
ABSTRACT 

 

KHARE, TANMAY MOHAN. Computational Modelling of Fluid Mechanical Forces on 
Vascular Endothelial Cells and Ultrasound Characterization of Vascular Network (Under the 
direction of Dr. Marie Muller). 

 

Angiogenesis is defined as the expansion or extension of the existing vascular network,  which 

is necessary for tissue growth and repair. Angiogenesis is essential to transport oxygen and 

nutrients throughout the body and stimulating it can be used as a therapeutic method to treat 

ischemic heart disease, peripheral arterial disease and wound healing. However, angiogenesis 

can be harmful when abnormal, and uncontrolled vessel growth fuels cancer and other 

diseases. Therefore, it is necessary to increase our fundamental understanding of angiogenesis. 

Cancerous tumors are characterized by high interstitial fluid pressure and elevated interstitial 

fluid flow in tumor microenvironment. Significant advances have been made in understanding 

the biochemical factors that regulate angiogenesis. However, the role played by fluid forces 

in initiating angiogenesis is not well understood. The goal of this study was to examine the 

mechanical forces responsible for inducing angiogenesis. I investigated the mechanical forces 

acting on vascular endothelial cells (ECs) due to interstitial fluid flow, which initiates 

angiogenesis.  

Microfluidic devices were used to recreate the vascular microenvironment and model 

interstitial flow in vitro for studying the mechanical forces. A finite element model of the 

microfluidic device was developed using COMSOL Multiphysics to gain additional insight 

into the fluid flow in the device. Validation of the finite element model was performed using 

micro-particle image velocimetry to trace the flow in the microfluidic device. This model 

enabled a detailed analysis of the velocity field and pressure distribution in the microfluidic 



device. The validation experiment also helped in determining that the pore size of the collagen 

gel used is less than 0.1 µm. A second finite element model was developed to determine the 

dominant force acting on the ECs when interstitial fluid flow is applied. The normal force 

acting on ECs due to a gradient in fluid pressure across the vessel wall was found to be 30 

times greater than that of the shear force acting on the cells. These results suggest that the 

normal force acting on the ECs is the dominant force responsible for the sprouting and 

migration of cells when interstitial flow is applied. A third finite element model where ECs 

are modeled inside a microchannel of the microfluidic device was explored to examine the 

force profile acting on the cells when they are subjected to interstitial flow. As a combination 

of models 1 and 2, Computational Model 3 lays out the groundwork for future work and 

explains the additional information that is necessary for making the model more realistic. 

Angiogenesis is one of the processes involved in the formation of microvascular networks in 

vitro in microfluidic devices. A significant challenge in engineering microvascular networks 

in vitro is that the networks form randomly, and there is no reliable parameter to quantitatively 

characterize the network. The possibility of using an ultrasound imaging-based technique to 

characterize the vascular networks based on the diffusion constant of the ultrasound wave was 

also explored in this thesis. The non-zero values of diffusion constant observed in the 

microfluidic devises suggest the possibility to measure the diffusion constant of acoustic wave 

propagating in a vascular network grown in a device. 

In conclusion, this study suggest that finite element models of microfluidic device can be 

effectively used for studying the mechanical forces regulating angiogenesis. 
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Chapter 1: Introduction and Overview 
 

1.1: Research Motivation 

Angiogenesis is defined as the expansion or extension of the existing vascular network  [Song 

and Munn, 2011]. In normal physiology angiogenesis is necessary to deliver oxygen and 

nutrients to ischemic or avascular regions of wounds. However, angiogenesis is also required 

for the growth and metastatic progression of solid tumors [Potente et al., 2011]. Irregular 

angiogenesis is the underlying cause of a variety of cardiovascular diseases and cancers [Song 

and Munn, 2011]. Ischemic heart diseases are the leading cause of morbidity and mortality 

not only in the United States but also globally. These diseases are responsible for 23% of 

deaths in the United States and 26.7% of deaths worldwide [World Health Organization, 2018; 

Heron, 2019]. Several drugs have been developed which regulates angiogenesis, but they have 

shown only limited efficacy [Carmeliet and Jain, 2011]. Therefore, it is very important to 

study the angiogenesis for understanding the pathogenesis and new treatment strategies of 

important diseases. In this thesis, I aimed to understand how the mechanical forces acting on 

endothelial cells (ECs) initiate angiogenesis with a long-term goal of identifying new targets 

to control pathologic angiogenesis.  

 
ECs line the inner surface of blood vessels and are essential for tissue growth and repair  

[Potente et al., 2011]. A coordinated growth and migration (termed together as “sprouting”) 

of ECs is required for angiogenesis [Song and Munn, 2011]. ECs receive biological, chemical 

and mechanical cues from the external microenvironment which drives angiogenesis. 

Significant advances have been made in identifying the biochemical factors that regulate 

sprouting of ECs [Galie et al., 2014]. However, the role of fluid forces that initiate 
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angiogenesis is not well understood. ECs in unobstructed blood vessels are subjected to 

mechanical forces tangential to the endothelial surface due to blood flow [Davies, 1995; Shyy 

and Chien, 2002] and across the vessel wall due to interstitial fluid flow [Tada and Tarbell, 

2000; Hernandez et al., 2009]. One such example of mechanical forces acting on the 

endothelial surface is the fluid shear stress, a dragging force created by flow through or across 

blood vessels. The fluid shear stress is sensed by the endothelium and plays an important role 

in normal physiology and the pathophysiology of many cardiovascular diseases. In particular, 

fluid shear stress is thought to play a role in angiogenesis [Tressel et al., 2007]. Earlier studies 

have shown that the shear stress exerted on the ECs by the luminal flow of blood [Price et al., 

2010; Tarbell, 2010; Galie et al., 2014] and the transmural flow of interstitial fluid [Hernandez 

et al., 2009] is crucial in inducing sprouting of blood vessels. However, some studies have 

demonstrated that the same shear stress inhibits angiogenesis [Tressel et al., 2007; Song and 

Munn, 2011]. To address this conundrum, in this thesis I studied the relative magnitude of the 

different types of forces acting on the ECs due to transmural flow. This study may help in 

determining the dominant force responsible for initiating angiogenesis.    

1.2: Angiogenesis – a literature review 

The vasculature consists of a network of blood vessels whose main function is to transport 

oxygen and nutrients throughout the body and it also dispose of the waste [Pries and Secomb, 

2014]. Expansion of the vascular network is necessary for tissue growth and repair, and the 

expansion process occurs by angiogenesis, where ECs on inner surface of the blood vessels 

sprout and branch to support tissue nourishment [Potente et al., 2011]. Although this 

expanding vasculature is beneficial and necessary, it can turn out to be harmful as well. A 

deviation from the normal growth rate is not desirable for vessel growth and can lead to 
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numerous diseases. For example, insufficient vessel growth or maintenance can lead to stroke, 

myocardial infarction, ulcerative disorders, and neurodegeneration; whereas, abnormal and 

uncontrolled vessel growth fuels cancer, inflammatory disorders, pulmonary hypertension and 

blinding eye diseases [Carmeliet and Jain, 2011]. Therefore, to improve therapeutic strategies 

used for these diseases, it is necessary to increase our fundamental understanding of 

angiogenesis. 

The first step in increasing our understanding is to find out how angiogenesis is triggered. In 

solid tumors, an accelerated multiplication of tumor cells leads to the formation of regional 

hypoxia, that is, a region deprived of oxygen and nutrients [Folkman, 1971]. Under these 

conditions, the tumor cells can release proangiogenic growth factors such as chemokines 

[Vilanova et al., 2018].  When ECs in an existing, quiescent blood vessel sense the chemokines 

or other proangiogenic signals such as vascular endothelial growth factor (VEGF), 

angiopoietin-2 or fibroblast growth factor, they initiate angiogenesis [Carmeliet and Jain, 

2011]. The process of angiogenesis involves the differentiation of the ECs into two subtypes: 

tip cells and stalk cells [Blanco and Gerhardt, 2013]. The tip cells sense the proangiogenic 

signals in the environment and guide the direction of sprouting; whereas, the stalk cells 

provide stability to the new sprouts and form new vascular lumens [Blanco and Gerhardt, 

Figure 1.1: Different directions of flow in a blood vessel.
PECM is the fluid pressure in the extracellular matrix (ECM).

Transmural flow 

Pressure and 
shear stresses 

Shear 



 

4 
 

2013]. This continues until the stimulus ends or the new capillary fuses with another one 

[Vilanova et al., 2018]. 

In physiology, blood vessels are continuously exposed to different types of fluid mechanical 

flow forces (Figure 1.1). Examples of such forces are the tangential shear stresses acting on 

the endothelium due to luminal blood flow, and the shear and normal (pressure) stress acting 

on the endothelium due to interstitial fluid flow across the vessel wall [Akbari et al., 2019]. 

Significant progress has been made in understanding how pressure and shear stresses 

produced by luminal flow control angiogenesis. However, the role played by interstitial flow 

in angiogenesis is not well understood [Vilanova et al., 2018].  

Interstitial fluid is a proteinaceous fluid found in the spaces around cells. It comes from 

substances that leak out of blood capillaries. It helps in bringing oxygen and nutrients to cells 

and removing waste products from them [Swartz and Fleury, 2007]. The flow of interstitial 

fluid in the 3D extracellular matrix (ECM) surrounding the blood vessels is known as 

interstitial flow. When this flow occurs across the walls of a blood vessel, it is known as 

transmural or transvascular flow [Swartz and Fleury, 2007]. It generally follows a slower 

velocity (two orders of magnitude slower than blood flow) due to high flow resistance from 

the ECM fibers [Rutkowski and Swartz, 2006]. To study the role of interstitial flow in 

initiating angiogenesis, microfluidic models of angiogenesis have been developed [Akbari et 

al., 2017]. 

Several important studies using microfluidics have established some parameters that govern 

angiogenesis. Key results include the seminal work by Song and Munn [2011] where the 

authors examined the combined effects of tangential shear stress, transmural flow, and VEGF 

gradients on the sprouting from an intact vessel. The authors found that fluid shear stress 
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inhibits vessel morphogenesis (sprouting of ECs into the ECM) and transmural flow increases 

the rate of morphogenesis. The sprouting of the ECs was preferably in the direction opposite 

to the interstitial flow or in the direction of an increasing VEGF gradient. Consistent with 

these results Vickerman and Kamm [2012] reported that vascular ECs showed sprouting when 

the interstitial flow was applied from the basal (abluminal) to apical (luminal, B - A) side of 

the ECs and that no sprouting was observed for apical to basal (A – B) flow.  Galie et al. 

