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Abstract 

Crash injury prevention research has yielded many preventative measures that work in 

conjunction to protect vital areas of the human body. However, some of these methods of 

fatality prevention have been shown to increase injury frequency in other areas of the 

body, including the abdomen. Within the abdomen, the liver is particularly prone to 

injury due to its size and relatively fixed position. One known mode of injury to this 

organ is burst injury, caused by rapidly increasing fluid pressure within this highly 

vascular organ.   Exploration of this type of injury has shown fluid pressure to correlate 

well to liver injury severity in perfused whole-organ rapid compression testing. This 

study aimed to address one level of liver multi-scale testing by conducting unconfined 

compression tests on unperfused and perfused tissue blocks. This data was then used in 

model development, leading to finite element models capable of predicting mechanical 

and fluid response in tissue specimens. This strategy serves as the foundation to future 

testing and model development, working towards higher compression rates, larger 

deformation and increased geometric complexity. The eventual goal is the integration of 

a liver model into a whole body model, allowing the advancement of high-fidelity virtual 

crash test dummies and improved vehicle safety. 
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Chapter I 

1. Introduction and Background 

1.1 Motor Vehicle Crashes and Abdominal Injury 

Motor vehicle crashes are a major cause of death and injury in our society today. In 

2008, the Fatality Analysis Reporting System (FARS)[1] reported that there were 34,017 

fatal motor vehicle crashes (MVC) in the United States alone. In 2006, the Center for 

Disease Control (CDC) reported [2] that there were a total of 121,590 unintentional 

deaths in the United States, and motor vehicle related fatalities contributed approximately 

25% of this number. Currently, the best way to prevent fatality during frontal MVCs is 

through a combination of seatbelt use and airbag deployment [3]. However, in 2009 a 

study by Thor and Gabler showed that the risk of moderate (AIS2+) and serious (AIS 3+) 

injury increases by factors of 2.14 and 3.48 respectively when airbag deployment is 

added to seatbelt use [3]. A possible explanation for this is that the motion of the airbag 

on the upper body causes the occupant to submarine, or slide down his/her seat, shifting 

the lap belt off the bony pelvis to the vulnerable abdomen [3]. Thus, the results of this 

study indicate that for seatbelts and airbags used in combination, more research is needed 

to provide optimal protection for the abdomen and other body regions. 

 

In addition to a higher occurrence of abdominal injuries with combined seatbelt and 

airbag use, abdominal injuries are also disproportionately represented in the young and 

elderly. In a study by Fides et al. in 2007, far side impacts were shown to have a 

significantly higher occurrence of abdominal injuries in individuals with ages less than 20 
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and greater than 71 years [4]. These age-related trends are significant because as the U.S. 

populate ages, older Americans will comprise a larger segment of the driving population 

[5]. Additionally, MVC’s are the leading cause of death for children between the ages of 

4 and 20[2]. In the abdomen, the liver continues to rank among the most commonly 

injured organs, with blunt and penetrating liver injuries making up 33% of all abdominal 

injuries[6]. Blunt liver injury is associated with immediate life-threatening consequences 

such as rupture or hemorrhage, as well as delayed complications such as abscesses or 

infection [4]. In light of the public health significance of blunt abdominal trauma from 

MVCs, validated  computational  models  of  liver  are  clearly needed  for  understanding 

 liver injury from  mechanical  loading. 

 

1.2 Liver Anatomy and Injury 

When the abdomen is subjected to blunt impact loading, the liver is particularly 

susceptible to injury due to its size, location and relatively fixed position. In humans, the 

liver is the largest internal organ and gland [7]. It is surrounded by a fibrous capsule and 

divided into 4 main areas: the right lobe, left lobe, quadrate lobe and caudate lobe[7]. On 

the anterior surface, the left and right lobe are separated by the falciform ligament [7]. On 

the inferior surface the quadrate lobe is anterior between the gall bladder and the 

falciform ligament while the caudate lobe is posterior and between the inferior vena cava 

and the falciform ligament [7] (Figure 1).  
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In addition to human livers, porcine and bovine livers were also used during testing. 

While the overall structure of the liver for each species is different than that of a human, 

it was determined that at the microscopic scale bovine livers are a better approximation of 

human liver tissue than porcine liver. Porcine livers contain higher amounts of connective 

tissue [8], making liver samples stiffer and more capable of retaining shape when 

removed for the whole liver. This difference in structure can significantly alter model 

parameters, resulting in different organ responses during modeling of injury causing 

events.  

A
B

C

~ 20cm ~ 20cm

~ 55cm
 

Figure 1-1: Inferior view of gross anatomy of human (A), porcine (B) and bovine (C) livers 
[7-9]. 
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There are three methods of blunt liver injury: 1) motion relative to the abdominal 

cavity, 2) interaction with adjacent structures and 3) rapidly increasing fluid pressure 

within the organ. Motion of the liver can be particularly dangerous due to the mass and 

size of the organ as well as structures that hold it in place. The mass of the organ allows it 

to easily move relative to the abdominal cavity during the severe forces and accelerations 

of MVCs. There are two main ligaments (the falciform and round) that anchor the liver 

into position (Figure 1), and tearing of these ligaments is likely to cause injury to portions 

of the liver. Also, the liver’s location makes it vulnerable to interaction with ribs adjacent 

to the abdominal cavity. The soft tissue of the liver can easily be damaged if compressed 

against spine or the sharp edges of fractured ribs. Also vulnerable to movement of the 

organ are several fluid supplies that enter and exit the liver: the hepatic artery, portal 

vein, inferior vena cava and the bile duct system. Damage to these areas can cause severe 

bleeding or escape of biliary fluid into the peritoneal cavity that can require medical 

attention in the form of exploratory surgery.  

 

The third method of injury is rapidly increasing fluid pressure in the liver. The types 

of injuries that occur from this phenomenon frequently cause injuries internal to the 

organ, where stellate lacerations are often visible on the liver surface[10], and/or damage 

to the parenchyma can be seen via pooled blood in imaging or dissection post-injury.  

These injuries are caused by an increase in fluid pressure during high rates of loading, 

leading to tensile or shear strains beyond the ability of liver tissue to withstand [10]. In 

the book chapter Biomechanics of Abdominal Trauma, Rouhana even describes liver 

injuries seen in studies of cardiac impacts to anesthetized canine subjects, caused by 
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“extraordinarily high venous pressure that develops at the instant of impact [10].” The 

liver is particularly prone to this type of injury due to its rich blood supply. Not only does 

it receive blood for the maintenance and nutrition of the organ itself, but it also filters 

blood received from the digestive system via the portal vein. In previous impact tests of 

perfused ex vivo livers, interstitial fluid pressure was shown to relate well to injury 

severity [11].  

 

1.3 Experimentation 

Liver tissue was characterized through unconfined compression stress relaxation 

experiments. The first set of tests, described in Chapter 3, was conducted on small blocks 

of porcine liver tissue. These samples were compressed to 5% strain and allowed to relax 

to equilibrium steady state conditions. These tests served to aid in the creation of a 

Poroviscoelastic (PVE) model that was capable of predicting pore fluid pressure (see 

section 1.4).  

 

The next set of experiments, described in Chapter 4,  were conducted on larger 

blocks of bovine liver tissue, selected for its lower connective tissue content more similar 

to human liver tissue. These tissue blocks were isolated at the terminal branches of the 

hepatic portal vein, and the portal vein was retained external to the sample to provide a 

port for sample perfusion. Before compression, these samples were perfused with normal 

saline solution in order to achieve realistic interstitial fluid pressures and tissue behavior. 

The samples were then compressed to 15% strain and allowed to relax until equilibrium 

15 
 



steady-state was achieved. Interstitial fluid pressure was monitored during both perfusion 

and compression of these samples, and compared against model outputs.  

 

Table 1-1: Outline of experiments conducted.  

Small Tissue Block Testing
(Chapter 3)

Large Perfused Tissue Block Testing
(Chapter 4)

Experimental Data Force vs. Time measurements Force vs. Time measurements
Interstitial Fluid Pressure Measurements

Model Data Force vs. Time data
Interstitial Fluid Pressure Data

Force vs. Time data
Interstitial Fluid Pressure Data

Test Setup

 

 
Tissue perfusion is important to creating accurate mechanical and fluid boundary 

conditions to biological samples. This is especially true of liver tissue, which houses 

hepatic vasculature as well as the hepatic portal system. In 1973, Melvin et al. conducted 

compression tests on livers perfused in vivo in still-alive Rhesus monkeys due to the 

known importance of perfusion on the mechanical properties of the organ. As research 

progressed, researchers experimented with perfusing organs ex vivo to approximate in 

vivo conditions. 
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It soon became common practice to perfuse cadavers[12] before impact testing as 

well as individual organs[11] for ex vivo testing. And in 2006, Kerdok et al. definitively 

studied the effect of perfusion on the mechanical properties of liver tissue, finding that 

perfused ex vivo tissue closely represented in vivo tissue [13].  

 

The types of experiments conducted with the large tissue block perfused samples in 

Chapter 4 of this thesis are unique to the author’s work. No current literature details the 

perfusion of portions of tissue which are then subjected to unconfined compression 

testing. This research provides an important experimental technique that spans tissue 

block and whole organ testing that can lead to the improvement of biomechanical models.  

 

1.4 Model Development 

Validated biomechanical models are important tools for injury prediction. These 

models serve to provide outputs such as stress, strain, mechanical pressure and fluid 

pressure that are important metrics to determining injury severity. In motor vehicle 

safety, these “virtual crash test dummies” allow the evaluation of current safety measures 

as well as the design of new ones. Computer models permit the investigation of a variety 

of crash situations that might not otherwise be looked at due to limited monetary 

resources. These models are the next step of vehicle safety.    
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Previous models of liver trauma have been mainly phenomenological, where model 

parameters are based upon empirical or observed relationships. In 2000, Miller used a 

three-dimentional nonlinear viscoelastic (VE) model [14]; in 2002, Tamura et al. used 

quasilinear viscoelastic (QLV) theory [15]; and in 2008, Sparks and Dupaix used an 

amorphous polymer model [16]. An alternative to phenomenological models are 

mechanistic models, which relate biomechanical properties to underlying structure. Using 

models of this nature are beneficial to injury predictive models for liver tissue as they 

offer insight into how the fluid and solid components interact during injury-producting 

impact events.  

 

The liver is composed of cells embedded in a fully-hydrated, porous and 

intrinsically viscoelastic extracellular matrix. This anatomy allows liver tissue to be 

reasonably modeled using biphasic theory. This theory was developed by Mow et al. in 

1980 [17], and detailed a two phase immiscible mixture consisting of an intrinsically 

incompressible elastic solid phase and an incompressible inviscid fluid phase. Using this 

type of modeling, rate-dependent behavior arises from the diffusive interaction between 

the solid and fluid phases. This original formulation has been extended to account for 

nonlinearity that can be associated with strain-dependent permeability [18] and finite 

deformation [19]. Additionally, for cartilage specific behaviors, the theory has also been 

extended to include the effects of ions on soft tissue response [20], as well as inertial 

effects. In the modeling conducted for this thesis, poroviscoelastic (PVE) modeling is 

used, considering the solid phase as viscoelastic in order to account for flow-independent 

viscoelastic behavior.  
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The difference in biphasic theory and poroviscoelasticity stems from the building 

blocks of each model. Biphasic theory was developed by Mow, and utilizes Bowen’s 

theory of mixtures [21]. Poroviscoelasticity, on the other hand, builds on Biot’s analysis 

of consolidation [22]. The two models are equivalent if the fluid phase is modeled as 

inviscid [23], and commercial FEA software formulated from PVE theory has been 

shown to produce similar results to FEA code based on biphasic theory [24].  

 

In previous studies VE modeling has been used for liver tissue [14]. However, PVE 

modeling offers the ability to quantify fluid pressure within the model. This is useful 

when considering burst injury, a common injury mechanism of blunt abdominal trauma. 

As was mentioned previously, past injury biomechanics research has shown pressure to 

correlate well to whole organ injury severity [11]. PVE modeling provides the ability to 

investigate this correlation between pressure and injury severity, offering insight into the 

mechanisms of injury causation to the liver during blunt abdominal trauma.  

 

This type of biphasic modeling has been used extensively to describe the 

biomechanical behavior of certain soft tissues including cartilage and intervertebral discs. 

There are limited studies where the tissue of interest have been visceral organs such as 

lung[25], heart[26] and brain[27-29]. Other than the authors’ work[30], there are no 

previous studies investigating biphasic modeling of the liver. Accordingly, the goal of 

this study was first to investigate tissue mechanical response, and then to quantify the 

fluid behavior within the tissue.  Each chapter is summarized below: 
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Chapter 2: Toward the integration of biomechanics research across multiple scales of 

anatomical hierarchy 

The aim of the first paper was to outline steps towards an integrative approach to injury 

biomechanics research that synthesizes knowledge across multiple scales of testing. 

