ABSTRACT

XU, ZELIN. Computer Simulation of Blood Flow and Particle Transport with Applications
to Vessel Embolization and Direct Nanodrug Delivery to Tumors. (Under the direction of Dr.
Clement Kleinstreuer).

Drug delivery with a well-positioned micro-catheter in arteries, provides a viable
method to treat unresectable tumors. Multifunctional microspheres or nanoparticles can be
employed as drug carriers for different treatment scenarios. The success of each trans-arterial
procedure depends on how many of the injected anticancer agents reach the tumor sites, as
stray agents have the potential to destroy healthy tissue or even other organs, either via
ischemia, ionizing radiation, or toxicity. A direct tumor-targeting methodology has been
proposed to enhance the efficacy of trans-arterial treatment through the development of
patient-specific computer simulation models and a new methodology of smart micro-catheter
positioning that enable optimal tumor targeting. This patented technique has been
computationally and experimentally validated for microsphere delivery; however, it has not
been well extended to direct nanodrug delivery.

This study focuses on: (i) an improved embolization procedure by using microspheres
with an anti-reflux injection catheter, and (ii) direct nanodrug delivery in large arteries as
well as microvessels with realistic blood rheology. Considering the hepatic artery system
with tumor as a test bed, the results validate the feasibility and evaluate the effectiveness of
blood-vessel embolization to starve tumors as well as the direct nanodrug-delivery
methodology to combat cancer cells. For microsphere delivery, a validated computational
model has been developed to analyze the particle-hemodynamics before and after

deployment of an FDA-approved anti-reflux catheter, which allows forward blood flow while



preventing retrograde microsphere flow. The pulsatile blood flow dynamics and the transient
pressure drop due to geometry-change of the deployed anti-reflux catheter tip were simulated
under physiologically realistic conditions. A relationship between the pressure drop and
embolization level was established, which can be used to provide clinicians with real-time
information on the best infusion-stop point. Considering direct nanodrug delivery, two
different human hepatic artery systems with tumors were selected. To accurately model the
nanoparticle (NP) transport, hydrodynamic interactions between the NP and the prevailing
red blood cells (RBCs) have been considered. A model for shear-induced solute diffusion in
concentrated particle suspensions has been updated for this purpose. Despite the significant
enhancement of NP diffusivity caused by particle-cell interactions, transient three-
dimensional simulations under physiologically realistic blood flow conditions indicate that
shear-induced diffusion has a limited effect on nanoparticle transport in large arteries, say,
d>200 m, due to the strong convective effects. Overall, it is shown that direct nanodrug
delivery to tumor-feeding hepatic artery branches is feasible.

Nanoparticle fate after entering tumor microvasculature was also considered using
computer simulations. A continuum model was adopted for the heterogeneous blood flow in
microvessels featuring cell depletion layer near the wall. The effect of blood flow
heterogeneity on NP distribution and extravasation (i.e., leakage into the surrounding tissue)
was evaluated considering realistic tumor microenvironment. NP transport to tumor tissues
was also considered in the context of direct nanodrug delivery versus passive drug targeting
by virtue of enhanced permeability and retention effect. Nanoparticles were found to

preferentially accumulate near the vessel wall, which enhances extravasation. Direct



nanodrug delivery was found to increase NP-accumulation by tumors within a short time

period, thereby drastically reducing the need for prolonged plasma half-life of drug particles.
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1 INTRODUCTION

1.1 BACKGROUND

Intravascular drug delivery is an important method for treating unresectable tumors.
However, in case of chemotherapeutic agents, they have poor specificity and therefore exhibit
dose-limiting toxicity when systemically administrated, especially for cancer treatment. So,
the main challenge when using intra-arterial delivery is to reduce off-target drug deposition to
lower systemic toxicity. Depending on the disease type and treatment method, drugs are
delivered using diverse carriers such as radioactive microspheres, chemo-embolic agents, and
multi-functional nanoparticles.

Compared to systemic administration of drugs, intravascular drug delivery with a
smartly placed micro-catheter provides direct targeting of a tumor or diseased tissue. This
technique can be used for chemo-drugs or radio-embolization, typically using microspheres.
For example, in trans-arterial embolization (TAE), a thin, flexible catheter can be guided to an
infusion location as close to the target site as possible by virtue of real-time imaging techniques
(e.g., angiography). Selective embolization of vessels feeding individual tumors is then
performed, intend to reduce the blood flow or block the terminal vessels. This method helps to
treat cancer by two means: to starve the cancer cells by reducing blood supply, and to deliver
radioactive or chemotherapeutic doses that directly kill the cancer cells. It has been proved
effective for patients with diseases such as unresectable hepatocellular carcinoma (HCC)
(Maluccio et al., 2008), uterine fibroids (Goodwin et al., 1997), and cirrhosis (Haan et al.,

2004).



Recently, the advances in nanotechnology have enabled numerous applications of
nanoparticlesan biology and medicine (De et al. 2008; Salata 2004; Zhang et al. 2007), as well
as for applications in material science (Chen et al. 2011) and engineering (Reineck et al. 2012;
Xu & Kileinstreuer 2014). Especially the use of multifunctional nanoparticlesor imaging,
targeting and delivery has spawned new strategies for the detection, diagnosis, and treatment
of malignant tumors as well as cardiovascular and neurological diseases (Brannon-Peppas &
Blanchette 2012; Hao et al. 2010; Kleinstreuer et al. 2013). For example, drug delivery as well
as “passive” and “active” targeting using nanoparticles have been a major focus of current
cancer treatment research (Wang et al., 2012). Therefore, understanding the transport of
nanoparticles in biological fluids may advance its applications in biomedical engineering. For
example, characterizing infused-particle motion in human blood flow and their interactions
with blood constituents such as red blood cells (RBCs) is paramount for targeted drug delivery.
Accurately predicting the fluid-particle dynamics in the human vascular system will eventually
enhance our knowledge on treatment of diseases via direct nanodrug-delivery methods

(Kleinstreuer et al. 2014).

1.2 BLOOD FLOW IN MICROVESSELS

It is well known that the bulk rheological behavior of blood in major arteries is largely
determined by the presence of RBCs which account for more than 40% of the blood volume
(Sun & Munn 2005). Healthy human blood consists of RBCs, leukocytes, platelets, and
proteins suspended in the plasma, where the shear-thinning behavior can be well described
using constitutive relations; for example, as given by Buchanan et al. (2000). The RBCs are
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soft materials that would deform and rotate under shear, and aggregate at low shear rates (Chien
et al. 1967). As a result, microvascular blood flow is characterized by heterogeneous
hematocrit distribution, i.e., the volumetric RBC concentration. A notable effect is the
formation of the cell-depletion layer, where RBCs are absent within a thin layer near the vessel
wall. On the other hand, platelets preferentially distribute in the near-wall region due to their
interaction with RBCs, a phenomenon called platelet margination. The transport and
deposition/extravasation of drug carrying nanoparticles in blood vessels are greatly influenced
by the non-homogeneous distribution of RBCs. Hence, for an accurate prediction of the fluid-
nanoparticle dynamics in blood flow, the local hematocrit H; must be obtained.

Microscopic and mesoscopic simulations of hemodynamics have been performed by
modeling the dynamics of individual deformable RBCs and their interactions (Bagchi 2007;
Liu & Liu 2006; McWhirter et al. 2009; Sun & Munn 2005). Such numerical approaches are
very taxing in computer resources and provide only local hematocrit information of a small
number of RBCs, often just in two-dimensional geometries (see Figure 1.1). In contrast,
dissipative particle dynamics have been employed to model cell-cell interactions in order to
link the bulk properties of blood with RBC microstructures (Fedosov et al. 2011; Lei et al.
2013). The results confirmed that for tube sizes larger than 100 um a heterogeneous continuum
model is warranted based on micro-scale effects. Hence, it would be adequate to describe the

bulk rheology of blood flow, if the local hematocrit distribution can be obtained.
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Figure 1.1: Comparison between different modeling approaches for blood flow in
microvessels.

For a macroscopic continuum model, the Cauchy equations have to be augmented with
constitutive equations, which can be derived either from cell interactions on the microscopic
level, or from empirical correlations. The shear stress in blood flow is not only a function of
the translational shear rate, but also a function of the rotational shear rate. The latter, caused
by RBC rotation, is directly related to the local hematocrit. Previous efforts modeled blood
flow in tubes as a concentrated core of suspended red blood cells surrounded by a cell-free
layer of plasma near the vessel wall with prescribed thickness (Sharan & Popel, 2001) (see
Figure 1.2). Their model is phenomenological and relies on empirical data. Based on the
polymeric stress model for particle interactions in dense suspensions, Moyer-Gonzalez, Owens
& Fang (2008) proposed a constitutive model that couples the time averaged number density
and inter-cell elastic stress tensor with the Cauchy equations. For example, that model captures

the Fahraeus-Lindgvist effect well. Alternatively, blood flow can be modeled using the
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classical multi-phase simulation approach established in computational fluid dynamics. Rather
than employing a single-phase model with an apparent viscosity, the multi-phase models can
provide H distributions at each the cross-stream direction and therefore take into account the
effects of the non-homogeneous nature of blood flow. A number of multiphase/multi-
component models have been adopted to simulate blood flow (Hund & Antaki 2009; Jung et
al., 2006; Massoudi et al., 2012) (see Figure 1.2). The main drawback of these models lies in
the assumption that the RBCs can be treated as a continuum that interacts with the plasma
phase through a momentum exchange term that need to be determined using empirical data.
Still, an Eulerian two-phase flow model can be adopted where the H; distribution is provided
by a convection-diffusion-reaction-type equation (see Figure 1.2). For example, Phillips et al.
(1992) extended a shear-induced self-diffusion model developed by Leighon & Acrivos
(1987), using scaling arguments. According to their model, particles in an inertial free
(laminar) flow field will migrate to different regions depending on the variations of local shear
rate, concentration, and viscosity. The evolution of particle concentration profiles is described
by a second-order nonlinear scalar transport equation. Two different mechanisms were
considered, i.e., spatially varying interaction frequency and spatially varying viscosity.
Recently, Mansour et al. (2010) applied the model to a numerical investigation of RBC
migration in micro-vessels. Shear-stress induced self-diffusion was used to obtain the local
hematocrit for the Quemada stress-shear rate relationship. The fundamental drawback of this
model is an inconsistency in mass conservation due to the reaction term in the governing

equation.
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Considering heterogeneous blood flow, two main contributing factors are of particular
interest in microvessels, i.e., the migration of RBCs due to RBC-wall interactions that results
in formation of a wall-depletion layer of RBCs (Goldsmith et al., 1989), and the dispersion of
RBCs due to multi-body interactions which leads to shear-induced diffusion (SID) of RBCs.
Wall-induced migrations (WIM) is due to the break of fore-aft symmetry of the cell caused by
erythrocyte deformability. The lift force experienced by a RBC near the vessel wall has been
the interests of several theoretical, numerical and experimental studies (Olla, 1999; Seifert,
1999; Sukumaran & Seifert, 2001; Abkarian et al., 2002; Callens et al., 2008). SID of particles
in non-colloidal (non-Brownian) suspensions have been observed for rigid and deformable
particles with different shapes (Grandchamp et al., 2013). It is due only to the hydrodynamic
interactions between the particles comprising the suspension (Breedveld et al., 2001).
However, these interactions can be viewed in part as a diffusion process. Specifically, the

resulting particle migration has been shown to exhibit diffusional behavior characterized by a

diffusivity D~ ¢ga’ ¥, where £ is the particle concentration.

1.3 TUMOR MICROENVIRONMENT

To reach all tumor cells, anticancer drugs must be delivered efficiently throughout the tumor
vasculature; they have to cross the vessel wall and traverse the tumor interstitial space. Thus,
the patient-specific geometry and flow field of the tumor microenvironment have a significant
effect on this process.

The interstitial space comprises about one-sixth of the body volume and mediates the

exchange of oxygen, nutrients and waste products between the vascular system and cells.
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While low-molecular-weight compounds, such as glucose or oxygen, are mainly transported
by diffusion, water and large molecules are transported through convection. Plasma leaks out
of the capillaries owing to Starling’s force, passes through the interstitial space, and flows to
the lymphatic vessels. The rate of the trans-capillary flow is determined by the hydrostatic and
colloidal osmotic pressures in capillaries and in the interstitium, as stated by the Starling

equation (West, 2012):
3=K(r -R] s[r M (1.1)

Here, J, [ml/min] is the net flux, P, [mmHdg] is the capillary hydrostatic pressure, P is the

interstitial hydrostatic pressure, p. is the capillary oncotic pressure, p, is the interstitial
osmotic pressure, K, is the filtration coefficient (permeability), and s is the reflection

coefficient which measures the impermeability of the capillary vessel wall for proteins. The
flow velocity is on the order of 0.1-2 um/s (Swartz & Fleury, 2007). The hydraulic
conductivity, or resistance to fluid flow in the extracellular matrices (ECMs) is largely
determined by its composition, most prominently fibrillary collagen and proteoglycans.

The oncotic (i.e., osmotic) pressure is built up by the high concentration of proteins in
plasma that pulls water into the circulatory system from the interstitium through the
semipermeable endothelial membrane, which blocks the pass of the protein molecules. On the
other hand, the hydrostatic pressure opposes the oncotic pressure and tends to move the fluid
out from the capillaries. The resulting trans-capillary pressure gradients are slightly negative
in normal interstitium, which results in outward trans-capillary flow (see Figure 1.3).
Considering intravascular drug delivery, to ensure that all the tumor cells get an adequate drug

supply, drug molecules or drug-loaded nanoparticles should migrate through the tumor



interstitial space from a site of entry to remote cells by diffusion and/or through micro-

convection. Clearly, a number of unique characteristics of tumor microenvironment affect this

process.
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Figure 1.3: Forces that regulate trans-capillary transport in tissues. The figure shows the
hydrostatic and colloid osmotic pressures in capillaries (Pcar and COPcap, respectively) and
the surrounding interstitium (Pir and COPf, respectively) in normal tissues (&) and tumor
tissue (b). It should be noted that values are approximate. a: In normal human capillaries, the
COPcap is about 28 mm Hg, which tends to keep fluid in the capillaries. The forces that tend
to move fluid out from the capillaries are the Pcap (about 20 mm Hg), the COPr (about 8
mm Hg) and the PIF, which is normally negative (-1 to —3 mm Hg). So there is normally a
net outward filtration pressure from the capillaries in tissues of 1-3 mm Hg. This outward
pressure assures a flow of fluid out from the vessels and through the interstitium, and
contributes to transport of molecules to and from cells. b: In tumor tissues, the COPr is
increased to about 20 mm Hg and the PIF is increased to 10-30 mm Hg, resulting in some
tumors in a net outward pressure of about 2 mm Hg (which is similar to that of normal
tissues), but in other tumors in a net inward pressure of up to 18 mm Hg. (Reprinted from
Heldin et al. (2004) with permission from Macmillan Publishers Limited, part of Springer
Nature)



Vascular endothelium in tumors often present open fenestrations due to structural
changes in vascular pathophysiology (see Figure 1.4). These blood vessels generally have high
proportions of proliferating endothelial cells, as well as aberrant basement membrane
formation and pericyte (i.e., mural cell) deficiency, resulting in enhanced vascular permeability
(Danhier et al., 2010). The size of the endothelial pores varies from 10 to 1000 nm (Torchilin,
2000). On the other hand, the lymphatic vessels are absent or nonfunctional in tumors, limiting
the drainage effect. In addition, the extra-cellular matrix (ECM) of tumors contains a much
denser network of collagen fibers than in normal tissue, and a fibrous protein, fibrin, that only
exists in pathological cases. As a result of the above abnormities, molecules leak out from the
capillaries to the interstitium, and are not effectively drained away by the lymphatic system.
This increases the osmotic interstitial fluid pressure (IFP) and limits the convective interstitial
flow.

Because of the endothelial pores, drug-loaded nanoparticles (the nano-carriers) in the
size range of 20-200 nm can easily extravasate and accumulate in the interstitial space. Once
entered into the interstitium, these nanoparticles cannot be removed efficiently because of the
poor drainage from tumor tissues due to the lymphatic abnormity in tumors. Together, these
two effects are called the Enhanced Permeability and Retention (EPR) effect (see Figure 1.4).

The accumulation of nanoparticles in tumor tissues facilitated by vascular
abnormalities is compromised by the increased IFP in solid tumors, which puts a barrier for
efficient drug delivery (Heldin et al., 2004). The high osmotic pressure in tumors reduces trans-
capillary drug transport in tumors because in addition to diffusion, convection contributes to
the transport from circulatory system through the interstitial space. Moreover, the IFP tends to
be higher at the center of solid tumors, diminishing towards the periphery. This creates a mass
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flow away from the central region of the tumor, further reducing drug uptake and accumulation
in the tumor. However, the microvasculature pressure in tumors can be up to two orders of
magnitude higher than in normal tissues, again facilitating extravasation of nanoparticles.
Nevertheless, diffusion is often the dominant mode of drug transport through the tumor
interstitium due to the high IFP and poor lymphatic drainage (Trédan et al., 2007).
Consequently, a size-dependency of the EPR effect has been observed, where large
nanoparticles (100 nm) are more retained in the tumor, whereas smaller molecules easily

diffuse (Danhier et al., 2010).

