death and initiate swelling, each multiphasic 

element was assigned a referential FCD, 𝑐𝑟
𝐹, based on its MPS according to Equation 11 

multiplied by the maximum FCD.  
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Figure 20: Relationship between maximum principal strain (MPS) and damage leading to 

strain-induced exposure of FCD based on a review of the experimental literature. 

 

4.2.e Simulating Ischemic Swelling 

As brain tissue swells, nearby tissue undergoes compression.  We reasoned that this 

adjacent compression leads to constriction of blood vessels and subsequent reduction of blood 

flow.  If blood flow is reduced sufficiently, additional brain cells die due to ischemia in those 

compressed regions, exposing additional FCD, causing further secondary swelling.  The relative 

volume was related to damage using Equation 11 again but this time with 𝑥 = 1 − 𝐽,  = 0.3 and 

 = 0.1.  Healthy brain begins to die when blood flow dips below 40-50% of normal levels, 

whereas the threshold for compromised or stressed tissue is higher [156].  Therefore, for 

traumatically injured brain, we reasoned that cells begin to die when blood flow is reduced to 

70% of normal and assumed that blood flow was related to tissue volume.  We reasoned that 

blood flow was proportional to the pore area fraction (e.g. cross sectional area open for blood 

flow) and that pore cross sectional area was the same as pore volume fraction, 𝜑𝑤 (Equation 6), 
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according to Delesse’s law for porous materials.  The resulting damage, a value between 0 and 1, 

was multiplied by the maximum FCD, and another round of swelling was simulated, 

representing both causes of cell death: MPS during impact and ischemia. 

 

4.2.f Predicting Mortality 

After the swelling simulation, ICP was calculated as the volume averaged minimal 

principal stress of the swelling (brain tissue) elements.  The minimum principal stress, which is 

the least tensile (most compressive) stress, was chosen to represent ICP because that is closest to 

what is measured clinically with an intracranial pressure probe placed into the brain parenchyma,  

Indeed, if we assume that the contact between the probe and brain parenchyma is frictionless, 

then the minimum principal stress is exactly equal to the contact stress (whether the probe is 

touching fluid or porous tissue matter), which is the parameter measured clinically.  Based on 

clinical results from Balestreri et al. that reported mortality as a function of ICP after TBI, we 

parameterized their results using Equation 11 with 𝑥 = ICP as the input parameter,  = 30 

mmHg, and  = 0.1 (Figure 21) [43]. 
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Figure 21: Relationship between predicted mortality and ICP based on clinical data from 

Balestreri et al. [43] in red.  The empirical fit to the clinical data in the literature provided a 

continuous relationship to predict mortality from the simulated ICP from the FEBio 

modeling described herein.  The empirical fit was not tuned to our FEBio model output. 

 

To summarize, all relationships and parameters were not tuned for a desired FEBio model 

outcome, but were set a priori by a review of the literature.  The mechanical response of the 

GHBMC was not tuned from the stock model. 

 

4.3 Results 

4.3.a Mesh Visualization Following Swelling 

In initial simulations, CSF was modeled as empty space allowing the brain to swell into 

them, simulating the clinical experience.  The geometry of the GHBMC mesh was not originally 
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conceived for this purpose, and the boundary between the CSF containing regions and 

surrounding structures can be quite irregular.  Because the contact conditions were ill-defined, 

some simulations failed due to large deformations as more FCD was exposed. 

Therefore, we used a second strategy to represent the CSF-containing regions similar to 

that used in the GHBMC mesh, representing CSF as a low modulus material.  In this case, a 

Holmes-Mow material was used, specified by: Young’s modulus and a non-linear parameter .  

We varied Young’s modulus from a low of 0.2 kPa (the same as in the GHBMC model) to a high 

of 10 kPa and  from a low of 3.5 to a high of 8 to show that predicted ICP was insensitive to the 

specific values chosen.  For the fatal side impact, ICP varied by only 7.6% over this range, 

supporting that ICP was not overly sensitive to the properties of the CSF.  Mild strain stiffening 

was required to prevent the CSF mesh from deforming to the point that the simulation failed.  A 

Young’s modulus of 0.2 kPa and a  of 4 was chosen for subsequent simulations. 

For the fatal pedestrian impact, exposure of FCD due to the initial mechanical 

deformation caused the tissue to swell in damaged regions, while compressing tissue in adjacent 

regions.  The ICP after this initial swelling was predicted to be 3.2 kPa (39.1 mmHg), which 

carried an 81% chance of death (Figure 22b).  The mesh visibly deforms due to the initial 

swelling with the ventricles being compacted and the brain expanding into the surrounding CSF 

space.  After ischemic swelling, predicted ICP rose to 8.6 kPa (64.1 mmHg), which carried a 

99% chance of death (Figure 22c).  The mesh further deformed during this second round of 

ischemic swelling.  Predicted ICP for the volunteer case remained at 0 kPa.   
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Figure 22: Simulation results of the fatal pedestrian impact case presenting the minimal 

principal stress (pressure).  A) The undeformed mesh.  B) The deformed mesh after the initial 

round of swelling in response to exposure of FCD due to mechanical injury of brain tissue.  

The mesh visibly deforms due to the initial swelling with the ventricles being compacted 

(black and brown arrows) and the brain expanding into the surrounding CSF space (magenta 

arrow), increasing ICP to 5.21 kPa (39.1 mmHg).  C) After ischemic swelling, the mesh further 

deformed, increasing ICP to 8.55 kPa (64.1 mmHg). 
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4.3.b Effects of Initial Swelling and Ischemic Swelling  

To show the progression of the simulation in more detail, for brain tissue elements, 

histograms of the element FCD in the reference configuration, 𝑐𝑟
𝐹, volume ratio 𝐽, and minimum 

principal stress of 𝝈 after the initial swelling and ischemic swelling steps are shown in Figure 23, 

Figure 24, and Figure 25, respectively.  Note how the initial distributions change from the first to 

the second round of swelling, driven by the exposure of the FCD. 
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Figure 23: Histogram of the FCD in the reference configuration, 𝒄𝒓
𝑭, per element of brain 

tissue for the fatal case.  The FCD driving the initial swelling (red) due to the impact and 

driving swelling due to ischemia (blue) due to the combination of MPS and compression are 

shown.  Note how the shape of the histogram changes between the phases of the simulation 

with a rightward shift. 
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Figure 24: Histogram of brain tissue relative element volume in the fatal pedestrian case after 

the initial swelling (red) due to the impact and after ischemia (blue).  Note how the shape of 

the histogram changes in the ischemic phase as more elements swell, thereby increasing ICP.  

Interestingly, the histogram of ischemic swelling shows far fewer compacted elements when 

compared to the histogram of initial swelling.  The peak of the histogram of ischemic 

swelling is also shifted to the left when compared to the peak of the histogram of initial 
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swelling because although more elements swell in the ischemic simulation, they are still 

confined within the fixed volume of the rigid skull, forcing each of these elements, on 

average, to occupy a smaller amount of accessible volume, while driving pressure up. 
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Figure 25: Histogram of brain tissue minimum principal stress (negative in compression) in 

the fatal pedestrian case after the initial swelling (red) due to the impact and after ischemia 

(blue).  Note how the shape of the histogram significantly shifts to the right in both 

instances, thereby increasing ICP throughout the brain. 
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4.4 Discussion 

Our study is the first to predict brain swelling and the subsequent increase in ICP after an 

injurious deformation.  Swelling was modeled using triphasic mechanics driven by deformation-

based exposure of FCD. Furthermore, ischemia-induced cell death and swelling were taken into 

account when calculating ICP and predicting outcome (mortality). 

Previous studies have used FE modeling to predict injury severity after TBI.  Zhang et al. 

used FE modeling to simulate the biomechanical differences between frontal and lateral impact 

[157].  Although they examined ICP, it was the instantaneous ICP during the impact.  Because 

they did not simulate swelling, this ICP is not the same as seen clinically after TBI where a 

sustained elevated ICP affects outcome.  Yao et al. studied vehicle-pedestrian impacts using 

multi-body system pedestrian and car models in which the estimated head impact conditions 

were used as inputs for their FE head model [158].  Just like the study conducted by Zhang et al., 

this study only looked at transient ICP. 

Other groups have attempted to predict injury severity or death based on MPS.  

Takahashi and Yanaoka hypothesized that peak MPS values correlated with the probability of 

brain injuries and developed a new injury criterion called CIBIC (Convolution of Impulse 

response for Brain Injury Criterion) [159].  However, relying on MPS as a measure to predict 

injury outcome can be misleading as it is often measured from a single element only.  It is 

possible for a single element to experience large deformations yet have negligible effect on the 

brain as a whole.  Furthermore, brain edema is a complex phenomenon encompassing the whole 

brain, requiring more than a single MPS to simulate it.  When we modeled sustained ICP from 

edema, we considered each element’s strain, thus providing different swelling scenarios 

depending on the type of impact.  Swelling is inhomogeneous, as is the induced strain field, and 
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therefore requires consideration of all elements in the brain. Although the initial damage is 

deterministic based upon the distribution described by Equation 11, the subsequent swelling, 

ischemic cell death, and ICP increase are not linear nor can they be inferred directly from the 

deformation field.  Equation 1 shows that osmotic pressure varies nonlinearly with fixed charge 

density and Equation 9 shows that fixed charge density varies nonlinearly with the volume ratio 

J.  Furthermore, relying on the crash-induced MPS to calculate final ICP cannot sufficiently 

describe additional complexities such as the fact that ICP rises drastically after the brain has 

occupied all remaining space (CSF elements) within the skull. 