Research of this nature could be useful in creating an overall understanding of the human 

body response to injury that can aid in the design of safety equipment for sports, military 

and motor vehicle applications. 

 

Chapter 3: Poroviscoelastic modeling of unperfused, homogeneous porcine liver tissue 

samples 

The aim of the second study was to characterize the mechanical behavior of unperfused 

porcine liver tissue using a PVE model. In order to simplify testing, homogeneous tissue 

samples without large vasculature were chosen. This study served as a foundation for the 

perfused bovine liver testing (described below), which allowed for investigation into the 

fluid behavior within liver tissue samples in addition to their mechanical response. 

 

Chapter 4: Poroviscoelastic modeling of perfused, vascular bovine liver tissue samples  

The aim of the final study was to use PVE modeling to simulate liver mechanical and 

interstitial fluid pressure response during (a) perfusion only; and (b) perfusion combined 

with mechanical compression. For this study, bovine liver tissue was chosen due to 

similar fibrous tissue content as human liver.  
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Abstract 
Injury biomechanics research traditionally has relied on impact testing of whole cadavers, 
with more recent studies examining smaller levels of structural organization to quantify 
injury response for specific organs and tissues.  Thus, a significant body of injury 
biomechanics research exists spanning multiple scales from whole body to cell and tissue 
response.  An integrative approach, synthesizing injury biomechanics knowledge across 
multiple scales, would advance the field by enabling the creation of comprehensive tools 
that can predict the cellular level consequences of whole body impact trauma. The 
purpose of this paper is to illustrate steps toward such an approach, using examples from 
liver injury research with cadavers, whole organs, tissue blocks, and microscale 
histological characterization.  Collaboration with anatomists would greatly enhance 
future efforts in integrative injury biomechanics research, because it requires detailed 
understanding of anatomy from the macroscopic to microscopic level.  Ultimately, the 
integrative biomechanics approach could be expanded to encompass the full spectrum of 
injuries and body regions, creating an overall understanding of the human body response 
to injury that can aid in the design of safety equipment for sports, military and motor 
vehicles applications.  
 
Key Words 
Multiscale, mechanical characterization, liver, hepatic trauma, blunt impact 
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2.1  Introduction 

Injury biomechanics research traditionally has relied on impact testing of whole 

cadavers, referred to as Post Mortem Human Surrogates (PMHS), with ground-breaking 

research in the 1960’s and 70’s laying the foundation for standards that are currently used 

in injury risk assessment for athletic, military and motor vehicle applications (Lissner et 

al., 1960; Patrick et al., 1966; King et al., 1968; Kroell et al., 1971; Mertz and Patrick, 

1971; Stalnaker et al., 1973; Nahum et al., 1975). Later studies began examining smaller 

levels of structural organization, quantifying injury response specific to organs and 

tissues (Arbogast and Margulies, 1997; Tamura et al., 2002; Gayzik et al., 2007; Sparks 

et al., 2007; Lucas et al., 2008). The increasing trend to study injury at multiple scales is 

logical, since impact trauma at the whole body level produces localized injuries at organ, 

tissue, and cellular levels. 

 

 This type of research across multiple scales can be understood in the context of 

integrative biomechanics, which works to incorporate “biomechanics knowledge and 

methods at multiple scales to address fundamental and clinical problems at the tissue and 

organ level” (Ateshian and Friedman, 2009). Integrative biomechanics is a paradigm that 

has been used to develop many knowledge pools and technologies for clinical 

applications, such as hemodialysis, vascular grafts and stents, artificial heart valves, and 

joint arthroplasty (Ateshian and Friedman, 2009). The integrative biomechanics paradigm 

has not been applied explicitly in the field of injury biomechanics; however, a significant 

body of injury biomechanics research exists spanning multiple scales from PMHS to cell 
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and tissue response.  We anticipate that, in future years, this wealth of multiscale 

information will be expanded and synthesized in new ways to create comprehensive tools 

that can predict the cellular level consequences of whole body impact trauma. 

 

To that end, the purpose of this paper is to use basic anatomical concepts to 

illustrate the integrative biomechanics paradigm as applied to the study of injury 

biomechanics.  The paper will focus on specific examples from liver injury research 

across multiple scales, using prior research with PMHS, whole organs, and tissue blocks 

as well as new, previously unpublished work incorporating histological analysis. 

Essential to studies of this nature is an understanding of anatomy from the macroscopic to 

microscopic level; thus, collaboration between anatomists and engineers would greatly 

enhance research of this type. Ideally, the integrative biomechanics approach could be 

expanded to encompass the full spectrum of injuries and body regions, thereby creating 

an overall understanding of the human body response to injury that can aid in the design 

of safety equipment for sports, military and motor vehicles applications.  

 

2.1.1  Background on Blunt Liver Injury 

The abdomen is a vulnerable part of the human body. This region lacks the bony 

protection of other vital areas such as the chest. While this allows flexibility and a 

significant range of motion of the torso, large forces or accelerations placed upon this 

region can make it susceptible to serious injury.  The liver, the largest solid organ in the 

human body, is particularly prone to injury due to its size and relatively fixed position. 

Blunt liver injury can occur for a number of reasons. Full contact athletics such as 
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football, rugby or martial arts may result in sufficient forces and accelerations to cause 

trauma. In a military setting, blasts or trauma from objects impacting body armor can lead 

to injuries to the liver (DePalma et al., 2005; Roberts et al., 2007). And in civilian life, 

motor vehicle crashes (MVC) are the leading source of blunt hepatic trauma, due to 

injurious interactions between the abdomen and the steering wheel, seatbelt or airbag 

(Carrillo et al., 2001).  

Over the years, motor vehicle safety has largely focused on preventing trauma that 

is directly linked to mortality, with airbags, lap/shoulder belts and pre-tensioning devices 

focused on minimizing trauma to the head and chest.  During proper placement of the lap 

belt, the abdomen is also well protected, but often the lap belt is improperly placed or is 

repositioned during a crash. If the lap belt slides off the rigid pelvis during a crash, loads 

restraining the individual are then placed on the softer, more-vulnerable abdomen (called 

submarining) (Uriot et al., 2006). During blunt trauma to the abdomen, the spleen and 

liver are the two most commonly injured organs (Schroeppel and Croce, 2007). In 

clinical studies, the mortality rates associated with blunt hepatic trauma range from 9-

17% overall and may be as high as 67% if the injury involves the retrohepatic vena cava 

or hepatic veins (Rouhana, 2002; Christmas et al., 2005; Hurtuk et al., 2006). These 

statistics indicate that liver injury is a significant problem in motor vehicle crashes. 

 

There are four major biomechanical mechanisms of injury to the liver. The motion 

of the organ relative to the abdominal cavity can cause stretching and tearing of tethering 

ligaments and vasculature. This is especially important for large organs such as the liver 

whose mass makes it more prone to inertial effects. Compression of the abdomen or 

27 
 



thorax can also cause injury due to interactions between the comparatively soft liver and 

hard bones (ribs, spine). Broken bones such as the ribs may also puncture the liver, 

resulting in injury. The final mode of injury is rapidly increasing fluid pressure resulting 

in burst injuries to the liver parenchyma.  This mode is especially important for richly 

vascularized organs such as the liver, which has a dual blood supply from the hepatic 

artery and the hepatic portal system.  

 

The complexity of predicting injury to this organ makes it useful to adopt an 

integrative biomechanics approach to characterize the behavior of the liver. Hepatic 

lobules can be studied in order to understand how disease states change the structure and 

mechanical behavior at the microscopic scale; small liver tissue blocks are important in 

quantifying the mechanical properties of the organ; research on whole perfused organs 

leads to insight on the effect of perfusion as well as gross level injury; and PMHS work 

allows researchers to look at the liver with appropriate external boundary conditions in 

the form of tethering ligaments and vasculature as well as surrounding organs, bone and 

other structures which may make the organ more or less prone to injury.  

 

2.1.2 Practical Applications of Integrative Injury Biomechanics 

Vehicle safety is currently evaluated based upon real-world crash testing with 

anthropomorphic test devices (crash test dummies). However, to a large extent, the future 

of vehicle safety lies in virtual crash test dummies (Mizuno et al., 2005; Kitagawa et al., 

2008; Gayzik et al., 2009). These dummies exist as computer-generated models, capable 

of simulating the behavior of the human body when placed in the driver’s seat of a 
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virtually crashed vehicle. In response to applied impact loading, the associated forces, 

deformations, pressures and velocities are calculated, and from that information injury 

severity can be assessed. The significantly lower cost of running virtual crash tests will 

allow the study of a broader scope of crash modes, gaining better measures of the overall 

safety of the vehicle to a variety of crash types. Virtual crash test dummies will also 

allow injury to be evaluated in far more locations in the body compared with current 

crash test dummies. A finite number of expensive and breakable sensors subjected to 

actual vehicle crashes will be augmented or replaced by computational models that can 

evaluate stress, strain, pressure, velocity, and other injury indicators throughout the entire 

virtual crash test dummy.  

 

Integrative biomechanics is essential for the development of these virtual crash test 

dummies due to their inherent multiscale nature. Next-generation dummies will be 

responsible for simulating full body response to a crash as well as realistic reactions of 

targeted bones, organs and tissues. Once the resulting forces placed on the target area are 

known, injury severity can be calculated based on tolerance values determined from 

experiments at the PMHS, organ, tissue and cellular level.  

 

2.2  Methods for Multiscale Characterization of Liver 

The sampling of methods outlined below was selected to illustrate the multiscale 

biomechanical characterization of liver, the role of anatomical expertise at each scale, and 

potential applications to the development of next-generation virtual crash test dummies 

(Fig. 1). Examples are taken from published literature as well as new, previously 
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unpublished work. Research at each scale provides insights that are essential for 

accurately modeling liver response to injurious stimuli. Ultimately, synthesis of this 

information into a comprehensive liver model placed in a full body virtual crash test 

dummy would greatly aid in evaluating and improving vehicle safety. 

 

 
Figure 2-1: Integrative biomechanics approach applied to blunt liver injury1  
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2.2.1 Post Mortem Human Surrogate (PMHS) Testing 

Liver trauma research at the most macroscopic level looks at the whole body 

response to an injurious event. This approach is essential to investigating the liver with 

appropriate external boundary conditions. Through use of a full human cadaver, the 

                                                 
1 Human model image courtesy of the Global Human Body Modeling Consortium Integration Center of 
Expertise at the Virginia Tech – Wake Forest University Center for Injury Biomechanics 
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network of ligaments and vasculature tethering the liver to the abdominal cavity remain 

intact. Additionally, PMHS testing can replicate the liver’s interactions with the ribs, 

spinal column and abdominal organs during blunt force trauma. The whole body test 

configuration also allows post-test examination of injuries at the gross level, as well as 

evaluation of injury severity via an Abbreviated Injury Scale (AIS) (Gennarelli and 

Wodzin, 2006).  

 

Studies on intact cadavers in the interest of abdominal injuries include work by 

Hardy et al. (2001), Foster et al. (2006) and Lamielle et al. (2008). In 2001 Hardy et al. 

conducted an extensive study looking at abdominal response to rigid bar (Fig. 2), seatbelt 

and airbag loading in twenty-seven PMHS. Rigid bar loading tests provided valuable data 

on the effects of body mass, spinal flexion and repeated testing on PMHS abdominal 

load-penetration response. Belt loading tests helped develop new abdominal load-

penetration corridors that aided in evaluating abdominal safety of car crash victims via 

crash test dummies. Airbag loading data supported the development of appropriate 

surrogates on which airbag safety could be tested (Hardy et al., 2001).  
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Figure 2-2: Schematic of whole-body abdomen compression testing using fixed back 
configuration by Hardy et al. (2001) 

 

Foster et al. and Lamielle et al. both looked at the negative effects of submarining 

on the abdomen. As described previously, submarining occurs when the lap belt is 

repositioned over the vulnerable abdomen either due to improper placement of the belt or 

movement during a crash. Foster et al. worked with eight perfused PMHS to quantify the 

potentially injurious effect of high-speed seatbelt pretensioners. These devices are 

intended to tighten a seatbelt on an occupant before an imminent crash, but can be 

injurious if placed over the abdomen before tightening. Three of the eight PMHS suffered 

moderate or serious (AIS 2 or 3) liver injuries, and appropriate abdominal load limits 

were suggested for the two different pre-tensioner designs (Foster et al., 2006). Lamielle 

et al. conducted similar tests on eight PHMS, reconstructing a three-dimensional 

deformation of the abdominal wall to aid in validation of computer models that can be 

used in the creation of virtual crash test dummies (Lamielle et al., 2008). 
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Work on intact cadavers has provided valuable information on the overall abdomen 

response to injurious loading. Interaction between the high-mass liver and surrounding 

bony structures such as the ribs or spine may worsen the injury level, and should be 

understood. Additionally, tearing of tethering ligaments and vasculature can have a 

catastrophic effect due to the volume of blood continuously supplied to the liver. This 

information is essential to characterize liver injury; however, well-designed experiments 

at smaller scales are also needed to fully understand the liver’s biomechanical response to 

impact trauma. 