A. Normal tissue B. Tumor tissue
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Figure 1.4: Differences between normal and tumor tissues that explain the passive targeting
of nano-carriers by the Enhanced Permeability and Retention (EPR) effect. A. Normal tissues
contain linear blood vessels maintained by pericytes. Collagen fibers, fibroblasts and
macrophages are in the extracellular matrix. Lymph vessels are present. B. Tumor tissues
contain defective blood vessels with many sac-like formations and fenestrations. The
extracellular matrix contains more collagen fibers, fibroblasts and macrophages than in
normal tissue. Lymph vessels are lacking. (Reprinted from Danhier et al. (2010) with
permission from Elsevier)
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Following Danhier et al. (2010), the abnormal vascular architecture that can be
exploited for drug delivery on the tissue level can be summarized as follows:
1 Extensive angiogenesis (i.e., new blood-vessel formation) and hyper-vasculature
1 Lack of smooth-muscle layer, but contractile cells (i.e., pericytes)
1 Defective vascular architecture, i.e., fenestrations
1 No constant blood flow and direction
1 Inefficient lymphatic drainage that leads to enhanced retention in the interstitium

91 Slow venous return that leads to nanodrug accumulation in the interstitium of tumors

1.4 NANOPARTICLE INTERACTION WITH RED BLOOD CELLS

Considerable experimental evidence has demonstrated that heat and mass transfer in
particle suspensions can be augmented in the presence of shear (Wang & Keller, 1985;
Breedveld et al., 1998; Metzger et al., 2013). This is because particle interactions due to shear
cause diffusional particle migration. This shear-induced particle diffusion will also create a
local mixing effect at the particle scale together with particle rotation. Consequently, the
diffusion of solutes will be augmented in the presence of velocity gradients when compared to
Brownian diffusion alone. Considering drug-particle transport in blood flow, the presence of
red blood cells (i.e., RBCs>40% of the blood volume) has to be accounted for. Consequently,
RBCs not only determine the bulk rheological behavior of blood, but also influences the
dynamics of small blood-infused particles, such as microspheres and/or nanoparticles (NPSs).
Examples of augmented solute transport also include processes such as thrombogenesis and

atherogenesis as well as extracorporeal devices such as dialyzers, hemo-filters, microporous
12



plasma separators, and blood oxygenators (Zydney & Colton, 1988; Page et al., 1998). Due to
the small size of NPs compared to RBCs, interactions between the NPs and the blood cells will
also play an important role in the transport and deposition of nanodrugs and their subsequent
internalization by targeted cancer cells. Margination is a desired effect in microvasculature due
to the need of binding of the drug carrier with the vessel endothelium at targeted sites, or the
entering of the NPs into the interstitial space of the tumor by virtue of the enhanced
permeability (EP) effect. However, for controlled transport of nanomedicine to the
microvasculature feeding the tumor, margination may not be favored in the larger mother
vessels. In any case, characterizing the motion of drug-carrying nanoparticles in human blood
flow and their interactions with blood constituents such as RBCs is important in order to
achieve directnanodrug delivery from the injection point to the target site.

Despite the abundant evidence of enhanced solute transport in sheared suspensions
(such as NPs in blood), few theoretical models exist to predict this augmentation. For example,
Zydney & Colton (1988) proposed a model for augmented solute transport in sheared flow of
concentrated particulate suspensions by volume-averaging the continuity equations for both
the particle and fluid phases, similar to those used in the Euler-Euler two-phase flow modeling
approach. This model is based on shear-induced particle migration and the concomitant
dispersive fluid motion that they induce. It has been widely used to account for enhanced
diffusion of blood-borne particles or solutes such as platelets, nanodrugs, and oxygen (Tsai et
al., 2003; Eckstein & Belgacem, 1991; Grief & Richardson, 2005). However, the model is not
without drawbacks. For example, the volume fraction and velocity of a phase (particle or fluid)
were expressed as the sum of an average quantity and a fluctuation, of which the ensemble
average of the product was approximated by the gradient of the volume fraction, i.e.,
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(Vif) =D, uf/ i Here Dis the diffusivity of phase k, the overbar denotes an average

value, and apostrophes indicate random fluctuations. This modeling approach is similar to that
used in developing the eddy diffusion term in turbulent flow. It was then assumed that in the
absence of particle rotation, the shear-induced solute diffusivity in the fluid phase is equal to
the particle diffusivity. However, as the time and length scale of solutes and particles can differ
by a few orders of magnitude and a characteristic solute diffusion length is difficult to define,
this assumption may be unrealistic.

Although tracer particles have shown enhanced diffusivity in flowing blood
(Saadatmand et al., 2011), in vivo(Lee et al., 2013; Thomas et al., 2014) as well as in vitro
(Namdee et al., 2013) measurements seem to support that submicron particles have a poorer
ability to preferentially accumulate near the vessel wall compared with micro-sized particles.
This is probably because the small size of NPs makes them vulnerable to trapping in the cell-
rich core. Tan et al. (2012) and Muller et al. (2014) numerically studied nanoparticle behavior
in microvessels considering NP-RBC interaction, and margination of NPs were characterized.
The distribution of small NPs (<250nm) was shown to approximate the plasma distribution
(Muller et al., 2014). The margination properties of blood borne particles are not only affected
by their size, but also influenced by their shape. Nonspherical particles tend to marginate better

than spherical particles (Carboni et al., 2014).

1.5 DIRECT DRUG DELIVERY with MULTIFUNCTIONAL NANOPARTICLES

To reduce the toxicity of systemically administrated chemotherapeutic agents, recent

interest has been focused on developing vehicles that can deliver particles directly to the tumor
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or inflammatory cells, releasing the drug at a controlled rate, and maximizing the therapeutic
efficacy. The development of nano-technologies has enabled a wide spectrum of
nanomedicines to be engineered and tailored for this therapeutic purpose. New possibilities in
drug delivery were enabled by the small size of NPs and the possibility it offers to encapsulate
poorly soluble drugs, facilitate combination regimens, protect therapeutic molecules, and
modify their blood circulation and tissue distribution (Bertrand et al., 2014). Generally, passive
and active drug targeting have been explored taking advantage of the unique properties of
nanoparticles (see Figure 1.5).

In passive targeting, NPs passively reach the target site following blood flow. By virtue
of the enhanced permeability and retention (EPR) effect, NPs may more readily enter the tumor
interstitium when passing by, and linger for prolonged periods of time. The preferential
distribution to the tumor is due to the leaky walls of the tumor blood vessels and the poor
lymphatic drainage of tumor tissues. The accumulation of NPs at/in tumor tissues is affected
by the extravasation of particles from the blood vessels, their diffusion through the
extravascular tissue, and their interaction with tumor cells (Hara et al., 2010). Obviously,
hemodynamics and interstitial flow play important roles in the processes (Florence, 2006),
because the kinetics of NPs are governed by physical laws (Bao et al., 2014; Florence, 2012),
in addition to the biological effects. Advantageous drug deposition in tumors has been
observed in animal models. However, there has been little direct evidence of EPR-induced

preferential tumor accumulation of nanodrugs in humans (Nichols & Bae, 2014).
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Figure 1.5: A: Passive targeting of nano-carriers. (1) Nano-carriers reach tumors selectively
through the leaky vasculature surrounding the tumors. (2) Schematic representation of the
influence of the size for retention in the tumor tissue. Drugs alone diffuse freely in and out
the tumor blood vessels because of their small size and thus their effective concentrations in
the tumor decrease rapidly. By contrast, drug-loaded nanocarriers cannot diffuse back into
the blood stream because of their large size, resulting in progressive accumulation: the EPR
effect. B: Active targeting strategies. Ligands grafted at the surface of nano-carriers bind to
receptors (over)expressed by (1) cancer cells or (2) angiogenic endothelial cells. (Reprinted
from Danhier et al. (2010) with permission from Elsevier)

In active targeting (or ligand-mediated targeting), the NPs are surface modified with
tissue or cell-specific ligands. Once they have reached the target site, these NPs will recognize

and bind to overexpressed antigens or receptors in malignant tissues, cells or subcellular
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domains. Active targeting increases the affinity of the NPs for tumor cells, and increases the
retention and uptake by the targeted disease cells. However, this technique requires that NPs
are already in the proximity of the tumor or diseased sites for their therapeutic actions to be
effective. Hence, it relies on the EPR effect to increase NP accumulation in the extravascular
space of the tumor. As a result, active targeting faces the same challenge that passive targeting
has, 1.e., to deliver NPs to the target site for EPR to take effect, and to avoid systemic clearance
of the NPs while they circulate in the bloodstream. Nanoparticle carriers designed to achieve
active targeting and controlled drug release include inorganic NPs, polymeric NPs, liposomes,
dendrimers, micelles, etc. (Faraji & Wipf, 2009, Kleinstreuer & Childress, 2014).

The concept of passive and active targeting are somewhat misleading, because it is
seemingly not possible that any nano-sized drug carrier introduced into the blood stream will
actively seek target cells that are remotely sitting in solid tumors. On the contrary, it is likely
that the nanoparticles stumble on floating cells (especially RBCs) in the blood, and find the
fenestraes (openings) on the tumor blood vessels by chance through convectional flow and
random diffusional process (Bae, 2009).

To directly deliver drugs to the tumor-feeding vasculature, a novel direct tumor-
targeting methodology has been proposed (Kleinstreuer, 2015). In this technique, the drug-
loaded particles are carried by the blood flow directly to the target site. This is achieved by
controlling the catheter position (i.e., radial position in the arterial particle-injection plane),
infusion speed, and injection timing precisely in a pre-determined manner. Patient-specific
computational fluid-particle dynamic (CF-PD) simulations, incorporating catheter geometry,
nonlinear vessel compliance, and pulsatile flow characteristics, can establish the optimal
release sites for selected branch targeting, and provide the control parameters for infusion
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(Basciano et al., 2010, 2011; Childress et al., 2012; Childress & Kleinstreuer, 2014a,b;
Kennedy et al., 2010; Kleinstreuer et al., 2012; Richards et al., 2012; Zhu et al., 2015).

Specifically, a vast amount of particles are randomly released over the whole cross-
sectional plane of the injection point (say, the proper hepatic artery in the case of liver-tumor
targeting). The particle trajectories are modeled through the system as indicated in Figure 1.6,
to generate a patient-specific PRM that visually links particle injection regions with associated
exit branches. Such PRMs can then be used to determine radial micro-catheter positions to
achieve optimal targeting. For example, in the scenario given in Figure 1.6, the catheter should
be placed in Zone 1 of the PRM, while avoiding the remaining zones to target the tumor. A
computational medical management program has been proposed to implement the optimal
tumor-targeting methodology, i.e., patient-specific direct drug delivery. Figure 1.7 illustrates
the three steps discussed. Examples of possible SMC and MSA designs have also been
demonstrated.

This direct drug delivery method has been demonstrated in representative (Basciano et
al., 2010, 2011; Childress et al., 2014a,b) and patient-inspired (Childress et al., 2012) hepatic
artery systems, and validated by in vitro experiments (Richards et al., 2012). It was first
designed to improve embolotherapy for liver cancers, and has since been extended to study the
behaviors of emboli in cerebral arteries that cause stroke (Fabbri et al., 2014). Childress (2013)
evaluated the effectiveness of this methodology for nanodrug delivery. Preliminary results

indicate that direct nanodrug delivery is feasible in a representative hepatic artery system.
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Figure 1.6: Illustration of the particle release map for the direct tumor-targeting
methodology. (Reprinted from Childress et al. (2014), with permission from Springer)
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1.6 MICROSPHERE EMBOLIZATION REDUCING OFF-TARGET DEPOSITION

As discussed, micro-catheter based intravascular drug delivery aims to deliver drug
vehicles to a local target site to minimize systemic toxicity. Aberrant particle deposition in
non-target locations still causes severe side-effects, alongside diminished efficacy (van den
Hoven et al., 2014). This can be the result of either reflux of therapeutic agents into upstream
arterial branches due to downstream embolization, or antegrade flow into undesired
downstream arterial branches due to path deviation. Traditionally, trans-arterial embolization
(TAE) has been performed using end-hole catheters. This type of catheter is prone to off-target
delivery, because it has little control over the antegrade flow, and allows reflux once flow stasis
is achieved.

Several strategies have been proposed to address this challenge. One is a direct-tumor
targeting methodologyased on computationally predetermined optimal positioning of a smart
micro-catheter (Kleinstreuer et al., 2012; Richards et al., 2012; Kennedy et al., 2010). This
technique is applicable to embolotherapy as well as to radioembolization and chemotherapy of
liver tumors and malignancies in other organs. In addition, magnetic drug delivergan reduce
the aberrant deposition and enhance the efficacy of TAE by attract or steer the drug-bearing
magnetic particles to the target site. Balloon occlusion catheter can help to prevent reflux
(Nakamura et al., 1985) by occluding the vessel upstream of the catheter tip. Another
promising method to eliminate undesired particle reflux is to use an anti-reflux structure during
microsphere administration (van den Hoven et al., 2015; Bannerman & Wan, 2016). An FDA-
approved catheter is the Surefire anti-reflux infusion system (Surefire Medical, Inc.,
Westminster, CO), whose effectiveness was recently shown by Arepally et al. (2013) and van
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den Hoven et al. (2014). In addition to the clinical evidence, Aramburu et al. (2016)
numerically studied the influence of catheter position on the particle fate. The location of the
catheter tip in the artery was found crucial in terms of particle distribution. Results suggest that
even though the near-tip blood flow was altered due to the presence of a catheter, the particle
distribution matched the flow split if the distance between the injection point and the first
bifurcation encountered enabled the alignment of particles with blood flow. This indicates that
a direct microparticle delivery using the anti-reflux catheter is feasible.

The anti-reflux infusion system (Surefire Medical, Inc., Westminster, CO) aims to
prevent particle reflux during embolization. However, it was observed that once deployed, the
catheter tip causes a pressure drop downstream of the infusion point (Rose et al., 2013). For
example, Rose et al. (2015) proposed that measured intra-procedural femoral and hepatic
arterial blood pressures during lobar chemoembolization can be used as a safety endpoint when
the anti-reflux device is used. Chemoembolization should be terminated when significant
reduction in the pressure difference occurs. However, no quantitative relationship has been
established between the pressure drop and embolization level. Therefore, the suggested
endpoint may still not be safe. Recently, Rose et al. (2017) compared the blood pressure change
in the vascular compartment when using the anti-reflux catheter during chemoembolization
versus radioembolization. The absolute and relative changes in the systemic-hepatic arterial
pressure difference (SHAPD) were obtained from the femoral artery vascular sheath and the
antireflux catheter before, after, and, when feasible, during embolization. The reduction in
pressure drop over the deployed catheter dip was used to suggest more embolic obstruction of
the targeted vascular compartment. It can be conjectured from the existing observations that
the pressure drop caused by the anti-reflux catheter has implications on a relationship between
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incremental pressure drop and embolization level, which could provide real-time feedback for

determining infusion-stop point.

1.7 RESEARCH OBJECTIVES AND NOVEL CONTRIBUTIONS

The two major objectives of this project are to improve the embolization procedure by
using microspheres with an anti-reflux injection catheter and to investigate direct nanodrug
delivery in large arteries as well as in microvessels considering realistic blood rheology. Novel
contributions of this study include:

1 Establishment of a quantitative relationship between embolization level and the related
pressure drop caused by the anti-reflux catheter in order to determine the best stop
pointduring real-time infusion.

1 Evaluation of the feasibility of direct nanodrugdelivery for optimal liver-tumor
targeting.

1 Comparison of tumor druguptake using direct nanoparticle delivery vs. passive
targeting.

The motivations for these contributions are detailed as follows.

Infusion Stogpoint when sing AntiReflux Cathetefor Embolization

Current embolization (radioembolization or chemoembolization) procedures usually
predetermine a suitable dosage of therapeutic agents and terminate the infusion process when

this whole amount has been delivered. Due to procedural limitations, typically only post-
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procedure imaging is used to determine the distribution of the delivery. This poses serious
challenges to accurate dose determination. The Surefire catheter prevents particle reflux by
using a deployed catheter tip which functions like an umbrella. However, continued injection,
after complete embolization of target vessels is achieved, produces stray particles with the
potential to migrate to other organs after the Surefire catheter has been retracted. These factors
may severely impact the effectiveness of the system as well as the treatment outcome. Hence,
determining the best injection-stop point is required to maximize procedural efficacy and

optimize the reflux deterrence of the Surefire infusion system.

Direct Nanodrug Delivey

Direct tumor-targeting using multifunctional nanoparticles has been demonstrated by
Childress (2013). However, the role of NP-RBC interaction was not fully explored. For
example, the impact of shear-induced NP diffusion has yet to be determined for fluid-particle
flow in major arteries and in the microvasculature. Thus, a model for enhanced NP diffusivity

due to particle-cell interactions in blood flow is needed.

Direct Nanoparticle Transport in Tumor Microvasculature and Extravasation

After the nanodrug stream is locally administered, for example, to the proper hepatic
artery via a well-positioned micro-catheter, the drug-carrying nanoparticle stream is swept by
the blood flow directly to tumor-feeding artery branches. From there the NPs eventually enter
the microcirculation in the solid tumor and unload the nanodrugs (see Figure 1.8). Specifically,

these NPs enter into the tumor interstitium from microvessels taking advantage of the enhanced
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permeability effect, or deposit on the vessel wall due to ligand-receptor binding. It is therefore
necessary to develop a model that is able to accurately predict drug delivery from the periphery
into the tumor mass, providing information on drug penetration and local drug distribution near
the microvessels. Hence a model that couples particle hemodynamics in tumor
microcirculations and mass transfer in tumor tissues is needed.

The effectiveness of direct nanodrug delivery is determined by the amount of drugs
entering the tumor tissue or depositing on the wall shortly after local administration.
Nanoparticles that remain in the circulation after passing the tumor microvasculature will have
to reenter the systemic circulation. Therefore, it is interesting to determine the NP

extravasation/deposition due to direct nanodrug delivery versus passive targeting.
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Figure 1.8: Illustration of direct nanodrug delivery. Accurate positioning of catheter in the
injection plane ensures that NP stream only enters tumor-feeding artery branches. After being
brought to tumor microvasculature by blood flow, NPs enter into tumor interstitium via EPR
effect and release drugs.
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2 SOLID TUMOR EMBOLIZATION WITH MICROSPHERES USING

AN ANTI-REFLUX CATHETER

Part of the results presented in this chapter have been published in Xu et al. (2016) in
Annals of Biomedical Engineering (copyright 2016 by Springer). Excerpts and figures have

been reprinted with permission.

2.1 CATHETER-INDUCED VASCULAR PRESSURE DROP

The commercial anti-reflux catheter was observed to cause a pressure drop downstream
of the infusion point. To quantify the pressure drop, bench top measurements were conducted
using a physical model of a hepatic artery system. Geometric data and measured results of
steady microsphere-water flow through the model with inserted micro-catheter provided
physical insight as well as data for computer model validation. The measured data sets were
courtesy of Committee Member Prof. Gregory Buckner, MAE Department, NC State
University, Raleigh.

Figure 2.1 shows a generalized model of the human liver vasculature, developed to
study quantitative endpoints during embolization. For realistic simulations of the transport
phenomena, the left hepatic artery (LHA) has 6 branches and the right hepatic artery (RHA)
has 11 branches, making a total of 17 branches of the proper hepatic artery (PHA). The splenic
artery (SA) and the gastro-duodenal artery (GDA) were also mapped in the vasculature to better
mimic the physiological geometry and to simulate possible errant particle flow. The inlet of

the celiac artery (CA) has a diameter of 6mm, which gradually reduces to 5mm at the common
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hepatic artery (CHA) and 4mm at the proper hepatic artery (PHA). The SA and the GDA both
have an outlet diameter of 5mm. The PHA splits into the LHA and the RHA, with a smooth
transition of the vessel diameter from 4mm to 3mm. The LHA and RHA further split into
downstream arterial branches, where the diameters shrink smoothly to 1mm at all outlets
except for the duodenal artery, which has an outlet diameter of 2mm. The total length of the
planar liver vasculature is 184.09mm. The guide sheath for the catheter has an outer diameter
of 1.3mm, and the catheter has an inner diameter of 0.68mm. Flow through the model is
provided by a computer-controlled gear pump which circulates fluid from a distal collection
reservoir to the HA-model inlet. Pinch valves at each of the distal vessels can be adjusted to
alter the vessel resistance and thus mimic varying degrees of embolic loading. Physiologic
pressures (70-150 mmHg) as well as physiologic flow rates (200-500 mL/min in the whole
liver) can be implemented by controlling input pressures and adjusting the pinch valves. The
systemic pressure Pn, the sheath pressure Ps (proximal to the catheter tip) and the pressure Pt
just distal to the tip can be measured through embedded pressure sensors. Water was used as
the circulating fluid for these in vitro measurements.