[2014] demonstrated using a series of microfluidic devices that a threshold of shear stress 

exists for both transmural flow and luminal flow above which sprouting of ECs occurs. The 

transmural flow was also shown to sustain sprouting which had already been initiated. Abe et 

al. [2019] investigated the sprouting of ECs using a model where the magnitude of the 

interstitial flow was varied from 0.7 to 4.3 µm/s, and later the effect of combined application 

of interstitial flow and VEGF gradient was studied. It was observed that the interstitial flow 

plays an important role in sprout formation and capillary extension in a magnitude-dependent 

manner. It was demonstrated that a combination of interstitial flow and VEGF concentration 

is required for a physiological network formation. Therefore, interstitial flow is one of the 

factors which induce sprouting of ECs only when it is applied in a particular direction (B – A) 

to an existing blood vessel. 

All of these previous studies had utilized microfluidic devices with straight channels to 

examine endothelial sprouting. However, the in vivo vascular network consists of a hierarchy 

of branching structures that generates a bifurcating fluid flow (BFF) at the base of vessel 

bifurcations. Akbari et al [2019], employed a microfluidic device with a bifurcating channel 

to examine the combined effect of BFF, laminar shear stress (LSS) and transvascular flow 

(TVF) on endothelial sprouting. The authors found that the stagnation pressure from BFF, 
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similar to LSS inhibited VEGF-induced endothelial sprouting. Also, applying TVF along with 

BFF and LSS leads to the formation of angiogenic sprouts, which means that TVF competes 

with the effects of BFF and LSS on the sprouting. Therefore, transvascular/transmural flow is 

one of the most important stimuli which induce angiogenesis. 

In none of these previous works, the effect of pressure/normal stress acting on the ECs due to 

the application of interstitial flow has been appreciated. This thesis seeks to understand and 

address this gap in technology through an integrated computational and experimental 

approach. Using finite element analysis and microfluidic models of the vascular 

microenvironment, I aim to study the relative magnitudes of pressure and shear stresses acting 

on ECs when the transmural flow is applied. These studies would help in determining the key 

signaling pathways activated by the mechanical forces during angiogenesis. This study will 

also help for developing new drugs to block the signaling pathways and control angiogenesis.     

1.3: Research Objectives 

We hypothesize that normal forces due to the pressure drop across the ECs subjected to 

interstitial flow induces angiogenesis by activating cell adhesion signaling pathways. This 

project aims to examine the force profile acting on the ECs when they are subjected to 

interstitial flow. I seek to understand how forces from fluids in the dynamic microenvironment 

are experienced by vascular ECs, and how these cells respond to fluid forces. The specific 

research objectives were as follows:  

1. To build a three-dimensional computational fluid dynamics model of a microfluidic 

engineered blood vessel surrounded by a porous media. 
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a. To build a finite element model of the microfluidic platform used to apply transmural 

flow to engineered blood vessels.  

b. To verify the accuracy of the results obtained from the computational model with the 

experimental results by performing Particle Image Velocimetry (PIV) in the 

microfluidic devices.  

 

2. To determine the distribution of forces acting on ECs resulting from the transmural flow.  

a. To build a finite element model to determine the pressure and shear forces. 

b. To integrate the cell-level model with the device-level model from Aim 1 to fully 

simulate the distribution of forces. 

In the second part of this thesis (Chapter 4), a new method of ultrasound imaging has been 

explored to characterize the topology of the microvascular network developed in vitro.  
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Chapter 2: Fluid Flow in Biological Systems 
 

2.1: Porous Media 
 

A porous medium can be defined as a spatial domain occupied partly by a solid matrix, and 

the remaining part denoted as pore or void space which is occupied by one or more fluid 

phases. Porous medium domains are found in a large number of engineering disciplines, for 

example, chemical engineering, petroleum reservoir engineering, hydrogeology, paper and 

diaper industry, and biomedical engineering. In all these fields, thermodynamic extensive 

quantities such as mass, momentum, and energy are transported across the porous medium 

[Jacob, 2018]. To make decisions regarding the activities in these domains, it is important to 

study fluid flow, heat and mass transfer in them. As far as scope of this thesis is considered, 

only fluid flow in porous media has been explored. 

  

Figure 2.1: Different types of pore structures. (A) An array of 
cylindrical pores. (B) Foam structure. (C) Fiber matrix. 
[Truskey et al., 2004]. 

(A) (B) 

(C) 
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Before fluid flow in porous media is considered, it is important to understand the structure of 

a porous space that varies significantly with different porous media (Figure 2.1). The different 

pore structures observed are:  

1. A regular array of cylindrical pores, Example: micro or nano-fabricated materials.  

2. A continuous solid phase with interconnected channels or isolated pores. Example: 

sponge.  

3. A fiber matrix. Example: polymeric gels, biological tissues [Truskey et al., 2004].  

In all these cases, a “solid matrix” is defined as the solid portion of porous domain which is 

presumed as interconnected. The pores or voids may or may not be connected, but to study 

fluid flow in porous medium, it is necessary to assume that at least a part of a void space is 

interconnected, with the void space on the domain’s boundary surface. Another necessary 

characteristic of a porous medium is that solid matrix and pores are distributed throughout the 

domain, although not essentially uniformly [Jacob, 2018]. 

2.2: Biological Tissues as Porous Media 
 

Biological tissues have several different components, some of which are: blood and lymph 

vessels, cells, basement membrane, ducts, and the interstitium. The interstitial space can be 

further divided into two parts, the ECM and the interstitial fluid [Truskey et al., 2004]. The 

ECM is a network of protein fibers that are present in between clusters of cells in all tissues 

[Kalluri, 2003]. The proteins fibers are long, thin in diameter, and thread-like [Kalluri, 2003] 

and provide mechanical support and channels for conducting extracellular signals to cells and 

for cell movement [Swartz and Fleury, 2007]. The specific components of an ECM depend on 

the type of tissue but include proteoglycans, collagens, elastin, fibronectin and laminin 

[Swartz and Fleury, 2007].  
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Type 1 collagen gel derived from rat tail (Corning®) is the material used to approximately 

model the ECM as a biological scaffold in the microfluidic devices used in this thesis (Figure 

2.2). Of the different fibrous proteins in the interstitial ECM, collagen is the most abundant 

and it accounts for up to 30% of the total protein mass in a multicellular animal [Frantz et al., 

2010]. Type I collagen has been determined to be the most reliable substrate to model 

biological aspects of normal or diseased ECM [Frantz et al., 2010]. The interstitial pores are 

either isolated or connected to form hydrophilic channels that are critical to the transport of 

nutrients, metabolites, growth factors, inhibitors, modulators, and other signaling molecules 

in tissues [Truskey et al., 2004]. 

 

 

Porous media can be characterized by quantities such as specific surface and porosity. Specific 

surface (s) is defined as the ratio of the total interface area to the total volume. The interface 

is the border between solid and void spaces. 

Figure 2.2: Fiber matrix of collagen gel. 
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𝑠 =
𝑡𝑜𝑡𝑎𝑙 𝑖𝑛𝑡𝑒𝑟𝑓𝑎𝑐𝑒 𝑎𝑟𝑒𝑎

𝑡𝑜𝑡𝑎𝑙 𝑣𝑜𝑙𝑢𝑚𝑒
      (2.1) 

Porosity (ɛ) is defined as the ratio of the void volume to the total volume. 

 

𝜀 =
𝑣𝑜𝑖𝑑 𝑣𝑜𝑙𝑢𝑚𝑒

𝑡𝑜𝑡𝑎𝑙 𝑣𝑜𝑙𝑢𝑚𝑒
      (2.2) 

 

If a porous material is homogenous, its porosity can be easily calculated. Biological tissues 

are heterogeneous porous domains in which void volume is the volume occupied by the 

interstitial fluid. In biological tissues, ɛ is generally larger than 0.9 [Truskey et al., 2004]. 

2.3:   Fluid Flow in Porous Media 
 

The following section follows theory and analysis as outlined in the book titled “Transport 

Phenomena In Biological Systems” by Truskey et al., [2004].  

Two approaches can be used to model the fluid flow in porous media. One approach is to 

numerically solve the governing equations for fluid flow in the individual pores if the pore 

structure is known.  

Figure 2.3: Length scales in a porous medium. Truskey et al., [2004]. 



 

12 
 

The second approach is to assume the porous material as a continuum. There are three length 

scales in the continuum domain (Figure 2.3). 

1. Average size “δ” of the pores.   

2. A length L which is the characteristic linear dimension of the porous medium over which 

macroscopic changes in physical quantities like fluid velocity and pressure must be 

considered. In our case, this length is equal to the distance between the two microchannels. 

3. A length l which defines the size of a representative elementary volume (REV). The values 

of fluid particle velocities in a REV are averaged and that value is assigned to the REV. 

For the continuum approach to be applicable, the condition is that 𝛿 ≪ 𝑙 ≪ 𝐿. In biological 

tissues, 𝛿 < 0.1 𝜇𝑚, 𝑙 ~ 1 𝜇𝑚, 𝑎𝑛𝑑 𝐿 ~ 100 𝜇𝑚 𝑡𝑜 10 𝑐𝑚 [Truskey et al., 2004]. Therefore, 

transport in biological tissues can be studied with the continuum approach. 

2.3.1: Darcy’s Law 

For fluid transport in porous media, the conservation of mass equation states that the 

divergence of the fluid velocity is equal to zero (Equation 2.3).  

 

∇ ∙ 𝑢 = ϕ − ϕ       (2.3) 

 

Where 𝑢 is the fluid velocity averaged over a REV of size l. ϕ  and ϕ  represent the rate of 

fluid flow per unit volume from blood vessels into the interstitial space (source) and from 

interstitial space into lymph vessels (sink) respectively. The values of ϕ  and ϕ  are 

determined by Starling's law. 

The conservation of momentum equation for fluid flow in a porous media as introduced by 

Darcy for a homogenous and isotropic medium is, 

𝑢 = −𝐾∇𝑝      (2.4) 
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Where ∇𝑝 is the hydrostatic pressure gradient and 𝐾 is a constant defined as hydraulic 

conductivity. 𝑝 is defined as the average pressure of the fluid phase in the REV.  

If the gravitational force is not negligible, then Darcy’s law reads, 

 

𝑢 = −𝐾(∇𝑝 − 𝜌𝑔)      (2.5) 

  

Where 𝜌 is the density of the fluid and 𝑔 is the acceleration due to gravity.  

 

The hydraulic conductivity 𝐾 is inversely proportional to the viscosity of the fluid (𝜇). The 

product of 𝐾 and 𝜇 is defined as the specific hydraulic permeability 𝑘 and it depends only 

upon microscopic structures of porous medium. The hydraulic conductivity 𝐾 can be 

determined experimentally as well as theoretically [Truskey et al., 2004]. 

For non-cylindrical pores, the hydraulic conductivity 𝐾 can be calculated theoretically using 

the Kozenzy-Carman relation. 

𝐾 =
𝜀

𝐺𝜇𝑠 (1 − 𝜀)
       (2.6) 

 

Where 𝐺 is the Kozenzy constant in the literature and 𝑠  is the Carman specific surface, 

defined as the area of the surface which is exposed to the fluid per unit volume of the solid 

phase [Truskey et al., 2004].  