 

2.2.2 Organ-Level Testing 

An advantage of organ level testing over PMHS tests is the ease of access to the 

vascular system for whole organ perfusion. In organ studies, the liver can be fully 

perfused to physiological levels, with perfusate fluid entering both the hepatic portal vein 

and hepatic artery and exiting via the inferior vena cava (Kerdok et al., 2006; Sparks et 

al., 2007). Additionally, as with PMHS testing, gross level injuries can be quantified 

post-test using AIS ratings.  

 

Previous injury biomechanics studies on whole perfused livers have been done by 

Mays (1966), Melvin et al. (1973) and Sparks et al. (2007). Mays worked with cadaver 

livers, dropping them from various heights to simulate compression impact trauma. In 

order to achieve injuries as seen in the clinical setting, Mays injected the livers with 

saline prior to testing, producing bursting injuries. Melvin et al. conducted seventeen tests 

on livers and six tests on kidneys of anesthetized rhesus monkeys. Each organ (liver or 
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kidney) was mobilized from the abdominal cavity while maintaining perfusion from the 

living animal. The organ was then placed on a load cell and compressed at various rates 

in order to acquire stress-strain data. Injury severity was assessed in these organs using an 

estimated severity of injury (ESI) scale. Both the liver and kidney displayed a 

dependence of the organ response on the rate of compression, with the liver displaying 

greater rate sensitivity. Sparks et al. conducted organ level impact tests on fourteen 

unembalmed human livers, using a customized drop tower configuration (Fig. 3).  The 

livers were perfused to physiological arterial and portal venous pressures during testing, 

and the resulting injury patterns were similar to those seen in real-world crash victims 

documented in the Crash Investigation Research and Engineering Network (CIREN) 

database. Results from the study demonstrated that fluid pressure within the liver 

parenchyma (termed tissue pressure) is highly correlated with serious liver injury risk 

(Sparks et al., 2007). 
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Figure 2-3: Schematic of perfused whole liver testing by Sparks et al. (2007) 
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Currently, in order to achieve realistic approximations of physiological arterial, 

venous, and interstitial pressures in liver, it is necessary to test at the whole organ level. 

Therefore, organ level experiments are needed to obtain an accurate response of the organ 

to an injurious event. However, a limitation of whole organ testing is the irregular organ 

geometry, making stress-strain analysis challenging. In order to achieve precise 

mechanical characterization of tissue, it is necessary to test samples with regular, 

repeatable geometry via tissue block testing, as described in the following section. 

 

2.2.3 Tissue-Level Testing 

The stiffness of liver tissue in response to loading can be studied in geometrically 

uniform samples that allow calculations of stress2 and strain3 from the sample’s 

dimensions (thickness, cross-sectional area). Tissue level studies also allow testing with 

and without the liver capsule, which can aid in quantifying the effect of this connective 

tissue layer on the organ’s response to injurious stimuli. Additionally, injury can be 

examined histologically, comparing tissue samples before and after testing and analyzing 

injury at the microscopic level of damage.   

 

Previous injury biomechanics research on liver tissue blocks has been conducted by 

Tamura et al. (2002), Santago et al. (2009) and Raghunathan and Sparks (2009). All 

studies looked at porcine liver tissue, with Tamura et al. and Raghunathan and Sparks 

studying compression and Santago et al. investigating tension. Tamura et al. suggested a 

                                                 
2 Stress is calculated as force per unit of cross-sectional area. 

3 Strain is calculated as the change in length divided by the original length. 
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failure strain of approximately 44% as an injury criterion for solid abdominal organs 

based on results from their experiments (Tamura et al., 2002). Santago et al. found a 

significant difference in failure strain of fresh and previously frozen tissue, 

recommending the use of fresh (never-frozen) tissue for optimal characterization of tissue 

mechanical properties (Santago et al., 2009). Raghunathan and Sparks used tissue level 

mechanical experiments (Fig. 4) to develop a poroviscoelastic (PVE) computational 

model of liver tissue under compression. PVE modeling accounts for both the solid and 

fluid components of the extremely vascular tissue, thereby facilitating future work using 

interstitial fluid pressure as a measure of injury severity (Raghunathan and Sparks, 2009). 

 

Liver Block
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Figure 2-4: Schematic of liver tissue block testing from Raghunathan and Sparks (2009) 

 

2.2.4 Hepatic Lobule Testing 

The final and most microscopic phase of liver characterization is important for 

understanding how the solid and fluid components of the tissue contribute to the injury 
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response at the microscale.  In ongoing research, the authors are investigating methods 

for quantifying the volume fraction of microvascular space versus cells/extracellular 

matrix in liver, yielding porosity values that are important for modeling the 

poroviscoelastic properties of the tissue. Porosity, the ratio of the volume of voids to the 

total volume of the material, is closely related to permeability, a measure of the ease with 

which fluid flows through a porous material.  Since the ease with which fluid moves 

through the hepatic lobule may change with age or liver pathology (e.g. cirrhosis), 

accurate porosity and permeability values could provide valuable modeling parameters 

for simulating the effects of age or disease on liver biomechanical response.  In a recent 

series of experiments, the authors used confocal microscopy to analyze 1mm thick bovine 

liver samples stained with eosin. Seventeen images spanning 651.5 x 651.5 x 34.0 µm 

were segmented in medical imaging software (Mimics v12.0, Materialise) to create a 3-

dimensional model of a hepatic lobule (partial thickness) (Fig. 5).  The model was edited 

to more clearly define the lobule’s edge, and the cellular volume was calculated.  Using a 

Boolean operation, the cellular volume was then subtracted from the total lobule volume, 

yielding a void volume.  The porosity can then be calculated from the ratio of void 

volume to total volume. In future work, this method will be refined to account for the 

fraction of total volume contributed by cell nuclei and by extracellular matrix.  These 

refinements will allow more accurate calculation of the microvascular volume, to better 

reflect true void volume.  In spite of these limitations, this method shows promise for 

quantifying the effects of age and disease on the microstucture of liver tissue.  Thus, the 

methodology has the potential to broaden the scope of occupants represented through 

virtual crash test dummies.  

37 
 



Hepatic Lobule Cellular Mask Vascular Mask

434 µm

Figure 2-5: Three-dimensional models of a hepatic lobule and the corresponding cellular 

and void volumes 

 

2.3 Advantages of the Integrative Biomechanics Paradigm for Liver Injury 

Stand-alone research on blunt liver injury has been described for whole bodies, 

whole livers, liver tissue blocks and hepatic lobules; however, integrating results across 

all of these levels in the interest of furthering the field of injury biomechanics has not 

been done to-date. We propose a hierarchical approach in which each level builds upon 

the previous, providing useful information on liver response due to boundary conditions, 

perfusion, mechanical characteristics and fluid-solid interactions. Liver lobule work 

provides information on the relationship between the fluid and solid phases of liver 

tissue. Quantified parameters from this research can then be used for tissue-level 

characterization, creating an accurate representation of the mechanical response of liver 

tissue based upon stress-strain analysis where porosity is an important contributor to 

tissue behavior. Research complexity increases further at the whole-liver level, requiring 

a methodology for modeling Glisson’s capsule as well as dedicated entry and exit points 
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for liver vasculature (hepatic artery, hepatic portal vein, hepatic veins). Whole-liver 

response depends on each level of research before it, building upon the micro-scale and 

tissue-level mechanical response of the tissue and adding closed-loop vascular pressure. 

Finally, PMHS testing adds realistic boundary conditions, allowing the liver to interact 

with abdominal organs, surrounding bony structures and tethering ligaments and 

vasculature. Ultimately, contributions from successively smaller scales may be integrated 

into a comprehensive model of a virtual liver representing human tissue at every level 

relevant to the study of injury biomechanics.  

 

2.4 Conclusion 

Using fundamental anatomy to integrate biomechanics research across multiple 

levels is essential in building accurate representations of human organs in the virtual 

world.  Injury does not only occur at the organ or whole body level; rather, it has 

consequences spanning all scales of biological hierarchy. Furthermore, an integrative 

biomechanics approach is needed in order to create accurate models that can reflect 

changes that occur with age or disease. Collaboration with anatomists is essential for this 

type of work, as many engineers are not trained in histology or other anatomical 

subfields.  By expanding the partnership between these two disciplines, virtual crash 

dummies can be developed to accurately represent human tissue at multiple levels, and 

injury can be understood across all levels of structural organization. 
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Abstract: Mechanistic modeling approaches are important for understanding how fluid 

and solid components of the liver interact during impact trauma. This study uses 

poroviscoelasticity (PVE) theory to simulate liver biomechanical response in unconfined 

compression stress relaxation experiments, for variable ramp strain rates ranging from 

.001 to .1s-1. Specimens included 17 ex vivo porcine liver samples tested in a humidified 

temperature-controlled chamber.  Liver response was modeled using ABAQUS, and best 

fit parameters were determined using nonlinear least-squares algorithms. The 

poroviscoelastic model was able to capture the behavior of porcine liver in unconfined 

compression, with regression analyses for the ramp phase demonstrating high correlation 

between model and experiment (R2 > .993, slope > .833, p < .05). The advantage of PVE 

modeling over traditional viscoelastic modeling is the ability to examine interstitial fluid 

pressure as a contributor to tissue mechanical response. This strategy creates new 

opportunities for quantifying an injury mechanism (burst injury) that is common in blunt 

abdominal trauma, and will lead to advancement of high-fidelity virtual crash test 

dummies, and improved vehicle safety.   

 

Keywords: Hepatic Trauma, Constitutive Modeling, Biphasic, Porcine 
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3.1 Introduction 

Liver injuries account for 32% of all abdominal injuries and make up 5% of all 

trauma cases in the U.S.23.  Motor vehicle crashes are the most common source of blunt 

liver injuries23. Understanding the biomechanics of blunt liver injury is essential for 

creating realistic computational models that can be used to assess liver injury risk and 

improve vehicle safety.   

 

Previous studies have used a variety of constitutive models to characterize liver 

response under high rate loading conditions typical of impact trauma. Work by Miller in 

2000 used 3D nonlinear viscoelastic modeling21; Tamura et al. conducted studies in 2002 

using quasilinear viscoelastic (QLV) modeling techniques36; and in 2008, Sparks and 

Dupaix modeled liver tissue using an amorphous polymer model35. On the whole, prior 

high rate liver models fall under the category of phenomenological descriptions, such as 

quasilinear viscoelasticity theory11. An alternative to the phenomenological approach is 

the use of mechanistic models, which relate biomechanical properties to underlying tissue 

structure.  This study advocates the view that a more mechanistic approach may be 

beneficial for future injury predictive models, by offering insights into how the fluid and 

solid components of liver tissue interact during injury-producing impact events.   

 

The liver is composed of cells embedded in fully-hydrated, porous and intrinsically 

viscoelastic extracellular matrix; therefore, liver tissue may reasonably be modeled using 

biphasic theory28. In its basic form as developed by Mow et al. (1980), biphasic theory 
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considers biological tissue as a two phase immiscible mixture consisting of an 

intrinsically incompressible elastic solid phase and an incompressible inviscid fluid 

phase24. Rate-dependent behavior arises from the diffusive interaction between solid and 

fluid phases. The original formulation of biphasic theory has been extended to account 

for nonlinearity associated with strain-dependent permeability14 and finite deformation13.  

The theory has also been extended to include the effects of ions on soft tissue response16, 

as well as inertial effects31. The form most relevant for the current study is 

poroviscoelasticity (PVE).  PVE models extend biphasic theory to include intrinsic 

viscoelasticity of the solid phase, in order to account for flow-independent viscoelastic 

behavior18. 

 

Biphasic theory and poroelasticity theory are closely related. The biphasic theory 

developed by Mow et al.24 utilizes Bowen’s theory of mixtures3, while poroelasticity 

theory builds on Biot’s analysis of consolidation2.  Comparisons between the two 

approaches have shown that poroelastic models are equivalent to biphasic models if the 

fluid phase is modeled as inviscid4,24,32. Also, commercial FEA software formulated from 

poroelasticity theory has been shown to produce similar results to FEA codes based on 

biphasic theory38. 

 

Previous work quantifying the mechanical behavior of liver tissue has typically 

used viscoelastic (VE) modeling. However, an advantage of PVE modeling is the ability 

to quantify fluid pressure within the model. This is useful when considering burst injury, 

a common injury mechanism of blunt abdominal trauma. In previous injury biomechanics 
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research, pressure has been shown to correlate to whole organ injury severity 34. Using 

this correlation between pressure and injury severity, interstitial fluid pressure can be 

investigated via PVE modeling, providing insight into the mechanisms of injury 

causation to the liver during blunt abdominal trauma. 

 

In 1998 Miller warned against using poroelasticity to model unconfined 

compression, since unconfined compression does not allow for relative velocity between 

solid and fluid elements of the tissue and thus does not permit material relaxation20. 