After catheter and sheath insertion, a target zero-embolization flow rate was achieved
by uniformly adjusting the pinch valves. The pinch valves were then closed sequentially, each
occlusion mimicking complete embolization of a vessel branch. Sheath and tip pressures and
flow rates were recorded at each embolization level after enough time was allowed for the
pressure to return to a steady state. The three particle release positions and a photograph of the

deployed anti-reflux catheter tip are shown in Fig. 2.1(b).
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Figure 2.1: (a) Geometry of the liver arterial system. The celiac artery branches from the
splenic artery and the gastroduodenal artery before the proper hepatic artery, which then
splits into the left hepatic artery and the right hepatic artery. The middle hepatic artery and
the duodenal artery are also represented. The vessel outlets distal to the PHA were numbered
in a clockwise manner for determination of embolization sequences. (b) Bench-top model of
the liver vasculature developed to study pressure drops across the deployed tip (see inserted
image) at three locations. Particle release point at PHA is indicated by the black arrow where
the Surefire tip was deployed, while particle release points at LHA and RHA are indicated by
the white arrows.

28



Although the diameter of the unconstrained tip is 6mm when fully expanded, the inner
diameters of the arterial vessels where the tip was deployed are between 3mm and 5mm. Thus,
the expansion of the tip was constrained by the vessel size. The model captured two important
effects: (i) complete sealing of the vessel wall preventing retrograde transport of microspheres,
and (ii) significant confinement of the tip. Although the forward flow constricts the expandable
tip (Rose et al. 2013), the contraction of the tip will be more severe in small vessels than in
large vessels. The implication of the latter effect is pronounced when considering the tip-
surface as a porous membrane to predict the pressure loss, as discussed hereafter.

Experimental results are shown in Tables 2.1. A pressure drop across the deployed tip
(Ps-Pt) was observed at most embolization levels; however the pressure was reduced as more
vessel ends were embolized. This result is in accord with the clinical findings by Rose et al.
(2013) who studied the downstream hepatic arterial blood pressure changes caused by
deployment of the Surefire anti-reflux expandable tip. They examined 18 patients with liver
malignancy undergoing 29 procedures for chemoembolization or yttrium 90 (°°Y)
radioembolization. However, the clinical study did not consider the relationship between the
pressure drop and the embolization level, which could provide direct information on when to

stop the infusion procedure.
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Table 2.1(a): Experimental pressure measurements with Py=120 mmHg and catheter
placement in the PHA

Flow rate Velocity Ps-Pt % Vessels
(mL/min) (m/s) (mmHgQ) Embolized Patent (n/16)
315 0.467 25.8 0 16
300 0.445 27.2 5 15
270 0.400 26.8 14 14
252 0.374 26.5 20 13
240 0.356 25.6 24 12
216 0.320 24.8 31 11
210 0.311 23.9 33 10
180 0.267 23.7 43 9
162 0.240 21.3 49 8
144 0.214 20.5 54 7
120 0.178 18.9 62 6
108 0.160 17 66 5
84 0.125 15 73 4
69 0.102 12.1 78 3
44 0.065 9 86 2
24 0.036 3 92 1
0 0 -5 100 0
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Table 2.1(b): Experimental pressure measurements with Ph=120 mmHg, catheter placement in
LHA

Flow rate Velocity Ps-Pt % Vessels
(mL/min) (m/s) (mmHgQ) Embolized  Patent (n/6)
144 0.418 29.5 0 6
93 0.270 29 18 5
75 0.218 27.4 34 4
60 0.174 24.5 47 3
43 0.125 19.8 62 2
20 0.058 11 82 1
0 0 -2 100 0

Table 2.1(c): Experimental pressure measurements with Py=120 mmHg and catheter
placement in the RHA
Flow rate Velocity Ps-Pt

(mL/min) (mis) (mmHg) % Embolized Note
162 0.470 39.5 0 Tip deployed
150 0.436 40 7 16X
135 0.392 39.5 17 15x
120 0.348 37.9 26 14x
108 0.314 37.7 33 13x

96 0.278 34.6 41 12x
81 0.235 30.1 50 11x
64 0.186 24.6 60 10x
45 0.131 17 72 9x
23 0.067 8 88 8x
0 0 -1 100 7X
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2.2 PREDICTING PRESSURE DROP OVER DEPLOYED CATHETER TIP

The Surefire expandable catheter tip is a porous membrane made of fibrous material
with frames. Hence, a basic modeling approach is to employ the Darcy-Forchheimer law to
account for the pressure drop induced by the porous membrane. The momentum loss (i.e.
hydraulic resistance) is due to inertia and viscous effects, and can be expressed as

(Kleinstreuer, 2014):

Dp =S (2.1)

where D, is the thickness of the membrane in ith direction, and §[N/m?] is the momentum

loss term, i.e.,

S= @ Omy HG5 Yy @2
ci=t j %

Here, D; and C; are matrices for the permeability and inertia resistance factor of the porous
membrane, /mand r are the fluid viscosity and density, and v, is the fluid velocity vector.
For homogeneous porous media, D, and C; can be simplified to diagonal matrices with

1/a[m™?] and C,[m™!] as the diagonal elements, while a is the permeability and C, is the

inertial resistance factor. In the limit of negligible inertia, Eq. (2.2) reduces to Darcy’s law:

bp =

Ly 2.3)
a

Equation (2.3) is based on the assumptions that the porous medium is homogeneous and

isotropic and that the inertia effects are negligible. Nevertheless, it is a reasonable
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approximation of the hydraulic resistance caused by the deployed tip under low Reynolds-
number flow.

The experimentally measured pressure drop over the deployed tip as a function of the
average flow rate is shown in Fig. 2.2. At low velocities (below 0.15 m/s), pressure drop is
linearly related to average flow rate. At higher flow rates, pressure drop begins to saturate,

most likely due to the spring-like nature of the expandable tip.
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Figure 2.2: Measured pressure drop across the anti-reflux tip: A tip deployed in PHA, e tip
deployed in LHA, and m tip deployed in RHA (see Fig. 2.1).

As the Surefire tip is compliant and self-expanding, it can also be contracted under
force. In the absence of external forces, the tip-expansion force is in equilibrium with the

pressures on either side of it:
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P=R +,/S (2.4)

S

where Ps is the fluid pressure proximal to the tip, Pt is the fluid pressure distal to the tip, F,

is the force of the deployed tip on the surrounding fluid, and S is the projected cross-sectional
area of the membrane-cone, or tip. However, the geometry of the expanded tip may vary even
if in steady state equilibrium. Specifically, if no external constraint is applied, the tip will be
fully expanded if the right side of the equation exceeds the left side. On the other hand, the
expanded tip will constrict if the left side of the equation is greater than the right side. It can
be expected that as the flow rate increases, the pressure drop over the deployed tip will
eventually exceed the expansion force and collapse the tip, according to Eq. (2.3). This effect
is evident in Fig. 2.2, which shows that initially there is a linear relationship between the
pressure drop and the average velocity of the flow through the tip membrane. As the flow rate
increases, the funnel-shaped tip constricts due to the flow-augmented stress, as confirmed by
Rose et al. (2013). The slopes of the pressure drop-flow rate lines in the linear region are
approximately the same for the three cases, which again proves that Eq. (2.3), i.e., Darcy’s
law, is valid in this regime.

To model the shape change of the deployed tip, we treated the membrane-cone as an
elastic structure, following Hooke’s law:

S=E ¢ (2.5)
where the stress s is linearly proportional to the strain e with a constant coefficient E known
as Young’s modulus. For this particular structure, i.e., the deployed tip, we assumed that the
cone angle g of the membrane is a function of the net force experienced by the tip (see Fig.

2.1):
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Dg =£E'F,

p

(2.6)
where Dg =g - is the angle change under a certain contracting force with g, = p4 being

the initial opening angle of the deployed tip under force-free condition, and E is the

proportionality coefficient. F

wp Can be calculated from the product of the pressure difference

and the projected tip area, i.e., F, = B S. When the deployed tip is partially collapsed, Eq.

(3) takes on the form:

-Dp' = ./17_'
a

S,
=% 2.7
S @7

where S is the projected area of the non-collapsed tip in the flow direction, which is equal to

the cross-sectional area of the local vessel, and S=p 1 is the instantaneous projected area.
The instantaneous radius of the tip cross section can be calculated from r =sing ¥sin g (see

Fig. 2.1). The permeability a can be obtained from the average of the slopes of the pressure
drop versus flow rate lines in Fig. 2.2.

It is worth mentioning that when deployed at locations where the vessel radius is
smaller than the radius of the deployed tip, i.e., r <r,, Dg >0 even at zero flow rate (see Fig.
2.1). This wall constraint is expected to be in effect when the vessel diameters become smaller
downstream. In addition, the deployed tip will not keep collapsing after the flow rate reaches
a certain value, due to the structure of the expandable tip. Hence, in this case the pressure drop
over the deployed tip will barely change even if the flow rate increases further. This is clearly
shown in Fig. 2.2. Therefore, as a first approximation, we assumed the pressure drop to possess

the asymptotic value at g = g, , where g,,;, is the minimum opening angle of the deployed

tip, determined to be p/6.
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To account for the wall-constraint effect, Dp must be scaled by a dimensionless

geometrical coefficient g:(d/dc)']/2 Q, where d, is the catheter diameter, dis the local

vessel diameter, and / =./d,/d, relates to the ratio of the diameter of the deployed tip over

the diameter of the catheter. The pressure drop over the deployed tip can now be stated as:

Pp =g —©

* m 2.8)
a

S
S
It should be noted that the effect of the geometrical coefficient, g, is different from that of the

S/ S term in Eq. (2.7), which is the result of the deformable nature of the deployed tip. The

permeability & is an intrinsic property of the porous membrane and is independent of the
nature of the fluid (Kleinstreuer, 2014). Therefore, it is applicable to blood flow as well as to
water flow. Thus, Eg. (2.8) can be used to obtain the pressure drop of blood flow across the
deployed tip. To determine whether Eq. (2.8) applies to the vasculature under consideration,
numerical solutions of the pressure drop over the deployed tip at each of the three locations

were obtained.

2.3 NUMERICAL MODEL FOR MICROSPHERE EMBOLIZATION IN A HUMAN

HEPATIC VASCULAR BED USING AN ANTI-REFLUX CATHETER

The particle hemodynamics in patient-specific arterial systems can be very complex,
especially considering that the blood flow is pulsatile. In addition, the Surefire expandable tip
tends to constrict and expand in accordance with the pulsatile blood flow. In order to see

dynamically how the expandable tip would affect the fluid-particle dynamics when the
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diagnostic/therapeutic particles are injected into the arteries and to visualize the particle

behavior, transient particle-hemodynamic simulations were conducted.

2.3.1 Computational Geometry and Mesh Generation

The computational domain of the liver vasculature is depicted in Fig. 2.1. The catheter
was assumed to be concentric to the host vessel, and the deployed catheter tip was modeled as
a porous membrane with nonlinear effective permeability. To achieve both computational
accuracy and efficiency, the vasculature was divided into multiple parts where structured and
unstructured meshes were applied where appropriate. The final geometry was examined for
completeness and interface connectivity. Regions of special interests, e.g., immediately distal
to the porous region, were supplied with a finer mesh to provide better resolution. Also,
sensitive regions were identified where hexahedral meshes are necessary to provide required
accuracy. A mesh independence study was carried out to compare the pressure drop results
obtained using different mesh sizes. For each case, the total element number was doubled until
the pressure drop difference between the last two cases was less than 1%. The final mesh had

a total element number of around 9 million.

2.3.2 Computational Models for Fluid Flow and Particle Transport

The problem under consideration is that of incompressible flow in a rigid geometry.

The governing equations for mass and momentum conservation are:
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=0 (2.9)
HX;
PDU MG WP (2.10)
19
Dt K

The quantities 7, u;, ¢, , P, f_ are the fluid density, the fluid velocity vector, the shear stress

ij?
tensor, the pressure, and the gravity force vector, respectively.

Blood was modeled as a non-Newtonian fluid using a modified Quemada model
(Buchanan et al., 2000, Basciano et al., 2010). The model is capable of reproducing the shear

thinning behavior of blood and at the same time avoiding the singular behavior at very low

shear rates experienced with other models. The apparent viscosity of blood is:

A aop. = MaX( mg/_uh o ) 231 (2.11)

=0.02654g én™ st is an

Where 73 =0.0309g €n™ s™ is the minimum viscosity, A,
asymptotic viscosity, ¢, =0.0436g €é@n™ s™ is the apparent yield stress, / =0.0181s™ is the

shear rate modifier, and ¢ is the local shear rate. In addition, the blood was assumed to have a

constant density of 1.06 g/cm?.
To calculate the particle trajectories, the Euler-Lagrange approach was adopted, which

uses Newton’s second law to update the particle location in the flow field:

mpd—ujp: F° +" R°®
dt ] ] J
1
FP :gp gdf,Cd(uj 'uip)‘q *ﬂ
»p (2.12)
FjP: 3__
6 kX
_p
FJG _Ed;(fp ,)gl
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where C, =24(1 ©.15Re}™)/Re ,, and Re, =r|u; -u?|d,/ f,. The quantities m,, 7

p 1
d,, and Re, are the particle’s mass, density, diameter, and Reynolds number, respectively.

The diameter of the particles obeyed Gaussian distribution, with mean 32um, maximum 60
pm, minimum 20 pm, and a standard deviation of 20 um. Other insignificant forces such as
the virtual mass force, the lift force, and the Bassett history force have been neglected
(Basciano et al., 2010). The particles were assumed to preserve their Kinetic energy upon

collision, implying perfect elastic collision.

2.3.3 Boundary Conditions and Solver Specification

For a transient analysis of the blood flow and drug transport in the hepatic arteries,
physiologically realistic flow rate and blood pressure waveforms are essential. Basciano et al.
(2010) constructed representative flow and pressure pulse waveforms for the CHA and
downstream vessels using published data sets. However, it cannot be directly used here due to
the pressure drop caused by the deployed tip which acts as a resistance to the blood flow.
Hence, the flow rate to the artery where the tip is positioned will be reduced.

In order to account for this effect, the new blood flow rate at the inlet and the blood
pressure at the outlets after tip deployment were obtained using an equivalent circuit analysis.

The diagram is shown in Fig. 2.3, where the distal resistance of the hepatic artery system

R, =3.844 30 Pa/ml (Childress and Kleinstreuer, 2014), and the resistance of the deployed

tip R isafunction of the flow rate, i.e., R = R( Q). The relationship between the unperturbed
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flow rate of Qin the CHA and the flow rate after catheter insertion and tip deployment, Q',

can be expressed as:

Q Total

Figure 2.3: Equivalent circuit analogy of the hepatic artery blood flow. The SA, GDA and
PHA were assumed to be connected in parallel, and the deployed anti-reflux tip was an
additional resistance in the PHA. The total blood perfusion to the celiac artery, Qtotal, iS
affected by the change of the PHA blood flow rate Q’, which varies dynamically with Rt.

- QR 213
o R(Q)+R ¢19)

where the tip-resistance is R = [/ Q'. Hence, combining Eq. (2.8) and Eq. (2.13), the new
inflow waveform can be obtained. It should be noted that the calculation of Q' takes into

account the dynamic process in which the opening angle of the deployed tip varies with the

flow rate. The solution of Q" for any Q-value was obtained by first guessing an initial Q'
value, and then using it to calculate R, in order to update the value of Q'. The process was
repeated until a converged Q' value was obtained. Equation (2.13) has a unique solution since

R is a monotonic function of the flow rate. The same technique was used to obtain the flow
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rate in the PHA, whereas the blood pressure at the multiple outlets of the downstream vessels
were determined by P'=P - I, where P is provided by Childress and Kleinstreuer (2014),

and DP can be calculated using the blood flow rate Q". The flow waveforms of Q' and Q are

shown in Fig. 2.4.

The resistance of the vasculatures distal to the GDA and the SA can be estimated using
the blood flow rate to the two vessels. The GDA usually receives 41% of the CHA blood flow
(Carlisle et al. 1992). Sato et al. (1987) measured blood flow rates in the human splenic artery
using a duplex Doppler ultrasound system. The average SA blood flow rate of the 21 healthy
subjects (aged 29-69) was 179 (x37) ml/min. In other words, the flow rate of 3.19ml in one
pulse of 1.07s can be used for the SA. The average blood flow rate of the PHA and the GDA
in the same pulse are 4.63ml (without catheter insertion) and 3.22ml, respectively. The distal
resistances to the SA, GDA, and PHA can be seen to form a parallel circuit. The blood flow
rate of SA and GDA should be unchanged before and after tip deployment if two assumptions
are made: blood pressure is unchanged at the CA inlet, and flow resistance is negligible in the
short path from the CA inlet to the bifurcation to GDA and PHA compared to the distal

resistance. Hence, using the above information, the inflow waveform at the CA inlet, Q..

can be constructed by adding the PHA, GDA, and SA flow waveform together (see Fig. 2.4).