2.3.2: Brinkman Equation 

Darcy’s law is a simpler version of the fluid momentum balance equation. The simplification 

is established on ignoring some terms in general momentum balance equations. However, the 

assumptions based on which Darcy’s linear flux law has been formulated is not valid under 

certain circumstances. For example, the no-slip boundary condition on microchannel walls is 



 

14 
 

not modeled correctly by Darcy’s law. The assumption of a higher viscous resistance at the 

fluid-solid interface than that within the fluid is valid only when the specific permeability 𝑘 

of porous media is low. Also, Darcy’s law assumes that the viscous stress within the fluid is 

negligible when 𝑘 is large. Therefore, to account for this missing viscous stress, another 

momentum equation is derived from the Stokes equation for low-Reynolds number, known as 

the Brinkman equation [Truskey et al., 2004]. 

The Brinkman equation is, 

𝜌
𝜕𝑢

𝜕𝑡
− 𝛻 ∙ 𝜇(𝛻𝑢 + (𝛻𝑢) ) −  

𝜇

𝑘
𝑢 + 𝛻𝑝 − 𝐹 = 0       (2.7) 

Where 𝜇 is the dynamic viscosity of the fluid, ∇𝑝 is the gradient of hydrostatic pressure, 𝑢 is 

the velocity, 𝑘 is the specific hydraulic permeability of porous medium and 𝐹 is the volume 

force. 

Brinkman equation was used in place of Darcy’s law to serve as the equation for conservation 

of momentum because the Brinkman equation takes into account the viscous effects of 

interstitial fluid [Galie et al., 2011]. The value of porosity of the porous medium (collagen gel 

in this project), was assumed to be 99.6%, based on the measurements made by Galie et al. 

[2011] for a 2.0 mg/mL collagen gel. Based on this, another justification for using the 

Brinkman equation is that it is valid for porous domains of very high porosity [Auriault, 2009].  

2.4:   COMSOL Multiphysics 
 

COMSOL Multiphysics® commonly used simulation software for various purposes such as 

modeling designs, devices and procedures in many fields of science and engineering including 

manufacturing. It allows complete control over all aspects of a model. COMSOL software 

allows the user to couple any number of physical phenomena together and input user-defined 
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physics depictions directly in to the graphical user interface, along with associated equations 

and expressions. Many possible operating conditions and physical effects are considered by 

the accurate Multiphysics models. This enables the use of models to understand the 

designing and also standardizing processes and devices for accurate operating conditions. 

 
When a specific physics interface is selected, the software advises possible study types 

including time-dependent or stationary solvers. This software also suggests the suitable 

numerical discretization of mathematical model, solver sequence, and visualization and 

postprocessing settings which are very peculiar to phenomena of physics. The physics 

interfaces can be coalesced to describe the processes which involve multiple physics 

phenomena. This software also interprets the equations expressions, and other mathematical 

descriptions before generating the numerical model. The modified expressions in the physics 

interfaces permits their free coupling with each other to simulate the Multiphysics 

phenomena. 

 
COMSOL software uses different numerical techniques to discretize and mesh a model 

which depends on the type or combination of physics that is being studied. The prevalent 

discretization methods are based on finite-element method (FEM). Consequently, the 

general-purpose meshing algorithm constructs a mesh with suitable element types to match 

the corresponding numerical methods. The fine-tuning, remeshing, or adaptive meshing can 

be performed for all types of mesh during the solution process or study step sequence. When 

a physics interface is selected, several different analytic studies  are suggested by 

COMSOL.  One such example is that for computational fluid dynamic (CFD) problems, the 

software suggests the time-dependent and stationary studies. The study step sequences 
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structure the solution process to permit the user to select the model variables for which the 

user wants to solve in each study step. 

 
The equation interpreter provides a fully coupled system of Partial Differential Equations 

(PDEs) for studying the stationary, time-dependent, frequency domain and eigenfrequency. 

PDEs is discretized using the FEM for the space variables such as x, y, z. For certain 

problems, the boundary element method (BEM) is used to discretize space. The method of 

lines is used for space and time-dependent problems, where space is discretized with FEM 

(or BEM) and forms a system of ordinary differential equations (ODEs). These ODEs are 

solved using advanced methods which includes implicit and explicit methods of time 

stepping. Time-dependent and stationary problems can be nonlinear, which form nonlinear 

equation systems after discretization. A damped Newton method is employed to solve the 

nonlinear system for stationary problems or the time-stepping for time-dependent problems. 

The Newton method then solves a sequence of linear equation systems by using the Jacobian 

matrix for finding a solution for the nonlinear system. For linear problems, direct and 

iterative solvers are used depending on the size of the problem. 

In COMSOL Multiphysics, the following form of the Brinkman equation is employed to 

simulate flow in porous media. 

0 = ∇ ∙ [−𝑝𝐼 + Κ] − 𝜇𝑘 + 𝛽 |𝑢| +
𝑄

𝜖
𝑢 + 𝐹        (2.8) 

𝜌∇ ∙ (𝑢) = 𝑄        (2.9) 

Κ = 𝜇
1

𝜖
(∇𝑢 + (∇𝑢) ) −

2

3
𝜇

1

𝜖
(∇ ∙ 𝑢)𝐼        (2.10) 
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Where, 𝐼 is the identity vector, 𝛽  is the Forchheimer drag coefficient, 𝑄  is the mass source, 

𝜖  is the porosity of the porous medium, 𝐹 is the volume force, 𝑘 is the specific hydraulic 

permeability of the porous medium defined as the product of the hydraulic conductivity of the 

medium and the dynamic viscosity of the fluid. 

Advantages of using COMSOL Multiphysics for fluid flow simulations are as follows: 

1. COMSOL is a FEM based software. FEM software make use of linear, quadratic, cubic 

and higher-order basis functions for interpolation between nodes, as compared to only 

linear and quadratic order interpolation used in finite volume method (FVM) based 

software like ANSYS Fluent. 

2. When FEM is used to discretize the geometry, nodes are located at the corners and on the 

midpoints of the sides of an element, as compared to nodes present only at the centroid of 

an element when FVM is used to discretize the geometry. This leads to better solution 

accuracy and consistency. 

3. COMSOL can solve multi-physics problems like fluid-structure interaction. 

4. COMSOL has an in-built tool to create a mesh. COMSOL is both a mesher and solver as 

compared to ANSYS Fluent which is only a solver. Therefore, an additional meshing 

software like ANSYS CFX of Gambit is not required to create a mesh. 

5. COMSOL has a very helpful and prompt customer support team that provides accurate 

solutions to the problems encountered while building a computational model.  
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   Chapter 3: Fluid Flow Simulations using COMSOL Multiphysics 
 

3.1:  Problem Statement 

After studying the literature related to different types of forces acting on vascular ECs due to 

interstitial flow, the mechanisms adopted by the cells to sense the interstitial flow remain 

unclear. In the different studies conducted previously, qualitative and quantitative analysis of 

shear stress acting on the cells has been reported [Song and Munn, 2011; Vickerman and 

Kamm, 2012; Galie et al., 2014]. It has been mentioned that there exists a pressure gradient 

generated force acting on the cells due to interstitial flow across an EC monolayer [Vickerman 

and Kamm, 2012; Galie et al., 2014], and it has been quantified for interstitial flow across a 

single cell only [Polacheck et al., 2014]. A comparative study of the magnitudes of shear and 

pressure forces acting on a monolayer of ECs subjected to B - A flow interstitial flow has not 

been reported. The present study seeks to address this gap in the literature. 

Therefore, the problem statement for this thesis can be formulated as follows:  

To build a CFD model of interstitial flow between two parallel blood vessels using COMSOL 

Multiphysics and perform a comparative study of the different forces acting on vascular ECs 

due to the transmural flow. The CFD model will be based on the microfluidic platform used 

to apply transmural flow to the engineered blood vessels. The CFD model will provide 

additional insight into the microfluidic flow experiments and inform the best possible future 

course of action for the experimental approach. Micro-PIV will be employed to validate the 

CFD model. 
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3.2:  Approach 

In our lab (Polacheck Lab at UNC Chapel Hill), microfluidic devices are fabricated to replicate 

the vascular microenvironment in vitro. Protocols published in Nature Protocols by Polacheck 

et al. [2019] are followed to fabricate the microfluidic devices. A summary of the 

microfabrication method is presented in Figure 3.1. 

 

The main steps involved in the fabrication of microfluidic devices shown in Figure 3.1 are: 

A. Preparing a master mould using photolithography. 

(A) 
(B) 

(C) 

(D) 

(E) 

(F) 

Figure 3.1: Steps followed during the fabrication of microfluidic devices. (A) 
Photolithography, Griffith et al [2020]. (B) Soft lithography. (C) Cutting individual devices.
(D) Forming microchannels. (E) Adding collagen gel. (F) Removing needles. 
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B. Soft lithography to create a negative copy of the master mould from poly-dimethyl 

siloxane (PDMS) [Xia and Whitesides, 1998]. 

C. Cutting the PDMS into individual devices and bonding them to glass cover-slips. 

D. Forming microchannels by inserting 160 µm needles into the needle guides. 

E. Adding collagen gel to the device. 

F. Incubating the device in an incubator at 370C at 5% CO2 for at least 4 hours and then 

pulling out the needles to get the final device. 

Using these devices, it was observed that sprouting of ECs occurs when a constant velocity (1 

µm/s) B - A interstitial flow was applied to ECs seeded in a microchannel (Figure 3.2B). No 

sprouting was observed when A - B interstitial flow was applied (Figure 3.2C).  
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1 µm/s 
(A) (B) 

(C) 

1 µm/s 

Figure 3.2: Flow-induced sprouting experiment. (A) Vascular endothelial cells seeded in a 
microchannel. Static, no flow condition. (B) Sprouting of endothelial cells observed when the 
cells are subjected to 1 µm/s B-A interstitial flow. (C) No sprouting is observed when 1 µm/s 
A-B interstitial flow is applied. 
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A CFD model of the device used for the flow-induced sprouting experiment was prepared. 

The device is fabricated by following the method illustrated in Figure 3.1 and the final product 

is shown in Figure 3.3. In this microfluidic device, the region labelled as “Collagen gel/ECM” 

is of primary interest because interstitial flow takes place in this region.  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Inlet ports 

Collagen gel 
or ECM 

Outlet ports 

Figure 3.3: Microfluidic device used to study the 
effects of interstitial fluid flow on a monolayer of 
endothelial cells. 
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A schematic of the gel region has been shown in Figure 3.4 to explain the working of the 

device. There are two microchannels in the device. The microchannel connecting to the inlet 

ports is unseeded and the microchannel connecting to the outlet ports is seeded with ECs. A 

hydrostatic pressure difference is maintained in the microchannel connecting the inlet ports 

and it drives the flow in the microchannel.  The inlet flow rate can be controlled by adjusting 

the hydrostatic pressure difference (in the range of 5 Pa to 10 Pa to obtain physiologically 

relevant interstitial flow velocity). When the fluid reaches the part of the microchannel in the 

collagen gel region, some of it travels downstream in the microchannel and some of it drains 

into the collagen gel. The fluid then flows through the porous collagen gel towards the seeded 

microchannel. This flow in the porous medium is called the interstitial flow [Rutkowski and 

Swartz,2006]. The fluid exits the seeded microchannel and travels towards the outlet ports. 