However, recent work has demonstrated that poroviscoelasticity theory can successfully 

simulate unconfined compression experiments7,8.  This is due to the fact that the solid 

matrix has inherent viscoelasticity in a PVE model.  Thus, rate-dependent behavior can 

occur due to the reaction of the solid matrix alone in unconfined compression. 

 

Biphasic and poroelastic analyses have been used extensively to describe the 

biomechanical behavior of certain soft tissue structures including cartilage and 

intervertebral discs. Only a few investigators have applied this class of constitutive 

models to characterize visceral organs such as lung9, heart27 and brain7,10,29.  Other than 

the authors’ preliminary work30, there are no previous studies investigating biphasic 

modeling of the liver. Accordingly, the aim of this study is to develop a biphasic 

poroviscoelastic model of liver response in unconfined compression stress relaxation 

experiments, for variable ramp strain rates ranging from .001 to .1 s-1.   
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3.2 Materials and Methods 

3.2.1 Specimen Preparation 

Porcine livers from 3-5 year old sows, weighing at least 500 lbs., were acquired 

from a local abattoir and immediately packed in ice for transport to the laboratory.  To 

minimize the effects of tissue degradation, specimens remained on ice until testing and all 

tests were completed within 24 hours post mortem. Twenty discs 19mm in diameter and 

10mm thick were collected from three separate livers using a surgical blade and stencil. 

The capsule was retained on the lower surface of the sample in order to maintain parallel 

loading surfaces. 

 

3.2.2 Test Configuration 

Compression experiments were conducted using a TestBench mechanical 

characterization system with an enclosed environmental chamber (Figure 1) (Bose 

Electroforce, Eden Prairie, MN).  The chamber was heated to physiological temperature 

(37oC), and humidity was maintained by heating a shallow layer of water (30mm deep) in 

the base of the chamber. The humid test environment was designed to limit the 

dehydration of the sample over the 60 minutes of testing, and to approximate a 

frictionless boundary condition by maintaining a water interface between the sample and 

platens (D = 24mm, stainless steel). Samples were sprayed with saline solution prior to 

positioning them in the chamber.   
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Figure 3-1 (Raghunathan et al.): Mechanical testing configuration with environmental 
chamber (508mm x 381mm x 381mm) for temperature and humidity control. 

 

3.2.3 Equilibrium Stress-Strain Experiments 

The equilibrium stress-strain relationships of three porcine liver samples were 

tested in unconfined compression. Consecutive ramp displacements at a rate of .01s-1 

were applied to each sample after initial contact. The samples were allowed to equilibrate 

before ramping to the next strain level, as determined by a relaxation rate of less than 

.01g/s for the final 100 seconds of equilibration. Reaction forces were monitored with a 

10N compression load cell (Honeywell Model 31). Strain levels of 5, 10, 15, 20 and 25 

percent were tested (as compared to original sample thickness). Lagrangian stress was 

then calculated by dividing equilibrium reaction force by the initial surface area of each 

specimen.    

 

3.2.4 Unconfined Compression Experiments 

An additional seventeen samples were tested in unconfined compression stress 

relaxation experiments.  Following initial surface contact, samples were preloaded to 

10% strain at a rate of .001s-1 and the relaxation response was monitored for 900 seconds.  
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Equilibrium was achieved when the rate of relaxation fell below .01g/s for the final 100 

seconds of the test.  The 10% prestrain level was selected to ensure repeatable starting 

stress values and uniform contact of the specimen with the platen. 

 

Following preloading, a ramp displacement to 5% strain was applied at strain rates 

of .001, .01 or .1 s-1. Reaction forces were measured with a 10N load cell. The relaxation 

response was monitored for 2000 seconds, and equilibrium was achieved when the 

relaxation rate fell below .01g/s for the final 100 seconds of the test8. 

 

3.2.5 Poroviscoelastic Model 

In the theory of poroviscoelasticity, a porous medium may be modeled by adopting 

an effective stress principle that governs the interaction between the solid matrix and the 

fluid (Equation 1):  

 (1) 

where ijσ ′ is the effective stress, ijσ is the total stress, and p is the pore pressure37. The 

effective stress (i.e. the stress on the solid matrix excluding the pore pressure) is assumed 

to govern the mechanical behavior of the porous medium, because “all measurable effects 

of a change of stress, such as compression, distortion and a change of shearing resistance, 

are exclusively due to changes in the effective stress”37, 6. 

 

In the PVE model, the solid matrix is modeled as a viscoelastic material.  Thus, 

material definitions were assigned for both the rate-independent and rate-dependent 

material response. Based on the observed nonlinearity of the equilibrium stress-strain 

52 
 



relationship for liver (Figure 4), the rate-independent response of the solid matrix was 

defined using a hyperelastic model (Equation 2): 

 (2) 

The strain energy potential (U) was defined using a second order reduced 

polynomial function (Equation 3), where  is the first deviatoric strain invariant, is 

the elastic volume ratio, and N is the polynomial order1. The remaining coefficients (Ci0, 

Di) are material parameters.  

elJ

 3
1

1 , 2 (3) 

Coefficients Ci0 and Di  are related to the initial shear modulus (μ0), bulk modulus 

(K0), and Poisson’s ratio (ν) through Equations 4 and 5: 

2  

2

(4) 

3 1 2
1  (5) 

Rate-dependence of the solid matrix was incorporated using the viscoelastic 

material model in Abaqus, defining the shear stress, τ(t), as: 

 

where  is the shear strain rate and  is the time dependent shear relaxation modulus 

characterizing the material’s response. 

(6) 

 

The shear relaxation modulus can be written in dimensionless form:  

 

53 
 



 
(7) 

where   0  is the instantaneous shear modulus. 
 

The dimensionless relaxation modulus was expanded using a Prony series:  

1 1 /  (8) 

 

where N=3, and and  are material constants. 
 

The relaxation coefficients were then applied to the coefficients of the strain energy 

function (Equation 3) as shown in Equation 9:  

1 1 /  (9) 

Finally, Darcy’s law was used to describe fluid flow through a fully-saturated 

porous medium.  Darcy’s law may be expressed as follows (Equation 10) (Abaqus 

Documentation):  

 (10)

where f is the volumetric flow rate of wetting fluid per unit area of the medium,   is the 

permeability of the medium, γw is the specific weight of the fluid, p is the pore fluid 

pressure, x is position,  is the fluid density (    / ), and g is the gravitational 

acceleration.   

 

Note that in Abaqus, permeability  has units of velocity (length/time).  Some 

authors1 refer to  as hydraulic conductivity and define permeability ( ) with units of 

m4/Ns. The conversion from  to  is given by Equation 11: 
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  (11)

3.2.6 Finite Element Modeling 

The soil analysis procedure in Abaqus (v6.9, Simulia Corp.) was used to simulate 

the unconfined compression experiments. Three poroviscoelastic axisymmetrical finite 

element (FE) models were created, representing the three strain rate experimental groups.  

Model thickness was based on mean sample thickness measured after preload. The 

bottom surface of the model was restrained in the vertical direction, and a symmetry 

boundary condition was applied at the symmetry axis.  Pore fluid pressure was 

constrained to zero at the side of the model to simulate free drainage of fluid during 

unconfined compression. Four-node axisymmetric quadrilateral elements with reduced 

integration were used (type CAX4RP).  The mesh (168 elements) is shown in Figure 2.  

Mesh convergence tests were performed to validate the mesh density. 

55 
 



Sy
m
m
et
ry
 a
xi
s

Frictionless boundary

Frictionless boundary, Uy = 0

Po
re
 fl
ui
d 
pr
es
su
re
 =
 0

 
Figure 3-2 (Raghunathan et al): Max displacement (y-dir.) shown on a PVE 168 element 

model using four-node axisymmetric quadrilateral elements with reduced integration (type 
CAX4RP). Shown for .1s-1. 

 
Liver tissue was modeled as a fluid-filled porous medium.  The solid phase was 

modeled as a viscoelastic material using a three-term Prony series (Equation 3) for the 

rate-dependent response and a hyperelastic material model (Equation 8) for the rate-

independent elastic response. A nonlinear least-squares error minimizing algorithm was 

used to determine the Prony series parameters, by curve-fitting to the mean relaxation 

data for the fastest strain rate (0.1s—1).  Hyperelastic material parameters (Ci0, Di) were 

determined by a separate least-squares fit to the mean equilibrium stress-strain response 

(Figure 4), with D1 calculated from C10 and ν using Equations 4 and 5.   

 

Baseline values from the literature were selected for Poisson’s ratio (ν = 0.35) and 

permeability ( = 3.08 x 10-13 m4/Ns)7,26. To investigate model sensitivity to ν and , a 
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parameter study of Poisson’s ratio and permeability was conducted (see section 1.7). 

Strain-dependent permeability was not considered in this study, as parameter study 

results indicated minimal model sensitivity to permeability (section 2.4).  An initial void 

ratio (e) of 0.2 was assumed based on literature values,7,25 and this assumption was 

validated through image analysis of a histological section of liver tissue. Briefly, confocal 

microscopy was used to obtain three-dimensional images of Hemotoxylin and Eosin 

stained liver tissue. The images were analyzed using Mimics software (Materialise) to 

determine total and solid volume. A Boolean operation was then used to determine the 

void volume, allowing calculation of initial void ratio (Figure 3).  

A B C
 

Figure 3-3 (Raghunathan et al.): Three-dimensional image analysis of representative section 
of bovine liver tissue determining total volume (A), void volume (B) and solid volume (C). 

Void ratio (e) was calculated according to the equations e = n/(1-n), where n = void volume / 
total volume 

 
In addition to PVE models, a VE model was also created for each experimental 

group.  To isolate the effect of the fluid parameters on model results, VE model 

parameters were chosen to be identical to the PVE parameters, excluding fluid flow-

related terms.  
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3.2.7 Parameter Study 

In order to validate the material property values obtained from the literature, a 

parameter study systematically tested the FE model’s sensitivity to permeability and 

Poisson’s ratio and the strain level of the test.  By testing three values which spanned the 

range of literature values for permeability5,7,25,27,29,41 and Poissons ratio7,8, the sensitivity 

of the FE output to each parameter was determined. The nine test material parameter 

study was repeated for strains of 5%, 10%, and 20% to ensure that the limited 

compression was not obscuring the trends seen by the material parameters.  Table 1 

shows the values for each parameter that were systematically tested.  The analysis 

resulted in 27 separate FE solutions detailing sensitivity to a single parameter (ν, or Є) 

while the other two were held constant. Sensitivity to Poisson’s Ratio, permeability and 

strain are summarized in Appendices A, B and C respectively. 

 



Table 3-1 (Raghunathan et al.): Model runs for parameter sensitivity study.  

Є= 5 %  ν 

  0.45 0.35 0.25

K̂
(m4/Ns) 

10-11  
   

3.08*10-

13 
 
   

10-15  
   

     
Є= 10%  ν 

  0.45 0.35 0.25

K̂
(m4/Ns) 

10-11  
   

3.08*10-

13 
 
   

10-15  
   

     
Є= 20%  ν 

  0.45 0.35 0.25

K̂
(m4/Ns) 

10-11   
     

3.08*10-

13 
  
     

10-15   
     

 

3.3 Results 

3.3.1 Equilibrium Stress-Strain Relationship 

The average equilibrium stress-strain response showed a nonlinear relationship 

throughout the range of strain levels tested (Figure 4).  Variation in equilibrium response 
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increased with increasing strain levels, as evidenced by widening confidence intervals.  

This trend of increased variation with higher strains is consistent with equilibrium stress-

strain results obtained by DiSilvestro et al. for articular cartilage in unconfined 

compression8. 
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Figure 3-4 (Raghunathan et al.): Steady state Lagrangian stress for varying tissue strains, 
shown with 95% confidence intervals calculated from standard error. 

 

3.3.2 Unconfined Compression Response for Varying Strain Rates 

Results are presented in terms of reaction force because sample diameter was not 

monitored during testing7,8.  Peak force increased as strain rate increased (Figure 5), 

demonstrating the rate-dependent response of the tissue. Strain rate had no effect on 

equilibrium force. Maximum coefficients of variation (standard deviation divided by 

mean) for the loading phase were 0.42, 0.35 and 0.22 for the .001s-1, .01s-1 and .1s-1 
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loading rates respectively. During the relaxation phase, the maximum coefficients of 

variation were 0.41, 0.35 and 0.31 for the .001s-1, .01s-1 and .1s-1 loading rates. The 

repeatability of the experiments was acceptable, as the maximum coefficients of variation 

are comparable to those reported by Cheng and Bilston and Miller and Chinzei  for 

unconfined compression of white matter7,22.   

 

3.3.3 Model Fitting 

Optimal Prony series parameters, determined by curve-fitting Equation 3 to the 

mean relaxation response from the fastest strain rate testing (.1s-1), were found to be g1 = 

0.5026, g2 = 0.1848, g3 = 0.1418, τ1 = 2.1s, τ2 =47.1s and τ3 = 380.1s.  The best-fit 

hyperelastic material parameters, calculated from the average equilibrium stress-strain 

response, were found to be D1 = 8.38 x 10-4, D2 = 0, C10 = 397.69 Pa and C20 = 208.55 Pa.  

