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Abstract 

Traumatic Brain Injury (TBI) is the disruption in the brain's normal function caused by an 

external mechanical insult. TBIs have a devastating epidemiological burden as 69 million injuries 

occur annually, and nearly 5.5 million people suffer a severe TBI each year. One main category of 

TBIs is the so-called primary injuries that occur immediately or shortly after the trauma as a direct 

consequence of the mechanical effects. The other main type of these injuries is the secondary 

injuries that develop hours or days after the trauma as a complication of the already injured tissues. 

The occurrence of TBIs can be explained by mechanical terms such as the extreme strains, stresses 

and pressures of the brain tissue. Therefore, the results of biomechanical research are widely used 

to prevent and mitigate future injuries.  

Among the possible causes of primary TBIs, motor vehicle crashes have a unique role 

considering that (1) these are one of the main reasons for these injuries and (2) engineers and 

decision-makers can control the number and severity of such injuries to a certain extent. Therefore, 

a possible solution for preventing many future injuries is to apply more robust safety systems in 

vehicles. The effectiveness of the applied restraint systems is controlled by the safety standards of 

the motor vehicle industry, however, the biomechanical background of the current standards is 

highly questionable. Hence, the first step in improving the safety systems is the development of 

more reliable standardized evaluation procedures. The main goal of the first half of this dissertation 

is related to this effort. 

More specifically, a large number of standardized frontal crash tests are reconstructed by finite 

element (FE) simulations to determine the behaviour of the soft, highly nonlinear brain tissue at 

different acceleration levels. Furthermore, a reliability analysis-based framework is developed to 

evaluate the FE results and determine injury risk curves which can provide the basis for selecting 

new injury thresholds in the future. In the knowledge of the new reliability analysis-based risk 

curves, the existing evaluation criteria could be re-evaluated, and it was found that the existing 

procedure has significant drawbacks due to several reasons whose effects were quantified by 

sensitivity analysis. In light of these results, the reliability of some recently proposed evaluation 

criteria has also been analysed, and new risk curves have been constructed, which seem to be the 

most reliable method available for estimating the injury risk for frontal car crashes. Hopefully, these 

results can contribute to the forthcoming revision of the safety standards, and indirectly, these can 

help to reduce the number and severity of future injuries. 

Besides the prevention of primary injuries, another essential research goal is to improve the 

treatment of the injured tissue to avoid poor functional outcomes caused by secondary TBI. This 
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is the aim of the tiered medical therapy, where the adequate oxygenation of the injured tissue is 

tried to be maintained. However, if the natural circulation of the cerebrospinal fluid (CSF) is 

disrupted in the injured tissue, the brain tissue tends to swell, leading to cerebral oedema. The tissue 

swelling causes the increment of the intracranial pressure (ICP), resulting in further neurological 

damage and death due to the poor oxygenation of the tissue. Therefore, if the ICP cannot be 

controlled by standard medical care, a neurosurgical operation called decompressive craniectomy 

(DC) is performed as an ultimate procedure, where a relatively large part of the skull is removed to 

allow the expansion of the brain tissue. However, despite the effective ICP reduction, the overall 

effectiveness of this operation is questionable due to the large deformation of the tissue that can 

also result in poor functional outcomes. Moreover, the effective application of DC is further 

aggravated by the fact that its optimal execution in terms of the size and location of the skull 

opening is not straightforward. 

Following the above-noted biomechanical approach, an optimization methodology is developed 

to improve the design process of surgery and obtain the required pressure reduction with the cost 

of allowable stretches of the tissue. In order to determine the biomechanical behaviour of the brain 

for different surgical scenarios, a large number of virtual experiments are performed by FE 

simulations. Based on the observed results, objective functions are constructed, and the 

multiobjective optimization is performed by Goal Programming and Physical Programming 

methods. Although the optimal skull opening is patient-specific and depends on several input data, 

a large-scale parametric study has been performed to determine averaged results, which might help 

to give some general guidance about the optimal skull opening in the case of oedematous brain 

tissue. To my knowledge, this is the first attempt for a detailed mathematical formulation and the 

solution of the above-noted optimization problem. Accordingly, the applied biomechanical 

perspective may be far from the common application in the neurosurgical practice, however, 

hopefully, these results can provide an important step toward the optimized patient-specific 

medicine and the rational decision-making in the design of DC considering the biomechanical 

behaviour of the brain tissue as well. Hopefully, after further validation and improvement stages, 

such methods can be adapted into the treatment procedure at the clinics as part of the future 

advance of Computer Assisted Neurosurgery.  
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Összefoglalás 

Traumás agysérülés alatt a normál agyi funkciók egy külső mechanikai hatás következtében 

történő megzavarását, megszakadását értjük. Az ilyen sérülések epidemiológiai szempontból 

rendkívül nagy terhet jelentenek a társadalomnak, hiszen körülbelül 69 millió ilyen sérülés 

következik be évente és ezek közül kb. 5.5 millió súlyosnak tekinthető. Ezen sérülések egyik fő 

csoportja az ún. elsődleges sérülések, melyek a trauma pillanatában, vagy az azt követő néhány óra 

alatt alakulnak ki, és ily módon a trauma direkt következményeinek tekinthetők. A másik fő 

csoportja ezeknek a sérüléseknek az ún. másodlagos sérülések, melyek órákkal vagy napokkal a 

trauma után jelentkeznek, az elsődleges sérülés következtében kialakuló komplikációként. A 

traumás agysérülések bekövetkezését olyan mechanikai változókkal magyarázhatjuk, mint pl. az 

agyszövet extrém nyúlásai, feszültségei. Ennélfogva egy bevett eljárás, hogy biomechanikai kutatások 

eredményeire támaszkodva próbáljuk megelőzni és enyhíteni a jövőbeli sérüléseket.  

Az elsődleges sérülések okai között az autóbaleseteknek különleges szerepe van. Egyrészt ezen 

balesetek a traumás agysérülések egyik fő kiváltó okának tekinthetők, másrészt éppen ezek azok a 

sérülések, melyekre a tervezéshez, illetve szabályalkotáshoz kötődő mérnökök és döntéshozók 

némi ráhatással bírhatnak. Ebből kifolyólag, ha az autókban még hatékonyabb biztonsági 

rendszereket alakítunk ki, az sok jövőbeli sérülés megelőzésére nyújthat megoldást. A biztonsági 

rendszerek hatékonyságát az autógyártás biztonsági szabványai szabályozzák, azonban a meglévő 

szabványos előírások megalapozottsága erősen megkérdőjelezhető. Ebből adódóan úgy vélem, 

hogy az egyik legfontosabb lépés a biztonsági rendszerek fejlesztésében az, hogy először a 

szabványos követelményrendszerek megbízhatóságán javítsunk. Disszertációm első fele ezt a 

célkitűzést követi. Korábban elvégzett frontális töréstesztek nagyszámú numerikus 

rekonstrukcióját végeztem el végeselemes szimulációkkal, hogy meghatározzam a lágy szövetek 

biomechanikai viselkedését különböző terhelési szintek esetén. Ezt követően a végeselemes 

eredmények kiértékelésére egy megbízhatósági analízisen alapuló keretrendszert dolgoztam ki, 

mellyel az agysérülés kockázati görbéi meghatározhatók, ezzel elősegítve új mérőrendszerek és 

küszöbértékek kiválasztását. A kapott új, megbízhatósági analízisen alapuló kockázati görbék 

ismeretében felülvizsgáltam a meglévő szabványos követelményrendszert, és azt találtam, hogy a 

meglévő eljárásrendszer számos komoly hiányossággal rendelkezik, melyek hatását egy 

érzékenységvizsgálat keretén belül számszerűsítettem. Látva a meglévő módszer korlátait, 

megvizsgáltam a közelmúltban javasolt új mérőrendszerek megbízhatóságát is, és a 

legalkalmasabbnak tűnőhöz új kockázati görbéket dolgoztam ki. Jelenlegi tudásunk szerint ezen új, 

megbízhatósági analízisen alapuló görbék tekinthetők az elérhető módszerek közül a leginkább 
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megfelelőnek a traumás agysérülések kockázatának kiértékelésére frontális autóbalesetek esetén. 

Remélhetőleg ezek az eredmények hozzájárulnak majd az előttünk álló szabványmódosítás 

sikerességéhez, ezzel elősegítve a jövőbeli sérülések számának és súlyosságának a mérséklését.  

Az elsődleges sérülések megelőzése mellett hasonlóan fontos cél a sérült állapot hatékony 

kezelése, hogy elkerüljük a másodlagos sérülések következtében kialakuló kedvezőtlen funkcionális 

kimenetelt. Ez a célja a klinikai kezelésnek, mely során igyekeznek fenntartani az agyi szövetek 

megfelelő oxigénellátását. Azonban, ha az elsődleges sérülés következtében felborul az agy-

gerincvelői folyadék természetes cirkulációja, akkor az a szövet duzzadását és agyi ödéma 

kialakulását okozhatja. A szövet duzzadása következtében megnő a koponyaűri nyomás, mely a 

szövet elégtelen oxigénellátásához és emiatt további neurológiai károsodáshoz, akár halálhoz 

vezethet. Ezt elkerülendő, ha a nyomás kontrollálása a standard kezeléssel sikertelennek bizonyul, 

akkor egy idegsebészeti műtétet, az ún. dekompresszív kraniektómiát alkalmazzák, ahol a koponya 

igen nagy részét eltávolítják, hogy az agyszövet expandálásának következtében csökkentsék a 

nyomást. A hatékony nyomáscsökkentés ellenére a műtét általános hatékonysága 

megkérdőjelezhető, hiszen az expandálás során az agyszövet nagymértékű deformációkat 

szenvedhet, melyek szintén káros következményekkel járhatnak. Ezen kívül a műtét hatékony 

alkalmazását nehezíti, hogy a műtét optimális végrehajtási módja (a koponyamegnyitás optimális 

helyére és méretére vonatkozóan) nem ismert, így az alkalmazás többnyire személyes 

tapasztalatokon alapszik. Követve az elsődleges sérülések vizsgálatánál említett biomechanikai 

megközelítést, optimalizációs eljárást dolgoztam ki, hogy elősegítsem a műtét hatékony tervezését. 

A cél az olyan műtéti szcenáriók feltérképezése, melyeknél a lehető legnagyobb nyomáscsökkentést 

a szövet káros mértékű nyúlásainak minimalizálása mellett érhetjük el. Ahhoz, hogy meghatározzam 

a szövet biomechanikai viselkedését különböző műtéti esetekre, nagyszámú virtuális 

kísérletsorozatot hajtottam végre végeselemes szimulációkkal. Ennek eredményei alapján 

célfüggvényeket határoztam meg, melyekre a többcélfüggvényes optimalizáció elvégezhető. Ugyan 

az optimális koponyamegnyitás esetspecifikus és számos bemenő adattól függ, egy részletes 

paraméteres vizsgálatot hajtottam végre, hogy meghatározzam, általában milyen koponyamegnyitás 

tűnik optimálisnak, ezzel adva némi becslést a műtét optimális végrehajtási módjára ödémás sérülés 

esetén. Tudomásom szerint, ez az első kísérlet a dekompresszív kraniektómia biomechanikai alapon 

történő optimalizációjához szükséges matematikai háttér részletes kidolgozására, valamint az 

optimalizáció végrehajtására. Meglehet, hogy még távoli, hogy az itt alkalmazott biomechanikai 

megközelítés az idegsebészeti praxis szerves részévé váljon, de remélhetőleg a fent említett 

eredmények előrelépést jelentenek egy olyan optimalizált betegspecifikus kezelés irányába, ahol a 

műtét tervezése során már az agyszövet biomechanikai viselkedését is figyelembe veszik. 
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I. 
Introduction to the Biomechanical 

Analysis of  Traumatic Brain Injuries 
 

I.1: Epidemiology of traumatic brain injuries 

I.2: Goals and research directions 

I.3: Anatomy of the brain 

I.4: Injury types 

I.1 Epidemiology of traumatic brain injuries 

Traumatic Brain Injury (TBI) is the disruption in the brain's normal function caused by an 

external mechanical insult. These injuries can be associated with symptoms such as decreased level 

of consciousness, amnesia, other neurological or neuropsychological abnormalities, skull fracture, 

intracranial lesions, or death [1]. 

According to the World Health Organisation (WHO), more than 5 million people die every year 

due to injuries which accounts for 9% of the world’s deaths [2]. Trauma also results in millions of 

injuries leading to long-term disability [3]. Unlike many other diseases, such injuries can disrupt the 

life of young individuals as well, therefore, traumatic injuries have an even more devastating 

outcome considering the years of life lost (YLLs) and years lived with disability (YLDs) (Fig. 1). 

 
Figure 1. Epidemiology of injuries compared to other diseases in 2019 (based on annual data of 

Global Burden of Disease Study) [3]. 
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Road traffic accidents are the leading causes of injury-related deaths, as shown in Fig. 2.a. The 

rate of road traffic-related deaths (per 100,000 people) among different countries is highly variable, 

and it tends to be higher in the low- and middle-income countries (illustrated in Fig. 2.b). 

 

 

Figure 2. Epidemiology of road injury-related deaths: a) distribution of injury-related deaths among 
different causes; b) rate of road injury-related deaths around the world (per 100,000 people) (based on 

annual data of Global Burden of Disease Study) [3]. 

TBI (or the “silent epidemic” as it is often called) is a growing major health problem worldwide 

as the number of deaths and disabilities related to these injuries is more significant than in the case 

of any other traumatic insults [4-6] (Fig. 3). The epidemiological burden of these injuries is 

devastating as the annual number of these injuries is estimated to be 69 million [6]. Although the 

bulk of these injuries have mild (81%) and moderate (11%) severity, the vast majority of these 

injuries affects the population of low- and middle-income countries where adequate health care 

resources are often inaccessible or non-existent [6].  

a) 

b) 
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Figure 3. Cause of traumatic deaths [5]. 

Approximately 5.48 million people suffer a severe TBI each year [6], and the number of deaths 

is estimated to be 52,000 in the United States [7] and 57,000 [8] in the European Union. Motor 

vehicle crashes are one of the main causes of TBIs [9, 10] and the leading cause of TBI-related 

deaths [7]. 

TBIs also cause a tremendous economic burden to society. For instance, the annual direct cost 

of these injuries (including the cost of medical treatments) in the United States is approximately 

9.22 billion dollars. Moreover, the productivity cost (i.e. the cost produced after the injury due to 

work incapacity, absence from the workplace, disability from the injury, etc.) is 51.21 billion dollars 

leading to a total cost of 60.43 billion dollars [11]. 

I.2 Goals and research directions 

Considering how many TBIs occur due to road traffic accidents, reducing the number and 

severity of these injuries is a primary research goal of the automotive industry. To a certain extent, 

future injuries could be avoided by improving the passive restraint system of cars which is the aim 

of the meticulous design process of car prototypes. However, in general, such a design process can 

be successful only if the human thresholds against different mechanical effects are well-established. 

As the primary causes of TBIs are mechanical effects, injury types can be associated with injury 

mechanisms expressed by mechanical terms. Accordingly, the occurrence of a specific type of 

injury can be predicted by the magnitude (and the spatial and time distribution) of mechanical state 

variables. Such predictive variables can be either so-called input variables which describe the 

external effects on the head (e.g. accelerations and velocities of the head, impact energy, etc.) or 

output variables quantifying the highly nonlinear mechanical behaviour of the brain tissue and 

blood vessels (e.g. strains, stresses and pressures of the soft tissues).  
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Under the aegis of Injury Biomechanics [12], intensive research work has been carried out in the 

previous decades to accomplish the following goals: (1) identification and explanation of injury 

mechanisms, (2) quantification of the mechanical response of the head, (3) determination of 

tolerance levels to impact, (4) assessment of safety devices and techniques to evaluate prevention 

systems. Thanks to this effort, safety standards have been developed based on the results of 

biomechanical research. Although an enormous number of scientific papers have been published 

in this field, the current standards still have considerable negligence and deficiencies due to the 

extreme complexity of the problem. Considering these deficiencies and the fact that the 

epidemiological burden of TBIs shows an increasing tendency [3], this research topic remains active 

and vital. 

In my research, I have been following the above-noted approach to increase further our 

knowledge regarding humans' physical tolerance levels in case of car crashes. The applied research 

methodology in my work (illustrated by the flow chart in Fig. 4) is fundamentally influenced by 

two significant shortcomings of the available methods: 

1. Although the biomechanical behaviour of the brain tissue has been investigated by finite 

element (FE) simulations in several research works, reliable new thresholds have not been 

proposed. Accordingly, the current regulations are still based on the results of early 

experimental studies where only the external effects of the head were considered. 

2. Although the applied thresholds are based on risk curves (just as many modern standards 

of the different engineering fields), the available safety standards are very rudimentary. 

They lack the fundamental principles of Reliability Engineering [13], which the modern 

standards are usually based on. 

In order to overcome these deficiencies, my investigations have two main characteristics: 

1. In my work, the evaluation of injury risk is always based on the biomechanical behaviour 

of the soft tissues, which is quantified based on a large number of FE reconstructions of 

frontal crash tests. 

2. In order to develop more reliable risk curves, the state-of-the-art methods of Reliability 

Engineering are adapted for the biomechanical analysis of traumatic brain injuries. This 

approach is based on the recognition that TBIs can be described the same way as the 

failure of any other mechanical system using to following steps: 1) identifying failure 

components (i.e. injury types), 2) describing failure criteria via limit state functions 

(according to the observed injury mechanisms), 3) quantifying the major sources of 

uncertainties by random variables (based on a statistical analysis of a large number of FE 

results), 4) calculate the probability of failure (i.e. injury risk) by reliability analysis, 5) 
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repeat the above procedure for different loading intensities to construct fragility curves1 

(i.e. risk curves).  

 
Figure 4. Flow chart of the reliability analysis-based framework. 

 In Chapter II, I analyse the so-called primary injuries with the above-noted reliability analysis-

based framework to determine injury probabilities related to frontal car crashes. Based on these 

results, new risk curves can be constructed, which help re-evaluate the reliability of the currently 

applied evaluation procedure of the safety standards (as detailed in Section II.2). Furthermore, the 

reliability of the most prominent candidates among the new injury metrics is also analysed (detailed 

in Section II.3) to support the forthcoming revision of the standards. 

In addition to the development of safety systems, TBIs' burden can also be reduced by further 

development of the medical treatment procedure. Once a primary TBI occurs, the natural circulation 

of the cerebrospinal fluid (CSF) can be disrupted, and the brain tissue tends to swell due to the 

excessive fluid accumulation leading to cerebral oedema. The swelling of the tissue causes the 

increment of the intracranial pressure (ICP), which can result in further neurological damage and 

death because of the poor oxygenation of the tissue. Due to this phenomenon, the increased ICP 

(typically caused by cerebral oedema) is the most frequent cause of further neurological 

deterioration and death after a severe head injury [14], which accounts for approximately 50% of 

 
1 The technical terms used in the biomechanical literature of TBIs may contradict with the terms applied in 
Engineering Reliability. Technically, a curve which describes the conditional probability of failure in the 
function of the loading intensity should be called fragility curve (or vulnerability curve) instead of risk curve 
(considering that probability and risk are two sharply different terms in Engineering Reliability). 
Nevertheless, terms like risk curve, risk analysis, etc. are used in this work to fit into the biomechanical 
literature.   
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the TBI-related death [15]. Therefore, the mitigation of the increased ICP to avoid further damage 

is one of the main goals of neurosurgical treatment. As mechanical terms such as pressures and 

strains of the brain tissue are critical parameters in the effectiveness of the medical treatment, 

biomechanical results can contribute to the possible improvement of medical treatment. 

Accordingly, a few biomechanical research works have already been performed related to 

secondary TBIs under the aegis of Computer Assisted Neurosurgery [16], however, this research 

direction is still in a very rudimentary phase. 

In Chapter III, I deal with topics related to secondary brain injuries. If the ICP cannot be 

controlled by standard medical care, a neurosurgical operation called decompressive craniectomy 

(DC) is performed where a relatively large part of the skull is removed (and the underlying dura is 

opened) to allow the expansion of the brain tissue. Although this method is effective in terms of 

ICP reduction, the effectiveness and the optimal execution of this operation is still questionable, 

since the expanded brain tissue can suffer excessive deformations which can result in poor 

functional outcome. Accordingly, an optimization task is given where the pressure reduction should 

be obtained with the cost of allowable strains. The effective application of DC is also aggravated 

by the fact that its optimal execution in terms of the size and location of the skull opening is not 

straightforward. Therefore, in my work, FE simulations are performed on a large number of DC 

scenarios to determine the mechanical behaviour of the brain tissue during surgery (as detailed in 

Section III.2). Based on the observed tendencies, an engineering multiobjective optimization 

strategy is adapted to the current problem (detailed in Section III.3) to give some insight into the 

optimal execution of DC on a biomechanical basis (Fig. 5).  