41



14

(a)
12
7 °F
E [
® H
© 8
x|
3 H
s [
(TR 6:‘
3 . "\.
L T b T
4 - *,
L 1 [ | 1 1
20 0.5 1 15 2
Time [s]
6 -
i (b) 2
i I\ PHA
[ ‘\ R B GDA
S | \‘ R SA
| b | ;
\ ' \
_ [
g ! \ ; \
E [l i
..g ! \ ! \
4 { \\ ,’ \.\
u_%_ [ N ,' N
2 \\', o
— 1
00 0.5 1 1.5 2

Time [s]

Figure 2.4: Flow waveforms with Surefire tip deployed: (a) total inflow waveform of CA for

two complete pulses; and (b) flow waveforms for SA, GDA, and PHA after tip deployment.
The instantaneous inflow rate of CA is equal to the sum of the flow rates of SA, GDA, and

PHA. Ry=3.844x10? [Pa/ml].
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The flow waveforms shown in Fig. 2.4 were applied to the SA inlet, and the SA and
GDA outlets; the corresponding blood pressure waveforms (Basciano et al., 2010) were
applied to all outlets 1-17. No-slip wall conditions were imposed for both the vessel wall and
the catheter wall. The flow rate of the particle stream is determined by the average blood speed
at the injection plane. It should be noted that van der Hoven et al. (2015) found that injection
speed has a significant effect on the particle distribution. When the particle stream is
administered with a large injection force, turbulent particle flow pattern is observed. This
causes more homogeneous distribution of particles over the different downstream branches
than the laminar flow case where particles preferentially enter certain branches. However,
Childress & Kleinstreuer (2014a) found that careful control of the injection speed may provide
favorable outcome in terms of drug targeting. Therefore, the average speed of the injection
stream was set to be the average speed of the local blood flow rate.

The computations were conducted on a local workstation with the PDE solver CFX
v15 (ANSYS Inc., Canonsburg, PA). Convergence difficulties may be encountered because of
the very large momentum loss caused by the membrane cone and the reverse flow after the
downstream vessels were embolized. Therefore, first steady-state simulations were performed
to initialize the flow and pressure field before any transient case was run. The timescales for
the steady-state simulations were adjusted wherever possible to obtain better convergence.
Furthermore, a linearization of the shear-rate term was performed for the prediction of the
pressure drop across the membrane-cone without losing accuracy. A time step of 0.0025s was
selected for all transient simulations. A typical steady-state case took 5-7 hours to converge
depending on the flow rate. The transient simulation of one pulse of the blood flow (1.07s)
with particle injection took about 60 hours.
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2.3.4 Computer-model Validation

A very important first step in computational analyses are detailed model validations to
gain additional physical insight and instill confidence in the accuracy of the numerical model.
Figure 2.5 shows the comparison of the measured (see Table 2.1) and predicted pressure drop
as the flow rate changes due to downstream embolization. The numerical prediction was based
on the relation proposed with Eq. (2.8). For the measurements of the pressure drop at PHA,
LHA and RHA, the local diameters of the lumen where the expandable tip was deployed (see
Fig. 2.1(b)) were determined to be 4.6mm, 3.7mm, and 3mm, respectively. The initial opening
angle of the deployed Surefire tip was slightly less than 45 . The pressure drop over the
deployed tip at zero flow rate should be zero. However, the trend lines as seen in Fig. 2.2
indicate nontrivial values of the points of intersection with the y-axis. This is possibly due to
experimental error as the flow rate diminishes and because of the relative importance of the tip
geometry which is more pronounced in downstream vessels. To compensate for these minor
deviations, the intersection values of 1.8mmHg and -2mmHg for the PHA and LHA cases were

subtracted from the calculated values.
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Figure 2.5: Left: Experimental measured pressure drop across the Surefire anti-reflux tip and
numerical prediction based on the relation given in Eq. (8); Right: Model comparison with
the average value of in vivo measurements from 29 clinical cases

It can be seen from Fig. 2.5 that the model predictions agree very well with the
laboratory measurements. The linear dependence of the pressure drop on the flow rate at low-
value range and the decline at higher values are well reproduced by the model. Hence, the
relation established, based on Darcy’s law and Hooke’s law, performs well in predicting the
pressure loss induced by the elastic porous membrane-cone. It should be noted that the model
performance is sensitive to the initial condition. Specifically, the opening angle of the deployed
tip under unconstrained condition affects the absolute value of the predicted pressure drop.
However, this is a fixed parameter which can be determined a priori. As discussed in Section
2.2, further pressure drop will be suppressed by the collapse of the deployed tip at high flow

rates. Hence, the asymptotic pressure drop value which is obtained when the opening angle of
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the deployed tip reaches 30  will be taken for higher flow rate conditions, which agrees with
the measurements shown in Fig. 2.5.

In order to further verify the current model, in vivo measurements of the blood pressure
drop due to the deployment of the Surefire expandable tip were used to compare with the model
predictions. As mentioned, Rose et al. (2013) measured this pressure drop in 18 patients with
liver malignancy undergoing 29 procedures in 29 hepatic arteries between October 2011 and
June 2012. The mean blood pressure drops due to the deployment of the Surefire tip were
25mmHg for systolic pressure, and 17mmHg for diastolic pressure. As no blood flow rate data
were provided in the clinical study, we used the PHA systolic and diastolic flow rates obtained
from the equivalent circuit analysis previously discussed, with a typical distal resistance value
of R, =3.844 30°Pa/ml. The predicted systolic and diastolic blood pressure drops are then
22mmHg and 12mmHg, respectively. The predicted systolic pressure drop agrees well with
the in vivo measurements, while the predicted diastolic pressure drop is lower than the
measurements. This may be due to the value of the PHA distal resistance adopted here,
considering that patient-specific parameter-values typically vary.

To study the effect of the PHA distal resistance on the blood flow rate after the tip has
been deployed in the PHA, different values of R, were tested. The resulting inflow waveform
and the corresponding opening angle of the deployed tip are illustrated in Fig. 2.6. It is clear
that the value of R, has a significant impact on both the blood flow dynamics in the PHA and
the shape change of the deployed tip. Tumors are known to induce compromised blood supply
to the organ (Vaupel et al. 1989), possibly via changing the distal resistance of the artery.

Hence a larger R, value than that for a healthy liver should be used for realistic simulation
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purposes. Therefore, for the current study, R, =6 30>Pa/ml will be used for particle

hemodynamic simulations, as discussed in the following section.
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Figure 2.6: Flow waveforms for the CHA (first row) and corresponding tip cone angle (second row) under different hepatic distal

resistances, Rg.
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2.4 CATHETER-INDUCED PRESSURE DROP AS A QUANTITATIVE INDICATOR FOR

BEST INFUSION-STOP POINT

Steady as well as pulsatile particle-hemodynamic simulations were conducted to
analyze the blood flow and associated particle trajectories in the presence of the catheter with
deployed tip. For the transient case, seven physiological pulses were simulated with particle
injection at the second pulse. One pulse before particle injection was ran to reduce the influence
of initial conditions on the flow field and particle transport. Then, after particle injection, five
pulses were executed to allow the particles to leave the domain or reach maximum integration

time.

2.4.1 Transient Blood Flow and Particle Trajectory in the Arterial System

The dynamic blood pressure drop across the deployed tip during a single physiological
pulse is depicted in Fig. 2.7. The clinical data of Rose et al. (2013) for average pressure drops
in systole and diastole, based on 29 cases, are added in Fig. 5. Good agreement can be found
between the in vivo data and the model prediction. A snapshot is also shown for the flow field
in the symmetry plane near the deployed tip when it was partially collapsed. Due to the
resistance of the porous membrane, most blood flows through the gap formed by the cone and
the vessel wall. For example, at t=0.2s the flow rate ratio of blood flow through the gap vs.the
membrane-cone is approximately 2.5:1. Due to this flow distribution, the particle stream

quickly mixes with the surrounding blood.
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Figure 2.7: Dynamic pressure drop across the deployed tip during one physiological pulse, and a snapshot of the flow field near the

partially collapsed tip at t=0.2s. The catheter injection velocity was 0.4m/s, and the particle trajectories are shown for t=0.01s and
t=0.025s.




The blood flow is significantly affected by the insertion of the guiding sheath, the
catheter and the deployed tip, which in turn determines particle behavior. Specifically, the
artery bifurcation together with the sheath creates complex flow patterns near the divider point,
where a nearly stationary flow region with vortical flow coexist (see Fig. 2.8 (a)). Furthermore,
the influence of the guiding sheath on the blood flow appears even downstream of the SA and
GDA vessels, as evidenced by the secondary flows shown in Figs. 2.8 (c-d). Due to the
resistance of the deployed tip, only a small portion of the blood flow from the CA went through
the PHA to the downstream hepatic arteries. Therefore, the flow velocity at downstream
daughter vessels is very small. This results in slow particle transport, and hence prolonged
infusion time, if the infusion velocity is of the same order as the local blood flow velocity.
Figure 2.8 (g) shows that the velocity profile was homogenized by the porous tip membrane,
i.e., boundary layers re-developed after the expanded tip. It should be noted that in the present
study rigid arterial walls were assumed; however, enhanced secondary flows may occur when

fluid-structure interaction is considered (Childress & Kleinstreuer, 2014b).
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Figure 2.8: Flow field of the arterial system: (a) Symmetry plane of the flow field from CA to
PHA; (b-e) cross-sections at different locations. The arrowheads point in the direction of
secondary flows, while the size of the arrowhead suggests the intensity of the secondary
flows, except for (b), where the size of the arrowheads were normalized for visualization
purposes. The color contour indicates magnitude of the velocity. Also, (f) symmetry plane of
the flow field after the deployed tip; and (g) cross-section immediately distal to the tip. No
tip-collapse is observed at this time.
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The blood flow was disproportionately distributed over the different outlets distal to
the PHA due to the asymmetric domain morphology. At t=0.375s, i.e., the end of the
decelerating phase of the physiological pulse, the duodenal artery received the largest flow rate
of all the outlets (see Fig. 2.8 (f)). Particular blood flow distributions may significantly affect
the particle trajectories. Figure 2.9 shows the flow rate distribution over the 17 outlets at four
time increments. A significant change in the percentage of flow rate received by the duodenal
outlet can be observed over time, presumably due to varying inertia effect. During most of the
systole and part of the diastole, the duodenal artery outlet received the largest percentage of
the PHA blood flow, whereas the percentage of blood flow received by most other outlets
experienced little change, except for outlets 6 and 8. Again, this is a direct reflection of the
varying flow inertia over the physiological pulse.

Due to the blood flow rate distribution, particles released at the PHA through a
concentrically positioned catheter showed uneven distributions over the different outlets (see

Fig. 2.10). In fact, particles closely followed the streamlines as the particle Stokes number
St= rpdf,u/18£ B, - 0, where ( is a characteristic length, r | is the particle density, d is
the particle diameter, and u is the unperturbed fluid speed. Consequently, the temporal time
zone of the injected particles had a noticeable influence on the particle trajectories. Clearly, no
particles entered the LHA throughout the physiological pulse. Particles are exclusively

received by only a few of the daughter vessels. This implies that if the tumor is not fed by these

arteries, there will be severe side effects.
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(c) (d)

Figure 2.10: Influence of release time on particle trajectories (the black lines). The number of
particles released at each of the time-zones are approximately the same.
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2.4.2 Embolization Sequence

The main goal for embolization treatment is to deliver particles from the injection point
to downstream tumor-feeding vessels. Aberrant particles may cause detrimental side-effects.
In order to see how the tumor location may influence the effectiveness of the embolotherapy
procedure, the embolization sequence of the daughter vessels of the PHA were determined
under different steady-state conditions. First, the therapeutic microspheres were released at the
minimum blood perfusion rate. As the rate of change of perfusion is relatively small during
this part of the pulse, and hence flow induced acceleration/deceleration of the particles is
minor, more focused particle trajectories can be achieved (Childress et al., 2012). Furthermore,
the average blood flow rate over the physiological pulse (see Fig. 2.3) was used to determine
the influence of the increased perfusion rate on particle trajectories. It was assumed that for a
certain steady-state condition, the vessel receiving the largest percentage of injected particles
will be the first to occlude. Under this assumption, the embolization sequence was determined
by keeping the inlet pressure of the CA and the outlet pressure of the PHA daughter vessels
constant, and then sequentially occlude the downstream vessels.

The embolization sequences for the two perfusion rates are listed in Table 2.2. The
outlets distal to the PHA are numbered in a clock-wise manner (see Fig. 2.1). For example, the
first embolized vessel outlet is #8 for both minimum perfusion rate and average perfusion rage,
while the second embolized vessel outlet is #7 for the minimum perfusion rate, and #9 for the
average perfusion rate. Similar to the scenarios depicted in Fig. 7, the particles preferentially
traveled to the RHA,; although, the particle-injection catheter location was concentric in the
PHA vessel. This is due to the asymmetry of the human liver vasculature. In fact, it can be
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expected that concentrically positioned catheters in vivo are likely to release particles that will
preferentially migrate to one branch of the PHA and hence embolize its downstream vessels
first. If that branch happens to feed healthy liver segments, the consequences can be severe.
The embolization sequence for the average blood flow rate is different from that for the

minimum flow rate, due to the increased importance of the particle-inertia effect.

Table 2.2: Embolization sequence of the downstream vessels distal to PHA. The catheter is
concentrically positioned and releases therapeutic microspheres at a speed identical to the
cross-sectional average speed of the surrounding blood flow. The cells corresponding to the
outlets distal to the RHA are shaded for comparison purpose.

Emboli. 14 15 13 |4 |5 |6 |7 |8 |9 |10|11 12|13 |14 |15 |16 |17
Sequence
Outlet# | g | 7|5 104 |3|6|9|2|11|1|14|15 13|16|12]17
(min. Qin)
Outlet# 1 g1 g|10|7|12|6|4|5|3|2 12]1|14]13]15 1617
(ave. Qin)

2.4.3 Quantitative Infusion-stop Point

The embolization level is defined employing the blood flow rates before and after

embolization takes place. Specifically,

d=1 Q/Q (2.14)
where d is the percentage of downstream vessels that are embolized (i.e., the embolization
level), Q, is the pre-embolization blood flow rate after the Surefire expandable tip is deployed,

and Q is the instantaneous blood flow rate at a certain embolization level. According to that
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definition, @l [0,1]. For an infusion-stop point, the instantaneous embolization level should

be provided to the clinician using a measurable parameter. Because the dynamic blood pressure
can be obtained quite accurately and conveniently, a relationship between the embolization
level and the normalized blood pressure drop is used for this purpose, where the latter is defined
as the ratio of the instantaneous blood pressure drop and the pre-embolized blood pressure drop
after the Surefire expandable tip is deployed. Thus, Eq. (2.8) provides a relationship between
the blood pressure drop and the perfusion rate.

Figure 2.11 depicts the change of the normalized blood pressure drop DP' due to
downstream vessel embolization. It should be noted that the blood pressure drop across the

deployed tip diminishes as the embolization level approaches one, and hence DP' i[0,1].

Despite the blood flow rate difference, the two solid lines in Fig. 2.11 almost coincide with
each other, and both can be approximated by the linear relationship given as a dashed line.
This suggests that in the current range of the blood flow rate, d'is a quasi-linear function of
DP', being independent of the blood flow rate. The change of DP' with o agrees with the in
vitro measurements shown in Fig. 2.3. Moreover, since no further assumptions were made in
obtaining this relationship in addition to those used in deriving Eq. (2.8), it can be expected
that for the whole range of blood flow rates Eq. (2.8) with the definitions of DP' and d/can be
used. Specifically, for the clinical procedure where total embolization is the purpose, the blood
pressure drop caused by the deployed tip under pre-embolized condition can be recorded as
the reference value, and the embolization level of the downstream vessels can be obtained
using the normalized pressure drop. Here, either systolic or diastolic pressure can be used to
obtain the information. The infusion should be stopped when the DP" approaches zero, which

indicates that the downstream vessels are almost fully embolized.
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Figure 2.11: Relationship between normalized blood pressure drop and embolization level.
The line denoted by m represents average blood flow rate condition, and the line denoted by
A represents minimum blood flow condition. The dashed line shows a perfectly linear

relationship between DP' and d'.

2.4.4 Post-Embolization Injection

The Surefire infusion system was designed to reduce the impact of particle reflux.
Reflux occurs when the vessels distal to the particle-infusion artery are fully embolized, and
the particles experience reverse flow. At this time, the deployed tip expands due to negative
pressure gradient, blocking locally the vessel lumen. The backflow-particles are then halted by

the expanded tip, i.e., membrane-cone, suspended in the recirculation region. To visualize the
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particle behavior under these circumstances, post-embolization injection was simulated,
assuming that all the downstream vessels were embolized. An injection velocity of 0.2m/s was
prescribed, resulting in a Reynolds number at the infusion point below 100 (see Fig. 2.12). It
should be noted that the interactions between the injected particles and the blood cells were
neglected in this study. The solvent fluid passed through the porous membrane and joined the

blood flow into the GDA. On the other hand, the particles, having a Stokes number of
St=0(10""), closely followed the streamlines to the surface of the membrane-cone, and

remain there due to the flow pressure. It can be expected that at a higher infusion rate the
infused particle-solvent mixture would penetrate deeper into the region downstream of the
deployed tip. However, the particles are not likely to deviate from the streamlines and migrate
into the yet deeper region, as the Stokes number is linearly proportional to the flow rate.
When infusion is stopped, particles may re-enter the downstream domain especially
when the deployed tip is retracted with the catheter. Because backflow-particles are halted
rather than captured by the membrane-cone, these particles may travel towards non-target
arteries after the catheter and the sheath are retracted. Clearly, such an occurrence impairs the
effectiveness of the procedure and hence diminishes the relevance of the Surefire infusion
system. Therefore, it is suggested that immediately after the infusion is stopped, a suction

pressure is applied to the catheter to remove stray/excess particles.
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Figure 2.12: Particle behavior under fully embolized condition. For visualization purposes
only the profile of the deployed membrane-cone is shown. Streamlines with arrowheads are
color-coded according to local speed. The green curves to the right represent particle
trajectories. The time interval between two consecutive particle positions is 0.1s. The
infusion catheter is assumed to be concentric to the guiding sheath.
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2.5 RESULT SUMMARY AND DISCUSSION

It is important to note that the blood flow is significantly affected by the insertion of
the guiding sheath, the catheter and the deployed tip, which in turn determines particle
behavior. Due to the resistance of the deployed tip, only a small portion of the blood flow from
the CA went through the PHA to the downstream hepatic arteries. This results in slow particle
transport, and hence prolonged infusion time, if the infusion velocity is of the same order as
the local blood flow velocity. Fischman et al. (2014) reported that the use of the Surefire
infusion system can reduce the mean fluoroscopy time and procedure time of
radioembolization compared with coil embolization. However, the infusion rate and the
modified blood flow rate should be taken into consideration to ensure the deposition of
particles in downstream capillaries. In the present study rigid arterial walls were assumed;
however, enhanced secondary flows may occur when fluid-structure interaction is considered
(Childress & Kleinstreuer, 2014a).