The initial shear modulus was calculated as μ0 = 2C10 = 795.38 Pa, and the bulk modulus 

was
1

0
2
D

K =  = 2386.63.  The full parameter set for the PVE and VE models is given in 

Table 2. 

 

Table 3-2 (Raghunathan et al.): PVE and VE model parameter values. 

Model 
Type 

Solid Phase 

Fluid Phase 
Rate-Dependent Response Rate-Independent Response 

g1 g2 g3 τ1 (s) τ2 (s) τ3 (s) D1 D2 
C10 
(Pa) 

C20 
(Pa) 

 
(m4/Ns) 

e 

PVE .503 .185 .142 2.1 47.1 380 8.38E-04 0 397.7 208.6 3.08E-13 .2 

VE .503 .185 .142 2.1 47.1 380 8.38E-04 0 397.7 208.6   
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The PVE parameter set was used to predict liver response for all three strain rates as 

shown in Figure 5.  The model was able to capture the liver stress relaxation response in 

unconfined compression for three strain rates.  Linear regression analysis of the ramp 

phase of tissue compression (Figure 6) showed high goodness-of-fit (R2 = .999 to .993), 

with slope values near unity indicating a one-to-one relationship between model and 

experiments (slope = 0.883 to 1.068, p<.05). The advantage of this model type is the 

ability to examine interstitial fluid pressure, thereby creating a method of quantifying an 

injury mechanism (burst injuries) that is common in blunt abdominal trauma. 
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Figure 3-5 (Raghunathan et al.): Experimental data (shown with 95% confidence intervals) 
compared to PVE model on a log time scale. Highest confidence intervals occurred at peak 

loading. 
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Figure 3-6 (Raghunathan et al.): Linear regression comparing experimental ramp phase 
data to PVE and VE models for middle strain rate (.01s-1). Slope near unity shows greater 

agreement between PVE and experimental data. 

63 
 



The VE model (Figure 7) did not simulate liver rate-dependence as well as the PVE 

model. Linear regression analysis of VE model output (ramp phase) versus experimental 

data showed high goodness-of-fit (R2 = .999 to .994); however, the slope values indicated 

a poor agreement between experimental and model data (slope = .576 to .723, p<.05).  

 

The PVE model showed a significantly better ability to simulate peak reaction force 

compared to the VE model, capturing 105.55%, 82.90% and 93.80% of the peak reaction 

forces for the three strain rates. The superior fit of the PVE model over the VE model can 

be attributed to the fact that the solid phase parameters were optimized for the PVE 

model and applied directly to the VE model. The reason for this approach was to isolate 

the effect of the fluid phase on model response. The findings illustrate that the absence of 

a fluid phase in the VE model led to underestimation of peak force values as compared 

with the PVE model. This effect was more prominent at higher strain rates. Thus, the VE 

vs. PVE comparison serves to illustrate the point that rate-dependence in a PVE model 

stems from two sources: flow-dependent and flow-independent mechanisms18. 

Accordingly, the degree of difference between VE and PVE model outputs (Figures 5 and 

7) reflects the contribution of the flow-dependent mechanism to the viscoelastic response. 
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Figure 3-7 (Raghunathan et al.): Experimental data compared to VE model on a log time 
scale. Highest confidence intervals occurred at peak loading. 

 

3.3.4 Parameter Study 

Changing one parameter value at a time and running the FE model for all possible 

permutations yielded 27 solutions which are organized by altered parameter in 

Appendices A, B and C.  Analysis revealed that over the values tested, the peak force 

predicted by the PVE model was somewhat insensitive to permeability, and was very 

insensitive to changes in Poisson’s ratio.  This was quantified by calculating the increase 

in peak force over the range of the particular material property being tested (ε, or ν) The 

greater the percent increase in peak force, the stronger the sensitivity to the material 

parameter in question (ε, or ν) while the other two factors were held contant.  
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Models run at experimental strain levels (5%) showed insensitivity and minimal 

sensitivity to changes in Poisson’s ratio and permeability respectively. The low 

sensitivity to permeability was comparable to results generated from a recreation of 

Cheng and Bilston’s PVE model of brain tissue7. The changes in peak force for all the 

parameters tested ranged from 0.97% - 1.44% and 0.000065% - 0.47% for permeability 

and Poisson’s ratio respectively. This lack of sensitivity for both parameters was thought 

to be associated with low strain levels; therefore, the parameter study was extended to 

examine model characteristics at higher strains.    

 

A slightly increased sensitivity of peak force was seen for higher strain levels (10% 

and 20%). At 10% strain the changes in peak force for all parameters tested ranged from 

1.22% - 1.87% and 0.00019% - 0.64% for permeability and Poisson’s ratio respectively. 

At 20% strain the changes in peak force for all parameters tested ranged from 1.77% - 

2.67% and 0.00063% - 0.89% for permeability and Poisson’s ratio respectively.  

 

3.4 Discussion and Conclusion 

The PVE model correlated well to experimental data (slope > .833, R2 > .993), 

while the VE model was less capable of capturing the mechanical response of the tissue 

(slope < .723, R2 > .994). In the PVE model, the volume change due to compression 

allowed pressure gradients to develop and time-dependent fluid flow to occur within the 

tissue. This was an important contributor to the tissue mechanical response, as is shown 

by high correlation between PVE and experimental data. 
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For future injury biomechanics applications, we propose that a significant 

advantage of the PVE model is the ability to calculate pore fluid pressure as well as solid 

matrix stress in the loading direction (Figure 8). In previous impact injury experiments, 

liver intraparenchymal pressure has been shown to correlate with whole organ injury 

severity34. The ability of a PVE model to uncouple the pressure contributions from fluid 

and solid phases will allow more detailed investigation of liver injury mechanisms from 

impact, and could significantly improve finite-element based injury prediction algorithms 

for studying crash-related abdominal trauma. 
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Figure 3-8 (Raghunathan et al.): PVE model-predicted pore fluid pressure and solid matrix 
stress in loading direction (.01s-1). 

 
Interstitial fluid pressures (IFP) in the body range from -400 to +800 Pa (-3 to +6 

mmHg) relative to atmospheric pressure12. The model IFP predictions in this study (0-

325 Pa) fell within this range, indicating that the magnitude of model IFP estimates is 
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reasonable (Figure 8).  Future work will validate specific model IFP predictions under 

controlled experimental conditions.   

 

Wide confidence intervals shown on the experimental data may be attributed to 

liver-to-liver variation, as samples were obtained from an abattoir that dealt with pigs 

from multiple farms. Lack of control over exact animal age, diet and other parameters 

may be responsible for the wide confidence intervals. However, upon examination of the 

percentage of the peak reaction force that can be predicted with 95% accuracy, the data 

compares favorably with other similar studies on biological tissue7,22,36. In future studies, 

a larger sample size may aid in narrowing confidence intervals. 

 

Frictionless boundary conditions for the specimen-platen interface were assumed 

for model development. This was considered an acceptable assumption based on the 

preserved fluid boundary between sample and platen (Figure 9), maintained by the humid 

testing environment. The near-frictionless condition allowed the free expansion of the 

tissue in response to loading, which is demonstrated in Figure 9 by the absence of 

barreling on the lateral surfaces of the specimen. However, previous studies have shown 

that overestimated model reaction forces may result from unaccounted friction39. 

Complete elimination of friction is experimentally difficult; therefore, a technique 

proposed by Wu et al.  will be explored in future work to integrate residual friction into 

the mode40.  
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Figure 3-9 (Raghunathan et al.): Maximally compressed liver sample tested at 0.001s-1. 

 
In order to maintain sample diameter and parallel loading surfaces, the liver capsule 

was retained on the lower surface of the specimen. Since the capsular connective tissue is 

fully integrated with the parenchymal architecture, the presence of the capsule may have 

influenced the expansion of tissue near the capsule surface.  However, this effect is most 

likely minimal as shown by Figure 9, depicting no evidence of constraint on the lower 

surface of the model where the capsule is present (lateral surfaces are parallel). 

Importantly, the capsule-parenchyma interactions are inherent to the whole organ 

response of liver and likely play a significant role when considering injury35. The optimal 

approach for incorporating capsule effects on liver injury response is an important 

question for further investigation. 

 

Permeability and Poisson’s ratio were selected based upon previous studies on soft 

tissue. The parameter study in the present work demonstrated that Poisson’s ratio and 
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permeability both have a small effect of the peak force reported by the poroviscoelastic 

liver model, especially at the strain levels tested in this study.  It is therefore reasonable to 

assume material parameters of 3.08x10-13 m4/Ns for permeability and .35 for Poisson’s 

ratio from the literature. However, in planned future compression tests of perfused tissue, 

permeability may have a greater influence on peak reaction force. Actively pressurized 

fluid in the organ may allow permeability to play a larger role in tissue behavior, making 

selection of this parameter more critical. Future work will use image analysis to estimate 

permeability of liver tissue samples similar to approaches for geological materials33. 

 

Results of the parameter study also suggest that neglecting the influence of strain-

dependent permeability was reasonable in the current model, since changes in 

permeability over several orders of magnitude resulted in small (≈1%) changes in peak 

force. For future simulations over larger strains, strain-dependent permeability may be 

incorporated using Equation 12 as proposed by Lai, Mow, and Roth (1981)15: 

where   is the permeability o s ate, M is the nonlinear flow-limiting 

parameter, and εd is the dilatation. To incorporate Equation 12 into Abaqus, the dilatation 

may be represented as a functi n of he void r

f the reference t

exp  (12)

o  t atio17: 

itial vawhere e is the current void ratio and e0 is its in lue. 

exp 1  (13)

 

In conclusion, a PVE model was created that accurately portrayed the stress 

relaxation behavior of porcine liver for three strain rates. Study results also demonstrated 
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rate dependence of peak reaction forces, as well as a nonlinear equilibrium stress-strain 

response for porcine liver in unconfined compression. Advantages of the PVE model 

include the ability to simulate both the overall mechanical response and the interstitial 

fluid pressure changes in response to loading. For brain, peak reaction forces have been 

shown to depend strongly on interstitial fluid pressurization for strain rates on the order 

of .01s-1 7. Future work will investigate this effect in liver, for strain rates more 

characteristic of impact trauma19,36. 
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Appendix A: 

Appendix A demonstrates model sensitivity to Poisson’s ratio while holding permeability 

and strain constant. 

 
Poisson's Ratio Sensitivity 

K̂  v e Fp R2 slope % F 

1*10^-11 
0.25

5% 
-0.20387

0.9291 -0.005 0.46683 0.35 -0.20412
0.45 -0.20482

1*10^-11 
0.25

10%
-0.38256

0.932 -0.012 0.64256 0.35 -0.38321
0.45 -0.38502

1*10^-11 
0.25

20%
-0.8698

0.9278 -0.039 0.88637 0.35 -0.87179
0.45 -0.87751

3.08*10^-13 
0.25

5% 
-0.20631

0.9284 -8E-04 0.07571 0.35 -0.20635
0.45 -0.20646

3.08*10^-13 
0.25

10%
-0.38853

0.9312 -0.002 0.10183 0.35 -0.38863
0.45 -0.38892

3.08*10^-13 
0.25

20%
-0.88922

0.9258 -0.006 0.13295 0.35 -0.88952
0.45 -0.8904

1*10^-15 
0.25

5% 
-0.2068

0.8322 -7E-07 6.5E-05 0.35 -0.2068
0.45 -0.2068

1*10^-15 
0.25

10%
-0.38973

0.8665 -4E-06 0.00019 0.35 -0.38973
0.45 -0.38973

1*10^-15 
0.25

20%
-0.89301

0.8721 -3E-05 0.00063 0.35 -0.89301
0.45 -0.89301
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Appendix B: 

 
Appendix B demonstrates model sensitivity to permeability while holding Poisson’s ratio 

and strain constant. 

 
Permeability Sensitivity 

K̂  v e Fp R2 slope % F 
1E-11 

0.25 5% 
-0.20387

0.9828086 273557553 1.43785 3.08E-13 -0.20631
1E-15 -0.2068
1E-11 

0.25 10%
-0.38256

0.9832867 669563959 1.873695 3.08E-13 -0.38853
1E-15 -0.38973
1E-11 

0.25 20%
-0.8698

0.9842815 2.172E+09 2.668029 3.08E-13 -0.88922
1E-15 -0.89301
1E-11 

0.35 5% 
-0.20412

0.9826709 250334567 1.314545 3.08E-13 -0.20635
1E-15 -0.2068
1E-11 

0.35 10%
-0.38321

0.9830974 608236150 1.699815 3.08E-13 -0.38863
1E-15 -0.38973
1E-11 

0.35 20%
-0.87179

0.9839883 1.985E+09 2.433486 3.08E-13 -0.88952
1E-15 -0.89301
1E-11 

0.45 5% 
-0.20482

0.982177 184525134 0.966575 3.08E-13 -0.20646
1E-15 -0.2068
1E-11 

0.45 10%
-0.38502

0.9824099 439251962 1.22347 3.08E-13 -0.38892
1E-15 -0.38973
1E-11 

0.45 20%
-0.87751

0.9829529 1.447E+09 1.766654 3.08E-13 -0.8904
1E-15 -0.89301
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Appendix C: 

Appendix C demonstrates model sensitivity to strain while holding permeability and 

Poisson’s ratio constant. 