In a study conducted by Kleiven, a motorcycle accident was reconstructed with an FE 

model [130].  MPS was found to predict the injuries seen in CT images with correlation between 

the hematoma location in CT images and the location of MPS in the FE model.  Because of the 

increased mortality rate due to hematomas and hemorrhages, analyzing MPS may be 

advantageous when analyzing risk of death following TBI.  However, relying solely on MPS 

from FE models only captures the strain and potential injury during the moment of the 

deformation; post-impact brain edema and the resulting injuries remain beyond their scope.  One 

advantage of our model is that we extract MPS from each element as others do, but we use it as a 

predictive parameter in determining the pattern and magnitude of brain edema after impact.  This 

ultimately allows us to predict ICP resulting from sustained brain edema for each case and relate 

it to clinical outcome. 

Our model, however, does have limitations.  The first step in our strategy to predict 

mortality based on ICP relies on the MPS values calculated from the output of the GHBMC 

model.  As such, any uncertainties in reconstructing a crash-scenario associated with the 

accelerations used as input to the GHBMC model will affect the fidelity of our predictions.  
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Furthermore, any limitations associated with the performance of the GHBMC model to 

accurately predict brain strain, i.e. the degree to which GHBMC has been validated (or any other 

FE model), must be taken into account when interpreting our predictions.  It should be noted that 

the relationship between strain and cell death (exposure of FCD), the relationship between 

pressure and ischemic cell death, and the relationship between ICP and mortality were not tuned 

for a desired FEBio model outcome, but were set a priori by a review of the literature.  

Furthermore, the parameters within the GHBMC model to simulate the mechanical response 

during the crash-scenario were not altered from the stock model supplied by Elemance and were 

not tuned in the current study.  However, these relationships may require adjustment as more 

validation data is reported in the literature in the future. 

During TBI, hemorrhage can occur due to tearing of blood vessels.  Brain cells 

surrounding a blood clot can die [160] due to blood toxicity leading to further damage and more 

swelling.  Our model currently does not incorporate hemorrhage.  Another limitation is that the 

relationship between ischemia and resulting infarct volume from damage needs to be validated 

with more experimental data.  In the future, we hope to incorporate mechanical failure of the 

bridging veins to model hemorrhage and resulting cell death and swelling.  Additional 

experimental data regarding the relationship between cerebral blood flow and infarct volume is 

needed to better model cell death and swelling resulting from ischemia.  Ultimately, our model is 

currently not validated at this stage given the very limited set of simulations run; rather this study 

is a demonstration of the feasibility of predicting sub-acute and life-threatening pathology of 

increased ICP after TBI. 
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Chapter 5: Simulating Cerebral Edema and Ischemia After 

Traumatic Acute Subdural Hematoma Using Triphasic Swelling 

Biomechanics 

 

5.1 Introduction 

Acute subdural hematoma (ASDH) is an intracranial bleed often resulting from traumatic 

brain injury (TBI) [161-164].  Between 12% to 29% of patients with severe TBI have ASDH.  

Stretching and tearing of the bridging veins and cortical arteries by head trauma cause collection 

of blood in the innermost layer of the dura [161, 165].  The most common convexity ASDH is 

typically found in the supratentorial regions of the brain and is diagnosed on computed 

tomography as an extra-axial, hyperdense, crescent-shaped lesion between the dura and brain 

parenchyma [165, 166].  Another type of lesion, the interhemispheric ASDH, which is 

characterized by symptoms such as contralateral monoparesis or hemiparesis, also known as falx 

syndrome [167, 168], appears as a hyperdense lesion along the interhemispheric fissure [169].  

Despite advancements in medical care and intensive treatment, ASDH still carries one of the 

worst clinical outcomes following head injury, with a reported mortality rate up to 90% [162, 

170-174].  Unfavorable outcomes following ASDH have been partially attributed to the damage 

to brain tissue during impact (primary injury) [26, 162] but have also been associated with 

secondary injuries including cerebral edema and ischemia [161, 162, 175, 176].  Clinical studies 

have shown that the initial increase in intracranial pressure (ICP) caused by the mass occupying 

effect of the blood clot produces secondary brain injury [175-177].  A greater midline shift 

compared to hematoma thickness is often a sign of secondary brain injury [161, 162, 171], which 
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could contribute to a further increase in ICP and worse clinical outcomes [162, 178].  In this 

study, we have tried to further elucidate the underlying secondary brain injury mechanism of 

traumatic ASDH that contributes to elevated ICP and high mortality rate. 

As a secondary injury, ischemia is the most important neuropathological finding in fatal 

cases of ASDH [179].  The common presence of ischemic brain damage suggests that the mass 

occupying effect of the ASDH compresses brain tissue, leading to ischemic damage by 

constricting vasculature and decreasing cerebral blood flow to the affected region [133, 156].  

Studies have shown that timely evacuation of hematomas increases the likelihood of recovery, 

suggesting that quick evacuation may mitigate ischemic damage otherwise caused by the 

presence of the ASDH.  For example, evacuation of the traumatic ASDH within 4 hours of injury 

reduced mortality rates to as low as 30% and improved functional survival rates as high as 65% 

[26].  Another study demonstrated a 30% mortality in patients with ASDH surgically treated 

within 4 hours after injury and a 90% mortality in those surgically treated more than 4 hours 

after injury [180].  Furthermore, as we have previously hypothesized, ischemic cell death leads 

to exposure of the fixed charge density (FCD) within cells and causes brain swelling [156].  The 

inherent negatively charged molecules that are immobile within the cell such as proteins, 

glycosaminoglycans, and DNA comprise the intracellular FCD.  When a cell loses its metabolic 

function or membrane integrity after death, extracellular cations flow into the cell to neutralize 

the fixed negative charges, increasing the osmolarity within the brain tissue relative to its fluid 

domains (blood and cerebrospinal fluid).  The difference in osmolarity between these 

compartments produces an osmotic pressure gradient that drives water into the brain, leading to 

brain swelling.  Over time, the FCD associated with dead cells undergoes proteolytic breakdown, 
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becoming solubilized and diffusing out, eventually reducing brain swelling.  This study focuses 

only on the swelling, injurious stage of this process. 

In our previous studies, we demonstrated that ischemic damage caused samples of brain 

tissue to swell and identified the FCD as the driving force of brain swelling [20, 21].  Because 

ischemic cell death causes brain swelling, the swollen tissue compresses its adjacent regions.  As 

a result, more brain regions may experience ischemia, which leads to additional cell death, brain 

swelling, and elevated ICP.  Therefore, we hypothesize that the increased likelihood of death 

associated with ASDH is due to the mass occupying effect of the blood clot that exacerbates 

ischemic damage, which in turn leads to more brain swelling and higher ICP due to increased 

FCD exposure as a consequence of the ischemic tissue death. 

A computational pipeline was developed in this study to simulate ischemia, with and 

without ASDH, using a previously established finite element model that simulates cerebral 

edema following motor vehicle crashes [37, 124].  The computational pipeline consists of 

consecutive brain swelling simulations and predicts the resulting increase in ICP as ischemia 

progresses.  Brain swelling was modeled using triphasic swelling biomechanics [19], driven by 

the exposure of the FCD and the Gibbs-Donnan effect.  Two common convexity ASDH with 

different intracranial locations and an interhemispheric ASDH were modeled.  This study aims to 

predict a dynamic range of increased ICP for ASDH by incorporating the progression of 

secondary brain injuries after impact, using a novel computational approach.  With this model, it 

may be possible to improve the prediction of mortality rate for patients with ASDH and aid 

safety system design for the prevention of head injury. 
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5.2 Methods 

5.2.a Brain Swelling and Triphasic Swelling Biomechanics 

Brain tissue is about 80% water and 20% solid matter.  As described in our previous 

study [124], brain tissue was modeled as a mixture of a porous solid matrix and an interstitial 

fluid containing two monovalent counter-ions (Na+ and Cl-).  The solid matrix within brain cells 

contains negatively charged molecular species, such as proteins, glycosaminoglycans, and DNA, 

that contribute a FCD in the intracellular space, which is separated by the plasma membrane 

from the extracellular space.  Under homeostatic conditions, the negative transmembrane 

potential (resulting from ionic imbalance) is maintained by the sodium-potassium pump as it 

counters the role of leak channels and other processes that use the potential energy of the 

transmembrane potential.  When blood flow is reduced or the plasma membrane is damaged, the 

pumps can no longer counteract the thermodynamic gradient as the intracellular FCD is exposed 

to the extracellular environment.  The exposed FCD attracts counter-ions (Na+) leading to a 

higher concentration of ions in the brain tissue relative to the surrounding fluid compartments, 

creating an osmotic pressure difference according to the Gibbs-Donnan effect, which draws 

water into the brain.  A triphasic analysis under steady-state conditions was performed in FEBio 

to predict brain swelling in response to localized and evolving cell death [56].    