Current embolization procedure is designed to deliver patient specific radioactive or
chemotherapeutic does effective for cancer treatment. The occlusion of the downstream vessels
is determined via retrospective imaging. As particular blood flow distributions may
significantly affect the particle trajectories, arbitrarily injection of the particles may result in
aberrant deposition. The determined embolization sequence shows that if the tumor is not fed
by the arteries that preferentially receive the particle flux, there will be severe side effects. The
preferentially distributed particle trajectories are due to the unevenly distributed blood flow
over the two daughter branches of the PHA. As the duodenal artery shares a large portion of

the total PHA blood flow, perhaps the duodenal artery should be occluded before particle
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injection so that the LHA would receive some of the particles at a much earlier time (Wolanske
et al., 2003). In general, there seems to be no regular order in which the multiple downstream
vessels distal to the RHA and LHA are embolized. It implies that the released particles may
actually occlude in a random fashion. Thus, a direct tumor targeting methodology is suggested
(Kennedy et al., 2010; Kleinstreuer et al., 2012; Richards et al., 2012; Wolanske et al., 2003).
In this technique, a smart micro-catheter is radially positioned, based on a computationally
predetermined particle release map, so that all particles target only the tumor-feeding vessels.

The pulsatile nature of the blood flow determines that the flow patterns are transient.
Consequently, particles injected at different phases of the physiological pulse will have distinct
fates. Hence, the particle injection time could be an important parameter to tailor if targeted
delivery is desired. For example, if the tumor is distal to MHA, then releasing particles only at
acceleration and deceleration phase as shown in Fig. 2.10 (a) and (c), will specifically target
the tumor feeding arteries and spare the other vessels. In fact, such a particle injection interval
has already been demonstrated promising computationally using a direct tumor targeting
procedure (Carlisle et al., 1992).

The drawbacks of the current embolization procedure is obvious. The present study has
pointed out some of the major ones and how to improve the procedure accordingly. However,
the study needs to be further validated via animal tests and clinical studies.

In conclusion, embolotherapy provides a viable way to treat unresectable
hepatocellular carcinoma. The Surefire infusion system provides a microsphere delivery
method aimed at reducing the potential side effect of non-targeted particle deposition due to
reflux. Of interest is to quantitatively analyze the blood pressure drop across the Surefire tip
when deployed and its effect on the delivery of diagnostic/therapeutic particles through
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intravascular procedures. Hence, this chapter provides numerical particle-hemodynamics
dynamics simulations, validated with in-house experimental data sets as well as with clinical
observations. The results show that the pressure drop due to the deployment of the conical
membrane-tip can be used to quantify the embolization level of the downstream vessels. The
real-time infusion-stop point can be determined by reading clinical blood pressure
measurements. However, we show that the current centric positioning of the catheter may only
provide arbitrary vessel embolization results. Hence, a direct tumor targeting methodology
should be adopted for specific tumor-feeding vessels. In addition, in case of post-embolization
injection, a phlebotomy procedure needs to be performed following particle injection to
withdraw potential surplus particles and hence avoiding particle deposition on non-target sites.

The present study has a few limitations. First, the blood was modeled as a homogeneous
non-Newtonian fluid; thus, no particle-blood cell interactions were considered on the
microscopic level. Secondly, the interaction of the deployed tip and blood flow was largely
limited to only affecting the blood flow rate and pressure drop, i.e., fluid-structure interactions
were not included. Nevertheless, the present study provides practical suggestions based on

reasonable assumptions and hence should improve the clinical procedure.
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3 DIRECT NANODRUG DELIVERY IN A REPRESENTATIVE HUMAN

HEPATIC ARTERY SYSTEM

For direct delivery of nanoparticles from an optimal infusion point to a predetermined
arterial branch connected to a tumor, it is imperative to accurately simulate the system’s fluid-
particle and particle-particle dynamics. Part of the transport phenomena is enhanced solute
diffusion in sheared particle suspensions. It is based on the concept that the moving particles,
say, red blood cells, cause a mixing of solutes (the nanoparticles) in the fluid, e.g., blood. In
contrast to the paper by Zydney & Colton (1988) who started with the macro-scale
conservation equation, in this study a micro-scale mass balance is considered, where the
surrounding liquid solution flows with randomly moving particles. The analysis indicates that
instead of assuming equal diffusivity of particles and solutes, a linear relationship between the
two captures the underlying physics and hence is in better agreement with experimental
evidence. After model derivation, the improved theory is then applied to simulate the transport
of nanodrugs in a represented human hepatic artery system to evaluate the effectiveness of the

direct nano-drug delivery method (see Kleinstreuer, 2015 and Kleinstreuer et al., 2014).
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3.1 MODELING AND SIMULATION OF SHEAR-INDUCED DIFFUSION ON

NANOPARTICLE DYNAMICS IN BLOOD FLOW

3.1.1 Mathematical Model for Shear-Induced Solute Diffusion in Dense Particle Suspensions

In this section an expression for the effective solute diffusivity in a dense rigid-particle
suspension is developed and analyzed. It is assumed that the solute particles are much smaller
than the suspended particles, and that the volume fraction of solutes with respect to the fluid-
particle system is negligible compared to the volume fraction of particles. An example of the
system is drug-carrying multifunctional nanoparticles in human blood, basically an RBC
suspension.

It is assumed that shear-induced diffusion (SID) of nanoparticles (NPs) is due only to
the hydrodynamic interactions between the particles comprising the suspension (Breedveld et
al., 2001). These interactions can be viewed as a diffusion process, because the resulting
particle migration has been shown to exhibit diffusional behavior which can be characterized
by a diffusivity. The enhanced diffusion of solutes in these suspensions is caused by the
collision-induced particle migrations. While particle interaction in the presence of large
concentration gradients may also contribute to the overall diffusion process, it is neglected
because the hematocrit distribution is generally quite uniform. In addition, secondary
convection as a result of the second normal stress differences exhibited in concentrated
suspension is also neglected (Nirmal & Ramachandran, 2016).

Based on the literature review and evidence discussed so far, the effective solute (e.g.,
NP) diffusivity in a dense particle suspension can be expressed as the sum of two diffusivities:
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Dy = Dg B (3.1)

where D, and D, are the solute diffusivity due to Brownian motion in a suspension and the
shear-induced diffusivity, respectively. It should be noted that the effective solute diffusivity
in a particle suspension [3NP is different from the solute diffusivity in a pure fluid D, , because

the latter is equal to the Brownian diffusivity in pure fluids alone:

kBTCinp
Dyp = D, :6,0—/R (3.2)

In Eq. (3.2), kg is the Boltzmann constant, T is the temperature in Kelvin, C__ is the

slip
Cunningham slip correction factor (= 1), # is the fluid viscosity, and Ris the radius of the NPs.

Let N be the number of particles in a control volume of a suspension and V, be the

volume of each of these particles. Additionally, let v be the ensemble average of the particle
velocity. Then a control volume can be constructed such that its length | aligns with the
direction of particle motion, where | =v D being the distance traveled by a particle over a
characteristic time interval Dt . With Dt being greater than the particle relaxation time, the
control volume is large enough that ensemble averaging is meaningful; also, it is small enough
that no large variations exist in particle concentrations within the control volume. Because
particle migration in the cross-stream direction is of particular interest, an interface between
two such control volumes (a) and (b) is consider, as depicted in Figure 3.1. The solute

concentrations in the two neighboring control volumes with respect to the liquid phase are
labeled ¢, and c,, respectively. In light of the fact that any solute size is much smaller than
that of the surrounding particles, the length scale for variations in solute concentration is much

smaller than those for particles.
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Figure 3.1. Schematic illustration of solute (green) mixing due to particle (blue and orange)
dispersion.

Assuming equal particle exchange between the two control volumes, then we can
denote p as the probability that a particles at side (a) move toward side (b) and vice versa
Based on the definition of the control volume, such particles would always cross the interface
between the two control volumes regardless of their position. The net solute flux across the

interface due to equal particle motion is then simply:

j= G PNV, ¢ G PNY £ (3.3)
ADt AD

where C, is a coefficient that represents the ratio of fluid volume crossing the interface due to

particle motion over the particle volume, A isthe area of the interface, and Dt the time interval

of observation.
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Equation (3.2) can be recast and expressed on a differential basis as:

C, PNV, 12 P

In Eq. (3.4), f is the particle volume fraction, i.e., NV, = V7 ,and v =V/ A I, where V is the

control volume. Equation (4) can be further modified by observing that in the events of

successive translations due to random collisions, the mean square displacement of a particle as

derived by Einstein is(I*) = 2D, D with the mean velocity of v =1/ B. Hence,
o e HC
J=2C, b D1y (3.5)

where D is the diffusivity of shear-induced particle diffusion. The solute concentration with

respect to the liquid phase can be expressed in terms of the solute concentration with respect

to the entire suspension as:

C

) (3.6)

c=

As f does not vary over the characteristic length | , combining Egs. (3.5) and (3.6) yields:

&~ .~ [
J= D— 3 3.7
According to Fick’s law of diffusion, the solute diffusivity due to particle migration is then
X f
DSID =2 pc\/ Dpﬁ (3-8)

For the derivation of Eq. (3.8) it was assumed that particle migration occurs only in the cross-

stream direction, implying that p =0.5. In addition, the volume of fluid set into motion because

of the particle migration is a function of the average volume occupied by a particle, \7p, where
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\7p =V/N. Then, considering only one particle inside an element of the suspension of volume
V,, we obtain:

vi’ (3.9)

QV, = f(V, V) #z, -

UOS.B Qo

As a first approximation, assuming that the dependency is linear, we obtain:

cV,=CV,—~ (3.10)

where Cp is a constant of B(1). This assumption implies that the amount of fluid set into

motion (including the solutes in the fluid) along with a moving particles is linearly proportional
to the average volume of fluid surrounding the particle. Substituting Eq. (3.10) into Eq. (3.8)
yields:
Dsp=C,D, (3.11)

It is necessary to look at the implications of the underlying assumption. When the particle
volume fraction is small, the lateral migration of a single particle will cause a large flux of the
solute due to the fluid perturbation. For example, considering a suspension of spherical
particles with 3.9um diameter at 5% volume fraction, each particle will affect the surrounding
fluids within about three times its diameter. On the other hand, as the particle volume fraction
increases, particle perturbation on the fluid is increasingly constrained. For the same particles
at 50% volume fraction, a particle would only affect the volume of fluid equivalent to its own
volume. Although a single particle would affect less fluid in concentrated suspensions
compared with its dilute counterparts, more particles exist in a unit volume. This cancels out
the effect of the constrained affecting-range of a single particle. Indeed, as Happel & Brenner

(1965) have shown, a slowly moving spherical particle in an unbounded fluid may perturb a
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region 75 times larger than the particle volume. Thus, for typical particle concentrations, Eq.
(3.8) provides a good approximation for the mixing effect caused by particle migration. At low
particle concentrations, particle collisions due to fluid shear are rare; hence, no collective
particle migration (and hence enhanced solute diffusion) would be expected.

The current model based on micro-scale mass conservation differs from that of Zydney
and Colton (1988) by a proportionality constant Cp. The Zydney-Colton model simply
assumed that I5S,D =D, without explanation. In addition, it requires that shear augmentation

of diffusion be linear, without supporting evidence (Nanne et al., 2010). In fact, recent
experimental evidence have shown that solute (i.e., fluid tracer) diffusivity indeed differs from
particle diffusivity in a sheared suspension of both rigid particles and soft RBCs (Breedveld et
al., 1998; Saadatmand et al., 2011; Souzy et al., 2016). That was also confirmed by a number

of numerical simulations (Chang & Powell, 1994; Abbas et al., 2006; Ishikawa & Yamaguchi,

2008). All of the above studies obtained a Cp of B(1) which is consistent with our model.
However, the value of Cp needs to be determined. Table 3.1 lists experimentally determined
Cp values that are available in the open literature. Due to the limited data available, it is

difficult to determine the value of Cp. More studies are warranted to evaluate Cp for different

types of suspensions.
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Table 3.1. Data for the proportionality constant Cp

Source Particle diameter  Volume fraction average Cp
Breedveld et al. (1998) 325 um 30%-50% 0.7
Saadatmand et al. (2011) 8 um (RBC) 10%-20% 0.7
Souzy et al. (2016) 2 mm 35% 1.33
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3.1.2 Enhanced Nanoparticle Transport in Human Blood

The effect of shear-induced diffusion on the transport of nanoparticles can be evaluated

by comparing the relative importance of the fluxes due to Brownian motion of NPs with radius

R and shear induced diffusion. Let D=Dg,/D,, , then D=D(A, ‘gR) for blood. As

Br 1
h= K ,8,), H, being the hematocrit, assuming homogeneous blood, one can obtain the
relationship between D and R at different shear rates, as is presented in Fig. 3.2. Due to the
lack of data on Cp, we used an experimentally determined value of 0.7 for NP diffusivity in

blood for the present analysis. Clearly, RBCs significantly affect the transport of nanoparticles
in light of shear-induced diffusion. Within the physiologically relevant range of shear rates,

SID is much stronger than Brownian diffusion unless the NPs are very small (< ~10nm). For

NPs of 25nm in radius, D © 33 can be expected in blood flow in arteries where a typical shear
rate is 100s™. In other words, in the case when relatively large NPs are transported in main

arteries, SID-dominates Brownian diffusion, i.e., the latter can be neglected.
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Figure 3.2: Change of D, and D due to: (a) shear strain rate ¢ and (b) nanoparticle radius
R.

To determine the relevant importance of diffusion versus convection in the transport of

nanoparticles in blood stream, the Peclet number, Pe = ng/ D, , has to be evaluated. Large

NP
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Peclet numbers mean strong convection effects, while small Peclet numbers imply strong
diffusion. Figure 3.3 shows the variation of Pe# with shear rate for different NP sizes. At small
shear rates, NP size has a significant effect on the Pe#, because SID is comparable to Brownian

diffusion. At higher g-values the effect of NP size begins to fade. The Pe# converges at high
shear rates of about ¢=1000 s *, and become a function of the characteristic length, L, only.
Order-of-magnitude analysis shows that in a vessel of size O(10"*) m in diameter, where
g~0(10%) /s is typical, I5NP has to be O(10*) or larger for the diffusional effect to dominate.

Because the estimated D, is O(10"*°), convection still dominates NP transport.
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Figure 3.3. Peclet number as a function of shear rate, vessel size, and nanoparticle diameter.

Possible cross-stream diffusion is of great interest in direct nanodrug delivery

applications. Consider a stream of NPs administered into the blood stream, where the radius
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of the NP-stream scales with the diffusion length 2,/D,t. Of interest is whether or not

diffusion leads to particle dispersion that makes downstream targeting difficult. For example,
in the human hepatic artery system the vessel diameters range from about 6mm for the common
hepatic artery (CHA) to about 1 mm at the 6" downstream generation (Xu et al., 2016).
Injection of an NP-stream into the blood vessel is administered at the CHA using a
commercially available catheter with 0.5mm inner diameter. Bifurcations are met roughly

every 25d, d being the local vessel diameter. Thus, the length of the arterial system is O(0.1) m
. The blood flow rate in this vessel-size range is O(0.1) m/s, while the time scale for the arterial
system is estimated to be O(10) s . Consequently, NP-diffusion can cause a maximum of about

0.2 mm increase of the diameter of the nanodrug stream from the injection point in the CHA
to a specific daughter vessel in the 6™ generation feeding a tumor. The size-change in initial
stream diameter would be insignificant when compared to the average vessel diameter even at
the sixth generation. Hence, diffusion would have a limited effect on the particle transport in
millimeter-size vessels. However, in microvessels with very low Reynolds number flow, the
Peclet number becomes small and diffusion-caused dispersion will significantly influence the
distribution of NPs. In addition, the interaction between NPs and RBCs becomes dominant as
the size of the latter becomes comparable to the vessel size. In this case, Eq. (3.9) is no longer
valid. It should be noted that Fedosov et al. (2011) used a mesoscopic simulation to confirm
that a heterogeneous continuum model for blood flow is valid for a vessel size larger than 100
um. Under this assumption, our order of magnitude analysis shows that for vessels larger than
100 um diffusion has only limited effect on nanoparticle transport. Tan et al. (2012) and Muller

et al. (2014) studied nanoparticle behavior in capillaries considering NP-RBC interaction.
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Although NP concentration in this case cannot be described using a convection-diffusion
equation, the importance of RBC-NP interaction were directly modeled and margination of

NPs were characterized.
3.1.3 Nanoparticle Diffusivity in Flowing Blood

As suggested by Eqg. (3.1), the effective NP diffusivity in blood flow can be expressed

as the sum of Brownian diffusivity and shear-induced diffusivity. Brownian diffusion

coefficient in pure fluids, Dy, , can be estimated using the Stokes-Einstein equation:

D —_ kBTCinp
o =" (3.12)
60 R

This Brownian motion-originated diffusivity can be altered in a flowing suspension. Fricke
(1924) proposed a model that has been extensively used to estimate solute diffusivities in

flowing blood:

)oK 1-f
D, 1-( )t

(3.13)

where K =¢&/c is the suspension equilibrium partition coefficient, and 4 is a function of the

particle shape. If RBC is represented as an oblate ellipsoid with an aspect ratio of 4.25, then

b= 1.95.
Shear-induced NP diffusion is modeled using Eq. (3.11). Here, the shear-induced RBC

diffusivity D, can be estimated using the relation (Wang et al., 1998; Grandchamp et al., 2013)

D, = fa’g ¥ (3.14)
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where f isa dimensionless coefficient, a=3.6e nis the effective RBC radius, and 7 =0.45
is the hematocrit. This scaling of D, with a’g is straightforward since the rate of particle
interaction is proportional to the shear rate, and the length scale of each displacement is
comparable to the particle radius. The dependence of D, on f varies for different particle
volume fraction. When f is small, pairwise interaction dominates and the frequency of

collision is ¢ , dictating a linear relationship between D and 7. At higher volume fractions,
interactions between at least three bodies becomes dominant; in this case D, is proportional
to £2. These scaling laws have been verified by a variety of measurements as shown in Figure

3.4. Self-diffusion in the shear direction has been characterized by f of order O(0.1) for

concentrated erythrocyte suspensions (Goldsmith, 1971; Goldsmith & Marlow, 1979; Cha &

Beissinger, 2001; Bishop et al., 2002; Hudson, 2003; Grandchamp et al., 2013). As shown in
Fig. AL, afitting of D, =0.3a°¢ 7 provides a good estimation of the RBC self-diffusivity. The

influence of the remaining particulates in the blood, such as white blood cells and platelets,

were assumed to be negligible in the present study due to their small concentrations.