 
Strain Sensitivity 

K̂  v e Fp R2 slope % F 

1*10^-11 0.25 

5% -
0.20387

0.99493 -4.50138 326.645210% -
0.38256

20% -0.8698

1*10^-11 0.35 

5% -
0.20412

0.994916 -4.51326 327.102710% -
0.38321

20% -
0.87179

1*10^-11 0.45 

5% -
0.20482

0.99486 -4.5475 328.426810% -
0.38502

20% -
0.87751

3.08*10^-13 0.25 

5% -
0.20631

0.994698 -4.61764 331.020110% -
0.38853

20% -
0.88922

3.08*10^-13 0.35 

5% -
0.20635

0.994697 -4.61941 331.081410% -
0.38863

20% -
0.88952

3.08*10^-13 0.45 
5% -

0.20646 0.99469 -4.62463 331.2667
10% -

0.38892
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20% -0.8904

1*10^-15 0.25 

5% -0.2068

0.994658 -4.64015 331.819310% -
0.38973

20% -
0.89301

1*10^-15 0.35 

5% -0.2068

0.994658 -4.64016 331.819710% -
0.38973

20% -
0.89301

1*10^-15 0.45 

5% -0.2068

0.994658 -4.64019 331.821710% -
0.38973

20% -
0.89301
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Abstract – Poroviscoelastic (PVE) modeling offers the ability to examine interaction of 
fluid and solid components of liver during impact trauma. This mechanistic modeling 
approach was used to simulate perfused liver biomechanical response in unconfined 
compression stress relaxation experiments for a single strain rate of 0.001s -1. A novel 
harvesting method was used to isolate liver tissue samples with intact portal vein 
vasculature available for sample perfusion. Ten ex vivo bovine liver tissue samples were 
perfused then compressed to 15% strain. ABAQUS Soil analysis was used to create 
models of liver mechanical and fluid response. Two finite element models were created, 
the first a baseline prediction of experimental conditions and the second modified model 
aimed at accurately predicting tissue interstitial pressures during perfusion. Best fit 
parameters were determined using nonlinear least-squares algorithms in the first model, 
and then modified to create accurate fluid pressure responses within the tissue. The PVE 
models were able to separately simulate the mechanical and fluid behavior of liver tissue 
in unconfined compression. Regression analysis data yielded R2 values of 0.97 and 0.95 
with slopes of 1.09 and 0.97 for loading and relaxation data respectively. Model 
modifications for tissue perfusion prediction yielded perfusion pressures of 2.25mmHg 
when experimental data predicted pressure of 2.39mmHg.  
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4.1 Introduction 

Motor vehicle crashes are a major cause of death and injury in our society today. In 2008, 

the Fatality Analysis Reporting System (FARS)[1] reported that there were 34,017 fatal motor 

vehicle crashes (MVC) in the United States alone. In 2006, the Center for Disease Control 

(CDC) reported [2] that there were a total of 121,590 unintentional deaths in the United States, 

and motor vehicle related fatalities contributed approximately 25% of this number. Currently, the 

best way to prevent fatality during frontal MVCs is through a combination of seatbelt use and 

airbag deployment [3]. However, in 2009 a study by Thor and Gabler showed that the risk of 

moderate (AIS2+) and serious (AIS 3+) injury increases by factors of 2.14 and 3.48 respectively 

when airbag deployment is added to seatbelt use [3]. A possible explanation for this is that the 

motion of the airbag on the upper body causes the occupant to submarine, or slide down his/her 

seat, shifting the lap belt off the bony pelvis to the vulnerable abdomen [3]. Thus, the results of 

this study indicate that for seatbelts and airbags used in combination, more research is needed to 

provide optimal protection for the abdomen and other body regions. 

 

In addition to a higher occurrence of abdominal injuries with combined seatbelt and airbag 

use, abdominal injuries are also disproportionately represented in the young and elderly. In a 

study by Fides et al. in 2007, far side impacts were shown to have a significantly higher 

occurrence of abdominal injuries in individuals with ages less than 20 and greater than 71 years 

[4]. These age-related trends are significant because as the U.S. population ages, older 

Americans will comprise a larger segment of the driving population[5]. Additionally, MVC’s are 

the leading cause of death for children between the ages of 4 and 20[2]. In the abdomen, the liver 
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continues to rank among the most commonly injured organs, with blunt and penetrating liver 

injuries making up 33% of all abdominal injuries[6]. Blunt liver injury is associated with 

immediate life-threatening consequences such as rupture or hemorrhage, as well as delayed 

complications such as abscesses or infection [4]. In light of the public health significance of 

blunt abdominal trauma from MVCs, validated  computational  models  of  liver  are  clearly 

needed  for  understanding  liver injury from  mechanical  loading. 

 

In the liver, intraparenchymal fluid pressure has been shown to correlate with injury 

severity in whole organ impact tests [7]. To date, however, there are no validated finite element 

models that predict liver intraparenchymal fluid pressure in blunt impact trauma. Prior liver 

biomechanical models have adopted mainly phenomenological modeling approaches, where 

model parameters are selected to optimize model-experiment fit and do not necessarily reflect 

the interaction of fluid and solid phases in liver tissue. In contrast, biomechanical studies in 

cartilage and other soft tissues have pioneered the use of more mechanistic modeling approaches, 

such as biphasic theory[8] or poroelasticity theory[9, 10], to represent the interaction between the 

solid matrix and the fluid within a hydrated biological material. We hypothesize that, when 

applied to liver impact biomechanics, the biphasic class of material models will provide valuable 

data on liver fluid pressures to enable more accurate predictions of injury risk from blunt impact 

loading.  

 

The specific modeling approach of interest for liver tissue is poroviscoelasticity (PVE) 

theory, since the liver is composed of cells embedded in a fully-hydrated and intrinsically 

viscoelastic extracellular matrix [11]. Other studies have used PVE modeling to characterize 

 83  
 



 

numerous soft biological tissues, including cartilage[12], intervertebral discs[13], lung[14], 

heart[15] and brain[16-18]. The authors of the present study previously reported the first 

application of PVE theory to liver tissue [11], with the development of a two-dimensional 

axisymmetric PVE model that accurately simulated liver tissue stress relaxation response in 

unperfused liver specimens. Since a PVE model is capable of predicting pore fluid response in 

addition to solid matrix stress, this modeling strategy can be extended to examine the behavior of 

perfused liver tissue, to better understand liver biomechanics under physiologically realistic 

conditions. This is the focus of the present work. 

 

In highly vascularized tissues, the mechanical response of unperfused versus perfused 

specimens differs significantly. This is especially true of liver tissue, which receives an extensive 

blood supply from the hepatic arterial vasculature as well as the hepatic portal venous system. In 

2006, Kerdok et al. investigated the effect of perfusion on the biomechanical properties of whole 

livers, concluding that perfused ex vivo liver closely approximates in vivo behavior, while 

unperfused ex vivo liver response differs significantly from the in vivo case  [19]. In the present 

study, a novel experimental technique was developed to isolate disc-shaped liver specimens with 

repeatable uniform geometry while also preserving access to the vascular supply of the tissue 

block. The technique relies upon the segmental nature of liver vasculature[20], a unique feature 

of liver anatomy that allows the liver to be subdivided into eight independent segments each 

supplied by its own branch of the hepatic artery, portal vein, and bile duct[21]. Specimens were 

isolated from the region near the terminal branch of each vascular segment, and the vessel 

supplying each segment was retained to permit controlled perfusion of the specimen. This 

technique is a hybrid approach that combines the simplified quantifiable geometry of tissue 
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block testing with the important fluid-based effects of tissue perfusion.  Thus, this technique can 

provide important data that bridges the gap between tissue block and whole organ testing and can 

lead to the improvement of biomechanical models.  

 

The objective of this study was to develop a PVE model of perfused liver tissue during 

unconfined compression stress relaxation experiments. A three-dimensional poroviscoelastic 

(PVE) finite element model was developed based on experimental measurements of liver 

interstitial fluid pressure (IFP) and tissue reaction force for perfused, cylindrical liver tissue 

specimens.  An understanding of the mechanical properties of perfused liver tissue under 

compression will extend previous work to quantify specimen response under realistic fluid 

boundary conditions.  

 

4.2 Materials and Methods 

Testing was conducted on isolated bovine liver samples perfused via an intact section of 

portal vein. Unconfined compression stress relaxation experiments were conducted in the 

environmental chamber of a Bose Test Bench mechanical testing device. 

 

4.2.1 Specimen Preparation 

Bovine livers from female cows between the ages of eight and eleven years, weighing on 

average 1,100 pounds, were acquired from a local abattoir. The tissue was placed on ice 

immediately after animal sacrifice and kept on ice for transport to the laboratory, where samples 

were isolated as described below. 
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A novel method was developed in order to achieve regular, repeatable-geometry tissue 

samples near the terminal branches of each vascular segment (Figure 1). Extraneous fat and 

tissue was removed from the liver in order to trace the portal vein, and a probe was then used to 

follow the vessel to terminal branches where vasculature had reached a diameter less than 2mm. 

The capsule was then removed from the area of interest and samples were harvested using a 

surgical blade and template. Samples were then trimmed to appropriate heights and dimensions, 

yielding a total of 14 discs with attached portal vein from five different livers. Samples were 

nominally 26.5mm in high with a surface area of 5150.8mm2. After harvest, samples were stored 

in Dulbecco’s Modified Eagle Medium (DMEM) and refrigerated until testing the next day. All 

samples were tested between 24 and 44 hours post mortem. Histological sections were obtained 

at sample harvest and again at sample testing to investigate the effect of storage time on tissue 

integrity.  

 

A B C
 

Figure 1-1: Sample harvest, depicting removal of excess tissue (A), location of vasculature (B), and 
tracing vasculature to distal section to remove capsule (C). 

 
The final step of specimen preparation involved placing a foley catheter in the portal vein 

entrance to the sample. The tip of the catheter was inflated to prevent back-flow of perfusate. 
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The samples were then placed in the test chamber with the foley catheter secured to the chamber 

wall.  

 

4.2.2 Histology 

Histology specimens were acquired at sample harvest and again immediately before the 

commencement of mechanical testing. Samples were stained with Hemotoxylin and Eosin 

(H&E), allowing the investigation of tissue degradation between sample harvest and testing. 

Tissue degradation of each sample was evaluated by a trained veterinary pathologist, using a 

scale from 1-4 where cell swelling, dissociation and nuclear dissolution were evaluated. A two 

sample non-parametric T-test (Mann-Whitney) was conducted on histology sets to determine if 

there was a significant difference between sample integrity at harvest and at testing. Also, a 

correlation study was performed between histology rating and sample peak reaction force, 

attempting to determine whether or not tissue rating influenced mechanical response.  

 

Table 4-1: Histology rating scale detailing examination of cell swelling, dissociation and nuclear 
dissolution. 

Rating Description % cells affected
0 Normal 100%
1 Mild cell swelling  (10% increase in cell area) > 75%
2 Moderate cell swelling  (25% increase in cell area) > 75%
3 Moderate cell swelling and dissociation > 25%
4 Moderate cell swelling with nuclear dissolution > 25%
5 Severe cell swelling, nuclear dissolution, and tissue degradation > 25%
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4.2.3 Test Configuration 

Unconfined compression testing was conducted on a Bose Test Bench mechanical 

characterization system with enclosed environmental chamber (Bose Electroforce, Eden Prairie, 

MN). During testing, the load cell (10N, ±.0098N resolution, submersible, Honeywell Model 31) 

was submerged in room temperature saline in order to minimize reaction force artifacts created 

by perfusate exiting tissue. Continual perfusion of specimens during testing maintained a layer of 

saline between sample and platen. This significantly reduced the interface friction between 

sample and platen, allowing the selection of a frictionless boundary condition during modeling. 
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A

B
C

D

E

Figure 4-2: Mechanical testing configuration for perfused bovine liver testing depicting perfusion 
input tubing (A), specimen (B), saline boundary between sample and platen (C), load cell (D), and 

wick-catheter pressure measurement system (E). Environmental chamber dimensions 20cm x 15cm 
x 15cm. 