 

5.2.b Simulating Primary Injury and Initial Brain Swelling 

Details of the pedestrian-to-vehicle impact cases with six-degree-of-freedom acceleration 

histories of the head using the GHBMC human model were given in a previous study [37].  Eight 

pedestrian impact cases corresponding to different injury severities were selected from the 

National Automotive Sampling System - Pedestrian Crash Data Study (NASS - PCDS), Crash 
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Injury Research and Engineering Network database (CIREN) [37].  The four severe impact cases 

were chosen such that the Maximum Abbreviated Injury Scale (MAIS) injury was sustained by 

the head, resulting in a brain injury with an Abbreviated Injury Scale (AIS) rating of 3 or 4.  The 

other four impact cases were fatal impacts chosen such that the brain injury was the cause of 

death.  Using the same strategy as in the previous study, impact simulations were performed first, 

to predict peak localized tissue strains as predictors of cell death.  The maximum principal strain 

(MPS) experienced by an element of brain tissue was tracked during the impact simulation and 

converted to percent cell death based on Equation 11 presented in the previous chapter 

where D is fractional cell death (ranging from 0 to 1), x represents MPS, and  and  are 

parameters that define the midpoint and spread of the function.  In this formula, the range of x is 

0 to , but in practice there is a finite value for x beyond which all cells die (D = 1).  Based on 

experimental studies in the literature that have established a relationship between strain and cell 

death,  was set to 0.27 and  was set to 0.51 [139-152].  These parameters have been updated 

from chapter 4 due to better fitting to more data points in the literature.  Figure 26 shows the new 

fit and updated  and  values compared to the original fit and resulting parameters from chapter 

4. 
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Figure 26: Relationship between brain cell death and strain – comparing fit between chapters 

4 (TIP Function) and 5 (MATLAB Fit). 

 

To simulate brain swelling from cell death, it was assumed that FCD exposure was 

proportional to cell death.  The maximum FCD was set to -60 mEq/l based on experimental 

studies in the literature [154, 155].  Each swelling element was assigned a referential FCD equal 

to the fractional cell death D multiplied by the maximum FCD.   

 

5.3.c Simulating Ischemia and Ischemic Brain Swelling 

When localized regions of brain tissue swells, the surrounding tissue regions are 

compressed, causing constriction of blood vessels and a decrease in cerebral blood flow.  

Ischemic cell death occurs when blood flow is sufficiently reduced.  To simulate ischemic cell 

death, tissue relative volume was used as a proxy for blood flow.  Modeling brain tissue as a 

porous material, we assumed that the percent of normal cerebral blood flow is equivalent to the 
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normalized pore volume fraction 
𝜑𝑓

𝜑𝑟
𝑓 , which evolves with J according to 

𝜑𝑓

𝜑𝑟
𝑓 =  

1− 
𝜑𝑟

𝑠

𝐽

𝜑𝑟
𝑓 , where 𝜑𝑟

𝑠 =

0.2 is the initial solid volume fraction of brain matter (20%) and 𝜑𝑟
𝑓

= 0.8 is the initial fluid 

volume fraction of brain matter (80%).  The smallest possible value for J is  𝜑𝑟
𝑠 , which 

represents the limit when all interstitial fluid has been squeezed out of the pore space of brain 

tissue (
𝜑𝑓

𝜑𝑟
𝑓 = 0) and no blood can flow.  Thus, we reasoned that 100% cell death occurs when 

there is no cerebral blood flow (𝐽 = 0.2), and no cell death occurs when cerebral blood flow is at 

its normal level (𝐽 = 1).  Additionally, hypoperfusion of blood flow within the brain leads to 

ischemic tissue damage in the form of three distinct regions: an infarct core, penumbral tissue, 

and oligemic tissue [181].  The infarct core consists of irreversibly damaged tissue [182] 

surrounded by penumbral tissue that is also ischemically affected but to a lesser degree than the 

infarct core [183].  Oligemic tissue, which consists of relatively mildly hypoperfused tissue, 

surrounds both the penumbra and infarct core [184].  This pattern of injury during ischemia has 

been seen in humans [185] and animals such as rats [186].  Although oligemia refers to an 

episode of low blood flow that causes molecular changes, it does not produce an infarct or cell 

death [187].  Within the oligemic region, there is electrical dysfunction but cellular integrity is 

maintained [188].  The penumbra, however, barely receives enough blood flow to keep neurons 

alive and is associated with delayed death of neurons and apoptotic neuronal death [189].  Cell 

death is known to ensue when blood flow decreases to 80% of control levels [190].  We therefore 

reasoned that penumbra development begins when cerebral blood flow drops to 80% of its 

normal level.  Tissue in the penumbra is also known to progressively develop into the ischemic 

core if blood supply is not restored in a timely manner [156, 191, 192].  One study found that 

within the infarct core of rat brain, approximately 15% of cells remained healthy while the 
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remaining approximately 85% of cells were either dead or damaged [193, 194].  Assuming the 

same pattern of cell death within the infarct core of rat and human brain, we therefore reasoned 

that at the onset of penumbra development, 85% of cells would eventually die assuming that 

blood supply would not be restored.  Thus, we deduced that 85% of ischemic cell death occurs 

when cerebral blood flow drops to 80% of normal blood flow (
𝜑𝑓

𝜑𝑟
𝑓 = 0.80), with corresponding J 

= 0.55.  By hypothesizing that all cells die without blood flow (J = 0.2), that 85% cell death 

occurs when cerebral blood flow drops to 80% of normal levels (J = 0.55), and that no cell death 

occurs when cerebral blood flow is at normal levels (J = 1), ischemic cell death was 

approximated by fitting a relationship between these three points using Equation 11 but with x = 

1-J. The resulting 𝜇 and 𝜎 are 0.305 and 0. 428, respectively.   

 Throughout the ischemic brain swelling simulations, the computational pipeline recorded 

the highest cell death percent in each swelling element and used it as the initial condition for the 

next simulation.  ICP was extracted at the end of each simulation, calculated as the volume 

averaged minimum principal stress of the entire brain parenchyma, which corresponds to what is 

measured clinically with an ICP probe placed into the brain parenchyma.  The simulations were 

terminated when the simulated ICP stopped increasing.  A flowchart of the computational 

pipeline we developed in C++ is shown in Figure 27. 
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Figure 27: Automated computational pipeline coded using C++.  Steps highlighted in 

red signify portions of the pipeline that were repeatedly simulated until ICP stopped 

increasing. 

 

5.2.d FEBio Mesh 

As in our previous study [124], the skull and brain meshes from the Global Human Body 

Models Consortium (GHBMC) model were extracted and imported into FEBio Studio 

(febio.org) [55, 56],  The elements of the brain parenchyma that are subject to swelling were 

redefined as triphasic in FEBio.  The material properties of all the elements were imported from 

GHBMC to FEBio using the same method as in the previous study [124].  However, unlike in 

the previous study in which the elements representing cerebrospinal fluid were modeled as a 

Holmes-Mow material (Figure 28), in the current study those elements were removed from the 

mesh (Figure 29) to better represent resorption of fluid over the time course of brain swelling.   
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Figure 28: Cerebrum CSF (gray) lies between the cerebrum arachnoid shell layer (green) and 

pia shell layer (not visible) which lies on top of the upper cerebrum (blue).  In earlier 

versions of the FEBio swelling model, the CSF was represented by solid elements as it is in 

the original GHBMC model. 

 

 

Figure 29: Left figure shows the old brain model with CSF present while the right figure 

shows the current modified brain model with CSF represented as an open space. 
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Contact definitions were added to the surrounding interacting surfaces to simulate the 

compaction of this space as the brain deformed.  Figure 30 demonstrates how establishment of 

contact between the pia and cerebrum arachnoid prevented penetration of both parts during the 

swelling simulation. 

 

 

 

Figure 30: Pia (magenta), cerebrum-arachnoid (green), and dura (yellow) prior to brain 

swelling (left), after brain swelling but without contacts (middle), and after brain swelling 

with established contacts (right).  Note the lack of penetration between the pia, cerebrum-

arachnoid, and dura as the parenchyma (not shown) swells. 

 

5.2.e Modeling ASDH 

 Two common types of convexity ASDH with different intracranial locations were 

modeled.  To maintain the crescent shape of a convexity ASDH, boundary conditions were 

applied to prescribe displacements on the selected surface of the 2D shell structure that 

represents the arachnoid.  As shown in Figure 31, Type 1 convexity ASDH, which is typically 

caused by bridging vein rupture in the frontoparasagittal region [195], spread over the frontal and 

parietal lobes.  As shown in Figure 32 , a Type 2 convexity ASDH, which is typically caused by 

arterial ruptures in the temporoparietal region [195], is located on the temporal lobe.  Clinically, 

hematoma thickness and midline shift are used to evaluate the extent of the mass occupying 
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effect of the lesion.  According to the surgical guidance for convexity ASDH, surgical 

evacuation is recommended if the convexity hematoma thickness is greater than 10 mm or the 

midline shift is over 5 mm [196].  For these two types of convexity ASDH, prescribed 

displacements of 0 mm, 5 mm, 10 mm, and 14.6 mm at a 45 degree angle into the head (Type 1) 

directly upon the cerebrum_arachnoid (green shell in Figure 31) towards the brain parenchyma 

and laterally to the head (Type 2) directly upon the cerebrum_arachnoid (green shell in Figure 

32) towards the brain parenchyma were chosen to simulate different hematoma thicknesses to 

investigate the mass occupying effect (hematoma volume) and subsequent ischemia on ICP. 

 

Figure 31: Type 1 convexity ASDH with 14.6 mm thickness after ischemic brain swelling.  