Endothelial Cells 

Microchannel 

Extracellular 
Matrix/Collagen 

Gel 

1 mm 160 µm 

3 mm 

Inlet Outlet 

Outlet 

Interstitial flow 

P1 

P2 

    Figure 3.4: Schematic of the gel region in the microfluidic device. 



 

24 
 

3.3:  Computational Model 1: 2D model of the entire device 

This model is a two-dimensional model of the entire microfluidic device (Figure 3.3). This 

model aims to describe the velocity field inside the device when fluid flow is driven by 

hydrostatic pressure (Figure 3.4). The 2D model is shown in Figure 3.5.  

 

3.3.1:  Geometry and Mesh 

This two-dimensional model is based on the microfluidic device shown in Figure 3.3. The 

long rectangles in gray represent the microchannels connecting the media ports and passing 

through the gel region. The square region in blue represents the collagen gel/ECM region.  

 

Figure 3.5: A 2D version of the entire device modeled in COMSOL 
Multiphysics. 

3 mm 14 mm 

1 mm 

3 mm 

160 µm 

Microchannels 

Collagen Gel 
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A high-quality mesh was generated by manually adjusting mesh size in COMSOL. The mesh 

independence study indicated that when the number of elements in the mesh exceeds 619142, 

the error value remains approximately the same. Therefore, to save computation time, the 

element size was not reduced further to increase the number of elements. Triangular elements 

were used to model the core of the microfluidic device while dense quadrilateral layers were 

used to capture high gradients near solid wall boundaries. The meshed geometry is shown in 

Figure 3.6. 

 

 

3.3.2:  Governing Equations and Boundary Conditions 

In this problem, the flow through the microchannel is governed by creeping flow physics and 

that through the gel region is governed by the porous media flow. To incorporate both these 

Figure 3.6: Mesh generated by COMSOL for Computational Model 1 
geometry. 
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physics in the same model, the Free and Porous Media flow physics is selected in COMSOL. 

Free flow is assigned to the microchannels in gray and porous media flow is assigned to the 

gel region in blue. Following governing equations are used by COMSOL to solve for the 

velocity. 

Continuity equation for microchannels 

𝜌∇ ∙ (𝑢) = 0      (3.1) 

Navier-Stokes equation (conservation of momentum in microchannels) 

𝜌(𝑢 ∙ ∇)𝑢 = ∇ ∙ [−𝑝𝐼 + 𝜇(∇𝑢 + (∇𝑢) )] + F       (3.2) 

Continuity equation for porous medium 

𝜌∇ ∙ (𝑢) = 𝑄        (3.3) 

Brinkman equation (conservation of momentum in porous medium) 

∇ ∙ [−𝑝𝐼 + Κ] −
𝜇

𝑘
+ 𝛽 |𝑢| +

𝑄

𝜖
𝑢 + 𝐹 = 0        (3.4) 

Κ = 𝜇
1

𝜖
(∇𝑢 + (∇𝑢) ) −

2

3
𝜇

1

𝜖
(∇ ∙ 𝑢)𝐼         (3.5) 

Where, 

𝐼 is the identity vector, 𝛽  is the Forchheimer drag coefficient, 𝑄  is the mass source, 𝜖  is 

the porosity of the porous medium, 𝐹 is the volume force, 𝑘 is the specific hydraulic 

permeability of the porous medium. 

The boundary conditions used are the same as those used for performing the flow-induced 

sprouting experiment mentioned in section 3.2. They are, 
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No-slip boundary conditions are on boundaries 2, 3, 4, 5, 6, 7, 8, 11, 12, 13, 14, 15 (as marked 

in Figure 3.7). The equation used for the no-slip boundary condition is, 

𝑢 = 0       (3.6) 

 

Constant pressure boundary condition is on boundaries 1, 9, 10, 16 (as marked in Figure 3.7). 

Equations used for the constant pressure boundary condition are 

−𝑝𝐼 + 𝜇(∇𝑢 + (∇𝑢) ) 𝑛 = −𝑝 𝑛       (3.7) 

𝑢 ∙ 𝑛 ≥ 0       (3.8) 

Where 𝑝 is the pressure term, 𝑛 is the normal vector and 𝑝  is the constant pressure that is 

desired at the boundary. The values used of the different variables are listed in Table 3.1, 

1 

2 
3 
4 

5 

6 

7 

8 

9 

16 

15 
14 

13 

12 

11 

10 

Figure 3.7: Boundaries of the microfluidic device shown in Figure 3.5. 
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Table 3.1: Parameter values used for flow simulations in Computational Model 1 

Parameter Value Source 

𝜌  997 kg/m3 Truskey et al., 2004 

𝜌  999.5 kg/m3 Truskey et al., 2004 

𝜇  0.001 Pa-s Truskey et al., 2004 

𝜖  (𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛) 0.996 Galie et al., 2011 

𝑘 (𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛) 8.0*10-13 m2 Measured 

𝑃  (𝑖𝑛𝑙𝑒𝑡) 4.98 Pa Experimental data 

𝑃  (𝑖𝑛𝑙𝑒𝑡) 0 Pa Experimental data 

𝑃 , 𝑃  (𝑜𝑢𝑡𝑙𝑒𝑡) 0 Pa Experimental data 

 

3.3.3:  Results and Discussion 

Figures 3.8 shows the velocity streamlines for the given inlet and boundary conditions. 

m/s 
m/s 

(A) (B) 

Figure 3.8: Velocity streamlines obtained for Computational Model 1. (A) The full 
range of velocity. (B) A narrow range of velocity to focus on velocity distribution in 
the gel region. 
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Figure 3.8A is a plot of the entire range of velocity streamlines in the microfluidic device and 

Figure 3.8B is a plot on a reduced, narrow range of velocity streamlines to focus on the 

distribution in the gel region. The streamlines are color-coded to give an idea of the magnitude 

of the velocity along with the direction. By observing Figures 8A and 8B it can be noted that 

the magnitude of the velocity in the microchannels is two orders of magnitude greater than 

that in the gel region. This is in accordance with Rutkowski and Swartz [2006]. When the 

velocity distribution in the gel region only is considered (Figure 8B), it can be observed that 

there is a gradient in the horizontal velocity magnitude in the region between the two 

microchannels. The velocity magnitude is the highest in the upper half of the device and goes 

on reducing as we go down in the gel region. The majority of the interstitial flow is present in 

between the two microchannels and an insignificant amount of flow is present in other parts 

of the gel region. 

  

 

Another thing to observe is the variation of velocity magnitudes along the microchannel walls. 

Figure 3.9B is a plot of velocity magnitude along the left wall of the inlet microchannel and 

(A) (B) 

Figure 3.9: Variation of velocity magnitude along microchannel walls. (A) Variation 
along cell-seeded/outlet channel wall. (B) Variation along unseeded/inlet microchannel 
wall. 



 

30 
 

Figure 3.9A is the plot of velocity magnitude along the right wall of outlet microchannel. The 

velocity magnitude decreases linearly along the length of the microchannel walls. Along the 

length, the velocity drops by 0.56 µm/s. Therefore, if cells are seeded in the outlet 

microchannel and a no-slip boundary condition is assumed on the surface of the cells, then the 

cells in the upstream part of the microchannel will be subjected to a higher velocity gradient 

on their surface and hence will experience a higher shear force. 

In the sprouting experiments which were performed earlier, it was assumed that the velocity 

field in the gel region is uniform. However, from this model, we get an additional insight into 

the velocity field and understand that the velocity field is not uniform. A plot of pressure 

distribution in the device is shown in Figure 3.10. 

 

In Figure 3.10 it can be observed that the pressure gradient in the direction of the flow is larger 

in the upper half of the device than in the lower half of the device. One conclusion which can 

Figure 3.10: Pressure distribution in the microfluidic device. 
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be drawn from this is that, if ECs are present in the microchannel downstream, then the forces 

acting on the cells due to a pressure gradient, will be higher in the upper half of the 

microchannel than in the lower half. 

The variation of pressure along the microchannel walls is an interesting trend to observe and 

it has been illustrated in Figure 3.11. 

 

 

On the left wall of the inlet microchannel (Figure 3.11B), the pressure decreases linearly along 

its length. However, along the right wall of the outlet microchannel (Figure 3.11A), the 

pressure follows a parabolic profile and the maximum value of pressure is at the center of the 

microchannel wall. Therefore, if cells are seeded in the outlet microchannel, then the cell in 

the middle will be subjected to a higher-pressure force.  In the future, it would be interesting 

to observe the variation of sprout length along the microchannel. If there is a difference in the 

amount/length of sprouting along the microchannel, the variation in force magnitude can help 

to explain why there is more sprouting in one region than another. 

Figure 3.11: Variation of pressure along microchannel walls. (A) Variation along cell-
seeded/outlet channel wall. (B) Variation along unseeded/inlet microchannel wall. 

(A) (B) 
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3.4:  Validation of Computational Model 1 using Particle Image Velocimetry 
 

To verify the Computational Model 1, fluid flow experiments were performed in the same 

microfluidic devices based on which the model was built. Fluid flow in the microfluidic device 

was achieved by using the same constant pressure boundary conditions as were used in the 

CFD simulations (section 3.3.2). Micro-PIV was used to visualize the flow and to acquire 

images for analysis. The apparatus and material used for the experiments have been described 

in the following sub-sections.  

3.4.1:  Micro-flow Control System 

 

Microfluidic devices prepared in house and as shown in Figure 3.1 or Figure 3.3 were used 

for the flow experiments. The flow was driven through the devices by maintaining a constant 

pressure difference across one of the microchannels. An illustration of this using a colored 

dye is shown in Figure 3.12.  

Figure 3.12: Constant 
pressure head maintained 
across one channel to 
drive flow. 
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To maintain a pressure difference, different volumes of fluid is filled in the media ports. To 

calculate the difference in the volume of fluid to be filled in each port, the following 

calculations are performed. 

Suppose ∆𝑃 is the pressure difference to be maintained.  

∆𝑃 = 𝜌𝑔∆ℎ      (3.9) 

∆ℎ =
∆𝑃

𝜌𝑔
      (3.10) 

Where ∆ℎ is the pressure head in 𝑚𝑖𝑙𝑙𝑖𝑚𝑒𝑡𝑒𝑟𝑠, 𝜌 (𝑘𝑔/𝑚 ) is the density of the fluid, 

𝑔 (𝑚 /𝑠) is the acceleration due to gravity. 