As the analysis of the primary and secondary injuries are quite different in terms of the goals 

and the applied methods, these two topics (including their introduction and literature review) are 

presented separately in this work. However, before detailing these topics, a brief review of the 

relevant anatomic details is provided, followed by presenting different injury types and their injury 

mechanism. 
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Figure 5. Framework for the engineering optimization of decompressive craniectomy. 

I.3 Anatomy of the brain 

In order to make the subsequent investigations readily comprehensible, a brief review is 

provided in this section about those anatomic features of the head and the brain whose mechanical 

role is essential in the biomechanical analysis of TBIs. This review is strictly limited to the 

biomechanical aspects of the topic. The discussion of other (biological, neurological, etc.) aspects 

is out of this work's scope. 

The brain is protected by the skull, which can be described as a curved shell structure with a 

relatively large rigidity. In my work, blunt traumatic cases are analysed where the skull bone remains 

intact, so the analysis of skull fracture is out of the scope of my investigations. Given this limitation, 

failure criterion is not considered for the skull, and typically its local deformations can be also 

neglected. In the available FE models, which are frequently applied for the biomechanical analysis 

of TBIs, the behaviour of the skull is usually described by linear elastic (with E ≈ 1-15 GPa modulus 

of elasticity and ν ≈ 0.22-0.24 Poisson’s ratio) [17] or rigid material models [18, 19]. 
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Besides the skull, the brain is covered by three membrane layers (meninges): dura mater (top 

layer), arachnoid mater (middle layer) and pia mater (bottom layer) (Fig. 6). Among these layers, the 

dura mater has the most crucial protective role against external mechanical effects due to its 

considerable (≈ 0.6-1 mm) thickness [20] and stiffness (E ≈ 31.5 MPa) [17]. 

 
Figure 6. Protective layers around the brain [21]. 

In most cases, considerable deformations of the dura cannot occur due to its stiffness and its 

connections to the skull, as the periosteal (superficial) layer of the dura (called the endocranium) 

serves as the skull’s inner periosteum, connected to the bone by strong collagen fibres. The dura 

mater has two main dural folds, which also have important mechanical roles. One of them is the 

falx cerebri, which separates the two cerebral hemispheres of the brain. It is formed by the dura's 

meningeal layer, which is separated from the periosteal layer at the sagittal sinus and extends into 

the longitudinal fissure (Figure 6). The other main dural reflection is the tentorium cerebelli which 

separates the occipital lobes from the cerebellum (Fig. 7). Similarly to the dura mater, these folds 

are included in the state of the art FE head models of injury biomechanical research [17, 19, 22] by 

linear elastic shell elements (usually with E ≈ 31.5 MPa and ν ≈ 0.45 material parameters [17, 19]. 

The arachnoid mater and the pia mater have negligible stiffness compared to the dura, yet they 

have an important role, as the cerebrospinal fluid is located between these membranes in the 

subarachnoid space (Fig. 6). The modelling of the CSF layer (and the associated arachnoid and pia 

mater, often called the pia arachnoid complex (PAC)) is essential during the FE analysis of blunt 

head trauma. As the brain is surrounded by the CSF (Fig. 7), a lagging displacement can occur 

between the skull and the brain, which fundamentally influences the mechanical effect of the brain 

and the bridging veins. Usually, the CSF layer is modelled by linear elastic [17] or viscoelastic [19] 

solid elements with very high bulk and very low shear modulus.  
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Figure 7. Midsagittal section of the head [21]. 

The brain consists of three main parts: the cerebrum, the cerebellum and the brainstem (Fig. 8). 

The cerebrum, with its two cerebral hemispheres, is the largest part of the brain. Each hemisphere 

can be divided into four lobes: the frontal, temporal, parietal and occipital lobes. Based on its 

heterogeneous structure, the hemispheres can be further distinguished into two major parts: grey 

matter and white matter (Fig. 6). The grey matter is mainly located in the cerebral cortex, the 2-4 

mm thick outer layer of the neural tissue folded into peaks (gyri) and grooves (sulci). The grey 

matter consists of neuronal cell bodies, while the white matter is mainly composed of myelinated 

axons and relatively few cell bodies. These axons conduct the electrical impulses from the nerve 

cell body to the synaptic terminals, where the electrical signals are converted into neurotransmitter 

chemicals to transmit the signals to other neurons, muscle cells or glands. The longitudinal fissure 

is located between the two hemispheres which are connected by the corpus callosum (alongside 

other commissural fibres), the brain's largest white matter structure (Fig. 8.b). 

The brain's ventricular system consists of four interconnected ventricles where the CSF is 

produced and circulated2. The two lateral ventricles below the corpus callosum are the largest ones 

(Fig. 9), and these are usually included in the finite element models [19, 22]. In its natural circulation, 

the CSF exits the subarachnoid space at the arachnoid granulations and enters the bloodstream 

(Fig. 7). This CSF circulation operates at a natural level of ICP, following the Monro-Kellie doctrine 

 
2 About 500 mL CSF is generated every day [25], therefore, the undisturbed maintenance of its circulation 
is vital. Otherwise, an excessive fluid accumulation can occur leading to increased ICP and neurological 
damage.  
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[23, 24], which gives a mechanical explanation of the connection between the ICP and the volume 

of the intracranial constituents (i.e. tissues, CSF and blood). 

 
a) b) 

 

Figure 8. Main parts of the brain: a) lateral view, b) midsagittal section [21]. 

 
Figure 9. Coronal section of the cerebrum [21]. 

The adequate modelling of the cerebrum is essential in the biomechanical analysis of TBIs, 

however, due to its highly irregular geometry and extremely complex material behaviour, certain 

approximations have to be made. Despite the fibrous nature of the white matter, no significant 

directional dependencies have been observed in its mechanical behaviour [26]. This observation 

comes from the fact that axons are primarily functional elements that only marginally contribute 

to the mechanical strength of the tissue. Accordingly, an isotropic material behaviour is usually 

applied in the biomechanical simulations of the brain [17, 19, 22]. Furthermore, in most cases, the 

brain tissue is assumed to be homogeneous (grey matter and white matter is not distinguished) [17, 

19, 27], however, a couple of exceptions also exist [22, 28]. Except for a minimal number of cases 

[29-31], the exact geometry of the cerebral cortex with its sulci and gyri (and the CSF located in the 

sulci) is not followed, but a smoothed brain geometry is considered during the biomechanical 

analysis of TBIs [17, 19, 22]). The ultrasoft and nearly incompressible brain tissue has highly 
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nonlinear and time-dependent mechanical characteristics [26]. The adequate modelling of the large 

deformations of the tissue with the highly irregular geometry and its extremely complex material 

behaviour is challenging. In order to capture the complex material behaviour and avoid volumetric 

locking, the brain tissue is usually described by hybrid solid FEs with hyper-viscoelastic constitutive 

models [17, 28]. 

Another main part of the brain is the brainstem (Fig. 8), which is responsible for fundamental 

roles such as respiratory and heart rate control. Despite its critical roles, the brainstem is a tiny 

component of the brain, representing only 2.6% of its total weight [32]. The brainstem has three 

main parts: the midbrain, the pons and the medulla oblongata, which is continuous with the spinal 

cord (Fig. 8.b). The midbrain is structurally connected to the thalamus, which is a paired structure 

of grey matter in the cerebrum near the centre of the brain. The nerve cells of the thalamus are in 

connection to the cells of the cerebral cortex via the thalamocortical fibres. The midbrain, the 

thalamus, and the cerebral cortex are connected strongly with the basal ganglia, a group of distinct 

subcortical masses of grey matter near the thalamus (Fig. 9). 

The third main part of the brain is the cerebellum, which is located underneath the cerebral 

hemispheres separated from those by the tentorium cerebelli (Figs. 7 and 8). The cerebellum has a 

tightly folded layer of grey matter called the cerebellar cortex. Under this cortical layer, it has an 

interior core of white matter, containing a set of deep nuclei. The cerebellum is connected to the 

parts of the brainstem by the white matter tracts of the cerebellar peduncles.    

Similarly to the cerebrum, the brainstem and the cerebellum are also included in the finite 

element models with solid elements, usually with the same material model as the cerebrum [19, 28]. 

Following the above-noted anatomic details, the cerebrum is connected to the top of the brainstem 

(around the midbrain) while the brainstem is connected to the cerebellum. To adequately model 

the relative displacements of the different brain parts, these connections need to be adequately 

captured in the finite element models. This is usually the case when the FE models are applied to 

simulate head impacts [19, 28]. However, in the quasi-static conditions of DC, these relative 

displacements have a less important role, which led to the development of FE models where the 

brain is considered one continuous and homogeneous body without separating the cerebrum and 

the cerebellum [33, 34].  
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I.4 Injury types 

In this section, the different injury types are introduced, emphasizing the related mechanical 

background of their injury mechanism. Primary injuries can be classified into two main groups 

based on their location: (1) focal and (2) diffuse injuries. Focal injuries occur in a specific brain area 

that can be reliably spotted on medical images such as Computer Tomography (CT) or Magnetic 

Resonance Imaging (MRI) scans. One essential type of focal injuries is the cerebral contusion which 

can be caused by coup or contrecoup injury mechanisms occurring under the area (coup injury) or 

on the opposite side (contrecoup injury) of the impact (Fig. 10.a). Such tissue bruises primarily 

occur in the cortical layers, especially on the side of the impact where the brain impacts into the 

bony ridges located on the inside surface of the skull near the frontal and temporal lobes [35]. A 

contusion occurs in 20-30% of severe head injuries [36], thus it has been already considered in 

previous biomechanical analysis of TBIs [18, 37, 38]3. 

 
a) Coup and contrecoup injury 

 
b) Intracranial hematomas 

Figure 10. Focal injuries [39]. 

 
3 A similar injury type called cerebral laceration also exist, where not the tissue itself is injured, but the pia 
and arachnoid membranes are cut or torn. The development of such injury requires greater external force 
than contusion, and frequently occurs in skull fracture cases, therefore, typically it is not considered in 
biomechanical studies of blunt trauma. 
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The other major group of focal injuries is the intracranial hematomas, the accumulations of 

blood within the brain or between the skull and the brain. Based on their location, they can be 

further classified as epidural, subdural and intracerebral hematomas. Epidural hematomas are caused 

by bleeding between the skull and the dura mater (Fig. 10.b). This occurs in about 2% of all head 

injuries [40], often in those penetrating or direct impact cases which result in the fracture of the 

temporal bone leading to the rupture of the middle meningeal artery or the venous sinuses. 

Subdural hematomas (SDHs) occur between the dura mater and the arachnoid mater (Fig. 10.b), 

usually resulting from the rupture of the bridging veins which cross the subdural space. Acute 

subdural hematomas (ASDHs) are present in approximately one-third of severe TBI cases [40]. 

The injury mechanism of SDH is explained by the lagging displacement of the brain with respect 

to the skull, which causes excessive stretching and rupture of the bridging veins. The analysis of 

SDH is essential in modelling blunt head impacts, especially that ASDHs have one of the highest 

mortality rates of all head injuries [41]. In some cases, bleeding occurs in the brain tissue itself, 

leading to an intracerebral hematoma (Fig. 10.b) which is often a direct consequence of nearby 

contusions of the tissue. Bleeding can also occur in the subarachnoid space (leading to a 

subarachnoid haemorrhage), or in the ventricular system (causing an intraventricular haemorrhage), 

however, these haemorrhages usually do not cause solidified blood accumulation. 

Diffuse (or multifocal) brain injuries occur over a more widespread brain area where the cause 

is typically not a local external force (by head impact or struck by an object) but the acceleration 

and deceleration of the head, leading to considerable tissue deformations. These stretches can result 

from the lagging displacements of the brain, its contacts with the skull and the acceleration of 

varying density regions in the brain4. Such widespread tissue deformations cause the stretches of 

axons, which can lead to axonal injury5 (Fig. 11). Diffuse injuries refer to widespread axonal injuries 

with different severity ranging from concussion (where minor axonal damage occurs and the axonal 

functions are still recoverable) to severe diffuse axonal injury (DAI), one of the most common 

devastating type of TBIs. The outcome of such an injury is frequently coma and death as over 90% 

of patients with severe DAI never regain consciousness [44]. Due to its epidemiological 

 
4 This mechanism is supported by the observations that axonal injury tends to occur at the boundary of the 
gray and white matter [42]. 
5 Axonal injury means the interruption or termination of the signal transmitting processes between different 
parts of the central nervous system. Due to the mechanical insult, immediate disconnection of axons could 
be observed in severe injuries, however, the major injury mechanism is a delayed biochemical process which 
slowly results in secondary axon disconnections. In short, the axonal stretches cause a focal disturbance in 
the permeability of the axolemma, leading to the influx of Ca2+ ions into the intra-axonal space [43]. This 
initiates a set of damaging processes which lead to the local swelling and eventually the disconnection of the 
axons in the form of axonal bulbs, hours (or days) after the trauma.  
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importance, in previous biomechanical analysis [45-47], more attention has been paid to the analysis 

of DAI than to any other injury type.  

 

Figure 11. Diffuse axonal injury [48]. 

Secondary injury is an indirect result of the trauma occurring hours and days after the mechanical 

insult. Once a primary injury occurs, the natural CSF circulation can be disrupted, leading to 

excessive fluid accumulation in the intracranial space. Such fluid accumulation in the intracellular 

or extracellular spaces causes tissue swelling, leading to cerebral oedema [49]. Following the Monro-

Kellie hypothesis [23, 24], the increased volume of the intracranial constituents causes the elevation 

of ICP, which has an essential role in the development of secondary brain injuries through the 

inadequate oxygenation of the brain tissue. The level of oxygenation can be quantified by the 

cerebral perfusion pressure (CPP), which is defined as the difference of the mean arterial pressure 

(MAP) and the ICP: 

.CPP MAP ICP                                                        (1) 

This equation shows that for a constant mean arterial pressure, the increased ICP causes the 

reduction of CPP and the level of oxygenation. This can cause brain ischaemia due to the disruption 

of the cellular metabolism leading to the death of the neural tissue. However, this condition is 

usually only the beginning of the injury mechanism. It triggers a vicious circle involving the 

homeostatic process called cerebral autoregulation. Under normal circumstances, cerebral 

autoregulation regulates the cerebral blood flow by changing the flow resistance via the dilatation 

(i.e. vasodilation) or contraction (i.e. vasoconstriction) of the small cerebral arteries in order to 

maintain an adequate CPP level. However, in many cases, the cerebral autoregulation is impaired 

in patients after TBI [50]. The lack of CPP initiates the reduction of cerebrovascular resistance by 

vasodilation resulting in reduced systemic arterial pressure, increased cerebral blood volume and 
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ICP, and further reduced CPP leading to extensive cell death [50, 51]. This complex injury 

mechanism, including oedema (i.e. fluid accumulation and brain swelling) and ischemia (i.e. 

insufficient blood supply of the tissue), can lead to severe secondary brain injury resulting in poor 

functional outcome or death. Oedema has significant epidemiological importance, considering that 

together with its complications, they account for approximately 50% of TBI-related deaths [15], 

leading to the observation that 40% of TBI patients deteriorate days and weeks after the trauma 

[52]. 
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II. 
 Analysis of  Primary Injuries 

 

II.1: Literature review 

II.2: Reliability assessment of the standardized evaluation 
procedure 

II.3: Evaluation of new injury metrics and associated risk curves 

II.1 Literature review 

II.1.1 Early research of injury mechanisms 

Understanding the injury mechanisms is a fundamental step for designing prevention systems 

and establishing evaluation procedures. Therefore, several experimental studies have been 

performed in the past on animals, human cadavers and surrogate models to identify these 

mechanisms. Initially, injury mechanisms were analysed separately for the two major effects: the 

linear and rotational accelerations of the head. 

Several research works concluded that focal injuries can be caused by different injury 

mechanisms fundamentally induced by linear (i.e. translational) accelerations and the direct impact 

on the head [35]. One of these mechanisms is related to local skull deformations that can cause 

large pressure zones and the tissue contusion under the impact location (i.e. coup side) [37]. 

Furthermore, contusion can also occur due to the brain's lagging displacement as it impacts the 

bony ridges of the skull [35]. Moreover, contusion can also occur due to the pressure gradient 

within the brain, considering that a significant compressive wave can occur in the coup side and a 

reflected tensile pressure at the contrecoup side [38, 53]. It was found that tissue bruises tend to 

occur at the tensile pressure zone [54], thus the magnitude of the contrecoup tensile stress can be 

an indicator of contusion as well [18]. 

The local deformations of the skull can also be responsible for the occurrence of epidural 

hematoma due to the rebounding (i.e. unloading) deformation of the skull, causing the separation 

of the dura and the skull [37]. Furthermore, a subdural or epidural hematoma can occur due to the 

lagging displacement of the brain, causing excessive strains of the bridging veins [35, 55]. The injury 
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mechanism of intracerebral hematoma is similar to those of contusion [56], however, intracerebral 

hematoma tends to occur at a higher loading magnitude [57].   

  Others suggested that the rotational effects of the head impulse are responsible for the 

development of diffuse brain injuries, while translational components affect the development of 

focal injuries only [53, 58]. The fundamental concept is that injurious tissue deformations are 

mainly derived from shear forces, considering that the brain tissue has a very small shear modulus 

and a roughly five or six orders of magnitudes larger bulk modulus. Moreover, although the lagging 

displacement of the brain can occur due to linear effects as well, its magnitude is limited due to the 

relatively small thickness of the subarachnoid space. On the other hand, considerable relative 

displacements can occur during the rotation of the head, leading to the excessive deformation of 

the bridging veins and the brain tissue (as the rotation of the brain is restricted at some points of 

the skull, tangential shear forces are transmitted to the gyri). The associated shear strains can cause 

the stretches of axons leading to diffuse axonal injury. Early experiments on monkeys supported 

this hypothesis as injurious strains of the tissue and torn bridging veins leading to SDH were 

observed due to rotational effects [59, 60]. It was also observed that diffuse shear zones are typically 

located at the zones where the inertial properties of the material change, especially at the boundary 

of the grey and white matter [53]. 

As both translational and rotational effects are present in real-life crash scenarios, a combined 

injury mechanism has been suggested, based on the above-noted conclusions: the intracranial 

pressure-induced injuries are mainly caused by linear accelerations, while the stretches of the brain 

tissue and the bridging veins primarily depend on rotational accelerations [37].    

II.1.2 Early injury metrics and risk curves 

Although tissue deformations have a fundamental role in developing TBIs, early researchers 

had technical difficulties estimating the complex behaviour of the ultrasoft, highly nonlinear brain 

tissue. Following the clinical observations that concussion is present in 80% of patients with simple 

linear skull fractures, an indirect methodology was applied by linking the occurrence of concussion 

with the occurrence of skull fracture as it could be studied on cadavers [61]. Using this approach, 

the forehead of cadaver heads was impacted to rigid surfaces, while a uniaxial accelerometer 

measured the head acceleration at the back of the skull. Based on these test results, the first 

tolerance curve (so-called Wayne State Tolerance Curve (WSTC)) was developed, establishing an 

inversely proportional relationship between the level of linear acceleration and the tolerable impulse 
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duration [61]6. The extended version of the WSTC [63] provided the basis for the development of 

the first injury metric (so-called Gadd Severity Index (GSI)) [64], which quantifies the effect of the 

head in the following way:  

 2.5
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T

GSI a t t                                                               (2) 

where a(t) is the resultant translational acceleration time history of the head, T is the duration of 

the impact pulse, and the exponent of 2.5 approximates the slope of the WSTC in a log-log plot. 

For the injury threshold, a GSI value of 1000 was proposed. However, a major drawback of the 

GSI is that the considered time interval is not limited, even though the duration of a head impact 

usually is less than 15 ms. This was improved by Versace et al. [65], who suggested the Head Injury 

Criterion (HIC) defined as: 
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where t2 - t1 is the considered time interval which is chosen to maximize the value of HIC. In the 

United States, the HIC was instantly adopted into the Federal Motor Vehicle Safety Standards 

(FMVSS 208) [66] in 1972 with a threshold value of 1000. Later, other standards (e.g. the European 

Directive (ECE R94) [67], Canadian Motor Vehicle Safety Standard 201 (CMVSS 201) [68], etc.) 

also introduced this injury metric, and – although the limit value and the considered time interval 

might have changed over time - HIC has remained in use exclusively. One important modification 

of the HIC metric was reducing the considered time duration from 36 ms to 15 ms following the 

results of Prasad and Mertz [69]7. Based on the results of previous cadaver experiments from 

several sources [70-72], they developed a risk curve (Eq. (4)) that predicts 5% injury risk (PAIS 4+) 

at HIC15=700, which became the standardized threshold for the evaluation of frontal crash tests8 

[66, 68]. 
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P HIC
  

 
                                             (4) 

 
6 This curve was later confirmed by others during the development of the Japan Head Tolerance Curve [62]. 
7 However, in the European directive, still a max. 36 ms long time interval is considered. 
8 Although my work primarily focuses on frontal crashes, it is mentioned that later further standards have 
been developed related to different crash conditions (e.g. FMVSS 214 in the US or the ECE R95 in the EU 
for side impacts), and the applicable criterion for the evaluation of TBI risk is also based on the HIC metric.    
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where Ф is the cumulative standard normal distribution function. 