The mass occupying effect of the blood clot can be seen as a prescribed displacement of the 

surface of brain.  (a) horizontal plane; (b) coronal plane   
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Figure 32: Type 2 convexity ASDH with 14.6 mm thickness after ischemic brain swelling.  

The mass occupying effect of the blood clot can be seen as a prescribed displacement of the 

surface of the brain.  In contrast to Type 1 convexity ASDH that is located on the 

frontoparietal lobe, Type 2 convexity ASDH is located more inferior on the temporal lobe.  

(a) horizontal plane; (b) coronal plane   

 

A traumatic interhemispheric ASDH was also modeled.  As shown in Figure 33, the 

interhemispheric ASDH is located in the interhemispheric fissure.  Although no general guidance 

about the surgical evacuation of traumatic interhemispheric ASDH is provided in surgical 

guidelines, one study has reported that an interhemispheric ASDH thickness of 12.6 mm was 

associated with favorable outcomes whereas an interhemispheric ASDH thickness of 15.3 mm 

was associated with poor outcomes.  Therefore, hematoma thicknesses of 0 mm, 10 mm, and 20 

mm were chosen for simulation.  For all cases involving hematoma, brain swelling was 

simulated after prescribing displacements of the brain surface to represent the hematoma. 
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Figure 33: Interhemispheric ASDH with 20 mm thickness after ischemic brain swelling.  The 

mass occupying effect of the blood clot can be seen as a prescribed displacement of the 

surface of the brain.  (a) horizontal plane; (b) coronal plane 

 

5.2.f Statistical Analysis 

Because there were 8 different crash scenarios and each one represented a different injury 

severity, ICP was normalized to the ICP from its corresponding baseline case (0 mm hematoma 

without ischemic secondary injury).    

For convexity ASDH, three-way ANOVA followed by Bonferroni post hoc testing was 

performed to determine the effect of convexity ASDH type, hematoma volume, and ischemia on 

ICP.  The first main factor was convexity ASDH type (Type 1 and Type 2); the second main 

factor was injury type (primary injury and ischemic injury); and the last main factor was 

hematoma volume (no hematoma [0 mm], 5 mm, 10 mm, and 14.6 mm thick hematomas).    



99 

 

For interhemispheric ASDH, two-way ANOVA followed by Bonferroni post hoc testing 

was performed to determine the effect of hematoma volume and ischemia on ICP.  The first main 

factor was injury type (primary injury and ischemic injury) and the second main factor was 

hematoma volume: (no hematoma [0 mm], 10 mm, and 20 mm thick hematomas).    

 

5.2.g 𝜑𝑟
𝑠 Designation 

 The variable 𝜑𝑟
𝑠 (designated as phi0 in the FEBio input file) represents the solid volume 

fraction of the material.  The FCD value will vary as the solid matrix deforms, and the degree of 

FCD variation depends on the 𝜑𝑟
𝑠 value.  A 𝜑𝑟

𝑠 of 0 was used in our simulations to maintain 

consistency with the model in chapter 4 and to aid with numerical convergence.  Convergence 

issues have since improved and models are currently being simulated with a 𝜑𝑟
𝑠 of 0.2 to mimic 

the 20% solid matrix of brain. 

 

5.3 Results 

5.3.a Modeling CSF Domains as Elements vs. Empty Space: ICP Comparison 

After the CSF elements had been removed and contact interfaces had been established 

and fine-tuned, we simulated the swelling simulations again to compare ICP values of the 

previous head model with CSF represented by solid elements present to the predicted ICP values 

with the CSF represented by empty space.  ICP values were slightly higher when solid CSF 

elements were present.  This was expected because the solid CSF elements would stiffen when 

compressed by brain tissue and therefore, available volume for swelling would be reduced.  With 

the CSF modeled as an empty space now, there is more room for the brain to swell, causing 

slightly lower ICP values.  The ICP differences were less for the least severe head injury cases, 
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perhaps because these least severe head injury cases do not lead to as much swelling into the 

spaces between the skull and brain.  The percent change in ICP for each head injury case are 

shown in Table 6, with a graphical comparison shown in Figure 34.  Max ICP difference among 

the 8 cases was ~ 5%, indicating that modeling the CSF regions either using elements with a 

Holmes-Mow material or empty space did not significantly alter ICP calculations. 

 

Table 6: Percent change in ICP for each head injury case (four severe cases and four fatal 

cases) when cerebrum CSF and cerebellum CSF were modeled from Holmes-Mow materials 

to empty space 

Head Injury Case Percent Change in ICP 

PEDESTRIAN_SEVERE-03 3.8% 

PEDESTRIAN_SEVERE-02 3.7% 

PEDESTRIAN_001_L02 3.8% 

PEDESTRIAN_SEVERE-04 4.0% 

PEDESTRIAN_FATAL-02 4.8% 

PEDESTRIAN_FATAL-05-5 4.6% 

PEDESTRIAN_FATAL-04 5.2% 

PEDESTRIAN_FATAL-03 5.1% 
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Figure 34: Comparing ICP between cases (four severe cases and four fatal cases) with solid 

CSF elements and simulations without CSF. 

 

5.3.b ICP Values Plateau After Three Successive Iterations of Ischemic Swelling Simulations 

Using our simulation pipeline, we determined that ICP values stopped increasing by the 

third round of ischemic simulation for the eight pedestrian crash scenarios without hematoma 

(Figure 35).  ICP values also stopped increasing appreciably after the third round of ischemic 

swelling for all hematoma thicknesses tested.  Thus, final ICP values were taken from the third 

round of ischemic swelling. 
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Figure 35: Effect of multiple rounds of ischemia on ICP using new parameters ( = 0.305, and 

 = 0.428) on the four severe cases and four fatal cases.  ICP stops increasing appreciably after 

the third round of ischemic swelling. 
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5.3.c ASDH Causes Elevated ICP Levels by Exacerbating Ischemic Injury 

 

Figure 36: Simulated ICP percent increase from baseline (primary injury with a 0 mm 

hematoma thickness) comparing (a) the effect of hematoma volume for convexity ASDH, (b) 

the effect of hematoma volume for interhemispheric ASDH, (c) the effect of ischemia for 

convexity ASDH, (d) the effect of ischemia for interhemispheric ASDH, (e) the interaction 

between hematoma volume and ischemia for convexity ASDH, and (f) the interaction 

between hematoma volume and ischemia for interhemispheric ASDH.  * p < 0.05, ** p < 0.01, 

*** p < 0.001, mean ± SEM 
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For convexity ASDH, as determined by the three-way ANOVA, hematoma volume and 

ischemic injury significantly influenced ICP, whereas the intracranial location of convexity 

ASDH (Type 1 vs Type 2) did not have a significant effect.  The effect of hematoma volume is 

shown in Figure 36a.  The ICP for the 14.6 mm thick hematoma was significantly greater than 

for both 0 mm and 5 mm thick hematomas.  The effect of ischemia is shown in Figure 36c, and a 

closer examination of the differences between the groups in injury type and hematoma volume is 

shown in Figure 36e.  Ischemic injury significantly increased ICP after primary injury across all 

hematoma thicknesses.  In addition, the interaction effect of hematoma volume and ischemic 

injury was statistically significant.  A larger hematoma volume led to worse ischemic injury.  

For interhemispheric ASDH, as determined by the two-way ANOVA, both hematoma 

volume and ischemic injury significantly increased ICP over baseline.  ICP with a 20 mm thick 

hematoma was significantly greater than ICP with a 0 mm thick hematoma (Figure 36b).  

Ischemic injury also significantly increased ICP after primary injury across all hematoma 

thicknesses (Figure 36d and Figure 36f).  However, unlike in the case of convexity ASDH, the 

interaction effect of hematoma volume and ischemic injury was not statistically significant. 

 

5.4 Discussion 

The aim of this study was to determine why the presence of hematoma is associated with 

a higher likelihood of death.  We demonstrated that convexity ASDH significantly increased ICP 

by exacerbating ischemic damage, which could explain how hematomas lead to increased 

likelihood of mortality.  However, interhemispheric ASDH did not significantly exacerbate 

ischemia, which may explain why conservative surgical management is generally recommended 

for interhemispheric ASDH.  Although several finite element models have been developed to 
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predict the occurrence of ASDH due to the rupture of bridging veins [197-199], few have 

examined the consequences of ASDH on subsequent secondary injury cascades such as ischemia 

and edema.  One study created a model for ICP estimation based on the hematoma thickness and 

midline shift, but it only considered the immediate effect of hematoma volume on ICP [178].  

However, in the clinic, it is well documented that brain swelling leads to an elevation in ICP, and 

the rise of ICP may be swift, occurring within 36 hours post-injury despite aggressive treatment 

[15].  This evolution of ICP over time emphasizes the need for a model that is capable of 

simulating this delayed brain swelling and the subsequent rise in ICP as brain swelling 

progresses.  Although another study modeled cerebral edema following ischemic stroke, it was 

limited by the assumption that cerebral edema was assumed to be driven by an increase in blood 

pressure during reperfusion after thrombolytic therapy [200].  In contrast, our model simulates 

brain swelling by accounting for exposure of intracellular FCD due to cell death from primary 

injury and ischemic damage.  To the best of our knowledge, this study is the first to incorporate 

secondary injuries such as ischemia and edema, along with a clinically accurate mass occupying 

effect from ASDH, to predict post-traumatic ICP. 