Since there are not enough experimental data sets to determine the value of Cp , We use

a stochastic approach to model the shear-induced NP diffusion in this study. Specifically, C,

is assumed to obey Gaussian distribution with a mean /77=1 and a standard deviations =0.3,

which provides a good representation of the available experimental data (see Table 3.1 in the
main text):

(G-

1 o2 (3.15)

V2p 8

f(C,)=
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To determine the effect of different Cp on NP transport in the representative hepatic artery

system, two steady state simulations were performed with ép:0.7 and Cp:1.3,
respectively. No visible difference was found for direct nanodrug delivery purposes. Therefore,

Eq. (3.14) was considered to be a good estimation of Cp for the present application.
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Figure 3.4. Data for the shear-induced self-diffusivity along the direction of shear in a simple
shear flow plotted against the particle volume fraction in the suspension. The results of Foss
(1997) are personal communication presented in Breedveld et al. (1998). The relationship

D, =0.3a’¢g ¥ is not a data fitting.
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3.2 NUMERICAL ANALYSIS OF OPTIMAL NANODRUG DELIVERY IN HUMAN

HEPATIC ARTERIES

The hepatic artery system shown in Fig. 3.5 is based on the most common anatomic
variant of the hepatic arterial vasculature (Basciano et al., 2010). The diameter of the common
hepatic artery (CHA) inlet, gastroduodenal artery (GDA) outlet, and daughter vessel outlets
are, respectively, 6 mm, 3 mm, and 1.7 mm. The GDA was included in this system to
demonstrate a severe scenario where the micro-catheter cannot be pushed axially past the
GDA. Previous studies using microspheres have demonstrated that targeting D2 and D4 are
feasibility (Basciano et al., 2010). In the present study, two cases were analyzed in which the
tumor was assumed to be distal to D1 or D3 to assess the feasibility of direct multifunctional
NP targeting. By determining the particle release map which relates the particle injection
position at the inlet to their exiting outlets, the catheter can be accurately positioned in the
injection plane to target the tumor-feeding outlets. The NP-diameter was 50nm with an
injection-stream radius of 0.5mm at an average velocity of 0.26 m s (equals the local average
blood velocity). Both steady and pulsatile blood flow were simulated to assess the feasibility
of direct nanodrug delivery and to provide insight to the NP dynamics in blood flow. A finite
volume based solver CFX (Ansys, Canonsburg, PA) was used to solve the governing

equations.
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3.2.1 Blood Flow and Nanoparticle Transport Equations

As mentioned in previous sections, blood can be treated as a single-phase homogeneous
fluid in vessels larger than 200um in diameter. Hence, assuming blood to be incompressible
and under isothermal conditions, the fluid transport equations (i.e., the conservation of mass
and momentum) can be written as:

PO & (3.16)
réw+(v 2] \(")g =p- B U+ B (3.17)
gt g

where v, t, p, r,and g denote the fluid velocity vector, time, the pressure, the fluid density,
and the gravitational acceleration vector, respectively. The stress tensor U is a function of the
shear rate tensor U=/ [, where A= £",#1,) is the fluid dynamic viscosity as a function of the
local shear rate g and the local hematocrit H,, and D is the shear rate tensor.

Blood shows shear-thinning behavior under shear due to the dynamics of the soft red

blood cells. Blood viscosity can be described by the Quemada model (Buchanan et al., 2000):

1

- 3.18
(1- ;kHt)z (3.18)

n=n

where /1, =0.001Pa £ is the plasma viscosity, and k = k(g, H,) is a structural parameter that

describes the state of RBC aggregation:

k,+k.\9/ g
1+J9/ g 449
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where Kk, and k, are the intrinsic viscosities of the flow particles at zero and infinity shear

rates, respectively, and g, is a critical shear rate. These three dimensionless parameters are
functions of the local hematocrit (Cokelet, 1987):

k, =exp(3.874 10.41H, 1B.8H? 6738H?)
k, =exp(L.3435 -2.803H, 2711H? 0.6479H?) (3.20)
g, =exp( 6.1508 27.923H, 25.6H2 3.697H?)

The shear strain rate is a scalar which is calculated based on the strain rate tensor:

&y 3 &
. u.
g: E:HUI H L 8—}' (321)
gl

For the NP transport, the classical convection-diffusion equation was employed:
% v O®) R0V (3.22)

where Y=c/co is the normalized NP concentration and D,, is the NP diffusion coefficient

given in Eq. (3.1) incorporating both Brownian diffusion and shear-induced diffusion effects.
This Euler-Euler method, which assumes small NP loading, one-way fluid-particle coupling,
and negligible NP coagulation, is often preferred over the Euler-Lagrange approach due to its
minimized computational expense. The diffusion of NPs in blood flow is due to two
mechanisms: (1) Brownian diffusion caused by the bombardment of fluid molecules and (2)

shear-induced diffusion due to the presence of red blood cells (RBCs) in shear flow.
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3.2.2 Boundary Conditions

To determine the preliminary injection positions for targeting, steady blood-particle
transport without the presence of the catheter was modeled using the Lagrangian particle
tracking approach, and a particle release map (PRM) was generated. In this step, a
representative flow rate of 7.36 cm®/s was prescribed at the CHA inlet using a parabolic
velocity profile while a representative pressure of 110 mmHg was imposed on all daughter
vessel outlets. These values were determined by taking the time-averaged flow rate and
pressure from the CHA and daughter branch waveforms (Basciano et al., 2010). Similarly, a
representative pressure of 114 mmHg was applied for the GDA outlet. Further, the particles
were considered to be neutrally buoyant with a diameter of 50 nm. Lastly, all walls were
considered to be rigid, the gravitational force was neglected, and the no slip condition was
prescribed.

After generating this PRM, preliminary injection positions were determined for both
cases, and steady simulations using the convection-diffusion equation for the NP transport
were run to determine if targeting could be achieved from these positions. If not, slight
adjustments were made until targeting was successful. In these runs, the presence of the
catheter was taken into account by applying the fully-developed eccentric annulus profile at
the CHA inlet (Childress, 2013). Specifically, the catheter, being parallel to the arterial wall,
forms a flow annulus of varying eccentricity depending on the prescribed radial catheter
position (see Fig. 4 in the main text). Considering a relatively long annulus, fully-developed
flow was assumed in order to efficiently incorporate the fluid dynamics of any radial catheter
position and hence optimal microsphere release. The catheter outer diameter was 0.75 mm.
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At the injection positions, the NPs were introduced with a normalized NP concentration
of 1 at an average velocity of 0.26 m s (=Vyess, avg) Where the normalized NP concentration

was specified in the injection plane by:

Y., =step g nm (X €CY° ﬁ) / 1Imm? (3.23)

n

The function step() is equal to 1 if the solution in parentheses is positive, 0 if the solution is

negative, and 0.5 if the solution is 0; is the inner radius of the catheter which was set to

r.cathin
0.5 mm. A parabolic velocity profile was assumed at the catheter exit region and was

implemented by:

(x- ecg® +y
(2

cath,in

e a
Veatn = Max €0, 2v,,,g4 (3.24)
¢

(1)}
|-aD: O

where v, is the average catheter velocity. Finally, zero flux of the NPs was assumed along

all walls. This is an adequate simplification because the particles are expected to mostly avoid
contact with the walls, and it is assumed that appropriate receptors are not present on the walls
of these first few generations for ligand-receptor binding to occur.

After demonstrating targeting for steady flow, transient NP injection was modeled for
the D1 targeting scenario using the injection position from the steady flow simulation. Here,
pulsatile flow and pressure waveforms (Basciano et al., 2010) were imposed on the boundaries.
For the NP injection, an average velocity of 0.13 m s (the lower velocity used in the steady
cases) was prescribed using a parabolic velocity profile. Three pulses were run without

injection followed by injection in the fourth pulse.
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3.2.3 Mesh Generation

Numerical diffusion is present in simulations due to discretization of the modeling
equations. It is especially problematic in advection-dominated flows because of the non-linear
inertia terms involved. Thus, when demonstrating direct targeting, false diffusion must be
minimized so that proper resolution of the focused NP stream can be achieved (Childress,
2013). Hence, the mesh should consist of highly refined elements oriented in the direction of
flow (Patankar 1980).

Using ANSYS® ICEM CFD™, hexahedral elements were generated in the
representative configuration (see Fig. 3.5a) by associating blocks with the geometry. With the
appropriate block-structure, three mesh refinements were generated to perform mesh
independence analysis in terms of velocity profile and NP concentration (see Table 3.2). The
mesh independence study was conducted in Childress (2013). The results are replicated here
for consistency. Resolving flow fields accurately hardly requires extremely fine meshes except
where very large gradients exist. On the other hand, mesh-independent NP concentrations are
more difficult to obtain. Figure 3.6 shows the mass concentration at selected cross-sections for
the three meshes listed in Table 3.2. Comparison of velocity profiles at different locations
shows no difference among the three meshes. However, there are noticeable difference in NP
concentration. There are also differences when comparing the intermediate and fine meshes;
for example, the maximum NP concentration at the D1 outlet is 8.6% higher when using the
fine mesh. However, for cost-effectiveness, the intermediate mesh was used for the remaining

analyses.
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Table 3.2. Mesh statistics

Mesh Elements Nodes
Coarse 2,561,472 2,637,270
Intermediate 5,350,007 5,465,592
Fine 9,864,883 10,048,992

Intermediate

Figure 3.6. Normalized NP concentration for three different meshes.
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9.796e-001
9.184e-001
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7.959e-001
7.347e-001
6.735e-001
6.122e-001
5.510e-001
4.898e-001
4.286e-001
3.673e-001
3.061e-001
2.449e-001
1.837e-001
1.224e-001
6.122e-002
0.000e+000
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3.2.4 Convergence Criteria and Computer Resources

Results were considered to be converged when the RMS mass, momentum, and NP
concentration residuals were less than 10°. Using a Dell Precision T7500 workstation with
40GB of RAM and employing ten processors of the 3.33GHz, dual six-core Intel Xeon X5680
processor, each steady case took between 35 min to 6 hrs to complete. For the transient case,

a typical pulse took approximately 78.6 hrs (which is about 13 days for four pulses).

3.3 COMPARISON OF DIRECT DRUG DELIVERY WHEN USING MICROSPHERES vs.

NANOPARTICLES

As mentioned, multifunctional nanoparticles (NPs) have been increasingly applied in
detection, diagnosis, and treatment of various diseases. That is because of their unique physical
properties and ability to function at the cellular and molecular level with biological interactions
that are not viable using micron particles. Therefore, accurately predicting the fluid-
nanoparticle dynamics in the human vascular system will eventually enhance our knowledge
on how to fight diseases employing a direct drug-delivery method (Kleinstreuer et al. 2014).

In this section, NP transport in a representative human hepatic artery system is
discussed to evaluate the feasibility of direct nanodrug delivery. For this method, a micro-
catheter is optimally positioned to infuse a stream of drug-carrying nanoparticles into the blood
vessel, targeting downstream a tumor-feeding artery branch. Transient three-dimensional
simulations were conducted, taking into account spatially varying viscosity and diffusivity
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which affect shear-induced NP-transport. In addition, comparison of direct drug delivery using

microspheres versus nanoparticles is discussed.

3.3.1 Feasibility of Direct Nanodrug Delivery

Figure 3.7 shows the developing nanodrug-streams feeding artery branches D1 and D3
to which different tumors may be connected. Inserted into Fig. 3.7 are the initial upstream
nanodrug-release maps with indicate the two optimal micro-catheter positions for targeting
outlets D1 and D3, respectively (for details see Kleinstreuer et al., 2014). The method used to
determine the final radial position of the catheter in the injection plane is discussed in Section
3.2. The possible impact of the micro-catheter presence was not considered here by using the

eccentric velocity profile at inlet Eq. (3.23-3.24). The spatial variation of NP diffusion
coefficient is also shown in Fig. 3.7, where D, -values range from 10™* to 10 m? s for both

cases due to spatially varying shear rates. The highest coefficients correspond to the highest

shear rates which occurred around the bifurcations and bends in the system.

90



(a) Target D1 (b) Target D3

Particle Release Map at Inlet Particle Release Map at Inlet
D4 D4

GDA . Cathe_teri ‘

D

NP

H 2.422e-009

| 1.824e-009

NP

o 1.351-009

1.018e-009

1.227e-009 ‘ 6.855e-010 ‘

6.297e-010 3.525e-010

3.240e-011 1.951e-011
[mA2 s7-1] [mA2 s?-1]

Figure 3.7: Targeting with multifunctional nanoparticles. NP streams are colored by the local
values of the diffusion coefficients. Initial particle release map at the inlet was shown with
final catheter position for targeting (a) D1 outlet, and (b) D3 outlet. The colors in the particle
release map are for mapping only and should not be confused with that for NP diffusion
coefficients.

To determine at what point diffusion would affect targeting, the NP diffusion
coefficient was varied for the D3 targeting scenario from 102! to 10° m2 s. As demonstrated
in Fig. 3.8, there were insignificant differences in the NP concentration for coefficients up to
10°°. This suggests that if shear-induced diffusion were negligible, Brownian diffusion would
play an insignificant role in NP transport for the typical size range of 10-100 nm in this system

(i.e., the diffusion coefficient would be on the order of 102 m? s for this size range).
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Considering shear-induced diffusion, the shear rate would have to be on the order of 10° to 10*
for enhanced diffusion to have an impact on the maximum normalized NP concentration at the
D3 outlet. Clearly, shear-induced diffusion causes only a small increase in the size of the NP
stream, which is consistent with our order of magnitude estimation given in the previous
section. Therefore, despite the decreasing maximum concentrations via an increasing diffusion
coefficient, the majority of the NPs still exit D3 (see Table 3.3). Simulations show that it is
only for a coefficient of 10° m? s that a significant reduction occurs. Here, particles still exit

D3 but quite a portion also exits D4, as shown in Table 3.3.

Table 3.3. Percentage of nanoparticles exiting each outlet for different diffusion coefficients
(D3 targetingscenariq

By =10°m’s’ D, =10°m’s’ DB, =10'm’s’ B, =10°m’s’

D1 0% 0% 0% 2%
D2 0% 0% 2% 4%
D3 100% 100% 94% 58%
D4 0% 0% 4% 35%
GDA 0% 0% 0% 1%

The feasibility of the direct nanodrug delivery method relies on the ability of the NP
stream to remain concentrated throughout the “targeting” process, i.e., from the injection point
to the artery branch that feeds the tumor exclusively. Shear-induced diffusion is most
prominent in the near-wall region where the shear rates are large. The present study shows that

in the present hepatic artery system, a limited influence can be expected from shear-induced
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diffusion on the NP-stream trajectory under physiologically realistic blood flow conditions,
terms of direct nanodrug delivery application. However, it needs to be incorporated

simulations of NP transport due to the great enhancement it induced to NP diffusion.
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3.3.2 Direct Nanodrug Delivery versus Direct Microsphere Delivery

The feasibility of direct nanodrug delivery under the influence of NP-RBC interactions
was demonstrated in a representative hepatic artery system (see Section 3.3.1 for details). The
direct drug delivery methodology has also been demonstrated in the same artery system using
microspheres (Basciano et al., 2010; Kleinstreuer et al., 2012). Therefore, it is of interest to
compared direct drug delivery using microspheres versus nanoparticles.

Basciano et al. (2010) demonstrated targeting D2 and D4 using microspheres, while in
the present study, targeting D1 and D3 were demonstrated using nanoparticles as well as
microspheres. The particle trajectories of microspheres is shown in Figure 3.9, where particles
were released at the same locations that have been used for nanoparticle delivery. It is obvious
that targeting is feasible for the present cases. However, a difference in particle stream size is
observed using microspheres versus nanoparticles as shown in Fig. 3.10. At cross-sectional
planes 1 and 6, the microsphere stream seems more confined than the nanoparticle stream, due
to the diffusional influence on NP transport. However, at cut-planes 12 and 13, microspheres
are more dispersed than nanoparticles, presumably due to the inertia effect of microsphere that
causes streamline crossing. This is most significant in cut-plane 13, where microspheres are
widely distributed over the whole plane, while nanoparticles are well confined in a small
region. It should be noted that both geometrical and boundary conditions for the two cases

were identical.
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Figure 3.9: Direct microsphere delivery targeting Outlets D1 and D3. Microsphere-diameters

obey Gaussian distribution with a mean of 32 pm, minimum 20 pm, maximum 60 pm, and
standard deviation of 20 pm.

Although both microsphere targeting and nanoparticle targeting are feasible in the
representative hepatic artery system, the physics involved in the targeting process are different.
For direct microsphere delivery, the motion of particles is governed by local blood flow via
drag force, pressure gradient force, and gravitational force. The direct interactions between
microspheres and individual RBCs are neglected due to the relative large size of the particles.
On the other hand, none of the forces seem to have a significant effect on nanoparticles. In
contrast, the dynamics of NPs is influenced by Brownian and shear-induced diffusion as well

as the interactions between NPs and RBCs. In terms of dimensionless groups, the dynamics of
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microspheres is governed by the Stokes number (St=r d,y/18 /), whereas the dynamics of

nanoparticles is governed by the Peclet number (Pe= Ly D where L is a characteristic length,

D is the diffusion coefficient).
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Figure 3.10: Direct drug delivery using microspheres versus nanoparticles: particle
distribution on different cut-planes.

Because of the different physics involved, modeling approaches of direct drug delivery
using microspheres versus nanoparticles are also different. For example, in modeling

microsphere dynamics, the Euler-Lagrangian approach was employed, where individual

96



particles are tracked. On the other hand, the Euler two-fluid model was used for direct
nanodrug delivery, where only the local particle concentrations are of interest. As the Stokes
number of NPs is very small, they tend to closely follow the streamlines of the blood flow;
however, enhanced diffusional effects could make targeting more challenging due to possible
cross-stream movement of NPs, especially when the Peclet number is small. As a consequence,
the requirement for high mesh quality to secure optimal radial micro-catheter positioning for
injection are different for microsphere targeting and nanoparticle targeting. Specifically, a
much finer mesh with preferentially hexahedral elements is required for direct nanodrug

delivery simulations (see Sect. 3.2).