Afterwards, other injury metrics have also been proposed (e.g. Generalized Acceleration Model 

for Brain Injury Threshold (GAMBIT) [73], Head Impact Power (HIP) [74], etc.). However, these 

metrics have not been adapted into the evaluation procedures, and HIC has remained the only 

applicable metric in the standards to date. 

II.1.3 Finite element analysis of tissue behaviour 

The early effort of biomechanical research resulted in understanding injury mechanisms, the 

establishment of injury metrics and associated thresholds included in the applicable safety 

standards. However, researchers agree that solely the external effects of the head cannot entirely 

characterize the underlying mechanisms of TBIs which are rather related to the strains and stresses 

of the brain tissue and the blood vessels. Due to the technical difficulties of describing the 

biomechanical behaviour of the soft tissues, the reliability of the current regulations is questionable 

as these are the results of the indirect experimental research mentioned above. Moreover, cadaver 

experiments cannot represent the properties of the living tissue, while animal experiments lack the 

geometry of the human brain. 
 

Thanks to the prevalence of advanced computer hardware and software, a new research 

direction evolved, where FE models are applied to characterize the biomechanical behaviour of the 

brain tissue in different impact conditions. With an in-depth understanding of the tissue response, 

new tissue-level injury predictors can be formulated to quantify the injury risk more reliably than 

the previous kinematic-based metrics. Despite the intensive research work in this field, such 

rigorous FE-based metrics with associated thresholds have not been proposed yet, and the safety 

standards are still based on the HIC metric9.     

 

 
9 Probably, one of its major causes is that the reliable modelling of TBIs are very difficult due to the following 
concurrent characteristics of the problem: highly irregular geometry, large deformations coupled with an 
extremely complex material behaviour (ultrasoft, inhomogeneous tissue with highly nonlinear stress-strain 
relationship, slight compressibility, significant viscous response, etc.) and numerical difficulties (e.g. 
challenging contact problems of the impacting constituents, hourglass control, volumetric locking, etc.). 
Furthermore, the details of the modelling procedure raise an uncountable number of questions, which result 
in different model variants and scattering, model-specific results in the literature that make the 
standardization procedure difficult. To overcome these difficulties, gold standards need to be established in 
the details of the modelling procedure and accumulating convincing scientific results from several sources 
are required which take decades of intensive research effort.   
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Although some early models with simplistic geometry appeared in the 1970s already [75-77], the 

first more detailed 3D models were developed in the 1990s [38, 78, 79]. In the 2000s, the FE 

models were further improved by including highly complex anatomic details [29, 80, 81] and 

analysing different boundary conditions (skull brain interfaces) and material properties [17, 82, 83].  
 

A significant improvement was the appearance of the Simulated Injury Monitor (SIMon) software 

developed under the aegis of the National Highway Traffic Safety Administration (NHTSA) by 

Takhounts et al. [18]. This freely available software enables reconstructing crash tests by (1) 

calculating the translational and rotational velocities of the head from the measured accelerations 

of the dummies, and (2) these velocities are applied on the FE model of the head (which is also 

included in the software). Furthermore, tissue-level predictors are automatically evaluated for three 

of the most common types of injuries: DAI, ASDH and contusion. 
 

Many other FE models were developed in the following years, continuously improving the 

geometrical details, material behaviour, boundary conditions, and FE mesh10. However, the 

development of such a large number of models seems unnecessary since the available models are 

largely repetitive, and it was concluded that the continued development of new human brain 

models is not likely to improve our knowledge regarding the biomechanics of TBIs [85]11. 

Accordingly, the trend has changed recently, and several researchers have chosen to apply the 

available models that were already validated instead of developing new “run-of-the-mill” models 

[47, 88]. This approach was also greatly motivated by the appearance of some freely available state-

of-the-art models such as the updated version of the University College Dublin Brain Trauma Model 

[83], the improved SIMon model [19] and the model of the Global Human Body Models 

Consortium [89]. 
 

As such models are available, the FE reconstruction of real-life accidents has become a widely 

used method for estimating tissue tolerances. This strategy has been applied to reconstruct 

American football impacts [28, 90] and motorcycle accidents [28, 91]. Similarly, concussive 

injurious cases due to various sources (falls, collisions, projectiles) were reconstructed based on the 

description of witnesses [88, 92], and animal experiments [93, 94] have also been evaluated by FE 

simulations to obtain injury thresholds using different scaling techniques [18]. 
 

 
10 A summary of the available FE models is available in [84]. 
11 This is especially true, considering that usually these models are validated against the same experimental 
dataset [71, 72, 86, 87]. 
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Insight of these FE results, several tissue-level brain injury predictors have been proposed for 

the different injury types. For DAI, the most common predictors are related to the strain of the 

tissue. One of them is the maximum principal strain (MPS), which gave a good correlation with the 

observed outcome [19]. However, as axonal injuries usually occur diffusely, the formulation of such 

predictor related to one point of the tissue seems to be less reliable. Therefore, to take into account 

the strain distribution, the cumulative strain damage measure (CSDM) has been formulated [38], 

which shows the relative volume of the brain where the maximum principal strain exceeded a 

prescribed tolerance value12 at any time during the impact. 
 

For the analysis of contusion, the dilatation damage measure (DDM) has been introduced [18], 

which gives the relative brain volume where the threshold13 of the negative (i.e. tensile) pressure of 

the tissue was exceeded during the trauma. 
 

Moreover, the relative motion damage measure (RMDM) was introduced to characterize the risk 

of ASDH based on the strain and strain rate of the bridging veins resulting from the relative motion 

of the skull and the brain [18]. RMDM gives the maximal utilization of the bridging vein, defined 

as the ratio of the maximum strain and the limit strain (depending on the actual strain rate) as per 

the failure criterion of previous experimental research [95]. 

II.1.4 New injury metrics and risk curves 

Once tissue-level injury predictors and associated tolerances are available, these can be applied 

to formulate new kinematic-based metrics supported by FE results. The most promising new 

candidate among such metrics is the Brain Injury Criteria (BrIC) [45] which was already 

implemented into the New Car Assessment Program (NCAP) [96]. Originally, BrIC was primarily 

developed to evaluate DAI only, using correlation analysis between DAI-related predictors and 

kinematic variables. It was already hypothesized that this new metric should be based on rotational 

effects, however, instead of accelerations, rotational velocities gave the strongest correlation with 

MPS and CSDM. Accordingly, the magnitude of the effect is quantified by the maximum 

directional angular velocities (ωx, ωy, ωz) of the head: 

 
12 Usually a 0.15 or 0.25 strain threshold is applied [18, 19, 45, 47]. 
13 Following the biphasic nature of the brain, the tolerance pressure value was specified as the vapor pressure 
of water (~100 kPa). 
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where ωxC=66.25 rad/s, ωyC=56.45 rad/s and ωzC=42.87 rad/s are critical maximum angular 

velocities (which correspond to the 50% probability of an AIS 4+ injury) [45]. Following a 

deterministic linear relationship between BrIC and the tissue level predictors, corresponding risk 

curves have been formulated related to the probability of an AIS 4+ DAI (PDAI) following Weibull 

distribution [45]: 
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The relationship given by Eq. (6.a) was determined by considering MPS, and Eq. (6.b) was obtained 

using CSDM associated with a strain threshold of 0.25. 
 

Recently, other new metrics were formulated as well. Similarly to BrIC, most of them are also 

based on rotational effects, although they are based on rotational accelerations instead of velocities. 

Here only those metrics are mentioned, which gave a high degree of correlation with the tissue-

level predictors in previous comparison studies [46, 47], and an injury risk curve is available for the 

given metric (or at least its estimation is possible based on the available data). One such metric is 

the Rotational Injury Criterion (RIC) [97]. It is formulated similarly as the HIC, but here the 

translational acceleration (in Eq. (3)) is replaced with the resultant rotational acceleration (α): 
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and a t2 - t1 ≤ 36 ms time interval was proposed [97]. For RIC, only a risk curve related to the 

probability of an AIS 2+ injury (PAIS 2+) is available [97, 98]: 
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                                        (8) 

Another similar metric is the Rotational Velocity Change Index (RVCI) which is given by the 

following equation [46]: 
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where Rx, Ry and Rz are weighting factors (detailed in [46] for CSDM and MPS separately) and αx, 

αy, αz are the components of the instantaneous rotational acceleration about each orthogonal 

direction and t2 - t1 ≤10 ms is the time interval which is chosen to maximize the value of RVCI [46]. 

No injury risk curve has been proposed related to RVCI [97], however, the following RVCI-MPS 

relation was observed: 

0.0162 0.0855.MPS RVCI                                                   (10) 

II.1.5 Current limitations 

One major limitation of our knowledge can be directly observed in the evaluation system of 

the current safety standards. These regulations are still based on HIC, even though several doubts 

exist in the biomechanical community regarding its application. A major concern is that HIC 

considers only the translational accelerations, hence neglecting the rotational effects, which seem 

to have an even more significant role in the occurrence of TBIs [58, 99, 100]. Another main 

criticism of HIC is that it considers only the external kinematic effects of the head and neglects the 

response of the soft and highly deformable brain tissue [54]. 
 

Further criticisms exist regarding the applied threshold value of HIC, which is based on the 

original risk curve of Prasad and Mertz [69] (Eq. (4)). The observation that the applied threshold 

value (HIC15 = 700) belongs to 5% injury probability (according to Equation (4)) is based on 

cadaver experiments, where the occurrence of skull fracture and hematoma were investigated, and 

other types of TBI were not considered. Comparing injury risk obtained by observations of real-

world crashes and the risk predicted by standards corresponding to well-controlled tests is a 

difficult task because several discrepancies may exist in the impact conditions. Nevertheless, 

Mueller et al. [101] found that HIC may seriously underestimate the injury probability in case of 

small and moderate overlap frontal crashes since the predicted PAIS 4+ was less than one-tenth of 

the observed value. 
 

Furthermore, recent FE studies [47, 97] pointed out that HIC has a very small correlation with 

tissue deformations indicating that HIC is not an effective injury metric. Moreover, if this correlation 

is small, it means that highly variable tissue response (i.e. record-to-record variability) is possible in 

frontal crash scenarios, even if the acceleration pulses represent the same HIC value. In other 

words, significant tissue-level uncertainties may be present when the quantification of the effect is 
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based on HIC. This uncertainty can significantly affect the shape of the associated risk curve, 

leading to the considerable increment of the injury probability in the design interval (i.e. interval of 

probabilities less than 5%). 
 

Unfortunately, the recently proposed metrics do not seem to be readily formulated for a sudden 

revision of the standards. Although it was shown that they are associated with significantly better 

correlation with tissue-level predictors than HIC [46, 47], still fundamental deficiencies exist related 

to these new metrics. One major problem is that the metrics mentioned above were proposed for 

DAI only, and it is unclear if they are suitable for quantifying the risk of other injury types. 
 

Furthermore, the only available AIS 4+ risk curves related to one of these metrics [45] are also 

based on the consideration of DAI only, while focal injury types such as acute subdural hematoma 

(ASDH) and contusion were not taken into account. In constructing these curves, a deterministic 

linear connection was assumed between BrIC and tissue-level predictors, which means that the 

record-to-record variability (i.e. the uncertainty of the tissue-level effect) was neglected. Besides the 

fact that this could lead to the underestimation of injury risks, it has another disadvantage as it gives 

zero injury probability in the BrIC=0-0.523 interval (Eq. (6.b)). Although the CSDM seemed to be 

a better predictor than MPS in a previous study [45], due to this deficiency, the corresponding risk 

curve cannot be applied in selecting a new threshold value that may belong to the BrIC≈0.3-0.55 

interval. Unfortunately, the other new injury metrics mentioned above are even less advanced in 

the sense that no injury curve is available for an AIS 4+ injury (not even for DAI). 
 

Based on these deficiencies, our current knowledge lacks the necessary background for choosing 

a reliable new threshold value, corresponding to a FE analysis-based injury metric and a combined 

AIS 4+ injury risk curve, which takes into account the most important injury types.        

II.2 Reliability assessment of the standardized evaluation procedure 

II.2.1 Introduction 

This research aims to perform an advanced vulnerability analysis of the human brain to 

investigate the connection between HIC15 and PAIS 4+ related to frontal crash tests performed with 

the standardized 56 km/h impact velocity. Based on the investigation mentioned above of real-

world crashes [101] and the fact that several effects were neglected during the development of HIC 

and the currently used risk curve (Eq. (4)), it is hypothesized that the risk may be considerably larger 

than the current standards predict.  



36 
 

In reliability engineering, one of the main tasks of risk analysis is the characterization of different 

types of uncertainties that can significantly influence the probability of failure. In our case, one 

major source of uncertainties may exist due to the variability of the tissue-level resistance among 

humans. Furthermore, it is hypothesized that even if the acceleration loading curves belong to the 

same HIC15 value, tissue-level effects may have a relatively large variability among crashes due to 

the following reasons: 

 several types of uncertainties can influence the acceleration time history which occurs on 

the human head during a car crash (leading to a considerable record-to-record variability), 

 HIC neglects the effect of rotational accelerations and the response of the brain tissue.  

Obviously, other sources of uncertainties also exist whose characterization is out of the scope of 

this work. Referring to other engineering fields in general, reliability analysis [13, 102] is considered 

the state-of-the-art tool for performing the advanced vulnerability assessment of the analysed 

system. This way, each type of uncertainty can be taken into account via random variables defined 

by their distribution function. Analogously, this method could also be applied in the case of the 

human brain, where injury types are considered as different failure components described by 

separate limit-state functions.      

II.2.2 Methods 

In order to investigate the HIC15 – PAIS 4+ connection, the probability of traumatic brain injury 

is determined for several HIC15 values by reliability analysis using Monte Carlo simulations (MC) 

[103]. This approach enables the construction of a new risk curve that can be used to re-evaluate 

the currently applied risk curve (Eq. (4)). By considering the criticisms mentioned above, the 

reliability analysis performed in this research meets the following requirements: 

 Injury criteria are described at the tissue level; 

 Tissue-level effects are calculated via a finite element model, which has already been validated 

and used in previous research; 

 Certain types of uncertainties which can significantly affect the injury probability are taken 

into account by random variables.  
 

An AIS 4+ injury can occur with different types of brain lesions, which should be considered 

during the reliability analysis. In accordance with previous research [18], the following three of the 

most common types of TBIs are considered in this research: 

 diffuse axonal injury (DAI), 
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 acute subdural hematoma (ASDH), 

 contusion. 
 

In the reliability analysis, each injury type is represented as a failure component described by the 

following Gi (i=1...3) limit-state functions (where i=1 belongs to DAI, i=2 belongs to ASDH, and 

i=3 belongs to contusion): 

                                                 1 , CSDM CSDMG R E
                                                  (11.a) 

2 , RMDM RMDMG R E
                                                 (11.b) 

3 , DDM DDMG R E
                                                   (11.c) 

where RCSDM, RRMDM and RDDM are random variables describing tissue-level resistances in terms of 

CSDM (with strain threshold equals 0.15), relative motion damage measure (RMDM) and 

dilatational damage measure (DDM) detailed in [18]. These variables are characterized based on 

figures provided in [18]. The applied distribution types and parameters are summarized in Table 1. 

Table 1. Random variables, describing the tissue-level resistance. 

Random variable Distribution type μR σR 

RCSDM Normal 0.55 0.3 

RRMDM Normal 1 0.35 

RDDM Lognormal -2.8811 0.7072 

 
In Eq. (11), ECSDM, ERMDM and EDDM are random variables representing the stochastic nature 

of tissue-level effects. In order to determine tissue-level effects corresponding to a given test, the 

concept introduced by Takhounts et al. [18] was applied. Namely, the accelerations measured on 

the head of an advanced anthropomorphic test dummy (AATD) are applied to obtain loading time 

histories to a finite element model of the head. Although the kinematic properties of test dummies 

somewhat differ from humans’, AATDs are widely used in the automotive industry to evaluate the 

occupant protection potential of new vehicles [104]. In order to get reliable kinematic data, the 

Hybrid III type dummies have been used in the case of frontal crash tests since 1986, which has 

excellent biofidelity and measurement capabilities [104]. Translational accelerations in several 

locations and directions on the dummies’ head are measured by a Nine Acceleration Array Package 

(NAAP) [105], and rotational accelerations are computed from the measured linear accelerations 

in SIMon software [18] based on the rigid body dynamics of the human skull. In the knowledge of 

the translational and rotational accelerations that occurred on the dummies’ head, tissue-level 
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effects are calculated by the standard finite element head model included in the SIMon software 

using explicit dynamic simulations (detailed in [18]) (Fig. 12)14. During the simulations of frontal 

crashes, a 56 km/h initial velocity of the human head is prescribed. Afterwards, load curves (i.e. time 

vs velocity functions) are computed in SIMon (based on the measured translational accelerations), 

which act on the rigid skull, whose movement affects the brain's motion due to the implemented 

tie-break contacts.  

 
Figure 12. SIMon’s finite element model of the human head (a: coronal section; b: 

sagittal section; c: axial section). 

In order to characterize the uncertainty of tissue-level effects, a set of realistic acceleration 

records are required to take into account the natural variability of acceleration time histories and 

the ratio of the translational and rotational effects. Furthermore, these records should represent 

the same HIC15 value during the calculation of PAIS 4+ to avoid any bias due to different loading 

intensities. Therefore, this procedure requires the selection and scaling of acceleration records. 

 
14 I also considered the possibility to use the improved SIMon head model for characterizing the risk of 
DAI, however, it would have required 1,600 additional simulations (including sensitivity analysis) on a model 
which has ~10 times larger computational time than the standard model. As only limited hardware resources 
were available at this stage of the research, only 60 simulation on the improved model have been performed, 
to verify that similar results can be obtained with the standard model also. Considering, that the results show 
relatively good agreement (the difference of the obtained combined injury probability at HIC15=500 was 
about 5%), the standard model was used for the 1,600 simulations in this study. However, in the next study 
where risk curves are constructed for the new BrIC metric, the improved model was already applied (as 
detailed in section II.3).   
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Accordingly, 100 frontal crash tests were selected randomly from the NHTSA database, which meet 

the following requirements: 

 the crash test was performed with 56 km/h impact velocity, 

 the car crashed into a rigid barrier, 

 the test analysed a car prototype (including airbags) that became available after 2000, 

 the Hybrid III dummy type was applied, 

 accelerations on the dummies' head were measured by a Nine Acceleration Array Package. 

Statistical parameters of the measured HIC15 values corresponding to the selected crash tests are 

summarized in Table 2. 

Table 2. Statistical parameters of the one hundred HIC15 values observed during the selected crash 
tests (µ=mean value; σ=standard deviation; CoV=coefficient of variation; 𝜂=skewness; 𝜅=kurtosis; 

HICmin=minimum value; HICmax=maximum value). 

µ σ CoV 𝜂 𝜅 HICmin HICmax 

315.66 124.82 0.3954 0.9087 3.3492 107.12 660 

 
In order to calculate PAIS 4+ for several HIC15 values, the measured nine translational 

acceleration records of selected crash tests have been scaled linearly by a scaling factor (calculated 

for each test respectively), ensuring that all 100 tests represent the desired HIC15 value. Based on 

the rigid body dynamics of the human skull, the scaling of translational accelerations causes the 

scaling of the rotational accelerations as well. Tissue-level effects are calculated at eight different 

HIC15 levels (HIC15 equals 200, 400, 500, 600, 700, 1000, 1500 and 2000) by the SIMon software. 

After performing the finite element simulations, at each HIC15 level, the obtained 100 

realizations of the tissue-level effects are considered statistical samples used to characterise ECSDM, 

ERMDM and EDDM variables. In some instances, parametric distributions could not be reliably fitted 

to the observed data, therefore, curve fitting was performed by non-parametric kernel density 

estimation in Matlab environment [106] using Epanechnikov kernels [107] (Figs. 13.a, 14.a and 

15.a). The curve fitting of distribution functions was checked qualitatively by the probability plot 

method (Figs. 13.b, 14.b and 15.b). 
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Figure 13. Kernel density estimation of ECSDM in case of HIC15=700: a) fitting density function to the 

histogram of the observed data; b) checking the curve fitting by probability plot. 

 

 

Figure 14. Kernel density estimation of ERMDM in case of HIC15=400: a) fitting density function to 
the histogram of the observed data; b) checking the curve fitting by probability plot. 