ASDH is an acute intracranial lesion that leads to elevated ICP and is often complicated 

by co-existing intracranial lesions such as edema and ischemia [166].  In exercising our model, 

we demonstrated that the mass occupying effect of larger ASDH exacerbated ischemic damage 

in the surrounding tissue leading to higher ICP (Figure 36a).  The importance of secondary injury 

processes, e.g. ischemia, is supported by an investigation of intracranial tumor growth, which 

reported deformation of the brain parenchyma with increased ICP [201].  Therefore, the purpose 

of surgery for ASDH is to prevent herniation and to reduce secondary ischemic injury [166].  
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In contrast to the common convexity ASDH, interhemispheric ASDH is reported to not 

correlate with increased ICP [202], and clinical guidelines suggest that interhemispheric ASDH 

may be treated conservatively in most cases, i.e. without surgical removal [169].  A more 

conservative approach is supported by a higher rate of functional recovery with interhemispheric 

ASDH than with convexity ASDH [203].  The advocated conservative surgical management for 

most primary interhemispheric ASDHs [168, 202] is supported by our results that the presence of 

an interhemispheric ASDH did not compress surrounding tissue as much as convexity ASDH to 

cause additional ischemic cell death or subsequent increase of ICP.  The distinct effect of 

interhemispheric ASDH can be explained by its anatomical location which does not compress 

the surrounding brain tissue as much as the convexity ASDH does. 

Current guidelines for surgical intervention to remove a convexity ASDH are based on 

the Glasgow Coma Scale score and computerized tomography (CT) findings.  For example, a 

convexity ASDH with a thickness greater than 10 mm or a midline shift greater than 5 mm 

should be surgically removed [196, 204, 205].  Although midline shift was not investigated, our 

model did suggest that 10 mm hematoma thickness was a critical threshold for surgical 

evacuation (Figure 36a).  The simulated ICP appreciably increased from baseline cases when 

hematoma thickness exceeded 10 mm.  In addition to CT parameters, a patient’s ICP is another 

indicator for surgical intervention.  For comatose patients, one clinical guideline suggests that 

surgery should be performed if ICP exceeds 20 mmHg [206].  However, for patients with 

extensive primary injury, even surgical intervention may not be sufficient to reduce ICP because 

the contribution to elevated ICP from the hematoma (mass occupying effect and ischemia) is 

negligible compared to the swelling due to the cell death caused by deformation during the 

impact.  In these situations to effectively control ICP, osmotherapy, with or without surgical 
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intervention, should be considered to mitigate the substantial cerebral edema resulting from the 

primary injury [207, 208].  Therefore, the decision for surgical intervention may depend in part 

on distinguishing the effect of primary injury versus secondary injury due to the hematoma and 

ischemic cell death on patient outcome.  By simulating ischemic cell death due to hematoma 

with different thicknesses, our results suggest that a hematoma thickness of 10 mm is a good 

indicator for surgical intervention for patients with convexity ASDH.  There is no comparable 

surgical guidance for patients with interhemispheric ASDH due to a paucity of data.  However, 

our results suggested that an interhemispheric ASDH of 20 mm thickness should be surgically 

evacuated.  This 20 mm threshold is supported by clinical findings that large interhemispheric 

ASDHs with an average hematoma thickness of 19.5 mm cause falx syndrome [203], and 

surgical evacuation should be performed if falx syndrome is present [209, 210].  

The timing of surgery is another important factor in patient outcome.  Our results 

suggested that prompt evacuation of the hematoma is important to rescue the brain from 

secondary ischemia as the progression of ischemia significantly increased ICP.  Prompt removal 

of the hematoma is consistent with general guidance for patients with ASDH who have an 

indication for surgery [196, 211].  In addition, studies showed that patients who recover from 

injury have a shorter period between injury and surgery compared to those who have a fatal 

outcome, highlighting the significance of immediate evacuation of a subdural hematoma [180, 

212].  However, another study reported that the timing of surgery was not statistically correlated 

with outcome [213].  The discrepancy could be explained by the variability in the extent of 

patients’ primary injury.  As pointed out by one study, the extent of primary injury may be 

substantial, making the timing of subdural blood clot removal less critical than previously 

thought [26].  In contrast, as also shown by our model, for those who experience less severe 
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primary injury, the contribution of hematoma plus ischemia is more significant, and, therefore, 

the timing of surgery is critical.  Clinically, decompressive craniectomy is recommended when 

brain swelling is expected during and/or after surgery [166].  Compared to traditional 

craniotomy, this study showed that decompressive craniectomy significantly improved outcome 

in patients with refractory intracranial hypertension due to extensive contusion [214].  However, 

it is also worth noting that even if surgery was performed in a timely manner to suppress 

secondary injury from hematoma, unfavorable effects of decompressive craniectomy such as 

exacerbation of edema [215] or complications such as contralateral acute epidural hematoma 

[216] are possible risks following the removal of ASDH.  Those factors could affect patient 

outcome and confound determining the effect of timely removal of the hematoma. 

Although ASDH is a major risk factor for poor outcome, it is less clear whether the 

source of the hematoma, venous or arterial blood, affects patient outcome.  We attempted to 

explore this question with the two types of convexity ASDH: Type 1 for venous rupture or Type 

2 for arterial rupture.  In our simulations, there was no difference in ICP between the two types 

of convexity ASDH modeled, suggesting that the source of blood does not affect ICP.  Because 

the source of convexity ASDH can be determined by its location [195], we infer that there is no 

significant difference between convexity ASDH due to bridging vein rupture and convexity 

ASDH due to arterial rupture.  Our simulations are supported by a study in the rat to evaluate the 

differences in secondary ischemic lesions caused by subdural injection of venous blood, arterial 

blood, or saline [210].  No difference in lesion volume or extent of brain swelling was found for 

arterial or venous blood [210].  Although we identified the same trend for venous and arterial 

convexity ASDH, our model did not take into account the physiological effect of blood 

constituents.  Studies have shown that direct contact of blood constituents with brain cells can 
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induce cell death, which could contribute to a larger area of swelling and therefore ischemia 

[217, 218].  It was reported that thrombin, a protein involved in coagulation, is present at higher 

levels in tissues affected by ischemia and can have cytotoxic effects in a dose-dependent manner 

[217].  It was also reported that the release of carbonic anhydrase-I from damaged red blood cells 

can increase the permeability of the blood-brain barrier, potentially exacerbating brain swelling 

[218].  Therefore, future work could incorporate blood toxicity and other potential mechanisms 

for secondary injury such as spreading depolarization [215] into our model.    

Despite the novelty of our study, there were several limitations.  In our model, the size of 

the ASDH was based on the hematoma thickness measured from diagnostic CT scans.  The 

geometry of the hematoma was fixed for the entire simulation including the later stage of 

ischemia as swelling progressed.  As the brain swells, it may be possible for it to counteract the 

local compression by the hematoma and alter the extent of tissue displacement caused by the 

clot.  More work will be required to investigate the interaction of forces between brain swelling 

and hematoma to refine our model.  Another limitation of this study was the use of a maximum 

FCD value in the brain swelling simulation that requires more validation.  The swelling pressure 

within an element was proportional to the amount of intracellular FCD exposed.  Although our 

model can predict ICP, further experimental validation will be required to more precisely 

determine the FCD of human brain.  

In summary, our model demonstrated the capability to simulate secondary injuries 

including cerebral edema and post-traumatic ischemia due to ASDH to predict post-traumatic 

ICP.  We showed that the joint effect of the mass occupying effect of the blood clot and resulting 

ischemia contributes to elevated ICP, which could explain the underlying injury mechanism for 

the high mortality rate associated with traumatic ASDH.   
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Chapter 6: Summary and Discussion 

 

6.1 Determining the Mechanical Properties of Brain Tissue 

 Traumatic brain injury (TBI) occurs when head acceleration causes large deformations of 

brain tissue.  Computational models, which require appropriate geometry, mechanical 

parameters, tolerance criteria, and data validation, have been used to make predictions after 

injury.  Prediction of the functional consequences of TBI requires accurate predictions of the 

distribution of stress and strain in the brain, which requires appropriate mechanical properties of 

the brain.  The mechanical parameters necessary for populating these models, however, are 

lacking.  In chapter 2, we sought to determine the constitutive formulation and its corresponding 

appropriate mechanical parameters to best model the mechanical behavior of each of the five 

different tested regions of the brain.   

In this study, we reanalyzed data from previous work in which sections of non-sclerotic 

hippocampus (CA1, CA3, and dentate gyrus) and non-epileptic neocortex (cortex gray matter 

and cortex white matter) were taken from 11 patients of both sexes ranging in age from 4 to 58 

years during surgical procedures to resect underlying epileptic foci [52].  1 mm thick slices of 

tissue were indented using a cylindrical indenter with a 250 μm radius in which three 

consecutive indentations were performed on the sample to displacements of 40, 80, and 120 μm.  

During each step, the tissue sample slices were indented by 40 μm in 70 ms and held for 19.93 s 

to capture the stress relaxation response.  A recent previous study attempted to use a quasilinear 

viscoelastic (QLV) model to characterize the mechanical behavior of brain tissue under large 

strain, but the QLV model was less optimal than the fitting of the linear viscoelastic model [53].  

The limitation of this previous study, however, is that the strain used to calculate load for the 
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QLV model was calculated using a small strain assumption, which may not be valid for the large 

strains experienced in these indentation experiments.  Therefore, the intent of this current study 

was to use an inverse FE approach and an FE solver for large nonlinear deformations, which 

would allow us to circumvent the small strain assumption and obtain more accurate mechanical 

properties.   