The diameter of the media ports is known. Let us denote it by 𝑑 (𝑚𝑚). Therefore, the volume 

to be filled in the media port is equal to 

∆𝑉 =
𝜋𝑑

4
∆ℎ =

𝜋𝑑

4
×

∆𝑃

𝜌𝑔
       (3.11) 

Therefore, when the difference in the volume of fluid-filled in the media ports connected to 

one microchannel is equal to ∆𝑉 (𝑚𝑚  𝑜𝑟 𝜇𝐿, 1 𝑚𝑚 = 1 𝜇𝐿) then pressure difference 

equal to ∆𝑃 is applied across the microchannel. Using this formula, ∆𝑉 = 10 𝜇𝐿 for ∆𝑃 =

5 𝑃𝑎 as mentioned in Table 3.1 in section 3.2.2. 

To drive flow in the microfluidic device according to the schematic shown in Figure 3.4, the 

volume of fluid added to each port (Figure 3.13) is given in Table 3.2 below 
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 Table 3.2: Volume of fluid added to each media port. 

Port Number Volume (µL) Pressure (Pa) 

1 35 17.45 

2 25 12.45 

3 25 12.45 

4 25 12.45 

 

 

1 

2 

3

4 

Figure 3.13: Different ports of the microfluidic device
shown in Figure 3.3. The microscope is focused on the 
encircled region during the flow experiments. 
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3.4.2:  Micro-Particle Image Velocimetry 

Micro-PIV was used to visualize the fluid flow and make measurements. To begin, fluorescent 

microparticles are seeded in the fluid, which act as tracers. A three-dimensional volume is 

illuminated by the light source and the microscope is focused on a plane in the illuminated 

volume for PIV analysis. In a PIV analysis, two images of the plane of focus are captured at 

the time 𝑡  (Image A) and 𝑡 + ∆𝑡 (Image B) using a high-speed camera. Velocities in the 

sheet can be calculated by measuring the displacement of the particles from image A to image 

B in time ∆t. In PIV, the particle displacement is calculated for groups of particles by 

evaluating the cross-correlation of many small sub-images (Interrogation Areas – IAs). The 

cross-correlation yields the most probable displacement for a group of particles traveling on a 

straight line between image A and image B [Thielicke and Stamhuis, 2014]. Dividing the 

displacement by the time interval between two images gives the value of velocity.  

The basic components of the micro-PIV system are the microscope, microscope objective, 

microscope light source, camera, and microparticles. Details of each component are described 

in the paragraphs below. 

 
An Olympus IX83 Research Inverted Microscope was used for observing the flow in the 

microfluidic device. The microscope is fully motorized with two decks to offer expanded 

functionality. High-speed live-cell imaging can be performed with ease and the microscope 

offers imaging capabilities ranging from single frame capturing to long-term time-lapse 

imaging. The microscope is interfaced with Olympus cellSens software which allows the user 

to easily view and analyze images. The software can record microscope conditions while 

experimenting and store them as metadata so that users can easily reproduce the experiment 

at a later point in time. 
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An Olympus LUCPLFLN 20X microscope objective was used for this study. The working 

distance of this objective is 6.6 – 7.8 mm. The numerical aperture of the objective was 0.45. 

The objective offers an image resolution of 3.08pix/µm. 

 
A Hamamatsu ORCA – Flash 4.0 charged-couple device camera, connected to the microscope 

is used for imaging and data acquisition purposes. The camera has a thermoelectrically cooled 

CMOS sensor with 2048 X 2048 pixels resolution and 16-bit depth. The camera is capable of 

exposure time as low as 1 ms when an external trigger is used to control the image acquisition. 

Red FluoSpheresTM, 0.2 µm and Yellow – Green FluoSpheresTM, 0.1 µm carboxylate modified 

fluorescent microspheres (Invitrogen by Thermo Fisher Scientific) were used as the seeding 

particles. Red particles had 580 nm/605 nm and the Yellow – Green particles had 505 nm/515 

nm as the excitation/emission wavelengths. The stock solution of red particles was diluted 

1000 times with de-ionized water and the stock solution of yellow-green particles was diluted 

100 times with de-ionized water. 

3.4.3:  Results and Discussion 

Fluid flow experiments were first performed with the 0.2 µm particles. The pressure difference 

maintained across media ports 1 and 2 (Figure 3.13) was 7.5 Pa. 25 images were obtained with 

an 800 ms interval between two consecutive images. The interval between the two images 

depends on the exposure time and the electronic delay. The exposure time is chosen such that 

the particles appear bright enough to be identified by the PIV analysis software. The images 

were first imported into ImageJ and the following pre-processing operations were performed 

on them: background subtraction for eliminating everything other than the microparticles from 

the frame, converting the image into a binary image, median intensity capping, and despeckle 

to reduce noise from the images. The pre-processed images were then imported in PIVLab, 
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an open-source Matlab plugin for PIV analysis. In PIVLab, the images were first calibrated 

using the pixels/µm resolution available from the metadata of the images when they are 

opened in ImageJ. After this, the number of passes (number of times PIV analysis should be 

performed) and the size of the Interrogation Area (IA) is set. The images which are 2048 X 

2048 pixels in dimension are divided into IAs of the size selected. The smaller the size of the 

IA, the more accurate is the analysis. IA of size 32 X 32 pixels provides highly accurate results 

and was chosen as the size to be used. A single pass of step size 32 pixels is given. Once the 

analysis is complete, the velocity field is obtained, which contains some bad or out-of-place 

vectors. Such vectors are rejected by setting a standard deviation (σ) for the vector magnitude 

(usually it is ± 2σ), and/or by manually rejecting the bad vectors. The results of the analysis 

using 0.2 µm particles are presented in Figure 3.14. The microscope was focused on the region 

encircled in Figure 3.13. 

 
In Figure 3.14, the velocity field and the velocity magnitude distribution obtained from the 

PIV analysis for the aforementioned region is overlaid on top of the actual image of that part 

of the microfluidic device. The black arrows denote the actual vectors and the red arrows 

denote the interpolated vectors for missing or bad data. From this plot, the magnitude and 

direction of velocity at each point in the domain can be obtained. Looking at the vector field 

it can be observed that when the fluid coming in from the media ports through the 

microchannel enters the gel region, most of it either travels straight downstream or turns left 

and flows towards the second microchannel. Some it diverts into the gel on the right of the 

microchannel but changes direction just a little distance downstream and flows towards the 

second microchannel.  
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These results are compared with the computational results obtained from Computational 

Model 1. The vector field is qualitatively similar to the streamline plot shown in Figure 3.8. 

This validates the output of velocity in terms of direction given by Computational Model 1. 

The plot of velocity magnitude generated by the Computational Model 1 is presented in Figure 

3.15A and 3.15B.  

 

Figure 3.14: Velocity field output provided by PIV analysis of the flow. 
Black arrows denote actual vectors, red arrows denote interpolated vectors 
for missing and/or bad data. The color map is for the velocity magnitude in 
the domain. The dotted lines represent the walls of the microchannel. 
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Figure 3.15: Velocity magnitude in the microfluidic device obtained from 
Computational Model 1 for (A) Entire gel region and (B) The region where PIV 
analysis was performed. 

(A) 

(B) 
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Figure 3.15A is a plot of the velocity magnitude in the gel region of the entire microfluidic 

device while in Figure 3.13B the velocity magnitude in the region where the PIV analysis was 

performed. The solid arrows in Figure 3.15 represent the velocity vectors. The color and size 

of the arrows are proportional to the velocity magnitude.  

 
When the velocity magnitude plots in Figure 3.14 and 3.15B are compared, it can be observed 

that the values are in agreement on the left side of the microchannel. From both these figures, 

the velocity magnitude on the left side of the microchannel can be interpreted to be in the 

range 2*10-6 m/s to 2.5*10-6 m/s. The velocity vectors in Figures 3.14 and 3.15B also are 

qualitatively similar. However, when the velocity magnitude on the right side of the 

microchannel is compared, the dissimilarity in the values is visible. The PIV analysis tells that 

the magnitude is of the order of 10-5 m/s while the computational model tells that it is of the 

order of 10-6 m/s.  

Figure 3.16: Clogging of 0.2 µm particles in the inlet 
microchannel. 
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To address this dissimilarity, the PIV experiment was performed again with the 0.2 µm 

particles and for the same initial conditions. However, this time the microparticles started to 

clog on the walls of the inlet microchannel instead of flowing towards the second/outlet 

microchannel through the collagen gel. Figure 3.16 shows an example of clogged 

microparticles. 

If the particles are clogging, it means that the size of the particles is greater than the pore size 

of the collagen gel (porous material). It can be observed in Figure 3.16 that the particles follow 

a pattern when they are clogging. The majority of the particles tend to clog on the left wall of 

the inlet microchannel, that is, on the wall which is closest to the second/outlet microchannel. 

This means that the particles are showing a tendency to flow in the desired direction. Since 

0.2 µm particles were clogging in the pores of the collagen gel, the experiment was repeated 

with 0.1 µm particles. However, this time too, the microparticles accumulated on the walls of 

the microchannel, following a similar trend as that of 0.2 µm particles. This implies that the 

pore size of the collagen gel is smaller than 0.1 µm. Another aspect of microparticle clogging 

was revealed when 0.1 µm particles were used. It has been illustrated in Figure 3.17, which is 

a plot of 0.1 µm particle clogging along the wall of the inlet microchannel. 

It can be observed from Figure 3.17 is how the density of clogged particles varies along the 

microchannel wall. The density is maximum on the upstream walls of the microchannel and 

decreases linearly downstream. This observation agrees with the computational results of 

velocity (Figure 3.9) and pressure (Figure 3.11), both of which decrease linearly along the 

channel wall. 
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Therefore, from the results discussed above, it can be concluded that the PIV experiments 

were partially successful. A major reason for this was the small pore size of the collagen gel. 

The pore size of collagen depends on the recipe and final concentration of the collagen gel 

used [Frantz et al., 2010]. The PIV experiment was successfully implemented by Polacheck 

et al. [2011] using 0.2 µm particles where the authors had used a collagen gel of 2 mg/ml final 

Figure 3.17: Clogging of 
0.1 µm particles along the 
inlet microchannel. 
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concentration. However, in this study, the final concentration of collagen gel was 2.5 mg/ml. 

Therefore, PIV is a promising method to visualize flow, however, there was no direct method 

or correlation to determine the pore size of collagen gel, the experiment was partially 

successful.      

3.5:  Computational Model 2: Determining Pressure and Shear forces  

The second computational model of interstitial flow is inspired by a previous study undertaken 

by Galie et al [2014]. In their study, the effect of constant inlet velocity transmural flow on 

the sprouting of a monolayer of ECs (Figure 3.18) was studied and it was concluded that ECs 

sprout when the transmural shear stress acting on the cells crosses a threshold of 

~10 𝑑𝑦𝑛/𝑐𝑚 . 

 

To support these experimental results, Galie et al. [2014] developed finite element models to 

predict the fluid shear stress distribution on a monolayer of ECs (Figure 3.19). In this model, 

Figure 3.18: Transmural flow experiments performed by Galie et al. [2014]. (A) 
Application of transmural flow to a monolayer of endothelial cells. (B) Sprouting 
observed on application of transmural flow. (C) Variation of sprout length with respect to 
transmural shear stress acting on the cells. 