 

 
Figure 15. Kernel density estimation of EDDM in case of HIC15=1500: a) fitting density function to 

the histogram of the observed data; b) checking the curve fitting by probability plot. 

Conditional injury probability (Pi) corresponding to the Gi limit-state function is calculated by 

Monte Carlo simulations where 106 random samples of tissue-level effects (Fig. 16.a) and resistances 

(Fig. 16.b) are generated according to their distribution function in Matlab. The outcome of the 

106 virtual experiments is evaluated according to Eq. (11), respectively, where negative values of Gi 

indicate injurious and non-negative values indicate non-injurious outcomes (Fig. 16.c).   
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Figure 16. Illustration of Monte Carlo simulation: a) random sample of the effect; b) random sample 

of the resistance; c) outcome of experiments. 

After the evaluation of virtual experiments, the conditional injury probability is calculated in 

the following way: 

number of experiments when injury occurred

number of experiments
.iP                                     (12) 

In order to ensure the uncertainty of effect is reliably characterized, a convergence analysis was 

performed, where the variability of Pi values was observed in the function of the considered crash 

test number (Fig. 17). 

 
Figure 17. Results of convergence check: a) convergence of the injury probability; b) relative error of 

the results. 
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Convergence analysis (Fig. 17) shows that in the case of the consideration of at least 80 crash tests, 

the relative error of the calculated injury probability is within 1-5%. This magnitude of uncertainty 

is considered to be acceptable, thus 100 crash tests are reconstructed by FE simulations at the 

above-mentioned HIC15 levels. 

In the knowledge of Pi for each injury type, the probability of an AIS 4+ injury can be 

determined by the reliability analysis of the system, which consists of the three failure components 

mentioned above. These components form a so-called series system considering that the 

occurrence of one injury type already causes an AIS 4+ injury. Accordingly, an estimation of the 

system reliability could be given via simple lower and upper bounds, as shown in Eq. (13). 

 
3

4
1

max .


 i AIS i
i

P P P                                                    (13) 

Afterwards, the system's reliability is evaluated by Monte Carlo simulations where 106 random 

samples (i.e. random vectors with three components) of the effect and the resistance are generated 

according to their multivariate distribution function. During the construction of these functions, the 

same Kernel-type non-parametric marginal distribution functions are applied as earlier. In order to 

take into account the correlation, multivariate copula functions are used to generate correlated 

vector components [108] of the effect (Fig. 18).  

 
Figure 18. Generating correlated samples of the effect in case of HIC15=700 with non-parametric 

marginal distributions of ECSDM and ERMDM. 

Correlations between ECSDM, ERMDM and EDDM are estimated based on the results of the 

corresponding FE simulations by the Kendall-type rank correlation coefficient [109], which is 

invariant to the nonlinear inverse transformations applied during the Monte Carlo simulations. 

Since multivariate distribution functions are not uniquely defined by their marginal distributions 
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and their correlation, calculations are performed with several types of copula functions (Gaussian 

and t copulas with a different number of parameters) to analyse the sensitivity of the results. In the 

knowledge of PAIS 4+ for several HIC15 values, a new risk curve is constructed by curve fitting 

performed by the least square method. 

Following my first hypothesis that injury risk could be considerably larger due to rotational 

acceleration and uncertainties than it was predicted earlier, a sensitivity analysis is carried out to 

evaluate the contribution of different factors to the injury risk. Accordingly, calculations are 

repeated (1) without the uncertainties of the resistance, (2) without the uncertainties of the effect 

and (3) without the rotational effects, respectively. The first is achieved by setting the σR parameter 

of RCSDM, RRMDM and RDDM to zero, the second one is carried out by using the mean value of ECSDM, 

ERMDM and EDDM as the tissue-level effects, while the latter is performed by running new FE 

simulations with the modification of the time vs rotational velocity functions (i.e. three load curves) 

to constant zero functions as it was applied in [110]15. 

II.2.3 Results 

For illustration purposes, the obtained pressure and strain distribution at the moment of the 

impact at the coup side are shown for a typical test reconstruction (test #5130) in Fig. 19. 

  
a) Pressure distribution b) 1st principal strain 

 

Figure 19. Obtained pressure and strain distribution in the coronal section at a typical reconstruction. 

Statistical parameters of the 100 realizations of the tissue level effects obtained by FE 

simulations are summarized in Table 3, and the results of injury probabilities and the system's 

reliability are shown in Table 4. 

  

 
15 Obviously, these are unrealistic “what if” scenarios (since rotational effects always occur with a certain 
magnitude), nonetheless, they represent realistic translational effects with the given HIC15 intensity, thus 
they are used to analyse theoretically what would happen if rotational effects did not occur.   
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Table 3. Statistical parameters of the results of FE simulations (μ=mean value; σ=standard deviation; 
CoV=coefficient of variation; η=skewness; κ=kurtosis; r=range). 

Effect HIC15 μ σ CoV η κ r 

CSDM  0.0229 0.0312 1.3640 2.9917 12.2703 0.1687 
RMDM 200 0.5313 0.2365 0.4452 1.3667 4.7314 1.0969 
DDM  0.0002 0.0009 3.8452 5.9962 39.4443 0.0065 

CSDM  0.0886 0.1326 1.4967 3.7533 21.0841 0.9586 
RMDM 400 0.7190 0.3176 0.4417 1.3178 4.5203 1.4406 
DDM  0.0008 0.0020 2.3948 3.5701 16.2403 0.0121 
CSDM  0.1107 0.1175 1.0615 1.9920 6.4451 0.5091 
RMDM 500 0.7937 0.3483 0.4388 1.3550 4.6425 1.5756 
DDM  0.0016 0.0033 2.0906 3.2345 13.3094 0.0179 

CSDM  0.1394 0.1427 1.0234 1.9396 6.2889 0.6189 
RMDM 600 0.8419 0.3721 0.4420 1.3412 4.6517 1.7034 
DDM  0.0023 0.0048 2.1311 3.9105 21.0107 0.0330 
CSDM  0.1911 0.1644 0.8600 1.4030 4.3401 0.6645 
RMDM 700 0.9256 0.4021 0.4344 1.3345 4.5826 1.8175 
DDM  0.0056 0.0189 3.3961 6.6789 51.2671 0.1620 

CSDM  0.2910 0.1934 0.6645 0.9679 3.6192 0.8486 
RMDM 1000 1.0947 0.4827 0.4409 1.3895 4.9153 2.3873 
DDM  0.0079 0.0177 2.2534 6.4571 53.5886 0.1590 
CSDM  0.4074 0.2121 0.5205 0.2020 2.5029 0.8708 
RMDM 1500 1.2980 0.6117 0.4713 1.5449 5.5343 3.2365 
DDM  0.0115 0.0156 1.3531 3.8092 23.8863 0.1189 

CSDM  0.5392 0.2133 0.3956 -0.2388 2.3545 0.8795 
RMDM 2000 1.5732 0.7041 0.4475 1.6331 6.0198 3.7435 
DDM  0.0171 0.0153 0.8904 1.4425 4.5870 0.0725 

 
Table 4. Injury probabilities obtained by reliability analysis. 

HIC15 PDAI PASDH Pcontusion 
Lower 

bound of 
PAIS 4+ 

Upper 
bound of 

PAIS 4+ 

PAIS 4+ based on 
system reliability16 

200 0.0409 0.1410 ≈0 0.1410 0.1819 0.1810 
400 0.0800 0.2639 0.0003 0.2639 0.3442 0.3279 
500 0.0915 0.3165 0.0015 0.3165 0.4095 0.3806 
600 0.1131 0.3469 0.0041 0.3469 0.4641 0.4234 
700 0.1515 0.4075 0.0236 0.4075 0.5826 0.4993 
1000 0.2346 0.5186 0.0310 0.5186 0.7842 0.6179 
1500 0.3509 0.6273 0.0527 0.6273 1 0.7326 
2000 0.4920 0.7648 0.0944 0.7648 1 0.8438 

 
16 It is mentioned that the reliability of the system has a negligible variability (CoV<0.01) when the 

calculations are repeated with the different types of copula functions (as noted above), thus only results 
obtained by Gaussian copulas are shown in Table 4. 
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Based on the results of MC, a modified risk curve can be fitted to the HIC15 - PAIS 4+ pairs. 

Since current results show a relatively large injury probability in the HIC15= 0-1000 interval (Table 

4), a fitted normal distribution function would predict an unrealistically large injury probability for 

HIC15≈0 (and even for negative HIC15 values). Therefore, the use of a lognormal distribution 

function is proposed: 

 

 15
4 15

ln 6.5445
( ) .

1.1993
 

 
 

AIS
HIC

P HIC                                                  (14) 

Parameters of the new risk curve obtained by the least square method are summarized in Table 

5, and corresponding risk curves are shown in Fig. 20. 

 

Figure 20. Modified risk curve obtained by reliability analysis. 

Table 5. Parameters of the obtained injury risk curve. 

Distribution type μLN σLN 

Lognormal 6.5445 1.1993 
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Results of the sensitivity analysis in terms of PAIS 4+ are summarized in Table 6. 

Table 6. Results of the sensitivity analysis in terms of injury probabilities. 

HIC15 
PAIS 4+ 

without the uncertainties 
in the resistance 

PAIS 4+ 
without the uncertainties 

in the effects 

PAIS 4+ 

without rotational 
effects 

200 0.0777 0.1257 0.0064 
400 0.2024 0.2602 0.0110 
500 0.2559 0.3293 0.0142 
600 0.3057 0.3842 0.0165 
700 0.3876 0.4841 0.0219 
1000 0.5253 0.6844 0.0322 
1500 0.6755 0.8668 0.0718 
2000 0.8277 0.9751 0.1159 

It can be seen in Table 6 that relatively small injury probabilities are obtained when rotational 

effects are neglected. These low probability values correspond relatively well with the original risk 

curve in the HIC15= 0-700 interval. These relatively low PAIS 4+ values are almost equal with the 

corresponding PASDH result since the injury probability of DAI and contusion tended to zero. It 

might not be surprising considering that DAI is a diffuse type of injury that is thought to be caused 

by rotational effects [54, 110], while the analysis of contusion resulted in relative small probabilities 

even if rotational effects were present (Table 4). Therefore, only tissue-level effects obtained during 

the analysis of ASDH (without rotational effects) are summarized in Table 7. 

Table 7. Statistical parameters of RMDM results of FE simulations without rotational effects 
(μ=mean value; σ=standard deviation; CoV=coefficient of variation; η=skewness; κ=kurtosis; 

r=range). 

HIC15 μ σ CoV η κ r 

200 0.1133 0.0523 0.4614 2.6291 11.9945 0.3330 
400 0.1768 0.0706 0.3992 1.9620 8.4694 0.4180 
500 0.2042 0.0789 0.3863 1.5781 6.7294 0.4608 
600 0.2200 0.0862 0.3920 1.5680 7.9149 0.5300 
700 0.2525 0.1010 0.3999 1.0265 5.3622 0.5964 
1000 0.3081 0.1125 0.3650 1.1660 5.5205 0.6441 
1500 0.4229 0.1571 0.3714 0.9921 4.6799 0.8743 
2000 0.5124 0.2045 0.3991 1.1207 4.8750 1.1458 

 

Risk curves were fitted to the results of the sensitivity analysis as well. These curves are shown in 

Figure 21 in addition to the “original” and the new risk curve. 
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Figure 21. Risk curves based on the results of the sensitivity analysis. 

II.2.4 Discussion 

In this study, the vulnerability assessment of the human brain was performed by reliability 

analysis to estimate the probability of traumatic brain injuries in case of frontal car crashes by taking 

into account certain types of uncertainties of the effect and resistance. It was hypothesized that 

injury risk might be considerably larger than predicted by current safety standards since certain 

injury types and uncertainties corresponding to the kinematic effects had been neglected during 

the construction of the original risk curve. My results (Table 4 and Fig. 20) support this hypothesis 

since the injury probability for HIC15 = 700 obtained by MC is 0.4993 instead of 0.05, which was 

predicted by the “original” risk curve. Even for HIC15 = 500, the injury probability obtained by MC 

is significant (0.3806), while at HIC15 = 1000, the 50% risk is already exceeded (0.6179). Based on 

these results, a new risk curve was constructed (Table 5, Fig. 20) by the least square method where 

applying a lognormal distribution function was more suitable than the normal distribution function 

used earlier. 

The observed difference between the risk curve obtained by reliability analysis and the 

“original” risk curve (which is defined by Eq. (4)) can be attributed to several reasons. Basically, 

during the reliability analysis, certain types of effects and uncertainties were taken into account, 

which had not been considered earlier. Thus, the new risk curve relates to considerable total 

uncertainty (which is quantified in Table 5 by σLN). The magnitude of this total uncertainty is highly 

responsible for the shape of the obtained risk curve and the observation that the predicted injury 

probability is more significant in the HIC15 = 0-1000 interval than it was predicted earlier. These 

results can be interpreted in a way that, since several effects and uncertainties were neglected during 
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the application of the HIC metric, a considerable injury probability is present even if relatively small 

HIC15 belongs to a crash. Accordingly, it was shown in Table 3 that a relatively large variability of 

tissue-level effects could be observed due to complex kinematic effects, including rotational 

accelerations and velocities, even if the same HIC15 value belonged to the tests. For instance, in 

the case of ASDH - which is predicted to be the most significant injury type (Table 4) - the CoV 

of RMDM is between 0.4344 and 0.4713, while for DAI and contusion, the CoV of the tissue-level 

effect is even larger. 

Sensitivity analysis has shown that the CoV of RMDM is slightly smaller (between 0.3650 and 

0.4614) if rotational effects are not present. However, its mean value is significantly less in this case 

(Table 7), which indicates that relatively small injury probabilities would exist if rotational effects 

did not occur (Table 6). The effect of rotational accelerations is illustrated by the risk curves in 

Figure 21, strengthening the belief that rotational effects are the primary cause of brain injuries [54, 

110]. Accordingly, it might not be so surprising that using a solely translational acceleration-based 

injury metric includes several uncertainties that can lead to relatively high injury probabilities even 

if relatively small translational effects occur. 

Furthermore, a relatively large uncertainty can be observed corresponding to tissue-level 

tolerances of humans since the applied resistance models (Table 1) work with CoV = 0.35-0.806. 

Sensitivity analysis has also shown (Table 6, Fig. 21) that these uncertainties are partially responsible 

for the relatively high injury probabilities observed in the HIC15 = 0-1000 interval. However, this 

contribution is considerably smaller than the contribution of rotational effects mentioned above.  

Moreover, a significant injury probability (e.g. 15.15% for HIC15 = 700) belongs to the 

occurrence of DAI (Table 4), which was not taken into account during the construction of the 

“original” risk curve. Hence this neglect can also be partially responsible for the observed 

differences.  

The construction of the “original” risk curve was based on cadaver experiments [69] where 

different impact velocities and impact conditions were applied (e.g. head drop tests on flat, rigid 

and padded surfaces, cadaver sledge tests against windshield; drop tests of helmeted cadavers). 

Since these impact conditions and velocities could be different from those which occur during the 

analysed car crashes, this discrepancy may also contribute to the differences between the “original” 

and the modified risk curve (Fig. 20). 
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Although the comparison of TBI risk observed in real-world crashes and predictions based on 

standardized tests may not be so reliable, current results of the tissue-level reliability analysis 

support previous real-world observations [101], where it was found that HIC may significantly 

underestimate injury risk. However, this comparison has the limitation that Mueller et al. [101] 

considered small and moderate overlap frontal tests performed with 64 km/h impact velocity. 

The applied random test selection procedure resulted in a mixed set of crash tests, and their 

number was checked by a convergence analysis. Therefore, it is assumed that the uncertainty of the 

effect was characterized reliably. However, this could not be confirmed as relevant studies about 

the broad spectrum of the possible tissue-level effects are not available. Furthermore, while certain 

types of uncertainties were considered during the reliability analysis, there are additional sources of 

uncertainties whose investigation should be the topic of further research. For instance, 

uncertainties corresponding to the finite element modelling and the statistical process of observed 

results should be considered in the future. However, considering these so-called epistemic 

uncertainties is not straightforward, and it is still the topic of active research. Moreover, the natural 

variability of geometric and kinematic characteristics among humans can influence the kinematic 

effects occurring on the head, therefore its characterization could be an exciting task in the future.  

A limitation of my study comes from the application of the 2003 version of the SIMon head 

model. Tissue-level results are always sensitive to the applied model, thus it was convenient to apply 

the same model for characterizing tissue-level effects, which was used earlier to determine the 

resistances. The original aim of the authors of the model was to reduce complexity to obtain a 

reasonable simulation time without sacrificing the accuracy of the injury prediction. Although this 

model includes only the most essential anatomic parts, it went through a rigorous validation 

procedure [18] where the relative motion of the brain with respect to the skull was compared to 

the results of cadaver experiments. In our case, it was very convenient to use this simplified model 

for this large number of simulations. However, as the hardware capacities increase in the near 

future, it would be interesting to perform such simulations with more advanced models where 

further geometric details are included.   

My analysis included the investigation of three of the most common types of TBIs, however, 

ideally, the vulnerability analysis of the human brain should consider all types of injuries. Maybe 

this could be the case in the future, as soon as tissue-level resistances become available 

corresponding to all injury types. 
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My results are limited to the injury probability of humans seated in the driver's seat in case of 

frontal crashes into a rigid barrier performed with 56 km/h impact velocity. However, since 

kinematic effects occurring on the head during crash tests were measured by test dummies - despite 

their excellent biofidelity - my results are influenced by differences in kinematic properties between 

humans and AATDs.  

The applied tissue-level resistances were taken from the literature [18] and were used earlier 

during the development of the BrIC injury metric [45]. Previous research based on investigations 

of real-world crashes [101, 111] found that BrIC may overestimate the injury risk, thus there is a 

need for further research. The source of this overestimation is not known, however, if it derives 

from the applied resistance models or the FE simulation technique, it would influence my results 

as well. 

Since the measured HIC15 values of the selected frontal crash tests belong to the 107-660 

interval (Table 2), kinematic effects obtained by scaling the measured accelerations may be less 

reliable at a much larger HIC15 intensity level. Primarily, it derives from the possibility that the 

rotational and linear acceleration histories may have different characteristics and tendencies in the 

case of this larger HIC15 intensity level. Therefore, the currently proposed risk curve is represented 

by a dashed line in the HIC15>1000 interval in Fig. 20, indicating that the results may be less reliable 

for these high HIC15 intensity cases, which rarely occur during such tests. Accordingly, from a 

practical point of view, the lower tail of the curve (which is represented by the solid line in Fig. 20) 

is much more important since thresholds should be chosen from this interval which belongs to 

smaller HIC15 intensities and smaller injury risks. 

From a theoretical point of view, the tissue-level response of the human brain can highly 

depend on the impact velocity besides HIC15 values. Therefore, it is not entirely valid to use the 

same HIC15 - PAIS 4+ curve for crash tests performed with different impact velocities. Accordingly, 

constructing further HIC15 - PAIS 4+ curves with different impact velocities could also be an 

important task in the future. 

The investigation of injury probability during different test types (e.g. side impacts instead of 

frontal crashes, dummies seated at different locations, different impact velocities, etc.) and the 

analysis of injuries with different AIS levels should also be the topic of further research.  
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II.2.5 Conclusions 

Based on the tissue-level reliability analysis of the human brain, the results indicate a 

considerably higher injury risk than predicted by current safety standards. Based on these results, a 

new risk curve was proposed, which follows a lognormal distribution. Sensitivity analysis confirmed 

that rotational effects have a critical contribution to the observed injury probabilities, strengthening 

the common belief that rotational effects are the primary cause of brain injuries. These observations 

suggest that using a solely translational acceleration-based injury metric contains several 

uncertainties that can lead to relatively high injury probabilities even if relatively small translational 

effects occur. 

 

 

  



52 
 

II.3 Evaluation of new injury metrics and associated risk curves 

II.3.1 Introduction 

Although the current standards are still based on HIC, serious doubts exist regarding its reliability 

due to its approximations and negligence, as detailed above. By now, significant scientific proof 

exists indicating that the tissue-level predictors have a minimal correlation with HIC15, and this 

correlation can be much better if other head motion-based metrics are applied [45-47]. Not just 

the HIC metric itself but the reliability of the corresponding risk curve (Eq. (4)) is also questionable, 

e.g. in Section II.2, the applied reliability analysis led to a significantly different risk curve (Eq. (14)). 

As doubts regarding the reliability of the HIC metric seem to be justified, the modification of 

the standardised evaluation procedures is expected soon. The National Highway Traffic Safety 

Administration (NHTSA) has already implemented the BrIC [45] into the New Car Assessment 

Program (NCAP) [96] to provide an extension in addition to HIC. Thus, BrIC seems to be a 

potential candidate to become a fundamental brain injury metric in the future.  