 Prior to conducting inverse FE methodology, a mesh convergence study was conducted.  

A mesh convergence study is required to ensure that the elements are small enough to accurately 

represent the spatial gradients within the mesh without introducing numerical artifacts, such as 

artificial stiffening of the mesh response.  After determining the “ground truth” loads, we created 

an optimized mesh that would match the “ground truth” loads as closely as possible but with a 

short enough computational run time.  This optimized mesh was used for all inverse FE 

simulations conducted in the study. 

 We tested the neo-Hookean, Mooney-Rivlin, and Ogden constitutive formulations to 

determine which of the three could model the mechanical behavior of brain tissue the best.  

Inverse FE simulations were conducted on experimental load data for each of the five different 

brain regions, and we determined that an uncoupled viscoelastic Ogden constitutive formulation 

best represented the mechanical behavior of brain tissue among the three constitutive 

formulations tested.  The Ogden constitutive model has also been used to model the non-linear 

mechanical behavior of other soft tissues such as the liver [67], rat brain and fat tissue [68]. 

 Functional differences in the brain tissue response as a function of sex, age, or anatomical 

location was assessed using optimized parameters from inverse FE simulations of each of the 73 

individual experimental samples.  Virtual indentations under a single large deformation were 

conducted using these optimized parameters, and we determined that brain anatomical region 
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significantly affected mechanical behavior, but age and sex did not.  However, our statistical 

analysis was underpowered due to difficulty of obtaining sufficient human samples.  In addition, 

we determined that cortex white matter was significantly stiffer than that of the cortex gray 

matter and that the CA1 was significantly stiffer than the cortex gray matter.  Overall, the 

findings in this study may assist in improving computational FE head models by providing more 

accurate mechanical properties to make better predictions following TBI.    

 The overall purpose of this thesis was to present a new FE model and methodology to 

better predict patient outcome following TBI.  An advantage of our model is that we can 

incorporate ischemic injury, cerebral edema, and ASDH into our predictions of patient outcome, 

in addition to studying the stresses and strains that occur in the brain during primary injury at the 

moment of impact.  Automotive safety engineers currently only model primary injury during FE 

simulations of impact, which may lead to drastically inaccurate results of patient outcome 

following TBI.  The work presented in chapter 2 of this thesis is paramount for making accurate 

predictions of patient outcome following TBI because the appropriate constitutive formulation 

for brain tissue, along with its associated mechanical parameters, not only affects the resulting 

strain field of the brain tissue during TBI but also affects the pattern and magnitude of the 

resulting cerebral edema which influences ICP.  Because we predict patient mortality using ICP, 

accurately predicting the resulting swelling profile is necessary.  Different mechanical properties 

would alter the MPS experienced per element for a given loading condition, which would 

influence how much FCD is assigned to each element.  Different mechanical properties would 

also lead to different degrees of compression and swelling for each element, which would lead to 

different amounts of cell death during ischemic injury, leading to different values of FCD 

assigned to each element, ultimately altering the swelling profile of the brain.  Therefore, we 
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hope that the mechanical properties determined in chapter 2 of this thesis improve current FE 

head models used in the automotive industry to predict stresses and strains during primary injury 

and lay the foundation for future work that will use the new FE head model and methodology 

developed in this thesis to accurately predict ICP.   

However, determination of the appropriate constitutive formulation and its associated 

mechanical parameters for each part of the brain is not sufficient for modeling the resulting 

swelling profile of the brain following TBI.  Because we hypothesize that the brain swelling 

profile is dependent upon the degree of FCD exposure that is based on the actual value of FCD 

content within human brain tissue, it is necessary to measure the actual value of FCD content 

within human brain tissue so that this value can be incorporated into the computational 

methodology.  The actual FCD content of human brain tissue still remains uncertain.  In chapter 

3 of this thesis summarized in the following section, we calculated the FCD content of rat and 

pig brain tissue, demonstrating the possibility of calculating FCD of human brain tissue in future 

experiments.  Determining the amount of FCD within human brain tissue is necessary for our FE 

model to make accurate predictions of brain swelling and resulting ICP. 

 

6.2 Measuring the FCD of Brain Tissue 

 Accurate strains and accurate values of FCD are both required to correctly model the 

post-traumatic swelling response using our head model and novel computational methodology.  

The work presented in chapter 2 sought to determine the appropriate constitutive model and 

associated mechanical parameters of different regions of brain tissue to more accurately predict 

strains experienced within the brain during a loading event, while the work presented in chapter 
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3 sought to measure the FCD in brain tissue and provide support that cerebral edema is caused 

by the exposure of intercellular FCD during cell death.   

We constructed a device to measure the confined swelling pressure of rat and pig brain 

tissue samples.  Using the Gibbs-Donnan equation (Equation 1), we calculated FCD from the 

measured confined swelling pressure of the tissue samples.  Interestingly, when we treated rat 

brain tissue samples with a cocktail of FCD-cleaving enzymes, the calculated maximum FCD did 

not significantly differ from the calculated maximum FCD without enzymes.  One potential 

explanation is that we calculated FCD content of the sample based on its confined swelling 

pressure, and the enzymes were so large that they did not have adequate time to diffuse 

throughout the thickness of the brain tissue sample within the average time period that the brain 

samples reached maximum swelling pressure (usually within 1-2 hours).  However, the effect of 

the FCD-cleaving enzymes became apparent after maximum swelling pressure was attained, 

especially at 16 hours after application of tare load, when swelling pressure and calculated FCD 

content were significantly lower after enzyme treatment. 

Confined swelling experiments were also conducted on pig cortex white matter and pig 

cortex gray matter to compare differences in FCD.  Cortex gray matter produced higher swelling 

pressures, indicating higher amounts of FCD within cortex gray matter compared to cortex white 

matter.  This finding is important, as it reveals that the amount of FCD within the cortex gray 

matter and cortex white matter of human brain may also differ.  The amount of FCD within 

different regions of the brain such as the thalamus, corpus callosum, cerebellum, and brain stem 

along with other regions might also be different.  Therefore, accurate modeling of cerebral 

edema and accurate predictions of ICP and mortality will require determining the amount of 
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FCD for all parts of the human brain capable of swelling so that these values can be incorporated 

for each part of the brain within FE head models. 

To test whether swelling and FCD exposure was due to cell death, rat brain samples were 

placed in Triton X-100 for at least 2 hours before measuring confined swelling pressure.  The 

average confined swelling pressure of this group was nearly zero, indicating that the Triton X-

100 must have killed all cells, exposing all intracellular FCD and preventing any further swelling 

from occurring once these samples were tested using our device. 

Taken together, the results from this study, in addition to studies by Elkin et al. [20, 21], 

provide strong evidence that exposure of intracellular FCD due to cell death is responsible for 

brain swelling and that swelling can potentially be modeled using principles of triphasic mixture 

theory in rat brains, indicating that brain swelling of human brain tissue may occur through the 

same mechanism.  Although only rat brain tissue and pig brain tissue were tested in this study, 

this work demonstrates the plausibility of using our methodology to measure the FCD content of 

human brain tissue in the near future, assuming that human brain also swells by the same 

mechanism, which will be important for accurately modeling the brain swelling profile within FE 

head models following TBI. 

The work conducted in chapter 2 and chapter 3 of this thesis are significant in that they 

provide the foundation necessary for modeling cerebral edema and predicting mortality from ICP 

using FE head models.  Chapter 2 provided the constitutive formulation and associated 

mechanical properties of brain that are required for accurately modeling the strain response of 

the brain during primary injury and the strain response of the brain due to swelling.  These 

mechanical properties affect the strains within each element for a given loading condition.  The 

work presented in chapter 3 demonstrated that swelling may be explained by exposure of 
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intracellular FCD during cell death, showing that swelling could potentially be modeled in FE 

head models using concepts from triphasic mixture theory.  This work also showed that 

calculating the total amount of FCD of brain is possible if cerebral edema can be modeled using 

triphasic mixture theory.  The cumulative results from the work conducted in these chapters 

demonstrate that modeling cerebral edema within an FE head model that contains triphasic 

material formulations is possible if strains within an element can be related to amount of cell 

death within that element, which would ultimately be related to the amount of exposed FCD that 

is assigned to that element.  Thus, the work conducted in chapter 4 summarized in the following 

section presents our attempt to model cerebral edema within an FE head model by utilizing 

concepts from the prior two chapters. 

 

6.3 Modeling Post-Traumatic Cerebral Edema in FEBio 

In chapter 4, we modeled post-traumatic cerebral edema in a FE head model using 

FEBio.  Modeling the pattern and magnitude of the resulting swelling after TBI is important, as it 

allows for calculation of ICP which could lead to better predictions of patient outcome after 

injury. 

 The skull and brain elements from the GHBMC model were extracted and imported into 

FEBio.  Swelling elements in FEBio were redefined as being triphasic (“multiphasic-fcd”) while 

matching their original GHBMC Kelvin-Maxwell viscoelastic mechanical properties.  All 2D 

shell brain domains in FEBio were also assigned identical material properties and thickness as in 

the GHBMC model. 