C 



 

44 
 

the authors have modeled ECs as a continuum layer. The cell layer is subjected to both luminal 

flow and transmural flow. The authors have examined the relative magnitudes of transmural 

and luminal shear stress only. Forces acting on the cell due to a pressure gradient have not 

been studied by Galie et al. [2014], but it is important to consider the pressure forces because 

they are fundamental in directing the cell movement in the ECM [Polacheck et al., 2014]. 

 

 

3.5.1:  Geometry and Mesh 

In the second computational model (Figure 3.20), we have created a computational model of 

the transmural flow experiment performed by Galie et al. [2014], albeit the fact that the cells 

have been modeled as individual spheres. This will allow calculating forces on individual cells 

Figure 3.19: Finite element method-based model developed by Galie 
et al. [2014]. 
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and between each cell. In the model showcased in Figure 3.20, the array of spheres represents 

the monolayer of cells.  

 

The monolayer is embedded in a collagen gel of permeability 5.4 * 10-14 m2 [Galie et al., 

2014]. The cells have been modeled as solid spheres of diameter 13.4 µm. The value of 

diameter was determined by measuring the size of the cells (minor and major axes) in the 

flow-induced sprouting experiment images (as shown previously Figure 3.2), and averaging 

them. Modeling the monolayer of cells as an array of spheres is an initial assumption. In the 

future, we can move to more complex geometries and model the cells more realistically by 

making use of microscopic images of cells seeded in a microchannel. The distance between 

the two cells was varied from 0.4 µm to 8 µm. These values are determined from the high 

optical resolution confocal microscopy and transmission electron microscopy methods used 

to measure the size of cell-cell junctions and gaps between monolayers, by Galie et al. [2014]. 

Figure 3.20: Computational Model 2 of transmural flow for the experiment illustrated in 
Figure 3.18.. 

Cells 

Collagen 
Gel 

Inlet 
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A high-quality mesh was generated by manually adjusting mesh size in COMSOL. The mesh 

independence study indicated that a mesh containing 465443 elements gave reasonably 

accurate results. Triangular elements were used to model the surface of the spheres and the 

walls of the domain. Tetrahedral and prismatic elements were used to model the general 

domain and the cells. Quadrilateral elements were used to model the edges of the domain. The 

meshed geometry is shown in Figure 3.21. 

 

3.5.2:  Governing equations and Boundary Conditions 

In this problem since the cells (spheres) are embedded directly in a porous medium, only 

porous media flow physics needs to be considered. The governing equations used by 

COMSOL for this case are 

Continuity equation 

𝜌∇ ∙ (𝑢) = 𝑄        (3.12) 

Brinkman equation (Conservation of momentum) 

∇ ∙ [−𝑝𝐼 + Κ] −
𝜇

𝑘
+ 𝛽 |𝑢| +

𝑄

𝜖
𝑢 + 𝐹 = 0         (3.13) 

(A) (B) 

Figure 3.21: Mesh generated for Computational Model 2. (A) Isometric view of the mesh, 
(B) View from the inlet face. 
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Κ = 𝜇
1

𝜖
(∇𝑢 + (∇𝑢) ) −

2

3
𝜇

1

𝜖
(∇ ∙ 𝑢)𝐼        (3.14) 

Where, 

𝐼 is the identity vector, 𝛽  is the Forchheimer drag coefficient, 𝑄  is the mass source, 𝜖  is 

the porosity of the porous medium, 𝐹 is the volume force, 𝑘 is the specific hydraulic 

permeability of the porous medium. 

 

A constant velocity inlet boundary condition is used at boundary 1 (Figure 3.22). It is 

implemented using the following equation. 

𝒖 = constant      (3.15) 

 

A constant pressure boundary condition is used at the outlet boundary 3 (Figure 3.22).  

 

−𝑝𝑰 + 𝜇(∇𝒖 + (∇𝒖) ) 𝒏 = −𝑝 𝒏        (3.16) 

  

𝒖 ∙ 𝒏 ≥ 0         (3.17) 

Figure 3.22: Boundaries of Computational Model 2 shown in Figure 3.20. 
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At the lateral boundaries (2,4), a periodic boundary condition is employed to incorporate the 

situation in which there are finitely many cells in the monolayer, by making use of a small 

number of spheres to save computational time and resources. In periodic boundary conditions, 

the distribution function coming out of one boundary enters into the opposite boundary. 

Application of this boundary condition requires that the spacing between the top-most sphere 

in the domain and bottom-most sphere in the extended domain should be equal to the spacing 

between two consecutive spheres in the interior of the domain. Accordingly, in the present 

computations, the top boundary is at a distance equal to the spacing between two cells from 

the top-most sphere, while the bottom-most sphere is aligned with the bottom of the domain 

edge. The periodic boundary condition is implemented in COMSOL using the following 

equations. 

𝑝 − 𝑝 = 𝑐𝑜𝑛𝑠𝑡𝑎𝑛𝑡        (3.18) 

Where, 

𝑝  and 𝑝  are the values of pressure at boundaries 2 (source) and 4 (destination) 

respectively. 

A no-slip boundary condition is implemented on the surface of all the cells (5, 6, 7, 8, 9) using 

the equation 

𝒖 = 0      (3.19) 

The values of the different variables used are listed in Table 3.3, 
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                       Table 3.3: Parameter values used for fluid flow simulations in  
            Computational Model 2. 

Parameter Value Source 

𝜌  997 kg/m3 Truskey et al., 2004 

𝜌  999.5 kg/m3 Truskey et al., 2004 

𝜇  0.001 Pa-s Truskey et al., 2004 

𝜖  (𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛) 0.996 Galie et al., 2011 

𝑘 (𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛) 5.4*10-14 m2 Galie et al., 2014 

𝑢  (𝑖𝑛𝑙𝑒𝑡) 3 µm/s Galie et al., 2014 

𝑃 (𝑜𝑢𝑡𝑙𝑒𝑡) 0 Pa Galie et al., 2014 

 

3.5.3:  Results and Discussion 

Figure 3.23 is a plot of the velocity magnitude around the cells when they are observed from 

the inlet boundary face of the domain.  

Figure 3.23: Velocity magnitude around cells in Computational Model 2. 
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The plot is obtained at the vertical plane passing through the center of the spheres. In this plot, 

it can be observed that there is a gradient of velocity around the cells. This gradient of velocity 

give rise to viscous shear stress on the cells. Shear stress can be calculated using this simple 

formula 

𝜏 = 𝜇∇𝑢       (3.20) 

Where, 

𝜇 is the viscosity of the fluid 

∇𝑢 is the gradient of the velocity 

A plot of pressure distribution in the domain, observed from the side, is presented in Figure 

3.24. 

Figure 3.24: Pressure distribution in the domain of Computational Model 2, observed 
from the side. 



 

51 
 

Fluid pressure is highest at the inlet and goes on reducing downstream. There is a pressure 

drop of approximately 0.5 Pa between the front and back of a cell. This pressure drop gives 

rise to a pressure gradient stress acting on the cell. A trend of how the pressure gradient stress 

and shear stress vary with the distance between cells is illustrated in Figure 3.5. 

 

By looking at both the graphs in Figure 3.25, we observe that the pressure gradient stress is 

approximately 30 times higher than the shear stress acting on the cells for any value of junction 

width. 

 
One of the aims of this study was to determine the distribution of the forces acting on the ECs 

due to transmural flow. Using our computational method, we replicated a model previously 

published by Galie et al. [2014]) and demonstrated that the pressure gradient force acting on 

the cells due to interstitial flow is approximately 30 times higher than the shear force acting 

on the cells. This is in consistence with the results published by Polacheck et al. [2014], where 

it was shown that pressure force acting on a single cell embedded in collagen gel is 30 times 

higher than the shear force. To maintain static equilibrium, there was a redistribution in the 

Figure 3.25: Variation of pressure gradient and shear stress with respect to the distance 
between cells. 
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matrix adhesion tension across the cell. Tension sensitive molecules such as integrins are 

under maximum tension on the upstream side of the cells and this causes migration of the cells 

in the upstream direction Polacheck et al. [2014].  

 
Considering that the computational model developed by us is giving a result similar to 

Polacheck et al. [2014] for the relative magnitudes of pressure and shear stresses, we can 

conclude that pressure gradient stress acting on the cells is the dominant force inducing the 

migration of cells from the monolayer into ECM, which eventually leads to the formation of 

new sprouts from parent blood vessels.  
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3.6:  Computational Model 3: 3D model of the entire microfluidic device  

 

This model is a combination of Computational Model 1 and Computational Model 2. It is 

illustrated in Figure 3.26. This model aims to simulate the condition when endothelial cells 

are seeded in one channel and they are subjected to interstitial flow coming in from the other 

microchannel. 

Microchannels 

Collagen Gel 

Endothelial Cell 
monolayer 

(A) 

(B) 

Figure 3.26: Computational Model 3. (A) 3D version of the microfluidic 
device. (B) A zoomed-in focus on a part of the microchannels, endothelial 
cell monolayer and collagen gel. 
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3.6.1:  Geometry and Mesh 

The microfluidic device (Figure 3.26A) is a 3D version of the microfluidic device illustrated 

in Figure 3.3. The only difference is that in this version, a monolayer of cells has been modeled 

as an array of spheres in one of the microchannels. The centers of the spheres have been placed 

on a plane parallel to the XY plane, which cuts the microfluidic channels into two halves. The 

cells have been modeled as solid spheres of diameter 13.4 µm (Figure 3.26B). The value of 

diameter was determined by measuring the size of the cells (minor and major axes) in the 

flow-induced sprouting experiment images (Figure 3.2), and averaging them.  

A high-quality mesh was generated by manually adjusting mesh size in COMSOL. The mesh 

independence study indicated that a mesh containing 1721583 elements gave reasonably 

accurate results.  

 

Triangular elements were used to model the surface of the spheres, microchannels and the 

walls of the gel region. Tetrahedral and prismatic elements were used to model the general 

domain and the cells. Quadrilateral elements were used to model the edges of the domain. The 

meshed geometry is shown in Figure 3.27. 

(B) (A) 

Figure 3.27: Mesh generated for Computational Model 3. (A) Meshed structure of 
the entire device. (B) A zoomed-in view of the cells inside a microchannel. 
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3.6.2:  Governing equations and Boundary Conditions 

The physics applied to different domains and the corresponding governing equations used are 

the same as those used for Computational Model 1 and have been mentioned in section 3.2.1.  

The boundary conditions used are also the same as those used for Computational Model 1. A 

no-slip boundary condition has been applied to the external walls of the microchannels except 

for the part of them which is inside the gel region. No-slip boundary condition is also used for 

the walls/faces of the 3D gel region and the surface of the cells. Constant pressure boundary 

conditions have been used for the inlet and the outlet. The direction of flow and the values of 

the variables declared are the same as those mentioned in section 3.2.2. 