 

4.2.4 Interstitial Fluid Pressure Measurement 

Interstitial pressure measurements were made using the wick-catheter method[22] (Figure 

3). The wick-catheter method works on the principle of creating a continuous column of fluid 

between hydrated tissue and a distal pressure transducer, connected by flexible tubing. This 

arrangement eliminates the contribution of solid-phase mechanical stress in pressure readings, 

allowing isolated measurement of only the fluid pressure response. The catheter was created 

using the flexible tip of a shielded I.V. catheter (14 gage). Absorbable dexon suture (0.35mm 

diameter) was used to create the wick, and inserted in the catheter tip with approximately 1-2mm 

 89  
 



 

protruding to facilitate fluid entry into the small diameter catheter (Figure 3). The catheter was 

then connected to a pressure transducer (Micro Switch, Freeport, IL) via 3.5mm flexible medical 

tubing and filled with vacuum-treated water. The water was exposed to negative pressure for at 

least 24 hours prior to use in order to minimize compressible gasses coming out of solution 

during testing. This allowed the water to act as an incompressible medium to transmit interstitial 

fluid pressure changes from the catheter tip to the remote pressure sensor. System calibration 

was conducted by measuring sensor pressures when the catheter tip was inserted at the base of 

water columns of variable heights. Once a sample was prepared for testing, a syringe tip was 

placed on the catheter and the device was inserted 15mm into the tissue. The syringe tip was then 

withdrawn from the tissue, leaving only the flexible catheter to transmit pressure measurements. 

Pressure measurements (mV converted to mmHg) were filtered using a low-pass Butterworth 

filter. Threshold frequencies selected were unique to each data set. Noise data was then 

integrated and normalized to yield data centered at 0 ±.25 with a regression slope of less than 7E-

05. 

 

 

A

C

D

B

Figure 4-3: Wick catheter system with syringe tip (A) withdrawn, shown inserted into a water 
column calibration device (B). Note soluble dexon suture (D) extending past catheter tip (C). 
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4.2.5 Sample Perfusion Experiments 

Samples were perfused to normal interstitial fluid pressure (~3 mmHg)[23] with room 

temperature normal saline solution using a gravity perfusion system. The perfusate reservoir was 

placed 0.66m above the sample and a pump was used to maintain a constant perfusate level in 

the reservoir. This reservoir was then connected to the foley catheter at portal vein entrance of 

each sample using flexible 5mm tubing. Samples were perfused for 10 minutes until thermal and 

mechanical equilibrium (steady state perfused mass) were achieved. Sample mass and interstitial 

fluid pressures were monitored throughout the equilibration period. Specimens were continually 

perfused for all remaning experiments (unconfined compression and equlibrium stress-strain 

testing). 

  

4.2.6 Unconfined Compression Experiments 

Perfused specimens were then preloaded to -0.01N of load and allowed to relax for 900 

seconds until relaxation fell below 9.8E-5N/s for the final 100 seconds of the test[12]. The 

preloading protocol and subsequent relaxation time were selected based on preliminary tests, in 

order to achieve consistent baseline conditions in all samples (average pre-test equilibrium load 

of -5E-3N)  

 

After preloading, samples were subjected to unconfined compression to 15% strain at a rate 

of 0.001s-1. Reaction force was measured with a 10N submersible load cell (Honeywell Model 

31) while interstitial pressure was monitored via the wick-catheter pressure measurement system. 

At peak compression, samples were allowed to relax for approximately 3000 seconds, until 

relaxation fell below .01g/s for the final 100 seconds of the test[12].  
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This relaxation time was longer after compression compared to preload due to the 

interaction between the sample top surface and platen. During preload, only a portion of the 

sample surface area came in contact with the platen due to the non-uniform expansion of the 

sample during perfusion. During compression, however, sufficient displacement allowed full 

contact between the platen and sample surface area, necessitating a longer relaxation time at this 

phase.  

 

4.2.7 Equilibrium Stress-Strain Experiments 

Equilibrium stress-strain testing was conducted on a separate set of four bovine liver 

samples (from two livers) in unconfined compression. These tests were conducted in order to 

assess the elastic behavior of the tissue, allowing the selection of either a linear elastic or 

hyperelastic material model. Successive ramp displacements to 5, 15 and 25% strain were 

applied to each sample at a rate of 0.001s-1. After each compression ramp, samples were allowed 

to equilibrate for 3000 seconds before the application of the next strain level. Relaxation was 

achieved when the change in tissue load was less than .01g/s for the final 100 seconds of 

equilibration. Lagrangian stress was calculated by dividing equilibrium reaction force by average 

initial surface area.  

4.2.8 Finite Element Modeling 

After extensive optimization attempts, it was determined that further computational 

resources were necessary in order to create a model that was capable of predicting both tissue 

reaction force and fluid pressure during compression experiments. Methods and results presented 

are works in progress and a reflection of the current status of the project. 
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Two three-dimensional PVE finite element model were created using Abaqus SOIL 

analysis (Abaqus v6.9-2). The first model was created based upon experimental conditions and 

material parameters derived from experimental data. However, while this model reasonably 

predicted tissue reaction forces during compression, fluid pressure during perfusion was not 

accurately predicted. Therefore, a second model was created in order to match pressures seen in 

the tissue during perfusion. 

 

The liver model contained 1480 elements of an 8-node with trilinear displacement, pore 

pressure and reduced integration type (type C3D8RP). Mesh characteristics were verified 

through an element quality check. Minimum element angle was determined to be 57.51o and 

worst geometric deviation factor was indicated as 0.0157 (warning criteria: element angle < 10o, 

geometric deviation factor > 0.2). Sample geometry was based on the average geometry of 

experimental samples (height = 26.5mm, diameter = 8cm).  

 

Liver tissue was modeled as a fluid-filled porous medium. Viscoelastic properties were 

represented by a three-term Prony series, where  and  were determined by curve fitting the 

mean relaxation response using a nonlinear least squares algorithm. The Prony series is 

expressed by Equation 1, where G0 is the instantaneous shear modulus and and τk are input 

parameters governing tissue relaxation. The resultant output, Gr(t), is the time-dependent shear 

relaxation modulus characterizing the material response[24].  
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Based on the observed nonlinearity of the equilibrium stress-strain relationship for liver 

(Figure 6), a Hyperelastic Material Model (reduced polynomial, n=2) was chosen to define the 

rate-independent response of the solid phase. Hyperelastic material model parameters were 

chosen based upon stability and fit analysis of equilibrium stress-strain data using Abaqus curve 

fitting algorithms. Equation 2 shows the material model, where U is the strain energy per unit 

reference volume,  is the first deviatoric strain invariant, Jel is the elastic volume ratio, and N is 

the polynomial order[24]. The remaining coefficients (Ci0, Di) are material parameters. 
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Baseline values for model parameters governing fluid flow were determined through a 

combination of literature values and small-scale experiments. Permeability (k) was obtained by a 

modified constant head experiments [25] on homogeneous liver tissue sample 

 Seepage coefficient (SFLOW) was determined through feasibility studies demonstrating 

the model’s ability to predict physiological IFP for varying flow conditions. Void ratio, was 

determined through image analysis of a histological section of liver tissue [11]. Finally, 

Poisson’s ratio was determined from a parameter study [11]. These baseline values were 

subsequently modified to improve model prediction of IPF (see section 4.9, Model Modifications 

for Perfusion Prediction). 
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Perfusion was simulated by applying a surface pore fluid load to the model 90 degrees from 

where pore fluid pressure was monitored experimentally (Figure 2). An instantaneous application 

of fluid flow was applied to a 2.5E-5 m2 surface region of the model, which was allowed to 

equilibrate until the rate of change in pore pressure was less than .01 Pa. Fluid flow 

characteristics were calculated based upon the experimental perfusion system flow rate and 

portal vein input diameter. The remaining side elements of the model were constrained with a 

drainage-only boundary condition (SFLOW), allowing the escape of perfusate but no re-entry. 

Other boundary conditions included a vertical restraint (z-direction) placed on the bottom surface 

of the sample and an x-y restraint placed through nodes in the center of the sample to prevent 

sample movement when perfusion pressure was applied to the model (Appendix A). 

Additionally, both the lower and upper surface of the sample were free to expand in the x-y 

direction due to assumed frictionless boundary conditions. 

 

In order to accurately represent experimental conditions, the upper platen of the Bose test 

bench was created in the model. This interaction is especially important due to the dome-shaped 

expansion (Figure 5) experienced on the top surface of samples during perfusion. This resulted in 

a changing surface area of contact between the sample and platen throughout compression. The 

interaction between the platen and upper surface of the sample was modeled using the surface to 

surface contact property in Abaqus. Specifically, the tangential behavior was described using a 

coefficient of friction of zero and normal behavior was described using a default constraint 

enforcement method a “hard” contact pressure overclosure. Platen material parameters were 

chosen so the part was incompressible in comparison to liver geometry (Density = 2700 kg/m3, 

Young’s Modulus = 689 Pa, Poisson’s Ratio = 0.291). 
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Reaction force and IFP were the outcome variables used to compare experimental and 

model output. Reaction force was measured in the model by summing the reaction forces at all 

the bottom nodes of the simulated tissue sample. Interstitial fluid pressure was calculated by an 

average of node data (spanning seven nodes over six layers) 90o from the fluid input location 

(Figure 4). This location corresponded to the site of experimental IFP measurement.  

 

Fluid input Pressure 
measurements

 

Figure 4-4: Location of fluid input and pressure measurement nodes in finite element model. 
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4.2.9 Model Modifications for Perfusion Prediction 

Once the initial FE model was created, fluid parameters (permeability, seepage coefficient, 

fluid input velocity, Poisson’s ratio) were modified incrementally, demonstrating that seepage 

coefficient and fluid input velocity had the greatest impact on IFP. These parameters were then 

modified to match experimental measurements according to the following three criteria. First, 

model-predicted IFP was calculated at a site 90o from fluid input (Figure 4). These values were 

compared against experimentally measured IFP at the same location. Second, model-predicted 

fluid pressure was calculated at nodes surrounding the fluid input site and compared to 

experimental portal vein pressures. Third, model geometry was quantified by change in tissue 

height due to perfusion, and these values were compared to experimental results.  

 

 

Figure 4-5: Representative tissue expansion compared to model expansion with perfusion. Samples 
were nominally 7.5cm in diameter and model 2.6mm in height when perfused. 
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4.3 Results 

4.3.1 Histology 

The average histology ratings were 1.3 (S.E.M = 0.05) and 1.7(S.E.M = 0.08) for samples 

taken at harvest and test time respectively. A two sample non-parametric T-test (Mann-Whitney) 

was conducted between histology from sample harvest and sample testing. Tissue integrity was 

shown to be significantly different between these two data sets (p < .05), based upon the 

assessment of cell swelling, cell wall integrity and nuclear dissolution (Table 1). However, there 

was no statistically significant correlation between peak reaction force during compression 

testing and histological grading (p < .05). This suggests that while there was some sample 

degradation during storage time, this was not enough to cause a statistically significant influence 

on tissue reaction force during compression.  

 

4.3.2 Equilibrium Stress-Strain Relationship 

Average equilibrium stress-strain results showed a slightly nonlinear relationship over the 

range of strains tested (Figure 6), which is consistent with previous studies on liver tissue [11]. 

Two of the four samples were unable to be compressed to 25% strain due to concern over 

exceeding the load cell capacity (10N). These samples are shown at 20% and 23% strain.   
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Figure 4-6: Equilibrium stress strain results for perfused bovine liver samples (95% confidence 
intervals shown). 

 

4.3.3 Model Parameters 

Prony series parameters were obtained by curve fitting mean relaxation data to Equation 1. 

These parameters were found to be g1 = 0.065, g2 = 0.001, g3 = 0.605, τ1 = 1.389 s, τ2 = 0.079 s 

and τ3 = 425.029 s. Hyperelastic parameters (reduced polynomial, n=2) reflecting experimental 

conditions were determined to be D1 =3.24E-03, D2 =0, C10 = 97.4 Pa and C20 = 324.89 Pa 

(Table 2). From these parameters, the initial shear modulus (μ0 = 2C10) and bulk modulus            

(
1

0
2
D

K = ) were calculated to be 194.8 and 617.28 respectively. 
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Modified fluid parameters (Table 4) were determined from experimental criteria of portal 

venous pressure, changes in tissue height during perfusion, and interstitial fluid pressure. 

Pressures in the range of 7-10mmHg were achieved at elements adjacent to the applied fluid 

load, appropriately mimicking portal vein input to the tissue sample. Experimental data showed 

an average increase in sample height of 1.72mm while model increase in height was 8 mm. IFP 

results reported in section 5.4 below.  

 

Table 4-2: Prony series, hyperelastic and fluid parameters for PVE model. 