Brain swelling was modeled using the principles of triphasic mixture theory, since our 

work in chapter 3 along with work by Elkin et al. [20, 21] supports that brain swelling is caused 
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by the exposure of FCD during cell death.  FCD was assumed to be -60 mEq/L and FCD for each 

element was related to cell death.  In our model, cell death can be caused by either strain or 

ischemic damage due to compaction.  To model swelling due to primary injury, we related MPS 

to cell death and damage using data from the literature, which in turn was related to the amount 

of FCD that would be assigned to the element.  Swelling due to ischemic injury was modeled in 

a similar fashion, but by relating volume compaction of an element (measured by its volume 

ratio after a completed swelling simulation) to cell death using data from the literature.  ICP was 

calculated as the volume averaged 3rd principal stress of all multiphasic elements within the 

model at the end of the swelling simulation.  We found that ICP was directly proportional to the 

severity of the primary injury and that with head injury cases designated as “fatal” produced ICP 

values that were larger that head injury cases that were designated as “severe”.  We also found 

that swelling due to both ischemic and primary injury caused significant increases in ICP 

compared to ICP values produced from the primary injury alone. 

Severity of impact following TBI is typically evaluated by tissue-level injury predictors 

such as maximum principal strain (MPS) or the cumulative strain damage measure (CSDM) [37].  

Several studies have compared the injury probability predicted using this procedure to real-world 

injury rates determined from accident data for Abbreviated Injury Scale (AIS) 2 to 4 injuries, but 

none of them have evaluated its ability to predict fatality [37, 39-41].  The culmination of work 

conducted in chapters 2 and 3 in this thesis allowed for the development of the FE head model 

and computational methodology presented in chapter 4, which may aid in the ability to better 

predict patient outcome after TBI.  The ability of our head model to simulate swelling and 

predict ICP coupled with injury evaluation metrics that focus on primary injury currently used in 

the automotive industry may lead to even better predictions of patient outcome following TBI 
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and lead to the development of better automotive safety systems.  In chapter 5 summarized in the 

following section, we attempted to model hematomas, a common comorbidity in TBI, and their 

subsequent effects on cerebral edema and ICP using our new FE model, which, to our 

knowledge, has never been attempted. 

 

6.4 Traumatic Acute Subdural Hematoma (ASDH) Exacerbates Ischemic Injury 

 Acute subdural hematoma (ASDH) is one of the most devastating consequences after 

head injury, leading to mortality rates as high as 90% [162, 170-174].  Despite ASDH’s 

association with high mortality and its prevalence following TBI, its exact mechanism is 

unknown.  In chapter 5, we demonstrated that convexity ASDH significantly increased ICP by 

exacerbating ischemic injury, but in cases where primary injury is very severe, surgical 

intervention to remove the clot may not effectively decrease ICP, since the major contributing 

factor towards increasing ICP in these cases is from the primary injury. 

 To conduct this study, we used the same model presented in chapter 4 with a few 

additional modifications.  One such modification was the replacement of CSF elements, 

originally modeled as a strain-stiffening Holmes-Mow material, with empty space to better 

represent resorption of fluid over the time course of brain swelling and to facilitate modeling of 

ASDH.  Modeling of ASDH while the CSF elements were still present caused initial 

convergence issues because the CSF elements were tied to both the pia and cerebrum-arachnoid, 

causing difficulties when attempting to displace the cerebrum-arachnoid to model a blood clot.  

After the CSF elements were replaced with empty space, contacts were established between the 

pia and cerebrum-arachnoid.  Multiple additional contacts were also added to the model. 
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 Two common types of convexity ASDH were modeled: type 1. a convexity ASDH 

typically caused by bridging vein rupture in the frontoparasagittal region which spreads over the 

frontal and parietal lobes, and type 2. a convexity ASDH typically caused by arterial ruptures in 

the temporoparietal region located on the temporal lobe [195].  To investigate the relationship 

between hematoma thickness and ICP, these two types of hematoma were modeled with 

prescribed displacements of 0 mm, 5 mm, 10 mm, and 14.6 mm to simulate different hematoma 

thicknesses.  An interhemispheric ASDH was also modeled, with thicknesses of 0 mm, 10 mm, 

and 20 mm. 

 Eight different crash scenarios, each representing a different injury severity, were 

examined in this study.  ICP was normalized to the ICP from its corresponding baseline case (0 

mm hematoma without ischemic secondary injury).  We found that hematoma volume and 

ischemic injury significantly influenced ICP, whereas the intracranial location of convexity 

ASDH (type 1 vs. type 2) did not have a significant effect.  Ischemic injury significantly 

increased ICP after primary injury across all hematoma thicknesses and a larger hematoma 

volume led to worse ischemic injury.  We also found that ischemic injury significantly increased 

ICP after primary injury across all interhemispheric hematoma thicknesses.  However, in cases 

of interhemispheric ASDH, the interaction affect between hematoma thickness and ischemia was 

absent, indicating the convexity ASDH is more likely to increase ICP and mortality rate by 

exacerbating ischemic injury compared to similarly sized interhemispheric ASDH. 

 To the best of our knowledge, this study is the first to model ASDH, ischemia, and their 

subsequent effects on the pattern and magnitude of brain swelling after injury.  By incorporating 

ASDH into our head model of swelling, we have demonstrated that ASDH leads to an increase in 

ICP by exacerbating ischemic damage, which may explain why mortality rates are elevated with 
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the presence of ASDH.  This work is interesting in that it is the first study conducted using our 

model developed in chapter 4.  Although more work is required to confirm the mechanical 

properties determined from our study and determine the FCD content of human brain tissue, this 

work is significant in that it combines the complex interactions among primary injury, ischemia, 

cerebral edema, and ASDH with the potential to predict patient outcome.   

 

6.5 Limitations 

The study presented in chapter 2 contains several limitations.  Due to the difficulties of 

procuring human brain tissue, the observations made in this study were confined to a small 

samples size, which may have led to under-powered statistical tests.  Conducting experiments on 

more human samples would alleviate this issue.  Another limitation occurred in the procedure 

used to determine the dependency of human brain mechanical properties on anatomical region, 

sex, or age.  To determine loads, a virtual indentation using optimized mechanical parameters 

was simulated and the load at 70 ms was extracted from each simulation for comparison.  The 

simulated virtual indentation, however, simulated a single large deformation while optimized 

parameters were determined by fitting to experimental loads from a triple indentation 

displacement profile.  Future experimental validation is needed to determine the validity of 

extrapolating optimized mechanical parameters from three smaller cumulative indentations to a 

single large deformation.  Another limitation of our study is that tissue underneath the indenter 

was assumed to be isotropic.  White matter is structurally anisotropic and may therefore also be 

mechanically anisotropic, meaning that extracted optimized mechanical parameters from the 

cortex white matter using our inverse FE methodology would need to be orientation-specific 

when applied to FE models, otherwise predicted strains using an FE head model would be 
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incorrect.  Serious brain pathologies after head injury include diffuse axonal injury in which 

axons become strained.  Orientation-specific mechanical properties of white matter are vital for 

predicting accurate strains in axons within the white matter that could lead to diffuse axonal 

injury.  Therefore, conducting orientation-specific indentation tests on cortex white matter, as 

well as other parts of the brain, could help determine mechanical parameters that are more 

appropriate depending on the loading orientation upon the tissue.  Another potential limitation is 

that the indenter was displaced at an averaged maximum Lagrange shear strain rate of 0.79 s-1 to 

3.57 s-1, but strain rates during TBI are on the order of 10 s-1.  Despite this seemingly low strain 

rate, our study still utilizes strain rates that are faster than those applied in some other studies that 

also measure brain mechanical properties. 

In chapter 3, we constructed a device to calculate the fixed-charge density (FCD) of brain 

tissue by measuring confined brain swelling pressure.  FCD of brain tissue was calculated using 

the measured maximum swelling pressure of the sample.  However, the measured maximum 

swelling pressure might not reveal the true maximum FCD content within the tissue.  We noticed 

that brain samples typically swelled within 1-2 hours following the application of a tare load 

until reaching a maximum value, but swelling pressure slowly decreased afterwards.  This 

indicated that the measured swelling pressure was potentially due to net effect resulting from two 

competing phenomena: FCD exposure leading to increased swelling and FCD cleavage, possibly 

due to endogenous enzymes, leading to decreased swelling.  Within the 1- to 2-hour time period 

that was required for the tissue sample to reach maximum swelling pressure, some FCD may 

have been cleaved by endogenous enzymes and leaked out of the tissue into the surrounding 

bath, indicating that the measured maximum swelling pressure used to calculate FCD content 

may underestimate the true FCD content within the tissue sample.  One potential method to 
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prevent endogenous enzymatic degradation of intracellular FCD is to heat the tissue while 

measuring its swelling pressure using our custom device.  Elevated temperatures may facilitate 

denaturation of endogenous enzymes that degrade intracellular FCD, which may eliminate 

leakage of FCD from the tissue sample that could contribute to lower swelling pressures and 

lower FCD measurements.  Another potential solution is to use a cocktail of inhibitors to inhibit 

the enzymatic activity of these endogenous enzymes.  Another limitation of this study is that the 

process of extracting rat brain and obtaining an adequately-sized sample to test using our custom 

device required at least 15 minutes, at best.  During that time period of at least 15 minutes, brain 

cells began to die from lack of blood flow, which in turn caused FCD to be exposed, drawing in 

water intracellularly causing swelling.  Extracting brain tissue from pigs required even longer 

periods of time compared to extraction of rat brain due to the much thicker and larger pig skulls.  