Previous large-scale correlation studies [45, 47] have shown that BrIC gives a relatively good 

correlation with the tissue-level predictors (MPS and CSDM). However, the proposed risk curve 

may need to be re-evaluated for eliminating the following setbacks: 

 During the construction of Eqs. (6.a-b), a deterministic linear connection has been assumed 

between the tissue-level predictors and BrIC [45]. However, different tissue-level outcomes 

can occur in different crashes, even if they represent the same BrIC value. Such tissue-level 

uncertainty of the effect can influence the injury probability, which should be considered 

during the construction of risk curves. 

 The available risk curves are based on the consideration of DAI only [45], while focal injury 

types such as acute subdural hematoma (ASDH) and contusion were not considered. 

 Although the CSDM seemed to be a better predictor than MPS in a previous study [45], its 

corresponding risk curve (Eq. (6.b)) has the disadvantage that it gives zero injury probability 

in the BrIC=0-0.523 interval, which partially comes from the negligence of the above-

mentioned tissue-level uncertainties. A more reliable estimation may be needed in the 

BrIC≈0.3-0.55 “design interval” because a new threshold value related to a combined AIS 4+ 

head injury may belong to this interval (assuming that it will be calibrated to the ≈5% injury 

probability as earlier). 
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This study performs the re-evaluation of the available risk curves (Eqs. (6.a-b)) by tissue-level 

reliability analysis using FE reconstruction of frontal crash tests. Some of the most critical 

uncertainties are taken into account by random variables, while each above-noted injury type is 

considered by a separate limit-state function. 

Once the reliability-based evaluation of the BrIC-related risk curves is accomplished, the 

comparison of the above-noted injury metrics (HIC15, BrIC, RIC, RVCI) and their risk curves is 

performed. Following the goals mentioned above, three hypotheses are analysed in this study: 

(1) Considering DAI only, the obtained new risk curves via reliability analysis give larger 

injury probabilities in the “design interval” than Eqs. (6.a-b), however, these 

probabilities have a similar magnitude to those obtained by the available risk curves. 

(2) With the consideration of ASDH and contusion as well, significantly larger 

probabilities are obtained for a combined AIS 4+ injury. 

(3) Related to DAI, the new CSDM-based risk curve (determined by reliability analysis) 

gives the closest results to the probabilities calculated by tissue-level metrics. 

II.3.2 Methods 

Similarly to the methodology detailed in Section II.2, the tissue-level predictors are determined 

by FE reconstruction of standardised frontal crash tests [66] where Hybrid III adult male dummies 

were applied (Fig. 22.a). The dummy’s head is instrumented with the Nine Accelerometer Array 

Package (NAAP) (Fig. 22.a) [105], and the measured acceleration records are downloaded from the 

NHTSA database. Based on the rigid body motion of the dummy’s head, loading curves (including 

the translational and rotational velocities of the head) (Fig. 22.b) are calculated from the measured 

acceleration-time histories using the SIMon software. 
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Figure 22. Framework of the FE reconstruction of frontal crash tests: a) crash tests with dummies 
instrumented with NAAP; b) resultant translational and rotational velocities of the head; c) FE head 

models. 

The state variables of the soft tissues during the crash tests are calculated by explicit dynamic  

simulations (briefly illustrated in Figs. 23-24) performed on both head models of the SIMon 

software. The improved SIMon model [19] is considered as one of the currently available state-of-

art models, which was also applied to construct the BrIC metric and its corresponding risk curves 

(Eqs. (6.a-b)) [45]. With the obtained loading curves, the motion of the dummy’s head is applied 

to the model’s rigid skull as a prescribed boundary motion. Due to the movement of the skull, the 

impact energy is transferred to the brain via contact algorithms implemented between the skull and 

the brain (detailed in [18, 19]). Following the recommendations of the authors [19], the DAI-related 

tissue-level predictors (MPS and CSDM) are determined by the improved SIMon model (Fig. 22.c), 

while the RMDM for characterizing ASDH and the DDM for the analysis of contusion are 

calculated by the standard model (Fig. 22.c) [18]. 
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a) Compressive pressure wave at the coup side b) Tensile pressure wave at the contrecoup side 

  

c) Pressure gradient on a sagittal section 

Figure 23. Pressure distribution at the time of the head impact for a typical test reconstruction (test 
No. 4549 at BrIC=0.5). 

The goal of the reliability analysis is to determine the injury probability for given BrIC values 

with the consideration of some of the most important types of tissue-level uncertainties. In this 

analysis, each considered injury type is represented by a Gi (i=1...4) limit-state function (where 

i=1and i=2 belong to DAI with the MPS and CSDM-based description, respectively), i=3 belongs 

to ASDH, and i=4 belongs to contusion): 

                                                 1 ,MPS MPSG R E                                                       (15.a) 

2 ,CSDM CSDMG R E                                                    (15.b) 

3 ,RMDM RMDMG R E                                                    (15.c) 

4 .DDM DDMG R E                                                     (15.d) 

The injury risk is quantified as the probability that the considered limit-state function gives a 

negative value for a random realization of the corresponding random variables. Limit-state 

functions include random variables, describing uncertainties of the tissue-level effect (EMPS, ECSDM, 

ERMDM, EDDM) and the resistance (RMPS, RCSDM, RRMDM, RDDM). 
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a) Shear stress peaks near the corpus callosum b) Diffuse distribution of 1st principal strain 

Figure 24. Distribution of the shear stresses and the 1st principal strains at the time of the head 
impact for a typical test reconstruction (test No. 4549 at BrIC=0.5). 

In general, a rigid body motion-based metric always contains considerable uncertainty because 

such a parameter cannot perfectly predict the brain tissue's complicated, highly nonlinear 

behaviour. This can be observed if multiple crashes representing the same value of the applied 

metric are reconstructed; the obtained tissue-level predictors will show a certain variability. This 

record-to-record variability should be considered during the construction of the risk curves as the 

previous reliability-based evaluation of HIC (detailed in Section II.2) proved that it can significantly 

contribute to the injury probability. In order to quantify this variability, 100 FE simulations are 

performed for given BrIC values (0.2, 0.5, 0.7, 0.85, 1.0, 1.25 and 1.5) (i.e. in total, 700 simulations 

are completed with the improved and 700 simulations with the standard SIMon model). The test 

selection from the NHTSA database was governed by the following criteria: 

 frontal crash tests with a rigid barrier (as per FMVSS 208) are analysed; 

 the impact velocity is 56 km/h (standard value as per FMVSS 208 and ECE R94); 

 the test analysed a car prototype (including airbags) that became available after 2000, 

 a Hybrid III adult male dummy (instrumented with NAAP) is used at the driver’s seat. 

To obtain multiple realistic crash records representing the same BrIC value, the nine 

accelerograms of these tests are scaled linearly by a mutual scaling factor (briefly illustrated in Fig. 

25). 
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a) Pressure at BrIC=0.5  b) Pressure at BrIC=1.25 

 

 

c) 1st principal strains at BrIC=0.5  d) 1st principal strains at BrIC=1.25 
 

Figure 25. Illustration of FE results for different loading intensity: a) pressure at BrIC=0.5; b) 
pressure at BrIC=1.25; c) 1st principal strains at BrIC=0.5; d) 1st principal strains at BrIC=1.25. 

Once the 100 realizations of the tissue-level predictors are obtained from the simulations, 

random variables describing the effect in Eqs. (15.a-d) are fitted to the observed data by the log-

likelihood method in Matlab [106] using non-parametric Kernel distribution function with 

Epanechnikov-kernels [107] (Fig. 26.a). 
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Figure 26. Main steps of reliability analysis: a) fitting distribution function to FE results; b) Monte 

Carlo simulation; c) Generating correlated samples with given marginal distributions. 

The available data related to the tissue-level resistance also shows considerable variability. 

Following the results of previous regression analysis of scaled animal data [18, 45], the random 

variables related to tissue-level resistance can be characterized as summarized in Table 8. 

Table 8. Random variables of tissue-level resistance. 
Random 
variable 

Distribution function Reference 

RMPS 

2.84

1.01( ) ( ) 1

x

MPSF x P R x e

  
      

[45] 

RCSDM 

1.80

0.60( ) ( ) 1

x

CSDMF x P R x e

  
      

[45] 

RRMDM 
1

( ) ( )
0.35RMDM
x

F x P R x
     

 
 [18] 

RDDM 
 ln 2.8811

( ) ( )
0.7072DDM
x

F x P R x
 

   
 

 [18] 

The injury probability is calculated for each injury type with Monte Carlo simulations by 

generating 106 random samples of the random variables. The limit-state functions are evaluated for 

all sample pairs, and the number of injurious cases (i.e. where the limit-state function gives a 
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negative value) is counted. Finally, the total number of injurious cases is divided by the total number 

of samples to obtain the injury probability (Fig. 26.b). 

After determining the injury probability for each injury type, the combined AIS 4+ injury 

probability shall be determined. As any of the above-mentioned injury types already lead to an AIS 

4+ injury, they form a so-called series system. The reliability of the system is also evaluated by Monte 

Carlo simulations, where the generated random vectors of the effect and the resistance have three 

components (i.e. one for each injury type). In order to take into account the correlation of the 

different injury types, the random vector of the effect is generated by considering the observed 

correlation of MPS (or CSDM), RMDM, and DDM results. This correlation is described by the 

Kendall-type rank correlation coefficient, and the correlated vector components of the effect are 

generated by multivariate copula functions whose marginal distributions are equal to the Kernel-

type distributions of the corresponding random variables (Fig. 26.c).  

Once the injury probabilities are obtained for the analysed BrIC values, new risk curves are 

constructed by the least-square method using Weibull and Lognormal distribution functions 

(whichever gives the better approximation in terms of the sum of squared errors (SSE)). 

Once the reliability-based evaluation of the BrIC-related risk curves is completed, several 

injury criteria are compared by the numerical reconstruction of the previously selected 100 frontal 

crash tests with their original, unscaled loading curves. This comparison includes two separate 

investigations: 

1. Following a traditional approach [45-47], the adequacy of the selected injury metrics is 

evaluated by their degree of correlation with the tissue-level predictors.  

2. Besides the formulation of the available metrics, the reliability of their corresponding risk 

curves is also analysed. Since a good injury metric should reliably bridge the gap between 

the rigid body motion of the head and the tissue-level predictors, it is analysed which 

injury risk curve gives the best approximation (in terms of SSE) of the results obtained by 

tissue-level predictors.  

In order to get a reasonable approximation of the AIS 4+ curve related to RIC for the present 

comparison study, the available AIS 2+ risk curve (Eq. (8)) is scaled by the method which 

previously led to the BrIC-related risk curves of different injury severities [45] (following the 

recommendations of NHTSA [112]). In this approach, the median point of the Weibull distribution 

function is scaled by the β24=2.0 factor [45] while keeping the shape parameter constant. In order 
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to follow this approach as close as possible, an alternative AIS 2+ risk curve with Weibull 

distribution (with αW=1.1367·107 scale parameter and kW=4.1965 shape parameter) is fitted to the 

available risk curve (Eq. (8)), exploiting that only minor differences can be observed between these 

curves. Afterwards, this curve is scaled by β24 to obtain the following AIS 4+ curve: 

4.196

72.2733410( ) 1 .

RIC

DAIP RIC e

  
                                              (16) 

For the RVCI, an AIS 4+ risk curve is not available either, however, in the knowledge of the MPS-

RVCI relation described in Eq. (10), the original MPS-related AIS 4+ tissue-level tolerance curve 

(given in Table 8) can be expressed in the function of RVCI to obtain the following estimation: 

1.80.0086 0.1439

0.6( ) 1 .

RVCI

DAIP RVCI e

   
                                                 (17) 

II.3.3 Results 

The statistical parameters of the 100 realizations of the tissue-level effects obtained by FE 

simulations are summarized in Table 9. 

Table 9. Statistical parameters of FE results (μ=mean value; σ=standard deviation; CoV=coefficient 
of variation; η=skewness; κ=kurtosis; r=range). 

Effect BrIC μ σ CoV η κ r 
MPS 

0.20 

0.193 0.034 0.174 1.331 5.129 0.180 
CSDM ≈0 - - - - - 
RMDM 0.186 0.085 0.460 2.173 10.554 0.583 
DDM ≈0 - - - - - 
MPS 

0.50 

0.450 0.076 0.170 1.212 4.300 0.397 
CSDM 0.033 0.046 1.385 3.737 21.372 0.337 
RMDM 0.516 0.224 0.435 1.795 7.978 1.428 
DDM 0.00030 0.00108 3.564 5.096 29.499 0.00748 
MPS 

0.70 

0.596 0.096 0.161 1.246 4.323 0.475 
CSDM 0.145 0.105 0.728 2.411 9.982 0.627 
RMDM 0.727 0.301 0.413 2.038 10.709 2.105 
DDM 0.00147 0.00392 2.666 3.359 13.457 0.02079 
MPS 

0.85 

0.691 0.106 0.154 1.157 4.028 0.481 
CSDM 0.268 0.131 0.488 1.753 6.560 0.706 
RMDM 0.909 0.390 0.429 2.062 10.199 2.661 
DDM 0.00374 0.00794 2.123 3.255 13.634 0.04589 
MPS 

1.00 

0.795 0.153 0.192 3.165 19.676 1.192 
CSDM 0.419 0.150 0.359 1.194 5.057 0.803 
RMDM 1.128 0.485 0.430 1.964 8.829 2.989 
DDM 0.00770 0.01342 1.744 3.852 21.227 0.09499 
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MPS 

1.25 

0.919 0.132 0.144 1.067 5.953 0.924 
CSDM 0.629 0.121 0.192 0.038 3.124 0.631 
RMDM 1.423 0.551 0.387 1.225 5.522 3.431 
DDM 0.01542 0.01609 1.044 2.149 7.755 0.07843 
MPS 

1.50 

1.057 0.148 0.140 1.165 5.157 0.899 
CSDM 0.781 0.081 0.104 -0.312 2.863 0.355 
RMDM 1.818 0.593 0.326 1.164 4.816 3.383 
DDM 0.02968 0.02016 0.679 1.561 6.006 0.10844 

Injury probabilities at given BrIC values obtained by Monte Carlo simulations are shown in 

Table 10 (where PDAI(MPS) is the probability of DAI based on Eq. (15.a), PDAI(CSDM) is the probability 

of DAI based on Eq. (15.b), PASDH is the probability of ASDH, Pcontusion is the probability of 

contusion. At the same time, PAIS 4+(MPS) and PAIS 4+(CSDM) are the combined injury probabilities 

following an MPS-based and a CSDM-based description of DAI, respectively). 

Table 10. Injury probabilities obtained by reliability analysis. 

BrIC PDAI(MPS) PDAI(CSDM) PASDH Pcontusion PAIS 4+(MPS) PAIS 4+(CSDM) 

0.20 0.010 0.000 0.013 0.000 0.025 0.013 
0.50 0.102 0.013 0.121 0.000 0.224 0.130 
0.70 0.208 0.094 0.259 0.004 0.425 0.313 
0.85 0.296 0.223 0.396 0.017 0.581 0.511 
1.00 0.395 0.409 0.549 0.036 0.724 0.716 
1.25 0.530 0.649 0.729 0.082 0.864 0.899 
1.50 0.665 0.792 0.896 0.202 0.963 0.982 

 
Based on the result of Table 10, new risk curves are constructed by curve fitting (given in Eqs. 

(18.a-b) related to DAI and in Eqs. (19.a-b) related to ASDH and contusion, respectively). 
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Following the above-noted curve fitting procedure, new risk curves are obtained related to a 

combined AIS 4+ injury. In Eq. (20.a), the PAIS 4+ risk curve is given by considering the MPS-based 

description of DAI (Eq. (15.a)), while in the construction of Eq. (20.b), the CSDM-related limit-

state function (Eq. (15.b)) is applied:     
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Risk curves related to DAI, alongside the available risk curves of Takhounts et al. [45] (Eq. 

(6.a-b)), are shown in Fig. 27. 

 
Figure 27. Risk curves related to DAI. 

Risk curves related to different injury types and the combined AIS 4+ brain injury are shown in 

Fig. 28. 

 
Figure 28. Risk curves related to different injury types. 
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The correlation (in terms of the coefficient of determination (R2)) between the analysed injury 

metrics and tissue-level predictors is shown in Fig. 29.  

 
Figure 29. Correlation of injury metrics with tissue-level predictors. 

The obtained discrepancy (expressed by SSE) between the results of the DAI-related injury 

risk curves and the tissue-level predictors (related to 100 tests) are summarized in Table 11. 

Table 11. Performance of risk curves related to DAI (bold values were obtained by 
reliability analysis) 

  

Takhounts 
(MPS) 

(Eq. (6.a)) 

Reliability 
analysis 
(MPS) 

(Eq. (18.a)) 

Takhounts 
(CSDM) 

(Eq. (6.b)) 

Reliability 
analysis 
(CSDM) 

(Eq. (18.b)) 

RIC-based 
(Eq. (16)) 

RVCI-based 
(Eq. (17)) 

SSE 0.5093 0.4615 0.3493 0.3196 3.3116 1.0249 

The performance of risk curves related to different injury types is summarized in Table 12. 

Table 12. Performance of risk curves related to different injury types (bold values were 
obtained by reliability analysis) 

 
DAI 

(Eq. (18.b)) 
ASDH 

(Eq. (19.a)) 
Contusion 
(Eq. (19.b)) 

AIS 4+ 
HIC-based 

(Eq. (4)) 

AIS 4+ 
HIC-based 
(Eq. (14)) 

AIS 4+ 
BrIC-based 
(Eq. (20.b)) 

SSE 0.3196 4.2379 0.0074 11.672 5.6191 4.0769 

The CSDM-based risk curves of DAI and the combined AIS 4+ injury are shown with the 

outcomes (calculated by tissue-level predictors) of the 100 tests in Figs. 30-31. 
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Figure 30. DAI-related (CSDM-based) risk curves and the outcomes of the 100 reconstructions. 

 
Figure 31. Combined AIS 4+ injury risk curve and the outcomes of the 100 reconstructions. 

II.3.4 Discussion 

This study performed the reliability analysis-based evaluation of the BrIC head injury metric 

using FE reconstruction of frontal crash tests. The currently available DAI-related risk curves were 

re-evaluated and slightly modified, and new risk curves were proposed related to ASDH, contusion 

and the combined AIS 4+ injury. Furthermore, some of the most promising injury metrics and 

their related injury risk curves were compared to determine which available metric and risk curve 

seem to be the most reliable tool for estimating the brain injury risk in case of frontal car crashes. 

The reliability analysis of DAI resulted in new risk curves (Eqs. (18.a-b)), which are in relatively 

good agreement with the available risk curves of Takhounts et al. (Eqs. (6.a-b)) [20]. Although 

relatively small discrepancies are observed (Fig. 27), the new risk curves give larger probabilities in 

the “design interval”, leading to the conclusion that the first hypothesis is true. The main reason 

behind these discrepancies is that uncertainties of the tissue-level effects and resistances were 
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considered during the reliability analysis. It could be observed in the previous reliability-based study 

(see Section II.2) that the influence of the tissue-level uncertainties on the injury probabilities is 

primarily governed by the variability of the obtained tissue-level predictors (which can be 

characterized by CoV). From the obtained FE result (Table 9), a CoV=0.14-0.192 could be 

observed for MPS and a CoV=0.104-1.385 for CSDM (CoV=0.104-0.728 in the BrIC>0.523 

interval where the original risk curve (Eq. (6.b)) gives non-zero values). Although these 

uncertainties are considerable, they are not large enough to cause significant discrepancy to the 

original risk curves (Eqs. (6.a-b)), which was the case in the previous reliability study of the HIC 

metric (see Section II.2). Despite the minor differences, it is suggested to use the new curves (Eqs. 

(18.a-b)) for DAI because the stochastic nature of the tissue-level predictors was considered in the 

reliability analysis. Accordingly, a very convenient result of the reliability analysis is that it could 

characterize the small injury probabilities in the BrIC<0.523 interval. Therefore, the new risk curve 

(given by Eq. (18.b)) gives non-zero values in the BrIC≈0.3-0.55 “design interval”, which could be 

a key aspect during the determination of a new threshold value in the future. 

The reliability analysis of ASDH and contusion resulted in new risk curves (Fig. 28) given by 

Eqs. (19.a-b). Based on the comparison of different injury types, it was obtained that contusion has 

a significantly smaller probability than ASDH and DAI. This relation seems to contradict previous 

real-world observation [113], where the number of contusions reached a magnitude similar to the 

other two injury types. This discrepancy highlights that the results of such numerical studies are 

based on the applied tissue-level thresholds, which were determined in previous studies [18, 45] 

using the scaled results of animal experiments [18]. Since the current results depend on the applied 

thresholds, the obtained risk curves should be continuously revised when new experimental studies 

or real-world observations become available. In this regard, the applied framework of the reliability 

analysis may not need to be changed during the update of these results. 