3.4 RESULT SUMMARY AND DISCUSSION

For certain dense particle-suspension flows with large velocity and concentration
gradients, diffusion of nanoparticle-size solutes can be much stronger than that predicted by
Brownian theory alone. Thus, it is of interest to clarify if this augmented diffusion process may
play an important role, for example, in the dynamics of infused multifunctional nanoparticles
in blood flow to detect, visualize and treat tumors. A major problem may be that the high
concentration of the relatively large red blood cells, i.e., around 45% by volume, significantly
interferes with the targeted nano-size drug stream. So, a shear-induced nanoparticle diffusion
(SID) model, considering hydrodynamic interactions between the particles comprising the
suspension, was developed and then analyzed using different relative magnitudes of diffusion
parameters and blood vessels. The SID effect was shown to increase solute diffusivity by up

to three orders of magnitude under physiologically relevant blood flow conditions. Selecting
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the human hepatic artery system with tumor as a test bed, transient three-dimensional flow
simulations were conducted to analyze the blood-nanoparticle dynamics. Results under
physiologically realistic blood flow conditions indicate that despite significant enhancement
shear-induced diffusion has a limited effect on nanoparticle transport in large arteries, say,
d>200 m, due to strong convective effect. In any case, it is shown that direct nanodrug delivery
to tumor-feeding hepatic artery branches is feasible. However, additional experimental
evidence of the enhanced diffusion process, especially for very small arteries, is needed as well
as a smart micro-catheter has to be developed in order to implement the new methodology for
direct nano-drug delivery. Using the same catheter position, direct microsphere and
nanoparticle delivery were both proved feasible in the present artery system. However, due to
the different behaviors of these two types of particles caused by size effects, this may not be
true in other artery systems especially when the arteries are tortuous. Therefore, different
particle release positions may need to be determined for direct microsphere versus nanoparticle
delivery.

The current study has a few limitations. In developing the model for shear-augmented
solute diffusion, only particle migration was considered. Particle rotation can also cause local
mixing and enhance solute diffusion. But this effect was expected to be weak compared with
that caused by particle migration (Zydney & Colton, 1988). This is especially true in RBC
suspensions, where the cells are deformable because RBCs experience rotations only in low-
shear flows. At high shear rates, they tend to align with the flow direction at a small inclination
angle, and exhibit tank-treading motion where the membranes rotate around the inner fluid.
This tank-treading motion can also induce local mixing due to no-slip condition at the
membrane boundary. It has been found that the tank-treading frequency of RBCs scales
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linearly with shear rate (Fischer, 2007). Further study is needed to quantify the relevant
importance of mixing due to RBC migration and membrane motion. The effect of particle size,
shear rate, and particle volume fraction on the solute diffusivity has been incorporated in the

present model. However, it is not clear whether the shape and rigidity of the particle would
significantly affect the dimensionless constant Cp. The measurements of Breedveld et al.
(1998) using suspensions of rigid particles and the measurements of Saadatmand et al. (2011)
using suspensions of deformable RBCs obtained the same value for Cp. Nevertheless, more
experimental evidence are needed to evaluate the particle shape and rigidity effects.
Concerning the new methodology of direct nanodrug delivery from the NP-injection
point to the target-site, several challenges have to be overcome. The optimal radial positioning
of the micro-catheter nozzle is based on computer simulations generating the patientspecific
particle-release map, which can be resources intensive. Once the optimal nanodrug-release

position is known, a telemetrically controlled smart micro-catheter is needed to anchor the

device accordingly.
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4 NANODRUG MASS TRANSFER INTO TUMOR TISSUE

So far we have discussed direct drug delivery using microspheres and nanoparticles in
macro-circulatory systems. For example, the drug carriers administered via intra-arterial
methods can be directly delivered to the tumor-feeding artery branches of a human hepatic
artery system by optimally positioning the micro-catheter in radial direction in the injection
plane. After drug infusion, the particles will be carried by the blood flow to the tumor
microvasculature. There the particles either occlude the vessel in the case of microsphere
delivery or progress to enter the tumor’s interstitial space, say, through the leaky endothelium
(see EPR effect), in the case of direct nanodrug delivery (see Figure 4.1). It is therefore
necessary to develop a model that is capable to accurately predict drug delivery from the
periphery into the tumor mass, providing information on drug penetration and local drug
distribution in the tumor tissue. Hence a model that couples particle-hemodynamics in tumor
microcirculation and mass transfer in tumor tissue is needed.

In the present chapter, the heterogeneous hematocrit distribution is solved by directly
considering the forces experienced by RBCs, i.e., the wall-lift force and the random cell
collision force. The competing process of shear-induced diffusion and wall-induced migration
of RBCs in microvessels is then analyzed using scaling laws. The dominance of the lift force
experienced by RBCs in the near-wall region warrants an Euler two-fluid modeling approach,
where the plasma and the RBCs are modeled as two interpenetrating fluids. Simulations show
blood flow characteristics in a straight micro-vessel, as well as the resulting NP distribution
with extravasation included. The spatial temporal distribution of NPs in the tumor tissue is

presented, considering the influence of tumor micro-environment. The present study represents
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a first step in linking NP dynamics in microcirculation with that in tumor tissue. The results

provide insight on how the relevant parameters influence the effectiveness of nanodrug

delivery towards and into a particular tumor.
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Figure 4.1. lllustration of direct nanodrug delivery. Accurate radial positioning of the smart
micr- catheter (SMC) in the injection plane ensures that the NP stream only enters tumor-

feeding artery branches. After being brought to the tumor microvasculature by blood flow,
NPs enter into tumor interstitium via EPR effect and release drugs.
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4.1 A CONTINUUM MECHANICS MODEL FOR HETEROGENEOUS BLOOD FLOW

4.1.1 Modeling Shear-Induced Diffusion of RBCs

Assuming that the collisions between particles are statistically independent, then the
stochastic random walk theory, as applied in Brownian motion of small particles, can be
employed to describe the hydrodynamic interactions between these particles. As we are mainly
concerned with the cross-stream diffusion of RBCs in the shear plane, we consider only the
one-dimensional case in the direction of shear. The dynamics of an RBC can be described
using the Langevin equation:

mx+xx =£,(9 4.2)
where xx is the friction force, x is the friction factor; mis the cell mass, and x is the cell

position. The random force fg,(t) represents the hydrodynamic interaction, which is

stationary white noise (Hinch, 1975). This means that the force has no correlation with its value

at different times, and the magnitude of the fluctuations does not change in time; hence,

(fan(® fsp()) = Fet' 1) (4.2)
In this equation, () denotes ensemble average, Fg,, isaconstant, and g(x) is the Dirac delta
function. It is implied that the hydrodynamic fluctuations are independent of time, with a mean
kinetic energy of k. The solution of the Langevin equation (Eq. (4.1)) with initial conditions
yields (Hinch, 1975):

Fop =2k (4.3)

Combining Eq. (4.2) and Eq. (4.3), the magnitude of the random force can be obtained as
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2k x
fsm =z E (4-4)

where Zz is a zero-mean, unit-variance independent Gaussian random number. The time
interval Dt should be much larger than the mean time between collisions ¢ .

The solution of the Langevin equation also provides the apparent diffusivity of particles

(Einstein, 1905):

2
X
D:Iimu X (4.5)
e 2t X
The kinetic energy exchanged via a single collision between two RBCs, &, is composed of

translational kinetic energy 4, due to rectilinear motion and rotational kinetic energy &, due

to rotational motion of RBCs. The statistical average of & can be obtained via a close
observation of single-RBC dynamics and the multi-body collision process it produces. For
example, Abbas et al. (2009) provided a derivation of a self-diffusion tensor of inertial particles
embedded in a viscous fluid based on kinetic theory. Alternatively, a phenomenological model
can be employed to relate the collisional agitation to a shear-induced diffusion coefficient. For
example, Grandchamp et al. (2013) experimentally verified the theoretically established

diffusivity in the direction of shear due to pair interactions as:
D=Cag? (4.6)
where C; is a constant, a is the cell radius, 7 is the local hematocrit, and ¢ is the local shear

rate. Equating Egs. (4.5) and (4.6), one can obtain an estimation of the magnitude of the
collisional agitation & . This method is adopted in the present model. Specifically, from Eq.

(4.6), the random collisional force can be obtained as:
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fao =CeZ(a XG) (4.7)
where Cg, is a constant.

It should be noted that a different diffusivity scaling was obtained by dimensional
analysis and measurement of disk-like particles (Eckstein et al., 1977), i.e., D=Cga® i for
7 <0.2, where C is a constant. The Stokesian dynamics simulation of Bossis & Brady (1987)
also obtained a similar scaling D =0.074¢ga* at f =0.453, typical for RBC concentrations in
human blood. On the other hand, the measurements of Leighton & Acrivos (1987a) found

D° 0.5f% g for 0.05<f <.4.Wang et al. (1998) pointed out that when considering three-
body collision for high concentration suspensions, D should be proportional to /* instead of
f, for which only two-body interaction was considered due to the dilute limit. They obtained

D =0.077f% g . In any case, the scaling is valid with ¢ up to 10% /s, a range that covers the

physiological blood flow conditions from microvessels to large arteries in humans.

4.1.2 Modeling Wall-Induced Migration of RBCs

Deformable particles (such as RBCs) experience a lift force perpendicular to the
direction of flow when they are in proximity of a wall. This lift force is due to the break of
fore-aft symmetry of the cell caused by erythrocyte deformability. It is different from the
hydrodynamic lift experienced by rigid particles in a shear flow that originates from the inertia
effects in viscous flow (Saffman, 1965), or from particle rotation (i.e., the Magnus lift force
(Rubinow & Keller, 1961)). As a result of the wall-lift force, RBCs migrate away from the

vessel wall and form a cell-free layer whose thickness is comparable to the cell diameter.
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It has been well established that the lift force experienced by a deformable particle near
a wall depends on the particle size, local shear rate, and particle distance from the boundary.
Olla (1997) presented a theoretical relation for the drift velocity of a neutrally buoyant
ellipsoidal vesicle away from the wall when the distance to the wall is large compared to vesicle
size, i.e.,

v=Uga®/ It (4.8)

where U is a dimensionless drift velocity that depends on the viscosity ratio and vesicle shape,
g is the local shear rate, a is the particle radius, and h is the distance between cell center and
the wall. This scaling law was also experimentally verified for vesicles and RBCs initially
close to the wall (Callens et al., 2008; Grandchamp et al., 2013). The lift force on a vesicle

close to the wall has also been given as (Grandchamp et al., 2013):

f =Cmg/h (4.9)
In this relation, C, = G (v), where v is the reduced volume of the vesicle defined as the ratio
of the volume of the vesicle to the volume of a sphere with the same surface area, and C, © 1.2

for RBCs (Abkarian et al., 2002). In the present study, the lift force is modeled explicitly using

Eq. (4.9).

4.1.3 Model Validation

To validate the modeling approach, two simulations were performed duplicating the
conditions used by Grandchamp et al. (2013) for shear-induced diffusion (SID) of RBCs, and

by Kumar & Graham (2012) for wall-induced migration (WIM) of RBCs. For the SID

105



simulation, a Lagrangian particle tracking method was used for a dilute RBC suspension. Since
RBC collision was modeled using the random force of Eq. (4.7), particle volume fraction will
not affect the diffusive characteristics provided that the particle number is large enough for a
statistically meaningful solution. For the WIM simulation, an Euler two-fluid model was
adopted. Equations (4.7) and (4.9) were taken as the respective driving force and were solved
together with the Navier-Stokes equations. Results are shown in Figure 4.2.

The development of the concentration profile due to SID agrees well with
measurements. The near parabolic hematocrit profile due to SID is caused by the
concentration-dependent diffusion coefficient, distinct from a constant diffusivity due to
Brownian motion (see also Fig. 4.3a). The RBC redistribution due to WIM leads to a
hematocrit profile that trend-wise somehow agrees with the direct simulation of Kumar &
Graham (2012). Due to the limit on grid size imposed by the assumptions of continuum
mechanics models, a vessel with 100 micron diameter was used for the comparison.
Specifically, the grid size should be larger than the particle size for the calculation of the
momentum exchange term between the fluid and the particle. The extent of the cell-free layer
(CFL) predicted by the present model matches the direct simulation result. Also, it agrees with
in vitro measurements in microchannels of the same size (i.e., 100 um wide) with the present
simulation (Tilles & Eckstein, 1987). The measured region of excess platelets was 5 to 8 um
thick, whereas our simulations shows a thickness of roughly 7 um. The characteristics of the
widening of the particle cloud as shown in Figure 4.2a as well as the rate at which RBCs
migrate away from the wall is shown in Figure 4.3b. It should be noted that the WIM is a
relatively slow process, i.e., the migration velocity is an order of magnitude smaller than the
streamwise velocity (Grandchamp et al., 2013).
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Figure 4.2. Validation of the heterogeneous blood flow model. Left: shear-induced diffusion
of RBCs as compared with measured data; Right: formation of cell depletion layer due to
wall-induced migration as compared with prediction of direct numerical simulation.
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4.1.4 Relative Importance of SID and WIM Simulations

It is of interest to compare the lift force on a RBC that drives it away from a wall, and

the random force due to RBC interactions that acts to diminish the concentration gradient. Let
f be the dimensionless force that gives the ratio between the interaction force and the lift
force
f1fy/f, (4.10)
The friction factor x for spherical particles of radius a in creeping flow has been provided by
the Stokes’ law as x =6 pa. For non-spherical particles such as RBCs, x need to be modified

to account for the effect of the shape on the drag force (Kleinstreuer & Feng, 2013). As a first
approximation, it is assumed that Stokes’ law still applies with a sphere-equivalent RBC radius.

Then,
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f° f g%a’h (4.11)
The expression of f suggests a positive dependence on RBC concentration and cell distance

from the wall. Clearly, as the concentration increases the statistical average of the random force

due to RBC interactions must also increase. In contrast, the wall effect diminishes as the cells
drift away from the wall, resulting in a larger f that highlights the increased relative
importance of the RBC interaction. On the other hand, the shear rate has a larger influence on
f, than on f,; because, the latter scales as ¢*°.

To determine the relative importance of the two effects, we compare the distance
X, = Vi, t that a particle will travel during time t to the root mean square displacement of a
particle in the same time t. For this comparison to be meaningful, the time interval t should be

much larger than the time between collisions. The terminal velocity v, due to the wall lift

force can be calculated using the force term f, as:

2 .
Vie = C|63 % (4.12)
0

The mean square displacement due to fg,, can be expressed as:
(x*) -2k, C 20 Tt (4.13)
X
Therefore, the relevant importance of the two effects can be estimated using

X = ¥) <IN (4.14)

X, aot

where C° 10 based on the value of C, and C,, (Abkarian et al., 2002; Xu & Kleinstreuer,

2017). As the collision frequency scales with ¢ and assuming that collision happens within a
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duration t of O(10%) so that <x2> is statistically meaningful, then Eq. (4.17) provides X° h/2a

. Therefore, the lift force dominates within a layer whose thickness is equivalent to the particle
diameter. This is consistent with in vivoand in vitro observations from the open literature, i.e.,
the cell free layer thickness is about one cell diameter. It should be noted that at larger time
intervals, % will be smaller. However, a t much larger than the particle relaxation time is

meaningless.

4.1.5 Transport Equations

The transport of drug-carrying nanoparticles from microvessels to tumor tissue is
modeled in the present study in a straight microvessel. The vessel has a diameter d of 100 pm,
whereas the length of the vessel is assumed to be 25d. Since the main focus is to evaluate NP
transport from microvessles to tumor tissue, the actual NP concentrations near the wall are of
major interest. Due to the dominant effect of WIM near the vessel wall, it was assumed that
the SID effect is insignificant in the near-wall region. The axisymmetric vessel is modeled
using a 2-dimensional geometry, covered with a structured mesh. Near-wall refinement of the
mesh is important in modeling the migration of RBCs away from the wall and resolving the
NP concentration gradient. ANSYS CFX was adopted to solve the governing equations,

supplied with in-house codes.

Blood Flow and Nanoparticle Transport
An Euler two-fluid model has been developed for particle-hemodynamics, where

plasma and RBCs are modeled as two interpenetrating “fluids” with the two volume fractions
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summing up to unity. Specifically, the steady state governing equations for phase a , being

either “fluid” or “particle”, are as follows

B By gy ) e (4.15)
it
B, my)=-r@ £0f(m & WpPF g, (4.16)

where £ is the volume fraction, F, is the surface force due to the existence of the other phase

(Kleinstreuer & Xu, 2016). The hematocrit distribution can be predicted using explicit force

terms presented in Egs. (4.10) and (4.12) as represented by the body-force term F,,, in Eq.

(4.16). However, SID is neglected in the near wall region where WIM dominates. In addition,
blood was assumed to be isothermal without spatial temperature change.

The RBCs will interact with the NPs in the micro-vessel. The collective effect is that
NPs show much stronger diffusion than would be caused by Brownian motion alone. This
shear-induced diffusion of NPs can be incorporated with the new model by Xu & Kleinstreuer
(2017). Specifically, NP transport is represented with the steady state convection-diffusion

equation:
vO fr) =(BmP V) (4.17)
where Y=c/c is the normalized NP concentration and D, is the NP diffusion coefficient. As

discussed in Section 3.2, the diffusion of NPs is due to two mechanisms: (1) Brownian
diffusion caused by the bombardment of fluid molecules and (2) shear-induced diffusion due

to the presence of red blood cells (RBCs) in shear flow. Specifically,

Dy = Dg Bsgp (4.18)
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Brownian diffusion coefficient in pure fluids, D, , can be estimated using the Stokes-

Einstein equation:

k. TC,
_ "B slip (419)

D. =_B —slp
Br 60 R

This Brownian motion-originated diffusivity can be altered in a flowing suspension. Fricke
(1924) proposed a model that has been extensively used to estimate solute diffusivities in

flowing blood:

)oK _ 1-f
D, 1-( )1t

(4.20)

where K =¢/c is the suspension equilibrium partition coefficient, and & is a function of the
particle shape. In the present study, 6= 4.95.

Shear-induced NP diffusion is modeled using (Xu & Kleinstreuer, 2017)

Dgp=C,D (4.21)

P
Here, Cp =0.7 (Saadatmand et al., 2011), and the shear-induced RBC diffusivity D can be

estimated using
—_ 2
D,=0.3a"g ¥ (4.22)

where a=3.6e nis the effective RBC radius.

Boundary Conditions
In the present study, it is assumed that the hematocrit distribution in the microvessel
could approximate its steady state profile. This assumption is likely valid because cell free

layer would have developed in previous vessel generations. In addition, the effect of
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bifurcation is assumed to diminish within a short length after the blood enters the present
vessel. Therefore, a periodic boundary condition is applied to map the velocity field and
hematocrit profile at outlet to the inlet, which ensures that a steady state hematocrit profile is

developed throughout the vessel channel

\7p|x:0:\7p|x:|_; VRBCI X0 :VRBJZ x#._ f| X & :* X (423)

In addition, zero gradient was assumed at the outlet:

Wo—g, Wec 5 W g (4.24)
X M X

where the subscript p denotes plasma.