The time period between animal sacrifice and brain sample testing most likely reduced the 

amount of FCD left over to be exposed within the brain tissue, leading to swelling pressures and 

FCD measurements that may underestimate the true FCD content within the tissue sample.  

Perhaps the main limitation of this thesis is that the FCD content of human tissue was not 

measured, but the work in this thesis lays the necessary ground work for working with very 

limited samples of human tissue.  Future studies are required to determine the FCD content of 

human brain tissue so that it can be incorporated into our FE head model. 

 In chapter 4, we created the first FE computational head model, to our knowledge, that 

simulates the pattern and magnitude of brain swelling resulting from the unique loading 

conditions of the primary injury.  Although the results of this work are exciting, there were a few 

limitations in this study.  Any uncertainties in reconstructing a crash-scenario associated with the 

accelerations used as input to the GHBMC model will affect the fidelity of our predictions. 
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Predictions of the resulting swelling profile, ICP, and mortality are ultimately dependent on MPS 

values calculated from the GHBMC model.  Any uncertainties that arise from using the GHBMC 

model to predict strains on a per element basis would propagate into our model and ultimately 

affect the resulting swelling profile.  Further validation of the GHBMC model itself could 

ultimately aid in any predictions that our model makes.  Our model also makes predictions of 

brain swelling based on relationships between MPS and cell death and between ischemia and cell 

death.  These relationships may require adjustment as more validation data is reported in the 

literature in the future.  Another limitation of this work is that it does not take into account injury 

due to hematomas, which may drastically affect patient outcome following primary injury.  

However, initial incorporation of hematomas using our model is addressed in chapter 5.  As 

mentioned before, perhaps the largest limitation of this work is that actual FCD values of human 

brain tissue were not incorporated into this study.  Furthermore, we assumed that the maximum 

FCD of all brain parts within our head model was -60 mEq/L, which was another limitation 

because the work conducted in chapter 3 revealed that FCD content between pig cortex gray 

matter and cortex white matter were different.  This implies that FCD content might also vary 

among different regions of the human brain.  To our knowledge, no work has been conducted to 

determine the amount of FCD within human brain tissue.  Experiments to determine the amount 

of FCD within human brain tissue is therefore necessary for future work.   

 In chapter 5, we incorporated hematomas into our FE head model and novel 

computational methodology constructed in chapter 4 to answer why the presence of hematomas 

is associated with a much higher likelihood of mortality.  An advantage of our model is that we 

can observe how hematomas and cerebral edema interact to affect ICP.  However, our study does 

have some limitations.  The size of the ASDH in our model was based on hematoma thickness 
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measured from diagnostic CT scans, and geometry of the hematoma was fixed during the entire 

swelling process.  CT scans are usually taken immediately after an injury.  In reality, the 

swelling brain may counteract the local compression caused by the blood clot, reducing the 

extent of brain tissue compression.  Further modification of our model that accounts for the 

competing forces between the blood clot and brain swelling should be incorporated in the future.  

Another limitation of this study was the use of a maximum FCD value in our brain swelling 

simulation that requires more validation.  Because swelling pressure within an element was 

proportional to the amount of exposed FCD, incorporating the actual FCD value found in human 

brain tissue into our computational model is necessary to make accurate predictions of ICP and 

patient outcome.  In chapter 3 of this thesis, we measured the FCD content of rat and pig brain 

tissue.  However, the FCD content of human brain tissue may be different.  Future studies 

elucidating the FCD content of human brain tissue is necessary, especially across different parts 

of the brain.  Another limitation of this study is the use of using thickness as an independent 

variable to assess outcome and the effects of hematoma on ICP.  In the clinic, hematoma 

thickness is usually reported because measuring hematoma volumes is difficult.  In this study, we 

varied thickness by uniformly applying the same prescribed displacement along the entire length 

of the hematoma, and observed its effects on ICP.  However, varying hematoma thicknesses in 

the clinic does not necessarily mean that the volume is proportionally changing by the same 

amount.  A hematoma with a greater thickness at one end but a lesser thickness at the opposite 

end might actually have the same volume as a separate hematoma with a smaller reported 

thickness.  This limitation needs to be considered if hematoma volume has a greater effect on 

ICP increase than thickness of the hematoma.  Future work may need to be conducted to 

consider the effects of varying hematoma volumes on ICP. 
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6.6 Future Directions 

 In chapter 2, the appropriate constitutive formulation and associated mechanical 

properties of various parts of human brain tissue were elucidated using inverse FE methodology 

on prior indentation experiments conducted in our lab.  However, the sample sizes in this study 

were low due to difficulty of procuring human brain tissue.  In the future, more human brain 

samples should be tested to either confirm or counter our results.  Indentation experimentation 

should also be conducted on the brain stem or other regions deep within the brain which 

influence patient outcome when injured following TBI.  Brainstem involvement in severe TBI 

can lead to devastating long-term effects on patient outcome such as visual impairment, 

spasticity, coordination deficiency, and organic psychosis [219], while injury to deeper parts of 

the brain such as the thalamus may lead to deficits in executive function, attention, and memory 

[220].  Thus, identifying the constitutive formulation and associated mechanical parameters for 

the remaining parts of the brain not included in this thesis may further enhance the ability of 

computational FE head models to make better predictions of patient outcome following TBI.  

Obtaining fresh tissue samples from live patients from certain regions of the brain such as the 

brainstem will be difficult because removing this tissue from a patient would lead to severe 

complications or even death.  At best, brainstem tissue samples would need to be obtained from 

patients who have recently died.   Indentation experiments should also be conducted on human 

brain in multiple orientations to determine whether the mechanical response of a particular 

region of the brain is orientation-dependent.  Assuming isotropic mechanical behavior for a part 

of the brain that is mechanically anisotropic may lead to inaccurate predictions of the resulting 

strain field within the brain after an induced load.  Future studies should also be conducted to 

determine the validity of extrapolating experimental fitting data from three smaller cumulative 
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indentations to a single, large virtual indentation and to test the tissues under different loading 

conditions such as shear and tension to show that the material properties deduced in chapter 2 are 

valid under different loading conditions. 

 In chapter 3, the FCD content of rat and pig brain was measured, and we showed that 

cleavage of FCD led to a decrease in brain swelling pressure, supporting that cerebral edema is 

caused by the exposure of intracellular FCD and subsequent intracellular water influx during cell 

death.  FCD was calculated by measuring the confined swelling pressure of brain tissue using our 

custom device.  FCD content of the brain tissue sample, whether from rat or pig, was calculated 

using the maximum confined swelling pressure of the brain tissue sample.  Maximum swelling 

pressure typically occurred within 1-2 hours after the sample was loaded into our custom device.  

We originally expected confined swelling pressure to reach a maximum value and remain 

sustained.  However, following maximum swelling, we observed a decrease in swelling pressure, 

indicating that FCD was most likely degrading and diffusing out of the brain tissue sample and 

into the surrounding bath.  Measured swelling pressure, therefore, may have actually been a net 

pressure generated by FCD exposure and FCD leakage.  The maximum swelling pressure, and 

therefore, the corresponding maximum FCD calculation, was most likely not the true maximum 

for the brain samples tested in this study.  Future experiments should include a procedure to 

prevent the endogenous enzymatic degradation of intracellular FCD by either heating the tissue 

to adequately high temperatures to denature these enzymes or by adding a cocktail of enzymatic 

inhibitors to prevent digestion and subsequent leakage of FCD from the tissue.  If FCD leakage 

is successfully eliminated, then the maximum swelling pressure measurement, and hence the 

maximum FCD content of the brain tissue, can be determined.  Experiments should also be 

conducted on human brain tissue in the future because FCD content of human brain tissue may 
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differ from rat or pig brain.  Experiments should also be conducted on all parts of the human 

brain as well.  Since we have shown that pig cortex gray matter and pig cortex white matter 

contain different amounts of FCD, different parts of human brain may also contain varying 

amounts of FCD. 

 In chapter 4, we created a novel computational methodology to model cerebral edema.  

Swelling was modeled using principles from triphasic mixture theory in which FCD exposure, 

dependent on cell death from either elemental MPS or volume ratio compaction, affected the 

osmotic pressure responsible for driving influx of water.  The parameters relating MPS or 

volume ratio compaction to cell death should be updated as new parameters populate the 

literature in the future.  Our FE head model simulations can further be refined in the future by 

incorporating hematoma following primary injury, since the presence of hematoma is associated 

with a significantly higher likelihood of mortality.  Hematoma location is dependent upon which 

bridging vein exceeds its ultimate strain, so our modeling methodology will need to calculate the 

maximum strain for each bridging vein in the model, and apply a prescribed displacement to the 

region underneath the bridging vein that exceeds its ultimate strain.  Hematoma size and shape 

should also be modeled accurately, if it can be predicted.  Hematoma size could possibly be 

modeled by relating its predicted size to how much a particular bridging vein’s ultimate strain is 

exceeded during the primary injury.   

 It is hoped that the work presented in this thesis ultimately leads to better engineered 

technologies to reduce to societal impact of TBI.  Perhaps in the future, as more accurate 

mechanical parameters and FCD values are incorporated into our head model and meshing 

methodologies become more efficient, focus can be shifted into making our model more 

individualized and patient-specific by taking into account a patient’s unique cranial volume, 
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bridging vein number and geometry, medical history, and risk factors.  Once our model becomes 

more accurate, it could extend beyond the automotive industry and impact clinical applications 

as well. 
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