3.6.3:  Results and Discussion 

 

 

A plot of the velocity field inside the microfluidic device has been illustrated in Figure 3.28. 

In this plot, we can visualize the velocity distribution in the entire device and around the cells. 

Figure 3.28: Velocity field obtained by simulating flow in Computational Model 3. Unit 
of velocity (m/s) 
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The color-coded arrows give an idea of the magnitude of the velocity which can help in 

calculating the velocity gradient and hence the shear stress, as mentioned in section 3.3.3. 

Variation of shear stress acting on the cells along the length of microchannel can also be 

studied. The majority of the interstitial flow occurs between the two microchannels and an 

insignificant amount of interstitial flow occurs in the remaining gel region. 

Similarly, we can also obtain a plot of pressure distribution in the entire domain as shown in 

Figure 3.29. 

 

 

Using this pressure distribution, we can get a quantitative estimate of the pressure drop across 

each cell in the monolayer. This will aid in calculating the pressure gradient force acting on 

each cell. In this way, we can determine how the pressure gradient force acting on the cells 

varies along the microchannel. Therefore, we might also be able to determine where along the 

monolayer sprouting will be maximum and where it will be minimum. 

Figure 3.29: Pressure distribution in the 3D version microfluidic device of Figure 3.26A.
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This computational model, however, has its limitations in terms of accuracy. In this model, 

the cells (spheres) have just been placed inside the microchannel along its wall. However, in 

vivo, the cells are attached to the ECM by some biological molecules. Currently, we need 

additional experimental data to determine how should the cell-matrix adhesion to be modeled 

computationally.  

 

In conclusion, in this study 3 different computational models were studied to investigate the 

mechanical forces acting on the ECs when they are subjected to interstitial flow. 

Computational Model 1 provided an unprecedented spatial resolution of the velocity and 

pressure fields inside the microfluidic device when interstitial flow was recreated in vitro. 

Computational Model 2 established the fact that the pressure gradient stress acting on the ECs 

due to interstitial flow is 30 times higher than the shear stress. As a combination of models 1 

and 2, Computational Model 3 lays out the groundwork for future work and explains the 

additional information that is necessary for making the model more realistic and potential. 

 

  



 

58 
 

Chapter 4: Ultrasound Characterization of Vascular Network 
 

4.1:  Research Motivation 

Tissue engineering means the development of functional tissues by combining scaffolds, cells, 

and biologically active molecules [NIBIB, 2019]. Tissue engineering aims to use cultured 

human cells to regenerate functional tissues to build “replacement parts” that can be 

transplanted into the human body [L’Heureux et al., 1998]. Currently, at the clinical trial level, 

tissue engineering is being used to recreate supplemental bladders, small arteries, skin grafts, 

cartilage, and even a full trachea. Tissues of complex organs like heart, lung, and liver have 

also been recreated in a lab, but they are not completely reproducible [NIBIB, 2019]. The 

engineered tissue is required to have a functional microvascular network to function properly 

and ensure survival in the intended environment [Whisler et al., 2014]. Apart from having a 

functional microvascular network, another challenge in the development of engineered tissue 

is the integration of engineered vasculature with the native host vasculature to maintain tissue 

and organ function [Ben-Shaul et al., 2019].  

There is a lacuna in understanding the factors that govern the process by which distinct blood 

vessels connect to form continuous, perfused networks. To address this gap, Crescentia H. 

Cho (Lab Manager, Polacheck lab, UNC Chapel Hill) has spearheaded a project to develop a 

microfluidic platform to generate microvascular network by embedding human umbilical vein 

ECs (HUVECs) and stromal fibroblasts in fibrin gels. When HUVECs are embedded in fibrin 

gel, they self-assemble to form interconnected networks of lumenized vessels similar to those 

found in in vivo capillary beds [Chen et al., 2017]. Hemodynamic forces such as the fluid 

shear stress and biochemical properties of the cellular microenvironment play an important 
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part in determining the network topology [Whisler et al., 2014]. The network formation is a 

closely coupled process of angiogenesis, structural adaptation and pruning [Secomb et al., 

2013]. 

A significant challenge in this in vitro technique is that the vascular networks form randomly. 

Some of the methods adopted to quantify the vascular networks are staining the networks with 

phalloidin and using ImageJ to manually measure the branch length, average vessel diameter, 

percentage of area covered by the vascular network, etc. [Whisler et al., 2014]; fluorescently 

labelling ECs to manually measure the vessel area and sprout length with the help of IMARIS 

and ImageJ [Kim et al., 2013]. However, since these methods are manual, they can be prone 

to errors. Therefore, we do not have reliable parameters to quantitatively describe the network 

topology. 

In an effort to propose a new method to quantify the vascular network topology, I have 

explored in this thesis the possibility of using ultrasound imaging-based techniques to quantify 

and characterize engineered vascular networks.  

4.2:  Literature Review 

The formation of engineered vascular networks on a microfluidic chip is a stochastic process 

[Secomb et al., 2013] and this makes the medium in which they grow inhomogeneous. 

Therefore, theoretically, multiple elements (each vessel in the network) are present to scatter 

an acoustic wave. Classical imaging techniques such as ultrasonic echography, radar or optical 

coherence tomography fail in multiple-scattering media [Bly et al., 1985; Bordier et al., 1991; 

Karamata et al., 2005]. It is important to note that even though multiple scattering can be 

detrimental for classical imaging, it can provide additional information about the scattering 
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structure [Aubry and Derode, 2011]. A wave propagating in a multiple scattering medium has 

two essential parameters: elastic mean free path le and diffusion constant D. Measuring these 

two parameters is one of the ways of characterizing microarchitecture of a scattering medium 

[Rytov et al., 1989]. 

Diffusion constant D indicates the rate at which the diffusive halo grows in a diffusive regime 

[Mohanty et al., 2019]. Aubry and Derode [2007] have proposed a method to measure the 

spatial variation of the diffusion constant in a multiple scattering medium from the mean 

dynamic backscattered intensity and near-field Gaussian beamforming. Based on this method, 

Mohanty et al., [2019] have demonstrated that the diffusion constant allows us to 

quantitatively characterize a blood vessel network and can be used to non-invasively 

differentiate between tumor and healthy tissue in vivo.   

Therefore, the method proposed by Aubry and Derode [2007] forms the basis of the technique 

used in this thesis to characterize the vascular density of an engineered vascular network, and 

we follow an approach recommended Mohanty et al., [2019].        

4.3:  Research Objectives 

We hypothesize that the vascular network formed on a microfluidic device can act as scatterers 

for ultrasound waves and that measuring the diffusion constant in the vascular network enables 

the quantification of vessel density. To prove this hypothesis, the specific aims are: 

1. To fabricating microfluidic devices for growing a microvascular network in them. 

2. To measure the speed of sound in fibrin gel, a hydrogel in which the HUVECs are 

seeded for a microvascular network to develop. This value is an input parameter for 

calculating the diffusion constant. 
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3. To use high-frequency ultrasound imaging to study the diffusion of ultrasound waves 

in the engineered vascular network and quantify the network based on the diffusion 

constant of the ultrasound wave. 

4.4:  Measuring Speed of Sound in Collagen gel and Fibrin Gel 

4.4.1: Experimental Setup 

The first step in the ultrasound characterization of vascular networks was to measure the speed 

of sound in fibrin gel. The experimental setup used is shown in Figure 4.1.  

 

A container with a cylindrical bore in the center to hold the gel is made from PDMS using soft 

lithography. The cylindrical bore is 2.5 cm in diameter and 2.5 cm in height. PDMS is a 

Immersion 
Transducer 

PDMS 
container 

Fibrin 
gel 

1X PBS 
bath 

Figure 4.1: Experimental setup to measure the speed of sound in fibrin gel. 
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hydrophobic substance and the fibrin gel is mostly water by mass. Therefore, a couple of 

different surface treatments are performed on the inner surface of the cylindrical bore (as 

mentioned by [Polacheck et al., 2019]) to facilitate attachment of fibrin gel to the PDMS 

surface. 9 ml of fibrin gel was prepared and added to the container. The container was then 

placed in a transparent box filled with 1X phosphate buffered saline (PBS) solution. The 

volume of 1X PBS used is such that the level of the liquid is 4 cm above the top surface of the 

PDMS container. An immersion transducer (Olympus) is then dipped in the PBS bath such 

that only the probing surface of the transducer is inside PBS. The axis of the transducer is 

aligned with the vertical axis of the cylindrical bore of the PDMS container. The transducer is 

connected to a wave pulse generator (Olympus Pulser/Receiver). The pulse generator is 

connected to an oscilloscope (Pico Technology) and the oscilloscope is connected to a 

computer. 

4.4.2: Data Acquisition 

The transducer transmits acoustic waves at a frequency of 3.5 MHz. Once the transducer is 

aligned perfectly with the cylindrical bore, the pulse generator is switched on and the 

transducer starts emitting acoustic waves.  

(A) (B) 

Figure 4.2: Speed of sound measurement 
experiment. (A) Measurement with gel in the 
container. (B) Measurement without gel in 
the container. 
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The wave travels through the water and the gel reflects from the bottom of the PDMS 

container, travels back through the gel and water, and is received by the transducer (Figure 

4.2A). The data was transferred to the computer through the oscilloscope.  

𝑇  

𝑇  

(A) 

(B) (C) 

𝑡  

Figure 4.3: Signals received by the transducer. (A) Reflected signals from all points 
in the path of the wave. (B) Signals from the top surface of gel or water. (C) Signals 
from the container. 
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The experiment was repeated after removing the gel from the container (Figure 4.2B). The 

signals recorded by the oscilloscope and observed on the computer are shown in Figure 4.3. 

4.4.3: Results and Discussion 

A schematic of the experimental setup has been illustrated in Figure 4.4 to explain the 

calculations. 

 

Let 𝐿  be the distance between the transducer surface and the top of the gel. 𝐿  is the thickness 

of the gel. 𝐿 is the distance between the transducer surface and the bottom of the container. 

𝐿 = 𝐿 − 𝐿 = 𝐿 −
𝑡

2
𝑐        (4.1) 

Where, 𝑐 = 1.544 = 1544  is the speed of sound in water and 𝑡  is the time required 

for the signal to travel to the top surface of the gel and back. 

Let 𝑇  be the time required for the signal to travel to the bottom of the container and back 

when the gel is present in the container, 

3.5 

MH
z 

𝐿  

𝐿  

𝐿 

Figure 4.4: Schematic of the experimental 
setup for calculations. 
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𝑇  be the time required for the signal to travel to the bottom of the container and back when 

the gel is not present in the container, and 

𝑐  be the speed of sound in the gel (unknown). 