The reliability analysis of all injury types resulted in the combined AIS 4+ risk curves (Eqs. 

(20.a-b) and Fig. 28) that show more significant injury risks than the original DAI-related curves 

(Eqs. (6.a-b)), leading to the conclusion that the second hypothesis is also true. 

In the second part of this study, a comparison analysis was performed, mainly focusing on the 

comparison of the available risk curves rather than comparing the injury metrics (which has been 

already investigated in previous studies [46, 47] for DAI). Nevertheless, this analysis provides new 

results related to the correlation of the injury metrics with RMDM and DDM (shown in Fig. 29), 

and it also gives the possibility to compare my results related to DAI with the observations of 
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previous studies [46, 47]. The current results show that with the DAI-related metrics, BrIC gives 

the best correlation (R2=0.56 for MPS and R2=0.61 for CSDM), while RIC gives the second 

(R2=0.51 for MPS and R2=0.60 for CSDM) and RVCI gives the third (R2=0.47 for MPS and 

R2=0.47 for CSDM) largest degree of correlation. This indicates that the BrIC seems to be the most 

reliable metric for characterizing DAI in case of frontal crashes. These results coincide with the 

observation of Gabler et al. [47], although they observed a little stronger correlation (R2≈0.7) with 

the application of the GHBMC model [89]. However, in another previous study [46], RVCI gave 

a higher degree of correlation which may be attributed to the differences in the applied FE model 

and that different (small overlap and oblique) crash types were also considered there. In Fig. 29, it 

could also be observed that HIC gives negligible correlation with tissue-level predictors (R2=0.02 

for MPS and R2=0.06 for CSDM), which also agrees with the previous observations of Gabler et 

al. [47]. 

The correlation analysis with the RMDM metric (Fig. 29) shows that still, the BrIC gives the 

highest degree of correlation (R2=0.31), but it is much smaller than what was observed for the 

DAI-related metrics, indicating that the application of BrIC is not as reliable for the analysis of 

ASDH as for the evaluation of DAI. The correlation of each analysed injury metric with DDM is 

much smaller than what was observed with the other tissue-level predictors, implying that none of 

these metrics is reliable for the analysis of contusion (Fig. 29).  

The comparison of the DAI-related risk curves shows that the CSDM-based curves perform 

better (in terms of SSE) than the MPS-based curves (Table 11). This observation agrees with the 

previous observation that CSDM gives a better correlation with BrIC than MPS. The reliability 

analysis-based curves perform slightly better than the original curves due to the above-noted 

advantages of the reliability analysis (Table 11). Other RIC and RVCI-related curves have worse 

performance than other BrIC-based curves. This may primarily come from the above-noted lower 

degree of correlation and the fact that these RIC and RVCI-based curves are only estimations 

constructed for this comparison study based on available literature data and scaling techniques. 

Based on these results, the third hypothesis is also true. 

As the BrIC gives a lower degree of correlation with RMDM and DDM than with the DAI-

related predictors (Fig. 29), the obtained risk curves related to ASDH performs considerably worse 

(SSE=4.2379) than the best DAI-related curve (SSE=0.3196) (Table 12). The contusion-related 

curve gives negligible error in terms of SSE (SSE=0.0074), which primarily come from the 

negligible injury probabilities (shown in Table 10). Unfortunately, the error of the ASDH-related 
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risk curve has an effect on the performance of the combined AIS 4+ injury risk curve (Eq. (20.b)) 

as well (SSE=4.0769). Interestingly, the HIC15-related curve (Eq. (14)), which was obtained by 

reliability analysis (in Section II.2), does not perform significantly worse in terms of SSE than the 

BrIC-related curve (Eq. (20.b)), and it performs much better than the original HIC15-related risk 

curve (Eq. (4)) which is currently applied in the standards. These observations may also highlight 

the advantages of reliability analysis.  

As a limitation of my analysis, it is mentioned that every tissue-level investigation that relies on 

FE simulation gives results that are dependent on the applied model to a certain extent. Several 

head models were applied in the literature [19, 89], which include different levels of negligence (in 

terms of anatomic details, material behaviour, etc.). In most cases, these models are validated 

against the same experimental data, and their results are in relatively good agreement [45, 47]. 

Nevertheless, all FE results could be somewhat different if other FE models were applied. It also 

means that the comparison of the injury metrics is biased in the sense that BrIC was originally 

constructed via the improved SIMon model, while RIC and RVCI were proposed based on the 

results of other models. Furthermore, in accordance with the recommendations of the SIMon’s 

authors [19], the standard model version was applied to analyse ASDH and contusion. This model 

also underwent a rigorous validation procedure, but it is less detailed than the improved model. 

Thus my results related to ASDH and contusion may be less reliable than the results related to 

DAI. Although the previous convergence study (Section II.2) showed that the selection and scaling 

of 100 tests seemed to be adequate for performing the reliability analysis, some deviation in the 

comparison study results may be expected if other records or more tests are considered. 

Every FE reconstruction in this study belonged to a frontal test with 56 km/h impact velocity 

(as per the regulations of the FMVSS 208 standard). Since different risk curves could belong to 

different crash scenarios (e.g. side impacts, other types of dummies, different impact velocities, 

etc.), theoretically, the currently obtained risk curves are valid to the above-noted test 

configurations only (the analysis of other crash scenarios with different impact velocities may be 

an interesting task of the future studies). 

The standardised Hybrid III dummy has excellent biofidelity and measurement capabilities, 

however, certain differences to humans still exist. As the load curves were derived from the 

acceleration time histories measured on dummies, the observed results assume that the difference 

mentioned above does not cause a significant discrepancy in the calculated injury probabilities.  
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Although the correlation between the injury probabilities related to standardised tests and real-

world crashes is affected by several factors, in the future, the currently obtained risk curves should 

be verified by real-world observations to help the decision-making regarding the new thresholds of 

the safety standards. 

Some primary sources of uncertainties have been considered in this study, however, other 

types of uncertainties (e.g. related to FE simulations, considerable variability of the tissue properties 

[114], geometric and kinetic characteristics among humans, etc.) were not taken into account (the 

characterization of their effect may be an exciting task in future studies). 

In the current analysis, the combined AIS 4+ curves were determined based on the 

considerations of three of the most common types of TBIs, however, other injury types (such as 

epidural hematoma) were not considered. Ideally, every possible injury type should be represented 

in the reliability analysis, and this may be the case in future studies when tissue-level thresholds 

become available for all injury types. 

II.3.5 Conclusions 

The tissue-level reliability analysis of the human brain for frontal car crashes resulted in slightly 

modified risk curves for DAI and new risk curves related to ASDH, contusion and combined AIS 

4+ injury. My current results indicate that the probability of DAI should be primarily characterized 

by CSDM (instead of MPS) and the currently proposed risk curve (Eq. (18.b)). A moderate R2=0.61 

degree of correlation was observed for DAI, while considerably smaller values were found for the 

other injury types (Fig. 29). The results of the correlation analysis indicate that BrIC seems to be 

the best currently available injury metric. However, even better metrics may be found in the future, 

especially for the analysis of ASDH and contusion. Similarly, based on the evaluation of the risk 

curves (Table 11, Table 12), the currently proposed BrIC-related risk curves seem to be the most 

reliable tool available for evaluating brain injury risk in case of frontal crash tests. However, these 

curves may be further improved in the future once new injury metrics and more robust tissue-level 

thresholds are developed for the different injury types. 
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III. 
 Analysis of  Secondary Injuries 

 

III.1: Introduction and literature review 

III.2: Finite element modelling of decompressive craniectomy 

III.3: Engineering optimization of decompressive craniectomy 

III.1 Introduction and literature review 

III.1.1 Introduction to decompressive craniectomy 

In order to avoid secondary injury, a tiered medical treatment procedure is followed. It is often 

referred to as a “supportive therapy” primarily focused on controlling ICP and maintaining an 

adequate level of CPP and tissue oxygenation. In order to promote a unified evidence-based 

practice, some guidelines are available for the management of TBIs [115, 116], however, several 

open questions still exist related to the optimal treatment procedure. 

The least severe level of the procedure is the stage zero therapy applied in case of a minor injury 

and includes the frequent monitoring of the Glasgow Coma Scale (GCS) score, whose drop can 

indicate the need for escalating the therapy to the next level. In conjunction with the monitoring 

of ICP, first-tier methods, such as sedation and the adjustment of body temperature or carbon 

dioxide levels in the blood may mitigate ICP indirectly [14], precluding the use of any surgical 

intervention. However, if ICP reaches or exceeds 22 mmHg for 5 minutes, further interventions 

and possibly, the escalation to a higher level of the protocol is required. Tier two measures may 

include the monitoring of cardiac output, the maintenance of optimal CPP with fluids, high doses 

of noradrenaline, osmotherapy, ketamine infusion, etc. [116]. However, if the ICP control is still 

not adequate, third tier interventions such as barbiturate coma or decompressive craniectomy (DC) 

can be applied [116]. 

In the case of DC, a relatively large part of the skull is removed, and the underlying dura mater 

is opened to allow a bulging deformation of the brain tissue. Due to the expansion of the brain 

tissue, this is an effective method for reducing the ICP rapidly, however, DC does not treat the 
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underlying pathological oedema. Thus, DC should be combined with non-surgical treatments to 

slowly reduce the accumulated fluid content.  

   Based on the time and the cause of its applications, the operation can be distinguished into 

primary and secondary DC. Primary DC stands for those cases where the bone flap is removed to 

evacuate a mass lesion (e.g. subdural hematoma) in the acute phase [40]. Secondary DC is applied 

based on the above-detailed tiered therapy to deal with diffuse brain injury and brain oedema, 

usually when ICP is sustained above 20-22 mmHG and refractory to medical treatment. In such 

cases, DC is undertaken as a last-tier life-saving therapy [40]. Depending on the location of the 

skull removal, several procedures exist, including hemicraniectomy, unilateral, bifrontal and 

subtemporal DC [117]17. 

DC is proved to be an effective tool for reducing ICP, however, its overall effectiveness is not 

straightforward because the brain tissue may suffer extreme deformations during surgery. Although 

the tissue damage may not be observable during surgery, it is thought that the excessive stretching 

and shear torsion of the axonal fibres can contribute to an unfavourable outcome [118]. This has 

been analysed in large-scale clinical trials, and it was found that surgical treatment sometimes could 

be associated with better [119] and worse [118] outcomes than standard medical care. This outcome 

mainly depends on the preoperative pressure and the stage of the treatment when the DC was 

executed. Recent evidence from the RESCUEicp Trial [119] substantiated the beneficial role of 

DC in ICP control and the contribution to a better long-term outcome. Accordingly, DC is 

increasingly performed in many neurotrauma centres internationally [14], and most probably, this 

remains the case in the future as well. At the International Consensus Meeting, it was confirmed 

that the secondary DC is effective in decreasing ICP, however, the outcome also depends on the 

underlying brain pathology and pathophysiology [40]. Therefore, those patients are optimal 

candidates for secondary DC whose ICP elevation seems to be the primary injury contributor to 

poor outcome, and acceptable recovery could be excepted from the primary injury. In conclusion, 

the secondary DC is a potentially helpful operation, however, it should be selectively applied, and 

currently, it is uncertain which subgroup of TBI patients can truly benefit from this treatment. This 

enhances the need for a robust evaluation guideline ensuring that the application of DC is always 

the result of a prudent rational decision-making procedure. Previous studies [120, 121] revealed 

that ~12 cm × 15 cm large bone flaps are usually associated with better outcomes than small 8 cm 

 
17 The International Consensus Meeting has confirmed that the application of primary DC is also necessary 
for certain situations [40]. Although the currently proposed methodology (detailed below) is applicable for 
the engineering optimization of primary DC as well, in this work, I mainly focus on secondary DCs applied 
in oedematous cases. 
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× 6 cm skull openings. Therefore, in the most recent guideline a large fronto-temporoparietal DC 

(not less than 12 cm × 15 cm or 15 cm diameter) is recommended [115], however, further (e.g. case-

specific) details are not yet provided, and the applied skull opening is still based on personal 

experience in many cases. This may be partially derived from the complexity of the problem and 

the fact that not just medical but biomechanical factors should also be considered during the 

advanced design of DC. These considerations imply a need for a better understanding of tissue 

behaviour during surgery, and the optimization of DC could be identified as an important research 

goal, harbouring significant medical and biomechanical aspects. 

III.1.2 Previous biomechanical research of decompressive craniectomy 

Despite the enormous complexity of the brain, many aspects of its physical behaviour can be 

described purely by mechanical terms, such as displacements, strains and stresses. Although several 

engineering research studies have focused on different brain lesions like hydrocephalus and tumour 

resection [16], relatively little biomechanical research has been conducted to analyse oedema and 

DC. From the modelling point of view, the current field of investigation significantly differs from 

these previous studies [16] due to the large bulging displacements and strains which may occur 

during DC because of the excessive ICP. The first 3D finite element head model to analyse DC 

was developed by Gao and Ang [122]. They performed a small number of virtual experiments with 

different skull openings. It was determined that the maximum stress regions could be found around 

the edges of the craniectomy. Furthermore, based on the observed ICPs and displacements, they 

concluded that an optimal skull opening should exist. Others [123] used nonlinear medical image 

registration (MIR) to determine the brain deformations during the preoperative and postoperative 

state. As significant strains were found, it was concluded that the loss of neuronal function is 

possible due to the operation. Later, patient-specific FE models were developed [33] to reconstruct 

real-life DC cases, and it was found that FE models can reliably predict the motions of the brain 

surface during surgery. Afterwards, the results of FE models with simplistic geometry were 

compared to the observations obtained by an experimental model using gelatin hydrogel [124]. 

Moreover, the sensitivity analysis regarding the applied material models showed that FE models 

with elastic material behaviour adequately capture the peak strains during DC. Based on these 

findings, simplistic and realistic FE models were used with a hyperelastic material model to analyse 

the effect of the chamfer at the skull edge [34], and it was found that its details have a relatively 

small effect on the strain field and the damaged brain volume. Others [31] created an extremely 

detailed FE model including the gyri and sulci consisting of ~1.275 million elements. Based on 

their limited number of simulations, extreme stretch regions have been identified as i) radial tensile 
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zone inside the bulge, ii) highly localized compressive zone around the opening and iii) a shear 

zone around the opening. Accordingly, it seems that regions inside the bulge are the most 

vulnerable to damage by axonal stretches, while regions near the edge of the skull opening are the 

most vulnerable to damage by axonal shear [31]. 

Despite the effort of previous research works, our knowledge regarding the optimal execution 

of DC is currently very limited. Previous FE models were not clinically validated [34, 122, 31] or 

were validated only by comparison of displacements [33], while the agreement of ICPs was not 

considered. Comprehensive series of virtual experiments have not been performed for different 

realistic preoperative ICP values due to numerical difficulties, which became the limitation of 

previous research [34]. Currently, only the existence of the optimization problem has been stated, 

but the exact formulation of the problem in terms of objective functions, goals and solution 

algorithms have not been proposed. Similarly, recommendations for the optimal skull opening 

based on the consideration of the biomechanical behaviour of the brain tissue have not been 

presented yet. 

III.2 Finite element modelling of decompressive craniectomy 

III.2.1 Introduction 

In this research, an engineering optimization methodology is performed, focusing on the 

execution of secondary DC applied for oedematous injury cases. This optimization is completed 

from a biomechanical point of view with special emphasis on tissue behaviour during surgery, 

hoping that the engineering observations could support the decision-making during the design of 

DC. 

The applied methodology can be considered a modular system, which is illustrated in Figure 32. 

It starts with Module A, including the development of the FE models and their validation by the 

reconstruction of real-life DC cases. Once validated FE models are available, a large number of 

virtual experiments are performed for several DC scenarios to understand the tissue behaviour 

during surgery (Module B in Figure 32). In the light of response surfaces describing the tissue 

behaviour, the mathematical formulation of the optimization problem (Module C in Figure 32) is 

performed by constructing objective functions, prescribing weighting parameters, and adapting 

multiobjective optimization algorithms (as detailed in Section III.3). In general, the optimal skull 

opening is patient-specific and depends on several input data. Technically, the proposed 

optimization methodology can be applied to optimize surgery in an individual, patient-specific 
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manner based on the given input parameters for different injury types. However, to obtain generally 

applicable approximate results, the current optimization strategy is nested into a large-scale 

parametric study (Module D in Figure 32), where the optimization is repeated for multiple 

realizations of the input parameters. 

 

Figure 32. Modular methodology for the optimization of decompressive craniectomy. 

III.2.2 Geometry creation 

To have validation possibilities by reconstructing real-life operations, and to obtain results with 

different models (leading to more reliable response surfaces), three patient-specific models were 

developed based on the CT scans of patients who have undergone a DC. The modelling procedure 

starts from an initial (stress-free) reference state, where the geometry represents an approximated 

patient-specific healthy state. Since medical images of patients in the healthy state are not available 

in general, the healthy intracranial state is approximated by MIR based on CT images of healthy 

volunteers [123], taking into account that the relative volume of ventricles (RVV18) is age-

dependent [125] and has a relatively large variability among humans. Therefore, three groups of 

volunteers were created age-dependently19, and CT scans of 15 volunteers were used for each group, 

respectively. The RVV was calculated for each volunteer by segmentation of CT images performed 

in 3D Slicer environment [126]. Afterwards, the obtained RVVs were considered a statistical 

sample, and the volunteer with the median RVV was chosen for each group. With this statistical 

procedure, it was avoided to work with a volunteer having extremely small or extremely large 

ventricles. 

 
18 Calculated as the volume of lateral ventricles divided by the intracranial volume. 
19 Group I was created for volunteers aged between 18-39 years, Group II for volunteers between 40-69 
and Group III for volunteers older than 70 years. 
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The patient-specific healthy state is approximated by nonlinear MIR using B-splines [127] 

performed in 3D Slicer. In this step, the CT images of the chosen healthy volunteer (Fig. 33.a) are 

morphed to the patient's CT images at the pre-op (i.e. injured) state (Fig. 33.b) based on the 

patient's cranial shape. The result of this transformation is a sequence of CT images where the 

cranial shape approximately agrees with the patient's cranial shape, but the shape of the intracranial 

anatomic parts represents an average healthy condition (Fig. 33.c).    

   
a) b) c) 

 

Figure 33. Estimation of patient-specific healthy state by nonlinear medical image registration: a) CT 
scan of a healthy volunteer; b) CT scan of the patient at the pre-op state; c) CT scan of the 

approximated healthy condition. 

The next step of geometry creation is the segmentation of the obtained CT scans to circumscribe 

the outer surface of the brain tissue and the lateral ventricles (Fig. 34.a). In the absence of a generally 

accepted automatic method [16], a semi-automatic segmentation is applied, where the preliminary 

results of the threshold-based method are post-processed manually. 

After the pixel-wise segmentation, surface models are obtained that contain sharp edges and 

gaps (Fig. 34.b), therefore, their smoothing and correction are performed in Meshlab [128] by VCG 

reconstruction [129] (Fig. 34.c). Afterwards, further details (e.g. the corpus callosum, brainstem 

and the longitudinal fissure) are implemented in the model with the help of the BigBrain Atlas 

[131] in Ansys SpaceClaim [131] environment. Finally, the obtained CAD geometry (Fig. 34.d) is 

imported to Ansys Workbench [132], where the finite element model is developed. 
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a) b) 

  

c) d) 

Figure 34. Main steps of creating the geometry: a) segmentation of CT scans; b) crude surface mesh 
after segmentation; c) smoothed surface mesh after VCG reconstruction; d) CAD geometry. 

After reviewing the available models of the human brain, it stands out that usually a very 

different modelling strategy is applied to analyse the impact pulse in case of a car crash and the 

simulation of neurosurgical procedures. In the latter case, the meninges and the different parts of 

the brain (e.g. the cerebellum) are usually not distinguished [16, 34]. However, the lateral ventricles 

are frequently included as it was found that stress peaks tend to occur at the edges of the ventricles 

during the bulging deformation [123]. In my investigations, the application of different model 

prototypes was considered with different levels of detailing. In the simplest version, the falx and 

the lateral ventricles were included (Fig. 35.a). Further detailing was applied in the second model 

type to include the corpus callosum and the brainstem (Fig. 35.b). In the third model type (Fig. 

35.c), the cerebellum was distinguished, and the tentorium was also included in the model. Based 

on the evaluation of preliminary simulations, the application of the second model type was chosen, 

considering that it adequately includes the connection between the two hemispheres, which can 

influence the magnitude of the bulging displacement and the midline shift, however, it was 
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associated with significantly less computational time and numerical errors than the third 

prototype20. 

  
a) b) 

 

c) 

Figure 35. Different levels of detailing: a) simple geometry with falx and lateral ventricles; b) refined 
geometry with corpus callosum and brain stem; c) more refined geometry with detailed cerebellum 

and tentorium. 