Model Type

Solid Phase
Fluid PhaseRate-Dependent Response

(Prony Series)
Rate-Independent Response

(Hyperelastic Matl' Mdl) Poisson's 
Ratiog1 g2 g3 τ1 (s)τ2 (s) τ3 (s) D1 D0 C10 (Pa) C20 (Pa) Fluid Input 

(m/s) k (m3/Ns) e SFLOW 
(m3/Ns)

Experimental 
Baseline 0.07 0 0.61 1.39 0.08 425 3.42E-03 0.00 97.4 324.89 0.35 -0.296 0.00504 0.2 7.55E-06

Pressure 
Optimization 0.07 0 0.61 1.39 0.08 425 3.42E-03 0.00 97.4 324.89 0.33 -0.35 0.00504 0.2 2.55E-06

 

 

4.3.4 Perfusion Test Results 

As a result of perfusion, sample geometry and composition change, playing an important 

role in the tissue mechanical response. During perfusion, the average experimental increase in 

interstitial fluid pressure (IFP) were 2.39 mmHg (S.E.M = 0.52) and 2.25 mmHg for 

experimental and model data respectively. During compression, the average experimental 

increase in interstitial fluid pressure (IFP) was minimal (0.18 mmHg, S.E.M = 0.44). Similarly, 

model output showed no significant increase in pressure with compression. A summary of 
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perfusion and compression IFP results for experimental and model data can be seen below in 

Table 3.  

 

Table 4-3: Average increase in interstitial fluid pressure (IFP) during perfusion and then 
compression for experimental and perfusion prediction model data. 

Perfusion Compression
Experiment Model Experiment Model

Average Increase in Pressure (mmHg) 2.39 2.25 0.18 0.00
Standard Error 0.52 n/a 0.44 n/a

 

 

4.3.5 Unconfined Compression Response 

Results are presented in terms of Newtons of load since surface area was not monitored 

during testing [12, 16]. Average load-relaxation data for unconfined compression yielded 95% 

confidence intervals of 0.3N and 0.17N for peak and equilibrium data respectively, where 

maximum confidence intervals were seen at peak load (Figure 7). These confidence intervals 

show good repeatability of experimental data.  

 

Model reaction force data was taken as the sum of the reaction forces across all the bottom 

nodes of simulated liver tissue sample. Model reaction force results showed adequate similarity 

to experimental data (Figure 7). Linear regression results yielded R2 values 0.97 and 0.95 of with 

slopes of 1.03 and 0.88 for loading and relaxation data respectively (slope at unity indicates 

perfect model-experiment correspondence [11]). Model output was able to match 81% of the 

peak experimental tissue load and 124% of the equilibrium steady-state load.  
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Figure 4-7: Average reaction force output for model and experimental data (shown with 95% 
confidence intervals). 

 

4.4 Discussion and Conclusion 

Two separate Abaqus PVE models were created in this study. Models were capable of 

predicting stress relaxation (R2 > 0.95, slope 0.97-1.09) or interstitial fluid pressure (model 

predicted 94% of perfusion IFP) behavior of bovine liver samples during perfusion and 

unconfined compression. The ability of this model to predict IFP is a powerful advantage since 

pore fluid pressure has been shown to correlate well to liver organ injury severity [7]. This type 

of model can be integrated into virtual crash test dummies as well as used to develop thresholds 

to evaluate abdominal injury response in real world crash test dummies.  
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Unconfined compression stress relaxation tests were conducted on blocks of perfused liver 

tissue. This sample configuration is unique to the authors’ work, and provides important insight 

into a level of testing between tissue blocks and whole organ testing. Each level of testing has 

advantages.  Tissue block testing provides the ability to isolate samples of repeatable and 

quantifiable geometry. This allows accurate stress calculations that are invaluable for model 

design. On the other hand, while whole organs have highly variable geometry that is difficult to 

quantify and recreate in models, they have the advantage of realism. Overall organ response is 

important in creating accurate boundary conditions for test area of interest. Adjacent tissue 

provides structural support and diffusive capabilities when a portion of an organ is injured, 

making whole organ testing valuable to realistic model creation. Additionally, whole organs can 

easily be perfused if input and exit vasculature remain intact, creating a realistic mechanical 

response to compression that is entirely different from that of unperfused tissue. The samples 

tested in this study are a hybrid between small tissue blocks and whole organ, creating valuable 

data bridging biomechanical testing across the tissue-organ length scales. 

 

The model assumed a frictionless interface between the specimen and upper and lower 

platens, allowing free expansion of the tissue during compression. This assumption was made 

due to the maintained saline boundary between sample and platens as a result of continuous 

perfusion (Figure 2).  Additionally, photographs taken at full compression (15%) demonstrated a 

lack of barreling at sample edges, indicating no restriction of outward expansion of samples 

during compression. 

 

 103  
 



 

Negligible increase in IFP during compression was seen in the current study as well as 

previous iteration of this model [26], owing to the slow rate of compression. These results are 

consistent with a study by Cheng and Bilston on the unconfined compression of white matter. 

Lower reaction forces were seen at slower strain rates due to the lack of pressurization of fluid 

within tissue samples [16]. The strain rates used in this study (0.001s-1) coupled with liver tissue 

permeability caused only small increases in IFP. 

 

Limited experimental data for IFP during perfusion was used for statistical analysis. Only 

six data sets of the 14 total were used. The data that was removed from the study was done so 

due to faulty readings in the fluid pressure data. This was attributed to clogging of the wick-

catheter pressure measurement system. During insertion of the needle and flexible catheter into 

the liver sample, tissue could have easily become trapped in the catheter tip, thereby blocking the 

transmission of changes in fluid pressure. Data that was affected by this system limitation could 

be detected due to flat-line pressure readings or even decreases in pressure measurements during 

tissue perfusion 

 

Future model development will investigate applying fluid load to vascular channels created 

in the model, representing the main branches of the portal vein vasculature. . Altering the fluid 

load application may result in more realistic tissue expansion during perfusion, whereas in the 

current setup, model expansion exceeds experimental tissue expansion. CT scans of contrast 

injected liver samples (Microfil) showed branching of hepatic portal vein vasculature within the 

sample (Figure 8).  The images suggest that the major branch of the portal vein breaks off to 

many smaller branches throughout its penetration into the tissue. To create a more 
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physiologically accurate model, it would be appropriate to have fluid load occuring at a set of 

nodes extending from the sample surface to its center, along the vascular channels. Future studies 

 

will take this into consideration, coupling imaging with model development. 

Figure 4-8: Contrast-injected liver sample showing branching of portal vein. 

 

In conclusion, two separate PVE models were created that demonstrated mechanical and 

fluid response of perfused bovine liver tissue to unconfined compression. Advantages of PVE 

modeling include its ability to predict mechanical as well as fluid response. Future studies will 

work towards global optimization of parameters to create a model that can predict both 
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mechanical and fluid response accurately. Additionally, this model will be extended to predict 

liver response at various strain rates and work towards predicting tissue response at injury-

causing strain rates for soft tissue.  
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Appendix A 
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Before compression: 

 
  

 
Perfusion Forces: 
Pressure at end of gravity perfusion n system know

0.66  
. 66 20  .0485 6.47  

 

 
Conversion to newtons is achieved by knowing the surface area the pressure was 
applied to 

6.47 2.5 10   1.62 10  
 

 
However, the fluid is not statically stopped at the PV entrance. It is perfusing through 
the liver. The actual force created is less than that generated by the perfusion system 
due to escape of fluid into the tissue.  

1.62 10  
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Friction Forces: 
Average perfused sample m ss = 166.52 g = 1.63 N a

  
0, due to c ion assumption  

 
1.63  9.81 16

 friction ss  bou  ondit
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Tethering Forces: 
This force is generated by the foley catheter that was inflated and secured inside the 
portal vein of the sample. The catheter tubing was then attached to the wall of the test 
chamber to reduce sample movement. This was the main force counteracting the 
perfusion forces imparted to the sample that would have caused it to move on the 
platen. Since this fo u wn, it ca solvedrce is nkno n be  for: 

  
 

 
1.62    

 
 10  –  0

 1.62 10  
 
During compression: 

 
 2  

 
All forces remain the same during this phase as with before compression. This is due 
to the lack of friction between the sample and platen. In the event that friction is 
present, these same calculations can be used to determine the force contributions from 
each element of this setup. 

 
Model output: 

 
Abaqus model development included the fixation of two nodes at the center of the 
model in the x and y direction. This ensured that during perfusion, the tissue block 
would not translate or rotate. The sum of the forces generated at these two nodes is 
similar to forces encountered by the tethering of the perfusion system in the 
experimental setup. 
 

3.09 10  
In conclusion model reaction forces and calculated forces closely match, suggesting 
appropriate application of fluid load and assumptions of frictionless boundary 
conditions.  
 

   



 

Chapter 5:  

5. Discussion and Conclusions 

Multiscale research is a powerful tool that facilitates the synthesis of data in a manner that 

can aid in the prediction of cellular damage based upon injury at the whole-body level. In order to 

accurately integrate this data, it is important to collaborate with anatomists and clinicians to 

understand injury at all scales. This will aid in the creation of physiologically-accurate full body 

models that are capable of breaking down injury at all levels to better understand the body’s 

response to external stimuli. 

 

PVE theory is an important component of multiscale research, allowing mechanistic 

modeling that gives further insight into the interaction of fluid and solid components during 

injury-causing trauma. The presence of fluid in a solid matrix is capable of creating additional 

rate dependent characteristics of the tissue. This is achieved when compression is not completely 

unconfined, creating fluid flow relative to the solid portion of the tissue. This movement of fluid 

not only contributes to the overall response of tissue but can also be responsible for injury during 

blunt force trauma. Rapidly increasing fluid pressures are caused by compression coupled with 

limited permeability in the tissue. With nowhere to go, fluid is forced to expand in spaces in the 

tissue, causing damage to the parenchyma. 

 

Once a model is created that can simulate tissue behavior at a single strain rate and 

compression level, it is important to investigate whether the model can predict tissue response at 

conditions outside the parameters used to create the model. Next steps for the three-dimensional 

PVE model created in this study include prediction of tissue response at strain rates not used in 

model development. Once confidence in model predictive response is gained for a range of low 
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level strain rates, the model can then be extended and validated for more extreme strains and 

strain rates, moving closer to injury-causing stimulus. 

 

In modeling, imaging is one of the most powerful tools available for quantifying samples 

with nonuniform geometry. In the future, as this research moves towards nonuniform tissue 

blocks or whole organ testing, CT scans can be used to generate geometry which can be imported 

into modeling software. Methods were developed during this study to inject liver samples with 

Microfil, a hardening constrast media that can be used to highlight the vasculature of liver tissue. 

Once injected, contrast media hardened into a putty-like substance that coated the portal vein 

branches of the liver tissue sample. Specimens were then scanned in a CT machine, and three-

dimensional images were assembled, showing vasculature within the sample. Moving forward, 

images of this nature can be used as building blocks for model geometry. This level of detail in 

model design will greatly assist in accurately recreating experimental conditions, leading to 

biomechanical models that can powerfully predict tissue injury response in the best manner 

possible. 

 

When moving to faster strain rates and compression levels, it is important to understand the 

limitations of study equipment. While the mechanical testing device (Bose Electroforce) is 

capable of speeds up to 1.5 m/s, perfused testing may require investment in a higher capacity 

submersible load cell (current load cell capacity = 10N). Additionally, the method of interstitial 

fluid pressure measurements (wick-catheter system) may not be robust to faster compression 

rates. This is due to pressure data being transmitted from the wick-cather to the pressure 

transducer via a water column. At high compression rates, pressure waves may develop in this 

water column, leading to incorrect data. In order to address this issue, a controlled system study 

should be conducted to compare wick-cather data against the gold standard pressure measurement 

devices. One possible system is a fluid filled bladder attached to medical tubing. The pressure 
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sensor should be placed in the tubing and exposed to pressures generated by compression of the 

bladder at various rates. Wick-catheter pressure data should then be compared to a gold standard 

pressure measurement device (ex. Millar catheters – Houston, TX) in order to assess the strain 

rate upper limit.  

 

This lab’s study of liver injury will undoubtedly move to strain rates beyond the capacity of 

the wick-catheter pressure measurement system. Through collaboration with the Physics 

department at Wake Forest University, Dr. David Carroll of the nanotechnology lab has shown 

interest in developing an alternative method of measuring fast-changing pressure. The NanoTorr 

device was originally developed to help clinicians diagnose and manage compartment syndrome, 

and is made up of nanoparticles that change behavior as the ambient pressure increases or 

decreases. This technology provides an exciting method of measuring interstitial fluid pressure 

without affecting the mechanical properties of the tissue sample.  

 

Once reliable methods exist to measure pressures at high strain rates and compression 

levels, it will be possible to conduct injury-producting studies on liver tissue. This provides an 

important opportunity for histological analysis of injured tissue, which could lead to the 

development of a quantifiable scale to assess injury similar to whole organ Abbreviated Injury 

Scales (AIS)[1]. This analysis would provide a comparable means of determining injury severity 

during tissue block testing as is done with whole organ and whole body testing. Through 

collaboration with Dr. Tanya LeRoith at Virginia Tech and Dr. Mark Willingham at Wake Forest 

University Baptist Medical Center, histology of injured tissue will be examined. Various levels of 

macroscopic injury will then be correlated to microscopic injury, creating an important bridge 

between two major levels of multiscale testing. This will provide important criteria for tissue 

block testing that is often the precursor to whole organ testing – creating a metric to quantify 

injury severity on a histological level.  
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