𝑇

2
=

𝐿

𝑐
=

1

𝑐
 𝐿 + 𝐿         (4.2) 

𝑇

2
=

𝐿

𝑐
+

𝐿

𝑐
      (4.3) 

From equations 4.2 and 4.3 we get, 

𝑇 − 𝑇

2
= 𝐿

1

𝑐
−

1

𝑐
      (4.4)   

𝑇 − 𝑡 =
2𝐿

𝑐
     → 𝐿 =

𝑐 𝑇 − 𝑡

2
      (4.5) 

Substituting equation 4.5 in equation 4.4 and simplifying we get, 

𝑐 =
𝑇 − 𝑇

𝑇 − 𝑡
+ 1 𝑐         (4.6) 

Therefore, inserting the values of 𝑡 , 𝑇 , 𝑇 , and 𝑐  in equation 4.6 we get, 

𝑐 = 1.5435
𝑚𝑚

𝜇𝑠
= 1543.5 𝑚/𝑠 

Therefore, the speed of sound in fibrin gel is 1543.5 m/s which is almost equal to the speed of 

sound in water. This value will be required to process the data for the diffusion constant 

measurement experiments. 
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4.5:  Diffusion Constant Measurement in Vascular Networks 

4.5.1: Device preparation 

To develop a vascular network in vitro, a microfluidic device similar to that shown in Figure 

3.3 is used, but the distance between two microchannels is 4 mm instead of 1 mm. The protocol 

to fabricate the microfluidic devices were adopted from Polacheck et al. [2019]. A schematic 

of the device used is illustrated in Figure 4.5. 

 

 

3 mg/ml fibrin gel was prepared and added to the devices. HUVECs are seeded in the fibrin 

gel and also in the microchannels. Cell culture media was added to the media ports to provide 

nourishment for the cells and the device is kept in an incubator at 370C and 5% CO2. The 

device is kept in the incubator for 72 to 96 hours for the microvascular network to form and 

the cell culture media was changed every day. Also, every day the device was observed under 

a microscope to check whether the fibrin gel is intact or it has ripped. If the gel is ripped, then 

the device is of no use. 

Figure 4.5: Schematic of the microfluidic device in which a microvascular network is 
developed. 
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After about 96 hours when the microvascular network has developed, the device is observed 

under a confocal microscope and a Z-stack of images is captured. The maximum intensity of 

each image is projected on a 2D plane and a visual of the microvascular network is obtained 

(Figure 4.6). The vascular network is stained in green color and the remaining black portion 

in the fibrin gel. 

 

3 sets of devices were prepared. 300,000 HUVECs were seeded in the first set, 600,000 

HUVECs in the second and 1,200,000 HUVECs in the third. These values were chosen to 

develop vascular networks of different cell densities in the microfluidic device. 

4.5.2: Experimental Setup 

The experimental setup is shown in Figure 4.7. A microfluidic device in which a vascular 

network has developed was taken and the device was fixed by adding 4% paraformaldehyde. 

Figure 4.6: Microvascular network formed 
inside a microfluidic device. The microvascular 
network is stained in green color. 



 

68 
 

By fixing the devices further growth of the vascular networks is stopped. This is required to 

get repeatable results and to prevent any detrimental effect of 1X PBS on the vascular network 

when the device is held inside a bath of 1X PBS for the experiment. A fixed device is held 

inside a transparent box filled with 1X PBS using clamps.  
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(A) 

(B) 

Microfluidic 
device 

Probe 

Microfluidic 
device 

Figure 4.7: Experimental setup for diffusion constant measurement. (A) 
Measurements from the side. (B) Measurements from the top. 
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A high-frequency (14 to 22 MHz) imaging probe (Verasonics, L22-14v) was used for this 

analysis. For an ultrasound probe to detect scattering objects (in this case the vascular 

network), the size of the object should at least be of the order of the wavelength of the acoustic 

wave. Wavelength (𝜆) is calculated using the following equation 

𝜆 =
𝑐

𝑓
 

Where 𝑐 is the speed of sound in the medium and 𝑓 is the frequency of the wave. From prior 

experience, we know that the average diameter of a perfusable vessel is 70 µm and the average 

diameter of a non-perfusable vessel is 35 µm. Therefore, to make the wavelength as small as 

possible, the high-frequency probe was chosen from the other available probes or lower 

frequencies. 

The probe is held parallel to the surface of the device and is connected to a multi-channel 

waveform generator (Verasonics Vantage 128TM). Measurements are made from the side of 

the device (Figure 4.7A) and the top of the device (Figure 4.7B) for each set of devices. 

It was planned to operate the probe at its central frequency of 18 MHz. However, the Vantage 

128TM system allowed us to operate at or below 15.625 MHz. This is because, for 15.625 MHz 

the sampling frequency of the Vantage is 62.5 MHz, and it cannot be increased further. The 

sampling frequency of the Vantage 128TM system increases as the frequency at which the 

probe is operated is increased.   
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4.5.3: Results and Discussion 

An example of the backscattered intensity signal is shown in Figure 4.8. 

 

 

The different peaks in the backscattered signal in Figure 4.8, denote the location of different 

regions or interfaces of/in the microfluidic devices. To determine the distance of a point from 

the origin following formula can be used, 

𝑥 =
𝑆𝑎𝑚𝑝𝑙𝑒 𝑛𝑢𝑚𝑏𝑒𝑟

𝑆𝑎𝑚𝑝𝑙𝑖𝑛𝑔 𝑟𝑎𝑡𝑒
∗

𝑠𝑝𝑒𝑒𝑑 𝑜𝑓 𝑠𝑜𝑢𝑛𝑑 𝑖𝑛 𝑚𝑒𝑑𝑖𝑢𝑚

2
 

Here, the sampling rate = 62.5 MHz and speed of sound in fibrin gel = 1.5435 mm/µs. 

From the geometry of the microfluidic device, we know that the region where the 

microvascular network grows is situated around the 200th sample mark. Therefore, the signals 

Figure 4.8: Backscattered received signal with the central element 
(element 32) emitting. 
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starting from the 200th sample up to the next 100 samples have been scattered by the 

microvascular network. 

From these backscattered signals, all the signals before the 200th sample are discarded and the 

post-processing is carried out on the signals after that mark. The coherent and incoherent 

intensities are separated. The diffusion constant of the samples is retrieved by fitting the 

evolution of the incoherent contribution with time [Aubry and Derode, 2007]. 

The plots of variance vs time for different sets of devices are shown in Figures 4.9 and 4.10. 

  

 

Figure 4.9: Variance vs time plots for 3 samples of devices with 1.2 million cells. 
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From Figures 4.9 and 4.10, the growth of the diffusive halo can be tracked for 100 samples, 

that is, for 1.6 µs. The calculated values of diffusion constant D are written on as the title of 

each graph. For the three devices with 1.2 million cells, the values of D are 1.2359 mm2/µs, 

0.082722 mm2/µs, and 0.83846 mm2/µs. For the two devices with 600,000 cells, the values of 

D are -0.72657 mm2/µs and -1.9372 mm2/µs.  

 
It can be observed that the values of the diffusion constant for a particular set of devices with 

the same number of cells seeded in them are very different from each other. An explanation 

for negative values of diffusion constant is not known at this time. 

 
A correlation between the values of the diffusion constants for different sets of devices cannot 

be built from the small number of samples available right now with us. Additional samples 

need to be prepared and analyze to develop a theory about quantifying and characterizing 

engineered vascular networks based on ultrasound wave scattering data. Considering the 

limited amount of time that was available with the author of this thesis for experimentation 

Figure 4.10: Variance vs time plots for 2 samples of devices with 600,000 cells. 
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before the lockdown was imposed to prevent the spread of COVID-19, preparation of 

additional samples and testing has been determined to be a future task. The fact that a non-

zero value of diffusion constant was obtained in the limited number of samples which tells us 

that there is a promise in employing the ultrasound imaging-based method for engineered 

vascular network characterization.   
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Chapter 5: Conclusions and Future Work 
 

5.1:  Conclusions 

This thesis is divided in two parts. In first part, 3 different computational models were studied 

to investigate the mechanical forces acting on the ECs when they are subjected to interstitial 

flow. The conclusions from part one are as follows.  

1. Results from Computational Model 1 suggest that COMSOL Multiphysics software can 

be used to predict the flow inside a custom-made microfluidic device, which was 

employed to mimic the cellular microenvironment in vitro and study the events leading to 

angiogenesis.  

 
2. The Computational Model 1 offers a unique perspective into the velocity field and pressure 

distribution in the microfluidic device, enabling a detailed analysis of the mechanical 

forces which are supposed to be initiating/stimulating the process of angiogenesis. 

 
3. An attempt was made to experimentally verify the results obtained from Computational 

Model 1 using micro-PIV. The attempt was partially successful due to the clogging of 

microparticles in the pores of the collagen gel. However, this experiment helped in 

determining that the pore size of collagen gel (for the recipe used) is less than 0.1 µm. 

 
4. The Computational Model 2 provides additional insight into previously published work to 

study the effects of interstitial flow on the sprouting of ECs. By modeling ECs as 

individual spheres instead of a continuous layer, it was possible to determine the viscous 

shear forces and normal (pressure gradient) forces on individual cells. It was observed that 

the normal forces acting on the cells are 30 times higher than the shear forces. Comparing 
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this with a previously published work, it was concluded that the normal force acting on 

the cells is the dominant force responsible for the sprouting and migration of cells when 

the interstitial flow is applied. 

 
5. Computational Model 3 is a combination of Computational Models 1 and 2. This model 

offers the ability to simulate a condition where a monolayer of cells is computationally 

seeded inside one of the two microchannels and study the forces acting on the cells when 

the interstitial flow is incident on them. 

 

In the second part of this thesis (Chapter 4), a new method of ultrasound imaging has been 

explored to characterize the topology of the microvascular network developed in vitro. The 

conclusions from this study are as follows. 

1. The speed of sound calculated in fibrin gel using an ultrasound method was found to be 

the same as that in water. 

2. The possibility to measure the diffusion constant of an acoustic wave propagating in a 

vascular network grown in a microfluidic device is investigated in an attempt to 

characterize vascular networks of different cell densities. 

 

5.2:  Future Work 

1. To use the Fluorescence Recovery After Photobleaching (FRAP) method to verify the 

velocity field results obtained from Computational Model 1. In FRAP, a small area in the 

region of interest is photobleached. The movement of the bleached spot due to diffusion 

and convection is tracked by capturing multiple images of the region of interest. Analyzing 

the images gives the velocity of the fluid as output [Tung et al., 2013]. The FRAP method 
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is predicted to be suitable for tracing the flow because the tracer used (10-4 M fluorescein 

sodium salt solution) is a dye and not a suspension of microparticles which tend to get 

clogged in the pores of collagen gel.  

 
2. To design the methods to model cell-cell and cell-matrix adhesion in Computational Model 

3 for making the model more realistic. For example, integrins, the cell-matrix adhesion 

molecules were modeled as springs by Paszek et al. [2009]. 

 
3. Prepare additional samples of engineered vascular networks for characterization based on 

ultrasound wave scattering data. 

 
4. Use Vantage systems which allow the use of ultrasound waves of frequency higher than 20 

MHz to characterize the vascular networks where vessel diameters are smaller than 100 

µm in diameter. 
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