III.2.3 Material properties 

In opposed to previous studies of image-guided neurosurgery [16], where the time-dependent 

deformations had to be captured, we focus on the final (postoperative) deformations only, without 

the detailed analysis of the time-dependent tissue behaviour. Therefore, following the previous 

study of DC [34], an isotropic, hyperelastic, second-order Ogden-type material model is applied for 

the brain based on previous experimental analysis of the slow, large deformations of 68 specimens 

 
20 The third prototype proved to be computationally uneconomical considering that numerical issues tend 
to occur even at the preoperative state due to element distortions at the connection of the cerebrum and 
the brainstem. Being that the bulging deformations (and the strains) of the tissue is mostly related to the 
cerebrum not the cerebellum, this level of detailing was not applied for the series of virtual experiments in 
accordance with previous models [16, 33, 34]. 
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of the human brain tissue [114]. The corresponding strain energy function U is shown in Equation 

(21): 
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U                                          (21) 

where: 

 µ1, µ2  – parameters describing the shear modulus, 

α1, α2  – parameters characterizing the strain hardening, 

λ1, λ2, λ3 – deviatoric principal stretches. 

The falx is modelled by a linear elastic material model. The value of the material parameters is 

summarized in Table 12 (where E is the Young’s modulus and ν is the Poisson’s ratio). 

Table 12. Applied material models and their parameters. 

Anatomic part Material model Material parameters 

Dura mater and 
falx cerebri 

Linear elastic E = 31.5 MPa ν = 0.45  

Brain tissue Hyperelastic 
2nd order Ogden 

µ1 = 1.044 kPa α1 = 4.309 
D1 = D2 = 3 · 10-4 1/Pa 

µ2 = 1.183 kPa α2 = 7.736 

III.2.4 Finite element mesh 

The FE mesh is developed in Ansys Workbench [132], using the so-called patch-independent 

algorithm, which ensures that a high-quality tetrahedral mesh is generated even for the highly 

irregular geometry of the brain (Fig. 36)21. The preliminary convergence analysis confirmed that the 

required level of accuracy is reached with our current meshes containing 120,000-170,000 elements 

(depending on the opening size due to the local refinement near its edges, as shown in Fig. 36). In 

order to avoid volumetric locking, the mesh contains special four-node tetrahedral elements where 

besides the translational displacements, hydrostatic pressure is an extra degree of freedom at each 

node. These elements are associated with pressure stabilization, and they are used with a mixed u-

P formulation where nodal pressures are also primary unknowns of the equations of state [132]. 

For the falx, a quadrilateral shell FE mesh is generated (Fig. 36).  

 

 

 
21 In case of such an irregular geometry, ANSYS recommends using the patch-independent algorithm which 
is available for tetrahedral elements only. Hexahedral-dominant meshes were tried as well, but the quality of 
the obtained mesh in terms of mesh metrics (orthogonality, skewness, aspect ratio, etc.) was better in case 
of the patch-independent method. 
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a) b) 

 
c) 

Figure 36. Finite element mesh: a-b) axonometric view; c) axial section of the FE mesh. 

III.2.5 Boundary conditions 

At the beginning of my research, FE models were created, including the skull and a frictional 

skull-brain interface. Although these models led to convincing results in some cases, they had two 

major drawbacks: excessive computational time and convergence problems occur in the case of 

larger ICP values (which became the barrier of previous research [34] as well). Most of these 

difficulties are caused by the extremely large local deformations at the edges of the skull opening, 

which result in highly distorted elements. Therefore, to perform a large number of simulations with 

large ICP, a simplified modelling strategy is used in this study. 

The appropriate modelling of the pia-arachnoid complex has been a key issue during the 

analysis of TBIs in case of blunt trauma [133] or tumour resection [16], and a sliding skull-brain 

interface is usually applied. The main motivation behind this choice lies in the presence of the outer 

CSF spaces, allowing significant relative displacements between the skull and the brain. However, 

the current neurosurgical investigations differ from the above-mentioned cases as the outer CSF 
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spaces are compressed due to the swelling of the brain. In most cases, considerable relative 

displacements cannot occur due to the increased brain volume and the associated compressive 

forces at the skull-brain interface. Furthermore, significant sliding motion of the brain cannot 

develop because it would require the compression of the tissue in the plane of the skull opening22. 

During the model selection, this hypothesis was tested by a verification study, where the results of 

a previously validated model with a sliding interface were compared to the results of a simplified 

model with a fixed skull-brain interface23. Accordingly, my previous models have been simplified by 

omitting the skull and considering its supporting effect by fixed nodal supports, allowing the 

significant reduction of the computational time and the avoidance of large element distortion at 

the edges of the skull openings24. After this simplification, the models explicitly contain the falx 

and the brain tissue with the details of the lateral ventricles and the corpus callosum. The ventricles 

are not modelled by solid domains but represented as internal cavities. The supporting effects of the 

CSF are considered by a 5 mmHg pressure load (to approximate a healthy state as detailed below), 

and soft elastic spring supports to model that the compression of the ventricles during brain 

swelling causes pressure increment at the surfaces of the ventricles. 

III.2.6 Load steps and solution algorithm 

 The currently analysed quasi-static cases are modelled by static simulations with implicit time 

stepping in Ansys [132]. Large deformations are expected, thus geometric nonlinearities are 

considered by the Updated Lagrangian formulation. Each simulation includes three load steps25. 

Firstly, a 5 mmHg pressure is applied to the brain's initial (stress-free) geometry to reach an 

approximate healthy state. In the second load step, the swelling of the brain is modelled by a 

uniformly distributed fictive thermal expansion of the tissue to reach the preoperative (i.e. injured) 

state. The DC is performed in the third load step by deleting the nodal constraints at the skull 

opening to reach a bulging displacement at the postoperative state. 

 
22 Based on my preliminary simulations, the only exception is when so large skull opening is applied where 
the craniectomy edges are nearly tangential to the tissue. 
23 The qualitative comparison of the deformation of the two types of models gave a good agreement, while 
the quantitative comparison of the obtained ICP values revealed a 3-5% difference only, confirming that in 
most cases, the sliding boundary conditions have a relatively small effect in our current field of 
investigations. 
24 The large stress (and strain) peaks at the edges of the skull opening are captured with the simplified models 
as well. However, this way, the perimeter of the skull opening coincides with the edges of the elements, 
therefore, highly distorted (concave) elements do not occur.  
25 In my work, oedematous cases are considered in detail where the swelling of the tissue causes the pressure 
increment. However, the currently proposed modelling (and optimization) procedure can be applied in the 
case of space-occupying lesions as well. 
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III.2.7 Model validation 

In opposed to previous studies [33, 34, 122], the validation of the currently applied models 

includes the consideration of displacements and pressures as well. Therefore, during the selection 

of real-life cases (which the model development is based on), an important criterion was to have 

ICP measurements before and after surgery. Fulfilling this criterion, three cases have been selected 

which are related to different injury types: 

 Case #1: An oedematous injury (paired with local contusion and intracerebral hematoma) 

(Fig. 37.a) occurred. A unilateral DC has been performed for a preoperative pressure of 

~18 mmHg. Thanks to the skull opening (Fig. 37.b), the pressure was reduced to ~12 

mmHg. 

 Case #2: In addition to oedema, a space-occupying hematoma occurred at one side of the 

head, requiring evacuation by a unilateral DC. Due to the obtained decompression, another 

haemorrhage developed at the other side of the head (Fig. 37.c), which required a second 

unilateral DC (Fig. 37.d). This second operation caused a pressure reduction from 10 mmHg 

to 5 mmHg. 

 Case #3: A subarachnoid haemorrhage led to an excessive ~40 mmHg ICP (Fig. 37.e). A 

bifrontal DC has been applied (Fig. 37.f), which led to a ~18 mmHg postoperative pressure. 

Following the conclusions of recent consensus statements [40], my research mainly focuses on 

those cases where DC is primarily performed to release pressure in an oedematous tissue instead of 

evacuating a haemorrhage. Accordingly, the applied modelling strategy has been developed to 

simulate the pressure relief due to the associated bulging deformation rather than modelling the 

exiting of an irregular blood volume from the intracranial space. Therefore, a different modelling 

approach should be applied for simulating the treatment of a subarachnoid haemorrhage where 

the blood is mixed with CSF and occupies a space with a highly irregular geometry (as the 

subarachnoid space follows the sulci and gyri of the cortex)26. However, with the applied modelling 

procedure, the evacuation of a space-occupying hematoma can also be reconstructed if the 

geometry of the solidified bleeding can be estimated27. 

 

 

 
26 Such an analysis is further aggravated by the fact that the evacuated fluid volume which primarily leads to 
the ICP reduction is not measured and cannot be reliably determined based on the CT scans. 
27 In such a case, the tissue is compressed by a rigid-body in the preoperative state which has the same space-
occupying effect than the hematoma itself. Afterwards, the DC is performed, and the rigid-body is removed.   
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a) b) 

  

c) d) 

  
e) f) 

Figure 37. Medical images of real-life DC cases applied for FE model development and validation 
based on a-b) Case #1; c-d) Case #2; e-f) Case #3. 

Based on these considerations, Case #1 and Case #2 are reconstructed for validation purposes, 

while Model #3 (related to Case #3) is developed with the same procedure as the other two models 

(detailed in the previous subsection) to have more opportunities for virtual experiments to describe 

the tissue behaviour during surgery.  
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a) b) 

 
c) 

Figure 38. Different patient-specific FE models: a) Model #1; b) Model #2; c) Model #3. 

The validation of Model #1 and Model #2 (Fig. 38) is based on comparing simulation results to 

real-life observations. In both cases, the injury is modelled to reach the same preoperative ICP, 

which was measured before surgery, then the same skull opening is applied, and the postoperative 

state variables of the tissue are monitored. This validation methodology has two main steps. Firstly, 

a qualitative evaluation of the obtained deformations is performed (Fig. 39)28, and then a quantitative 

evaluation of the ICP reduction is applied (Table 13) based on the real-life measurements and 

literature data29,30. 

 

 
28 This step primarily focuses on the magnitude and the shape of the bulging displacement and the midline 
shift. Such evaluation was performed with the help of the practising neurosurgeon co-authors. 
29 Furthermore, the magnitude of the obtained pressure reduction (Table 13) is in good agreement with 
what was observed in the case of the 73 patients of the DECRA trial [118] who underwent an early DC. 
Considering the median values of the DC group, typically the ICP was reduced from 20 mmHg to 14.4 
mmHg. 
30 As currently the gold standard is to measure ICP in one of the ventricles using the External Ventricular 
Drainage technique, the calculation of simulated ICP value should be also evaluated near the ventricles. 
However, instead of monitoring ICP at one point only (where the results would be sensitive to the applied 
locations of the measurement), ICP is quantified by taking the average of the pressure over elements which 
belong to a 4-4,5 cm radius sphere (depending on the size of the current model) around the ventricles. 
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a) Postoperative CT scan b) Tissue displacements c) Intracranial pressure 

  

 

d) Postoperative CT scan e) Tissue displacements f) Intracranial pressure 

Figure 39. Model validation based on the comparison of observed and simulated results: a) 
Postoperative CT scan of Case #1; b) Simulated tissue deformations of Model #1; c) Simulated ICP 
of Model #1; d) Postoperative CT scan of Case #2; e) Simulated tissue deformations of Model #2; 

f) Simulated ICP of Model #2. 

Table 13. Comparison of measured and simulated ICP values. 

ICP [mmHg] 
Case #1 Case #2 

Measured Simulated Measured Simulated 

Preoperative 18 18 10 10 

Postoperative 12 13.3 5 5.7 

Based on these results (Fig. 39 and Table 13), the FE models show a realistic behaviour, hence 

these are applied to perform the virtual experiments as described below. 

III.2.8 Virtual experiments 

Several series of virtual experiments are performed on the three different models to identify 

how the tissue behaviour depends on the following preoperative and intraoperative (i.e. input) data: 

1. Preoperative ICP (ICPpre): simulation are performed for six different preoperative 

pressure values (ranging from 16.5 mmHg to 41.5 mmHg); 
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2. Area (ADC) and locations of the skull opening: 10 unilateral (ranging from 20 cm2 to 

200 cm2) and 10 bifrontal (ranging from 10 cm2 to 100 cm2) scenarios are analysed. 

Some typical simulation results related to unilateral and bifrontal DC are illustrated in Figs. 40 

and 4131.  

[mm]  
 

[mmHg] 

 

a) Displacements b) Intracranial pressure 

[-] 
 

[-] 
 

c) Max. principal strain d) Max. shear strain 

Figure 40. Illustrative results of FE simulation of unilateral DC: a) Displacements; b) ICP; 
c) MPS; d) Max. shear strain32. 

 
31 In total, 60 different models with different skull opening geometry have been prepared manually (due to 
the highly irregular non-parametric geometry), and 380 virtual experiments have been performed. 
32 It can be observed that in the case of a unilateral skull opening, a “weak sheared zone” occurs between 
the edges of the skull opening and the lateral ventricles. 
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a) Displacements b) Intracranial pressure 

[-] 
 

[-] 
 

c) Max. principal strain d) Max. shear strain 

Figure 41. Illustrative results of FE simulation of bifrontal DC: a) Displacements; b) ICP; 
c) MPS; d) Max. shear strain. 

III.3 Engineering optimization of decompressive craniectomy 

III.3.1 Mathematical background of the optimization 

The mathematical formulation of the optimization problem is based on the monitoring of 

three output quantities which provides the basis for constructing objective functions. One key 

output parameter of the FE simulations is the postoperative pressure (ICPpost) (whose calculation 

was detailed above). The other two monitored outputs are intended to describe the risk of 

functional damage due to the tissue deformations during surgery. In this study, two damage 

mechanisms are considered in accordance with the findings of previous research [34, 123, 31]. One 

of them is related to the shear deformation of the tissue (Fig. 40), which is thought to be a key factor 

in the development of injury, especially since previous DC studies pointed out that large shear 

strains tend to occur along the perimeter of the skull opening and near the ventricles [123, 31]. The 

risk of damage associated with shear is quantified by the relative brain volume (VDamG), where the 

maximum shear strain exceeds a threshold value (TDamG). Based on a previous biomechanical study 
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of DC [34], the application of a TDamG = 0.35 threshold may be reasonable, however, tissue 

deformations are usually maintained for a much longer time after surgery than it was analysed by 

the dynamic tests of organotypic slice cultures of rat cortex [134]. Therefore, 0.35 is considered as 

an upper bound, and the TDamG = 0.15-0.35 threshold interval is applied during the large-scale 

parametric study. The other considered damage mechanism is associated with the extreme stretches 

of the tissue due to the bulging displacement (Fig. 40), and it is quantified by maximum principal 

strains (MPS). Usually, the observed magnitude of MPS is smaller than the maximum shear strains. 

However, based on the analysis of the sciatic nerve using stretching models, it has been concluded 

that even minimal tension can lead to neurological damage if it is maintained for a relatively long 

time [135]. Therefore, it is expected that damage to the central nervous system can also occur due 

to these long-duration stretches [123]. Although the literature lacks specific knowledge of this 

threshold (TDamE), to take into account the possible long-term effects, a TDamE = 0.025-0.1 interval 

is considered during the large-scale parametric study, which is smaller than the conservative 

threshold limit which resulted from previous dynamic experiments of in vivo axonal injury [136]. 

Accordingly, the optimization is based on the minimization of three objective functions, which are 

functions of the skull opening area: postoperative ICP (fICP), damaged relative brain volume due 

to shear strain (fDamG) and damaged relative brain volume due to MPS (fDamE). These objectives 

functions are obtained in two main steps: (1) a response surface of the mentioned output parameters 

(in the function of the preoperative pressure and the skull opening area) is fitted to the FE results 

by cubic spline interpolation and (2) the objective function associated with a specific preoperative 

ICP value is cut out from the response surface.  

This multiobjective optimization problem is solved by scalarization using two different methods 

of formulating a resultant objective function using relative weights, exponents and penalty 

parameters. The first scalarization method is called Goal Programming (GP) method [137], where 

the resultant objective function (FGP,i) has the following form: 

, ,
i i in n n

ICP ICP DamE DamE DamG DamG
GP i ICP DamE DamG

ICP ICP DamE DamE DamG DamG

f g f g f g
F w w w

b g b g b g

       
              

      (22) 

where: 

 fICP, fDamE, fDamG  – objective functions, 

wICP, wDamE, wDamG  – relative weights of the objective functions, 

 gICP, gDamE, gDamG  – “good” values of the objective functions, 

bICP, bDamE, bDamG  – “bad” values of the objective functions, 

ni  – exponent. 
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In this study, each individual optimization is repeated for two different resultant objective 

functions constructed with the GP method (FGP,1 and FGP,2) using n1 = 1 and n2 = 3, respectively. 

During the large-scale parametric investigations, the wICP = 0.5–0.8 interval is analysed with the 

constraints: wDamE = wDamG and wICP + wDamE + wDamG = 1. The “good” and “bad” values of the 

objective functions are taken in the following way: gICP = 15 mmHg, bICP = 25 mmHg 33, gDamE = 

gDamG = 1%, bDamE = bDamG = 5%. 

The other applied scalarization technique is the so-called Physical Programming (PP) method 

[137], where a penalty function is associated with each objective function. The currently applied 

penalty functions (Fig. 42) are constructed by linear interpolation to point pairs summarized in 

Table 14. 

 

Figure 42. Penalty functions for scalarization with the Physical Programming method: a) PICP 
penalty function; b) PDamE penalty function; c) PDamG penalty function). 

Table 14. Point pairs that define the multilinear penalty functions. 
fICP PICP 

 

fDamE PDamE 

 

fDamG PDamG 
10 0 1 0 1 0 
15 1 2 1 2 1 
28 5 4 5 4 5 
45 50 25 50 25 50 

The resultant objective functions with the PP method are constructed from the penalty functions in 

the following way: 

 
33 The good and bad values of ICP has been taken with the help of the risk curve of Balestreri et al. [138] 
and Takahashi et al. [139]. 
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, ,i i in n n
PP i ICP ICP DamE DamE DamG DamGF w P w P w P                                   (23) 

where: 

 wICP, wDamE, wDamG  – relative weights of the objective functions, 

 PICP, PDamE, PDamG – penalty functions, 

ni – exponent. 

Similarly to the GP method, each optimization is repeated for two different resultant objective 

functions constructed with the PP method (FPP,1 and FPP,2) using n1=1 and n2=2, respectively. In 

this study, the optimal skull opening of one individual optimization problem (Aopt) is considered to 

be the mean value of the optimal openings obtained by the four resultant objective functions 

mentioned above.  

The mathematical formulation of the optimization problem has been implemented in Matlab 

[106]. This algorithm enables us to determine Aopt in a case where all input parameters (patient-

specific FE results, ICPpost, relative weights, resistance thresholds etc.) are known. However, it 

would be very optimistic to believe that all of these parameters will be available in the near future 

at the time of the decision-making. Therefore, generally applicable approximate results are 

generated based on the currently available FE results. In order to obtain this purpose, the above-

detailed optimization strategy is nested into a large-scale parametric study, and the Aopt results are 

averaged over the previously mentioned intervals of TDamE and TDamG. 

III.3.2 Results 

Based on the results of a large number of FE simulations, response surfaces of the FE output 

parameters have been determined. In Fig. 43, response surfaces corresponding to unilateral skull 

openings are shown, while the observed tendencies are similar for bifrontal skull openings as well. 

These surfaces indicate how tissue behaviour depends on ICPpre and ADC, which are used to 

construct objective function. In Fig. 43.a, it can be seen how ICPpost decreases as ADC increases 

and ICPpre decreases. In Figs. 43.b-c, the relative volume of the damaged tissue (VDamE and VDamG) 

are shown for several threshold values (TDamE and TDamG). It can be observed how large damage 

tends to occur as ADC and ICPpre increases and how it depends on the applied thresholds. The 

response surfaces in Fig. 43 do not belong to one particular FE model, but these are resultant 

averaged surfaces of all FE simulations series performed by three different models. The 

construction of these surfaces includes two main steps: (1) scaling the patient-specific FE results 
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to an averaged geometry (which had a 600 cm2 large brain surface) based on the ratios of the outer 

brain surfaces and (2) taking the averages of the scaled patient-specific surfaces. Patient-specific 

surfaces could be used where the task is the optimization of DC for one particular patient. 

However, this scaling and averaging concept may fit better to the goal of this study where Aopt 

results are presented in a more generally applicable way. 

 

Figure 43.  Response surfaces of the brain tissue in terms of the monitored outputs: a) ICPpost 
response surface; b) VDamE response surface; c) VDamG response surface). 

Assuming that ICPpre is known at each individual optimization problem (as it can be measured 

at the clinics), the objective functions of the optimization can be cut out of the response surfaces at 

a given ICPpre values (as shown in Fig. 44). 
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Figure 44.  Objective functions for unilateral DC with the assumption of TDamE=0.05 and 
TDamG=0.25: a) fICP objective function; b) fDamE objective function; c) fDamG objective function. 