Plasma leaks out of the vessels through the endothelium owing to Starling’s force. The
flow velocity is on the order of 0.1-2 um/s (Swartz & Fleury, 2007). Although vascular
endothelium in tumors often present open fenestrations due to structural changes in vascular
pathophysiology, the lymphatic vessels are absent or nonfunctional in tumors, limiting the
drainage effect. Moreover, tumor is usually characterized by elevated interstitial fluid pressure
(IFP), which further limit interstitial convection. Therefore, when modeling blood flow in the
microvessel, the plasma drainage effect is neglected. This justifies a no-slip boundary
condition at the vessel wall. In summary no-slip and no-leakage boundary condition for the
blood can be expressed as:

V.G & Ve NOO =V, P 0O g PO (4.25)

p

where i and p are unit vectors normal and parallel to the wall, respectively.

These blood vessels generally have high proportions of proliferating endothelial cells,
as well as aberrant basement membrane formation and pericyte deficiency, resulting in

enhanced vascular permeability (Danhier et al., 2010). The size of the endothelial pores varies
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from 10 to 1000 nm (Torchilin, 2000). Because of the endothelial pores, drug-loading
nanoparticles (nanocarriers) in the size range of 20-200 nm can easily extravasate and
accumulate in the interstitial space. Once entered into the interstitium, these nanoparticles
cannot be removed efficiently because of the poor drainage from tumor tissues due to the
lymphatic abnormity in tumors. This is the so-called the Enhanced Permeability and Retention
(EPR) effect. The boundary condition at the vessel wall should reflect the enhanced
permeability of the endothelium, and take into account the fact that NP would penetrate into
the tumor tissue by diffusion and convection following extravasation. Therefore, the boundary
condition for NPs determines the rate of extravasation.

Here, two types of boundary conditions for NPs are considered. First, a zero
concentration at the boundary would mean rapid removal of NPs at the leaky endothelium due

to deposition/extravasation

Y| e =0 (4.26)
This boundary condition establishes an upper bound for the drug delivery into the tumor tissue.

To represent a lower bound for the rate of drug delivery, zero gradient of NP
concentration can be set at the vessel wall
ﬂ|n:O =0 (4.27)
KN
This boundary condition corresponds to the situation that drug transport in tumor tissue
is a slow process whose characteristic time is much larger than that applied for direct drug
delivery. Therefore, NPs accumulate near the endothelium after extravasation, establishing a
quasi-steady equilibrium at the blood-endothelium interface for the NP concentration. When
assuming negligible cell uptake, this boundary condition also provides insight on the

development of concentration profile under the effect of RBCs only.
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Hence, boundary conditions given by Eqgs. (4.26) and (4.27) are adopted to establish

the upper and lower bounds.
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4.2 PARTICLE-HEMODYNAMICS IN MICROVESSELS AND TUMOR TISSUE

The development of the cell-free layer (CFL) is shown in Figure 4.4. Due to the force
experienced by the RBCs near the wall, they migrate away from the vessel wall and leave a
layer adjacent to the wall that is free of RBCs. A cell-rich region is formed immediately next
to the CFL whose hematocrit is higher than that in the vessel center. The redistribution of the
RBCs causes rheological changes of the blood flow as shown in Figure 4.5. The blood viscosity
being a function of the local hematocrit, a much lower apparent viscosity is found in the CFL,
and because of that, a larger gradient in shear strain rate. In addition, compared to blood flow
with homogeneous RBC distribution, the velocity profile is blunted due to the redistribution

of RBCs, resembling plug flow characteristics.

_————-k . .
Hematocrit
Flow direction

Development of the cell-free layer

Figure 4.4: Development of cell-free layer due to wall-induced migration of RBCs
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Of particular interest here is how the heterogeneous RBC distribution affect the
distribution of NPs that deliver anti-cancer drugs. As shown in Figure 4.5d, the NP
concentration in the CFL is significantly larger than that in the core region. The steady-state
NP concentration profile follows the local volume fraction of plasma, which indicates that the
redistribution of NPs is mainly driven by the volume exclusion effect. This is easy to
understand, because NP dynamics is governed by the convection diffusion equation, whose
diffusion term would reduce the concentration gradient. Figure 4.5d also shows that the
concentration of NPs near the wall is not excessively large as compared to what would found
for platelets. Platelets concentration near the wall is usually a few times higher than in the
vessel core region (Aarts et al., 1988), a distribution caused by their interaction with RBCs
whose lateral migration is discussed in Chapter 2. Uijttewaal et al. (1993) suggested that
margination causes the near-wall concentration of platelets to be up to about seven times the
average concentration, practically irrespective of the tube diameter in the range of 100-500
microns. The NP concentration in the near-wall region is about twice that near the axis as
shown in Figure 4.5d for blood with 45% average hematocrit. This is in agreement with in vivo
(Lee et al., 2013; Thomas et al., 2014) as well as in vitro (Namdee et al., 2013) measurements
that NPs has weaker margination ability than micron-sized particles (1~ 3 € n). Mller et al.
(2014) employed mesoscale simulation to study nanoparticle behavior in microvessels
considering NP-RBC interaction, and margination of NPs were characterized. The distribution
of small NPs (<250nm) was shown to approximate the plasma distribution, which agrees with
Figure 4.5d. This difference in margination ability may result from the size effect, where rigid

micron-sized particles are easier to be expelled away from the cell-rich core due to successive
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collisions with RBCs, while much smaller NPs tend to be less affected by the collisions with

RBCs but more affected by the mixing effect induced by RBC intersctions.
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Figure 4.5: Blood rheology and nanoparticle distribution in heterogeneous blood flow in a
straight microvessel.
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The CFL thickness as a function of average hematocrit is shown in Figure 4.6. The
average speed of the blood flow is 5 mm/s, corresponding to a shear rate of 100/s based on the
vessel radius. An increase in hematocrit slightly reduces the CFL thickness, presumably due
to the larger resistance caused by the increased shear stress. Because of the existence of the
CFL, the average hematocrit level is changed in following daughter vessels where the larger
daughter vessel acquires a larger proportion of the RBCs. Consequently, the average
hematocrit in the smaller daughter vessel is reduced, a phenomenon called the plasma
skimming effect. As a result, the average hematocrit in microvasculature is usually between
15% and 30%, much less than the total average hematocrit in large arteries (45%). Hence,
lower average hematocrit may assist near wall accumulation of NPs. However, lower

hematocrit produces weaker enhancement in NP diffusion, as indicated by the relation between
shear-induced NP diffusion and H: D, ~ a’gH? (see Chapter 3 for details).

The influence of blood flow rate on CFL thickness is also shown in Figure 4.6. The
average blood flow rates in the microvessel was varied from 1.25 mm/s to 25 mm/s; the
equivalent shear rate was 3 s -500 s, typically found in microvascular blood flow. The
average hematocrit was 20%, also a typical value in microvessels. It can be observed that at
low flow rates, the increase of blood perfusion increases the CFL thickness. When the shear
rates reaches above 100 s, flow rate has little effect on the CFL thickness. In a theoretical
analysis, Olla (1997) suggested that the drift velocity of WIM is proportional to the shear rate,
but inversely proportionally to the square of the distance from cell center to the wall. Hence,

at low g, increased shear rate has a significant effect on the RBC migration in the near wall

region. As RBCs migrate away from the wall, the effect of cell-wall distance becomes more
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important, and further increase the shear rate will have little effect on the RBCs in terms of

lateral migration.
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Figure 4.6: Influence of average hematocrit and flow rate on cell-free layer
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4.3 DIRECT NANODRUG DELIVERY FROM INFUSION POINT TO TUMOR TISSUE

Analyses in Section 4.2 show that the heterogeneous distribution of RBCs in the cross-
stream direction not only alters the rheology of the blood flow in microvasculature, but also
affects nanoparticle distributions. Therefore, it is necessary to study how the evolving
hematocrit profiles would affect nanodrug transfer from blood vessels to tumors, and
particularly, how it would affect direct nanodrug delivery.

Drug-carrying nanoparticles were assumed to come from an upstream micro-catheter
nozzle, providing direct drug delivery. Uniform concentration with respect to the whole blood
was assumed. Under this conditions, two boundary conditions for NP concentration were
considered, i.e., zero concentration as suggested in Eq. (4.26) and zero concentration gradient
as suggested in Eq. (4.27). In addition, to evaluate the effect of shear-induced diffusion on the
distribution as well as extravasation of NPs, simulations were performed with and without
shear-induced diffusivity included.

Figure 4.7 and 4.8 shows the development of the concentration profile along the vessel
assuming homogeneous blood flow. Due to the ideal deposition/extravasation effect, NP
concentration reduces to zero at the endothelial wall, creating concentration gradient in the
near-wall region. Clearly, shear-induced diffusion causes much higher diffusion, and thus,
deposition/extravasation rate, facilitating drug uptake. Figure 4.9 shows the development of
NP concentration profile in heterogeneous blood flow. Although SID was considered, a large
concentration gradient was formed near the wall, similar to that shown in Figure 4.7 for
homogeneous blood flow with Brownian diffusion only. This is because in the CFL the volume

fraction of RBCs approaches zero, leading to diminished SID effect. As a result, the NP
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diffusivity in this region is reduced compared to the cell-rich core. In addition, the velocity

gradient in this region is larger compared with homogeneous blood flow (see Figure 4.5c).
Consequently, the Peclet number as defined using local shear rate (Pe = ng/ D, ) is increased,

leading to stronger convection effect. Therefore, to accurately predict NP distribution and
subsequent drug uptake, both SID and heterogeneous RBC distribution should be considered.

It should be noted that the NP concentration in the vicinity of the CFL actually
increased compared with the value at vessel inlet. Since diffusional effect tend to reduce
concentration gradient, NP-RBC interaction must be responsible for this concentration peak.
In fact, in regions where RBC volume fraction is high, the NP concentration with respect to
the whole blood is reduced due to volume exclusion effect (see Section 4.2 as well as Muller
et al. (2014)); whereas NPs accumulate in regions where RBC volume fraction is low. This
effect is more prominent with lower blood flow rates, as can be seen in Figure 4.10-4.11. Due
to a stronger diffusive effect caused by reduced Pe number, the concentration profiles show
stronger effect of the heterogeneous RBC distribution. NP concentration approaches the
plasma distribution. On the other hand, the average hematocrit seem to have a stronger
influence on NP distribution than blood flow rate (see Fig. 4.11). Again, the elevated NP
concentration in the CFL favors NP deposition and extravasation, facilitating subsequent drug

uptake by tumor cells.
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Figure 4.7: Development of NP concentration profile using homogeneous blood flow
modeling with Brownian diffusion only. Zero concentration assumed at vessel wall.
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Figure 4.8: Development of NP concentration profile using homogeneous blood flow

modeling considering shear-induced diffusion of NPs. Zero concentration assumed at vessel
wall.
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Figure 4.11: Development of NP concentration profile using heterogeneous blood flow
modeling at low flow rate and high average hematocrit. Zero concentration assumed at vessel
wall.

Figures 4.12 and 4.14 shows the development of NP concentration profile along the
vessel due to a zero gradient boundary condition. This corresponds to the physiological
condition where NPs accumulate near the endothelium wall after extravasation, due to the slow
penetration of NPs into the tumor tissue. Two blood flow rates were considered with
heterogeneous RBC distribution as predicted by the continuum mechanics model. Again, at
low shear rates, a smaller Pe number allows pronounced diffusional effect. Hence, NP
concentration approaches the plasma distribution. At higher flow rates, NP concentration will
not be able to approach its steady-state profile within the present vessel. Since bifurcations are
met roughly every 20-25 times the vessel diameter, NP redistribution is expected frequently.
Therefore, a lower flow rate would favor drug uptake due to stronger diffusional effect. The
existence of the CFL is a double-edged sword — it facilitates NP accumulation near the vessel

wall, yet reduces NP diffusivity within this region.
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Figure 4.12: Development of NP concentration profile using heterogeneous blood flow
modeling at low flow rate and high average hematocrit. Zero concentration gradient assumed

at vessel wall.
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Figure 4.13: Development of NP concentration profile using heterogeneous blood flow
modeling at high flow rate and low average hematocrit. Zero concentration gradient assumed
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modeling at high flow rate and low average hematocrit. Zero concentration gradient assumed
at vessel wall.

To evaluate NP extravasation rate using direct drug delivery versus passive targeting,
computer simulations were performed which considers the case that targeting a specific branch
of the third downstream generation is feasible. In this case, the concentration of the drug
carrying NPs entering that tumor-feeding artery branch will be eight times that using systemic
administration. The NP concentration ration at the inlet of the microvessels was assumed to
follow the concentration ratios of previous large arteries. Specifically, uniform NP
concentration with respect to the whole blood was introduced at the vessel inlet, with
normalized concentrations of 1 and 0.125 for the direct nanodrug delivery case and passive
targeting case, respectively. Simulations showed that 7.95 times higher drug uptake rate based
on the zero concentration wall boundary condition can be expected using direct nanodrug

delivery than using passive targeting.

127



4.4 RESULT SUMMARY AND DISCUSSION

A validated continuum mechanics model was adopted for computer simulations of
heterogeneous blood flow in microvasculature. This model was used to evaluate the
distribution of drug carrying nanoparticles in a straight microvessel. Results show that the
present model is able to accurately predict the blood rheology as well as NP distribution,
offering a method to study the NP transfer from tumor microvasculature to tumor tissues.

The development of the cell-free layer due to wall-induced red blood cell migration has
a significant effect on the blood rheology as well as NP distribution in microvessels. On the
one hand, NPs tend to preferentially accumulate in the CFL, leading to increased concentration
near the endothelial wall; on the other hand, shear-induced NP diffusion is diminished within
the CFL, leading to a much slower lateral transport rate into tumor tissues. The competing
effects determines the NP deposition/extravasation rate.

Two types of boundary conditions (i.e., zero concentration and zero concentration
gradient) were adopted for NPs at the endothelial wall in order to establish the lower and upper
bounds for NP extravasation. Alternatively, the computational fluid particle dynamics (CF-
PD) model can be coupled with a physiologically based pharmacokinetic (PBPK) model,
whose solution provides boundary conditions for NPs at the endothelium wall (Corley et al.,
2015). Specifically, NP concentration is solved using a 1-dimensional differential equation in

the tumor tissue adjacent to the vessel to provide the CF-PD boundary condition:

WY _p B 28
T kY kY (4.28)
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where Y, and Y, are the local normalized NP concentration in the interstitial fluids and bound
NP density, respectively. k; is the non-specific first order cell-uptake rate constant, k, is the
net kinetic rate for particle binding and detachment, and D, is the NP diffusivity in the tissue

interstitium.
At the blood-tissue interface, Eq. (4.28) is coupled to the lumen convection-diffusion

equation by matching of diffusive flux by

~ Y Y
By~ ,. =D, 2|

KN n

(4.29)

n-
where n is the surface normal direction in the 3D domain.

This boundary condition provides a realistic estimation of NP extravasation rate
through the endothelium. However, since D,, k;, and k, are case-specific, a single set of value
would provide little information in terms of tumor drug uptake. NP extravasation rate provided

by Egs. (4.28-4.29) will lie within the bounds established by zero concentration and zero

gradient boundary conditions.
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5 CONCLUSIONS AND FUTURE WORK

Intravascular nano- or micron-size particle-hemodynamics was simulated and
analyzed, considering embolization of or direct drug-delivery to blood vessels leading to a
tumor in the hepatic artery system.

For vessel-embolization to cut off blood supply to the tumor, microspheres and a
commercial anti-reflux injection catheter were used. The focus was on the blood pressure drop
caused by the deployment of the anti-reflux catheter tip which supposedly prevents upstream
migration of the injected microspheres. Particle-hemodynamics simulations were conducted
using a model validated with in-house experimental data sets and via comparison with clinical
observations. Results show that the pressure drop due to the deployment of the conical
membrane-tip can be used to quantify the embolization level of the downstream vessels. The
real-time best-stop point for infusion can be determined by reading clinical blood pressure
measurements. The study shows that the current centric positioning of the catheter may achieve
only arbitrary vessel-embolization results. Hence, a direct tumor targeting methodology should
be adopted for specific tumor-feeding vessels. In addition, in case of post-embolization
injection, a phlebotomy procedure needs to be performed, following particle injection to
withdraw potential surplus particles. That would avoid particle deposition at non-target sites.

Using nanoparticles (NPs), a direct nanodrug delivery methodology was evaluated
computationally. For this purpose, a model for shear-induced nanoparticle diffusion in blood
flow was updated, employing microscopic mass conservation laws. NP-dynamics in blood
flow was analyzed under physiologically realistic conditions. Results show that although

shear-induced diffusion significantly enhances the NP diffusivity by up to three orders of
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magnitude, direct nanodrug delivery to a specific tumor-feeding artery branch is still feasible,
considering a representative hepatic artery system.

Direct nanodrug delivery was also compared with direct microsphere delivery. Results
demonstrate that direct drug delivery, using microspheres or nanoparticles, is feasible with a
radially well-positioned micro-catheter. However, selecting a representative hepatic artery
system with tumor as a test bed, the different physics involved in the transport processes result
in distinct particle distributions. Consequently, different radial catheter locations may need to
be determined for microsphere delivery and for nanoparticle delivery for certain artery systems
depending on the patient specific arterial geometry.

Finally, nanoparticle dynamics in tumor microvasculature were characterized based on
numerical studies for a straight micro-vessel, starting with a uniform NP-inlet distribution and
then followed by an actual D1 (or D3) NP-stream profile. A continuum mechanics-based Euler
two-fluid model was adopted for the simulation of heterogeneous blood flow in the micro-
vessel, which considers the forces experienced by red blood cells near the wall. The formation
of cell-free layer in the near-wall region was shown to have a significant effects on blood
rheology as well as nanoparticle dynamics when a uniform inlet concentration is assumed.
Nanodrug transport from microvessels into tumor tissue by extravasation is affected by the
CFL layer due to RBC volume exclusion effect and shear-induced NP diffusivity.

The present study has a few limitations. For example, when simulating microsphere
embolization using the anti-reflux catheter, two-way fluid-structure interaction was not
considered. In modeling shear-induced diffusion of nanoparticles in blood flow, the rotational
effect of red blood cells on the NPs should be included. In addition, the presence of platelets
and leukocytes in the blood were neglected. It has been shown that these two types of blood
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cells preferentially accumulate in the CFL. However, their interaction with any targeted NP-
stream should be minor. The effect of finite NP extravasation rate on the NP distribution was
not considered.

In future work:

1 Additional validation studies should be performed for the direct drug delivery
methodology, using other human arterial systems with tumors as well as animal
models.

1 Nanoparticle extravasation and subsequent distribution in tumor tissue may be
considered using a computational fluid particle dynamics model coupled with
physiologically based pharmacokinetic modeling for NP mass transfer rates
through the endothelial wall.

9 Detailed parametric study should be performed to evaluated NP distribution and
extravasation in microvasculature in order to directly compared the efficiency

of direct nanodrug delivery versus passive drug targeting
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