Once the objective functions are constructed, the individual optimization for a given ICPpre 

can be performed by setting the wICP weight. Results of the individual optimization cases are 

summarized in Table 14 for several wICP values (with the TDamE = 0.05 and TDamG = 0.25 assumption) 

for unilateral and bifrontal skull openings as well.  

Table 14. Optimization results for several wICP and ICPpre input pairs with the assumption of 
TDamE=0.05 and TDamG=0.25 (* indicates that the current result is governed by the upper bound of the 

optimization). 

ICPpre 

[mmHg] 
 

wICP [-] 

0,6 0,7 0,8 

Aopt [cm2] Pm [-] Aopt [cm2] Pm [-] Aopt [cm2] Pm [-] 

20 
Unilateral 156.9 0.254 165.0 0.280 169.5 0.284 

Bifrontal 90* 0.636* 90* 0.750* 90* 0.863* 

25 
Unilateral 155.2 1.10 164.1 1.22 171.5 1.29 

Bifrontal 90* 1.80* 90* 2.10* 90* 2.41* 

30 
Unilateral 141.7 2.64 157.2 2.95 168.7 3.19 

Bifrontal 90* 3.56* 90* 4.16* 90* 4.76* 

35 
Unilateral 136.9 5.13 153.3 5.61 159.3 5.97 

Bifrontal 90* 14.7* 90* 17.1* 90* 19.6* 

40 
Unilateral 158.3 12.0 172.0 11.1 174.3 10.1 

Bifrontal 90* 67.4* 90* 78.6* 90* 89.9* 
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In Table 14, the mean values of the four resultant objective functions (Pm) at the optimal skull 

opening are also shown. This enables us to compare the efficiency of the optimal unilateral and 

bifrontal skull openings. The optimization algorithm has run between bounds of ADC = 60-190 cm2 

for the unilateral and ADC = 20-90 cm2 for the bifrontal skull opening. Accordingly, it can be 

observed that with the current input parameters, the optimal bifrontal skull opening is always 

equalled to the upper bound of the optimization. Furthermore, Pm is smaller for the unilateral skull 

opening in all of these cases, which predicts that the unilateral opening is much more favourable 

than the currently analysed scenarios of bifrontal craniectomy. It is important to emphasize that 

the presented results of the individual optimization (Table 14) depend on the applied TDamE and 

TDamG thresholds, but in general, as these thresholds increase, Aopt increases while Pm decreases. 

This dependence is illustrated in Fig. 45 for three different threshold pairs. 

 

Figure 45.  Dependence of the optimization results on the applied thresholds: a) optimal unilateral 
skull opening; b) Pm for unilateral opening; c) optimal bifrontal skull opening; d) Pm for bifrontal 

opening. 

Since currently, the exact value of these thresholds are not readily available, the optimal skull 

opening during the large-scale parametric study (Aopt,m) is determined by averaging the results of 

individual optimization over the above-noted interval of the thresholds. The surface of the optimal 
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skull opening (Aopt,m) in the function of ICPpre and wICP is shown in Figs. 46.a-b for the unilateral 

and in Figs. 46.c-d for bifrontal skull openings.         

 

Figure 46.  Averaged optimal skull opening based on the large-scale parametric study: a) optimal 
unilateral skull opening; b) contour plot of Aopt,m for unilateral opening; c) optimal bifrontal skull 

opening; d) contour plot of Aopt,m for bifrontal opening. 

 

To illustrate the variability of the optimization results (Fig. 46), the coefficient of variation (CoV) 

of the optimal skull openings (obtained for the individual optimization cases during the parametric 

study) is given in Fig. 47. 

 

Figure 47. Coefficient of variation (CoV) of the optimization results (Aopt) obtained in the parametric 
study: a) unilateral skull openings; b) bifrontal skull openings. 

For unilateral skull openings, which seemed to be more efficient than the bifrontal opening 

(Table 14), the obtained Aopt,m results are also illustrated by set of curves. In Fig. 48.a, Aopt,m is shown 
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in the function of the wICP weight for different ICPpre values, while in Fig. 48.b, Aopt,m is shown in 

the function of the ICPpre for different wICP parameters. 

 

Figure  48.  Set of curves of averaged optimal craniectomy size for unilateral skull opening based on 
the large-scale parametric study: a) Aopt,m in the function of wICP; b) Aopt,m in the function of ICPpre. 

III.3.3 Discussion 

In this study, the engineering optimization of DC has been performed for oedematous cases 

from a biomechanical perspective based on the results of numerical simulations. As a first step, a 

large number of FE simulations have been carried out to perform a comprehensive analysis of the 

biomechanical behaviour of the brain tissue during surgery. These results (Fig. 43) give insight into 

how the tissue response depends on the preoperative pressure and the location and the size of the 

skull opening. Afterwards, the mathematical background of the optimization problem was 

formulated. Objective functions have been identified corresponding to possible damage 

mechanisms, and different resultant objective functions have been constructed (Eqs. (22) and (23)) 

to cope with the multiobjective optimization. The optimization has been performed for several 

individual cases with given realizations of input parameters (Table 14). Some tendencies have been 

shown to illustrate how Aopt depends on these input parameters (Fig. 45). Finally, more generally 
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applicable approximate results have been determined based on a large-scale parametric study, which 

may help in the decision-making procedure during the design of the craniectomy (Figs. 46 and 48). 

In Fig. 43.a, it is shown how ICPpost depends on ICPpre and ADC. It could be observed that 

the ICPpost has an approximately linear dependence not just on the skull opening area but also on 

the preoperative pressure. Accordingly, a plane could be fitted to the response surface in Fig. 43.a, 

which may result in an easily applicable methodology for the design of surgery. However, the 

relative volume of the damaged brain tissue depends on ICPpre and ADC in a more general nonlinear 

manner, as shown in Figs. 43.b-c. Based on the results of a parametric study, it is also shown how 

the extent of the damage depends on the applied thresholds of the tissue resistance (Figs. 43.b-c). 

Unfortunately, these thresholds are not readily available yet, therefore, the results of the individual 

optimization cases are shown for several TDamE and TDamG pairs of input parameters. Objective 

functions of the optimization problem are cut out of the response surfaces, illustrated in Fig. 44 

for several ICPpre values. These curves can give some guidance about how large pressure reduction 

(Fig. 44.a) and damage (Figs. 44.b-c) can be anticipated before the execution of DC. Unlike the 

TDamE and TDamG thresholds, wICP is an input parameter that neurosurgeons should set based on 

the relative importance of pressure reduction. In Table 14, Aopt results are summarized assuming 

several pairs of wICP and ICPpre inputs. One major conclusion of these results is that the optimal 

unilateral skull opening usually falls within the 130-180 cm2 interval. This observation is in good 

agreement with current medicine recommendations, where also a relatively large skull opening is 

suggested for a craniectomy [115]. For bifrontal skull openings, Aopt in Table 3 equals the upper 

bound (90 cm2) of the considered ADC interval for all analysed cases. It indicates that the real 

optimum typically belongs to an even larger skull opening area, whose determination could be the 

topic of further research. Based on the comparison of the obtained Pm values in Table 3, it can be 

stated that the unilateral skull opening is more beneficial than the currently considered bifrontal 

openings. This may be the case only for these oedematous injuries and for this type of 

biomechanical formulation of the optimization problem. It is not stated that the bifrontal opening 

cannot necessarily be an optimal solution for other injury types or due to other relevant medical 

aspects. Since results in Table 14 are based on the TDamE = 0.05 and TDamG = 0.25 assumptions, 

individual optimization has been repeated for other threshold pairs, and the obtained tendencies 

are illustrated in Fig. 45. In Figs. 45.a and 45.c, it could be observed how Aopt increases when larger 

resistance thresholds are considered, while Figs. 45.b and 45.d show how Pm increases nonlinearly 

due to the increment of ICPpre. 



95 
 

After performing several individual optimizations, its algorithm has been nested into a large-

scale parametric study to obtain approximate, generally applicable results. To eliminate the fact that 

each Aopt result depends on the applied thresholds, the concept of the Aopt,m has been implemented, 

which is obtained by averaging Aopt results over the considered interval of TDamE and TDamG. The 

obtained surface of Aopt,m results is shown in Figs. 46.a-b for unilateral and in Figs. 46.c-d for 

bifrontal skull opening. Based on these results, the optimal unilateral skull opening area seems to 

belong to the 130-180 cm2 interval, while for bifrontal skull opening the bulk of these results tend 

to be close to the considered upper bound of the optimization. Therefore, the results of the optimal 

bifrontal skull openings show a relatively small variability (CoV is less than 0.15 as it is shown in 

Fig. 47.b), while typically, the coefficient of variation of the optimal unilateral openings is within 

the 0.1-0.35 interval (Fig. 47.a). In Fig. 47, it can also be observed that the CoV decreases as the 

wICP increases because the effect of variable thresholds is less considerable when the pressure 

reduction becomes the dominant objective function. The optimization results are also illustrated 

by set of curves (Fig. 48), providing more easily applicable guidance on how the optimal skull 

opening area depends on the preoperative pressure and the relative importance of ICP reduction. 

In Fig. 48.b, an increasing tendency of Aopt,m could be observed for relatively large pressure values, 

indicating that the pressure-related objective function becomes more and more dominant above 

32-34 mmHg ICPpre values. 

Most probably, the decision-making should depend on several other medical circumstances 

whose consideration was out of the scope of this research. Therefore, current observations are 

strictly the results of the engineering optimization methodology, which was performed by 

emphasizing the biomechanical perspective of the problem. Hence, these results are intended to 

improve our understanding of the biomechanical aspects of the problem, which can have an 

important contribution to the effective execution of DC. However, due to the presence of other 

medical circumstances which may govern the design, these observations should not be considered 

as ultimate optimums, always providing the best solution. In fact, these findings are the first results 

of the biomechanical optimization of DC (as far as the author knows), which may be continuously 

improved in the future. 

For instance, there are some aspects where the current FE modelling approach could be 

further improved in the future, once hardware resources and new techniques become readily 

available, even for this highly irregular and complex geometry. Some of these aspects could be the 

modelling of fluid-structure interaction between the tissue and the CSF and applying a time-

dependent constitutive model for the tissue. Contacts between the tissue and the skull could also 
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be implemented as per our original modelling strategy once remeshing techniques became more 

robust and the available hardware resources enable to run these large number of simulations series 

within a reasonable time. Although the current modelling strategy is advanced in the sense that the 

validation procedure included the consideration of displacements and ICPs as well, strains were 

still not validated. It may be assumed that the obtained strains are reasonable if the simulated 

displacement field (both qualitatively and quantitatively) gives good agreement with the real-life 

observation. However, in the future, further analysis should be performed to validate the strain 

field as well. This could be possible by reconstructing multiple real-life DC cases by nonlinear 

medical image registration [123]. Furthermore, the current results are limited due to the lack of 

knowledge regarding TDamE and TDamG thresholds of the brain tissue. With the above-mentioned 

parametric study, approximate results could be still obtained, however, the need for further 

experimental research works investigating these thresholds is highly emphasized. It is also noted 

that the current results come from the applied goals and penalty functions, which may be further 

improved and modified in the future based on the results of new medical studies. However, if later 

works reveal that the ratio between the three objective functions should be modified, then this can 

be done by adjusting the wICP, wDamE, wDamG factors, enabling to use our current results later on. 

Contrary to previous studies of tumour resection [16], prescribed displacements of the tissue could 

not be applied because it would bias the observed bulging displacement and the corresponding 

pressure reduction. Unfortunately, this cause that the observed results are sensitive to the applied 

material model, which should be considered in the future to achieve further improvement in the 

direction of patient-specific optimization. Such an effort would be especially important due to the 

extremely large variability of the brain tissue properties [114]. It is mentioned that the current 

results were determined for a geometry where the area of the smoothed outer brain surface equalled 

600 cm2. For other geometries, the scaling of these results may be needed based on the ratio of the 

brain surfaces. My current investigations could be extended to other types of skull openings and 

injury types in the future, with particular attention to the fronto‐temporoparietal opening and cases 

where intracranial hypertension is caused by subdural hematoma. In most cases, each patient-

specific model offers only one validation possibility, thus a large emphasis should be taken in the 

future on further validation possibilities using FE models and maybe other techniques. 

Nevertheless, it is believed that my currently presented results could provide the necessary basis 

for a continuous validation and modification procedure, which may lead to such robust results that 

can be implemented into the clinical practice in the future, serving the ultimate goal of personalized 

medicine. 
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III.3.4 Conclusions 

A comprehensive analysis of the biomechanical behaviour of the brain tissue during DC has been 

provided based on a large number of FE simulations. These results pointed out that the 

postoperative pressure has an approximately linear dependence on the skull opening area and the 

preoperative pressure. The currently detailed optimizations strategy was developed to determine the 

optimal skull opening for several input parameters. These results indicate that the unilateral skull 

opening is more advantageous than the currently analysed bifrontal openings. The large-scale 

parametric study showed that the optimal unilateral skull opening area usually falls within the 130-

180 cm2 interval. Although current results may be limited by the lack of knowledge of exact tissue 

tolerances, these observations may guide the design of DC and provide the basis for a long-term 

validation procedure. One day, this may lead to the implementation of such an optimization 

procedure into the clinical practice supporting the individualized therapeutic plans where the 

biomechanical behaviour of the brain tissue is also considered.  
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IV. 
 Theses of  the dissertation 

 

IV.1: Thesis #1 

IV.2: Thesis #2 

IV.3: Thesis #3 

IV.1 Thesis #1 

1.a) I have developed a reliability analysis-based framework to determine the probability 

of brain injury in crash test conditions. This methodology includes the following 

advantages compared to the current standardized evaluation procedure: 

 I: All important injury types can be considered during the calculations, even those that could 

not be considered in the early experimental studies. This method implies that the previously-

applied indirect approach related to skull fracture can be discarded; 

II: The injury criteria are evaluated based on the biomechanical behaviour of the brain tissue 

and vessels; 

III: The quantification of the tissue-level effects fits the conditions of car crashes based on a 

large number of finite element reconstructions of crash tests; 

IV: The essential tissue-level uncertainties which can affect injury probability significantly can 

be taken into account by random variables.  

1.b) I have performed the detailed reliability assessment of the HIC-based risk curve, 

which provides the basis of the currently applied safety standards. In this analysis, the 

following results have been obtained: 

I: The obtained injury probabilities by tissue-level reliability analysis are significantly (~10 

times) larger in the design interval than those which are predicted by the original risk curve; 

II: Following results of reliability analysis, a new risk curve has been constructed by lognormal 

distribution with the following parameters: μLN = 6.5445 and σLN = 1.1993; 

III: The comparison of TBI risk observed in real-world crashes and predictions based on 

standardized tests may not be so reliable, and a minimal amount of data is available on this 
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topic. Nevertheless, current results of the tissue-level reliability analysis support previous real-

world observations [101], where it was found that the predicted injury probability was less 

than 10% of the observed value; 

IV: The performed sensitivity analysis has revealed that rotational effects and tissue-level 

uncertainties have a fundamental effect on the observed injury probabilities; 

V: The translational effects solely have only a small contribution to injury probability, 

concluding that the HIC metric itself cannot effectively quantify tissue-level effects. This 

observation and the shape of the obtained new risk curve imply that the HIC metric is not 

effective in quantifying injury risk, as relatively large injury probabilities are already present 

for relatively small HIC15 values due to the above-noted drawbacks. 

Corresponding publications 

• HAZAY M., BOJTÁR I., Impact Biomechanics Of Brain Injuries: A Proposal For Evaluating 
Vulnerability Based on Reliability Analyis. Biomechanica Hungarica, 2017, 10(1):75-84. DOI: 
10.17489/biohun/2017/1/08; 

• HAZAY M, DÉNES D., BOJTÁR I., The probability of traumatic brain injuries based on tissue-
level reliability analysis. Acta of Bioengineering and Biomechanics, 2019, 21(1):141-152, DOI: 
10.5277/ABB-01281-2018-02. 

IV.2 Thesis #2 

2.a) With applying the reliability analysis-based framework, I have evaluated in detail 

the reliability of the most prominent newly proposed injury metric (BrIC). This 

investigation led to the following results: 

I: The available risk curves related to DAI are in good agreement with the results of the 

reliability analysis; 

II: Despite the good agreement of the above-noted curves, the newly developed CSDM-based 

risk curve related to DAI has the advantage that it can quantify the non-zero injury risk in 

the BrIC<0.523 design interval in opposed to the available curve; 

III: New risk curves have been constructed related to contusion, subdural hematoma and the 

combined AIS 4+ brain injury. 

2.b) The reliability of the BrIC metric and the corresponding risk curves have been 

compared to other newly proposed injury metrics. This comparative study has led to the 

following observations: 



100 
 

I: The BrIC metric gives the highest correlation with both of the DAI-related tissue-level 

predictors, and this correlation is higher with CSDM than with MPS; 

II: The BrIC gives the highest correlation with RMDM, implying that it is the most effective 

among the analysed metrics for quantifying the risk of subdural hematoma. However, this 

correlation is considerably less than it was obtained for the analysis of DAI. Moreover, for 

the analysis of contusion, none of the considered metrics seems to be reliable; 

III: The comparison of the risk curves related to DAI in terms of SSE shows that the currently 

proposed reliability analysis- and CSDM-based curve gives the best agreement with the 

results of the tissue-level evaluation; 

IV: Among the combined AIS 4+ curves, the currently proposed reliability analysis-, CSDM- 

and BrIC-based risk curve gives the best result in terms of SSE. Accordingly, among the 

available risk curves, the currently proposed curve seems to be the most reliable tool for 

evaluating the probability of brain injury in case of frontal car crashes.  

Corresponding publication 

 HAZAY M., BOJTÁR I., Evaluation of brain injury criteria based on reliability analysis. Acta of 
Bioengineering and Biomechanics, 2021, 23(1):173-185. DOI: 10.37190/ABB-01755-2020-04. 

IV.3 Thesis #3 

3.a) I applied a FE simulation-based framework to identify the biomechanical 

behaviour of the brain tissue during decompressive craniectomy. This methodology is 

advanced compared to previous studies by the simultaneous fulfilment of the following 

characteristics: 

 FE simulations are performed on models with patient-specific geometry where the healthy 

state is estimated based on averaged ventricle size depending on the age of the patient; 

 The model validation includes the comparison of tissue displacements and the ICP as well; 

 A systematic study of virtual experiments has been performed using a large number of FE 

simulations with different preoperative pressures and skull opening scenarios to determine 

how the tissue behaviour depends on these preoperative and intraoperative conditions; 

3.b) The mathematical background and the algorithm of the multiobjective 

optimization of DC have been developed to determine optimal skull opening based on the 

biomechanical behaviour of the brain tissue. 
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3.c) A large-scale parametric study has been completed using the above-noted 

algorithm to determine averaged results indicating how the optimal skull opening depends 

on the preoperative conditions. My results imply that a relatively large, 130-180 cm2 skull 

opening seems to be optimal, which fits the current recommendations of the medical 

treatment procedure.  

Corresponding publications 

 HAZAY M., VARGA A., NAGY E., TÓTH P.J., BÜKI A., BOJTÁR I., Finite Element Reconstruction 
of Decompressive Craniectomy. Biomechanica Hungarica, 2018, 11(2):51-60, DOI: 
10.17489/2018/2/08. 

 HAZAY M., BAKOS B., TÓTH P.J., BÜKI A., BOJTÁR I., Optimization of Decompressive 
Craniectomy Based on Finite Element Simulations. Acta Polytechnica CTU Proceedings, 2018, 
18:6-9, doi:10.14311/APP.2018.18.0006. 

 HAZAY M., NAGY E., TÓTH P.J., BÜKI A., BOJTÁR I., Engineering Optimization of 
Decompressive Craniectomy Based on Finite Element Simulations. Acta of Bioengineering and 
Biomechanics, 2020, 22(4):109-122.  

Future Directions 

The trend that the FE models are continuously improved to represent more detailed geometry 

and mechanical behaviour of the head has been followed for decades. This effort needs to be 

continued as there are several possibilities to further improve the current models. For instance, it 

would be important to develop state-of-the-art models to analyse injury types other than DAI. 

Another example of possible improvement can be exploiting the potential of the remeshing 

techniques once these become more robust and automatized. Fortunately, these improvements 

seem to be feasible thanks to the continuous development of computer hardware and software.  

Another important direction of future development would be the further analysis of tissue-level 

thresholds as our current knowledge is relatively limited. This is especially true regarding the long-

term deformations of the brain tissue.  

As the biomechanical studies based on numerical simulations provide more and more 

conclusive results (e.g. simulation-based risk curves, optimized surgery scenarios), a significant 

emphasis will need to be placed on establishing continuous updating and validation procedures, 

where the simulation-based predictions are compared to real-life observations.  
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