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Microbubble Expansion in a
Flexible Tube

We have utilized a computational model of the expansion of a microbubble in a liquid-
filled flexible tube to investigate the potential for acoustic vaporization of perfluorocar-
bon droplets to damage blood vessels during a novel gas embolotherapy technique for the
potential treatment of tumors. This model uses a fixed grid, multi-domain, interface
tracking, direct numerical simulation method that treats all interfaces and boundaries as
sharp discontinuities for high accuracy. In the current work, we examined effects of
initial bubble size on the flows and wall stresses that result from droplet vaporization. The
remaining dimensionless parameters that govern the system response (Reynolds, Weber,
and Strouhal numbers, initial bubble pressure, and wall stiffness and tension) were se-
lected to model an arteriole. The results for a flexible tube are significantly different from
those for a rigid tube. Two major flow regimes occur due to the combined effect of bubble
and tube deformation: in flow at the tube ends and out flow near the bubble surface. The
flexibility of the tube largely dissipates the extreme pressure that develops in the rigid
tube model. Both the magnitude and the overall expansion time of the rapidly changing
pressure are greatly reduced in the flexible tube. Smaller initial bubble diameters, relative
to the vessel diameter, result in lower wall stresses. This study indicates that wall flex-
ibility can significantly influence the wall stresses that result from acoustic vaporization
of intravascular perfluorocarbon droplets, and suggests that acoustic activation of drop-
lets in larger, more flexible vessels may be less likely to damage or rupture vessels than
activation in smaller and stiffer vessels. [DOI: 10.1115/1.2206200]

1 Introduction

Microbubbles are relevant to a number of clinical situations
including disease conditions, such as air embolism [1-10], and
therapeutic and diagnostic interventions [1]. Bubbles scatter ultra-
sound better than tissue or blood, and contrast agents are often
used with ultrasound for diagnostic purposes. For therapeutic ap-
plications, we are developing a minimally invasive gas embolo-
therapy that uses selectively formed perfluorocarbon (PFC)
bubbles as emboli, described in detail elsewhere [1] and briefly
here. Embolotherapy is a means to treat cancer through the occlu-
sion of blood vessels using foreign bodies. Boehm et al. [11]
demonstrated that cancer cells can be starved to death if the blood
flow to tumors is blocked. A variety of cancers, such as hepato-
cellular carcinoma (HCC) and renal carcinoma, have been effec-
tively treated using embolotherapy in conjunction with localized
drug delivery [12-14]. HCC is the most common form of liver
cancer, occurring in 2-30 per 100,000 males each year, and causes
an estimated 1,250,000 deaths worldwide every year. It is difficult
to treat by traditional methods because the accompanying liver
cirrhosis makes most patients (70-85%) ineligible for treatment
by resection [13]. Previous embolotherapy work has primarily
used solid emboli, including absorbable materials, such as blood
clot, cellulose and gelatin sponge (Gelfoam), or nonabsorbable
materials, such as particulates, coils, balloons, and streamers.
Solid emboli are normally introduced through intravascular cath-
eters and percutaneously, requiring either surgical exposure of
vessels near the target region or very selective catheter placement
to minimize embolization of tissue collateral to the tumor. Be-
cause of difficulties in directing and confining treatment to the
target area, the use of embolotherapy in treating tumors is limited
and it is primarily used as a last resort after conventional treat-
ments have failed.

Selective formation and delivery of gas emboli may overcome
this limitation associated with solid emboli. In our developmental
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gas embolotherapy procedure, albumin-encapsulated DDFP
(dodecafluoropentane, C5F12) droplets, 6 um diameter, are in-
jected into the vasculature and imaged using standard ultrasound.
DDFP has a boiling point of 29 °C at atmospheric pressure, but
the albumin shell prevents spontaneous vaporization of droplets at
body temperature [15—17]. These droplets are small enough that
they do not stick in capillaries, and may be injected intravenously.
Once they reach the target area they are selectively vaporized
under high-intensity ultrasound (acoustic droplet vaporization,
ADV) [15-17]. Focused ultrasound allows confinement of ADV
to small regions, O(1 mm?) at a depth O(10 mm) [17]. The selec-
tivity of ADV will depend on the location of the tumor, and the
clinical situation will likely be more challenging than the animal
experiments. Future development of acoustic arrays is expected to
improve selectivity. Although there are likely several possible
mechanisms of droplet vaporization and which one occurs may
depend on droplet size and acoustic parameters, initial experi-
ments suggest that ultrasound disrupts the albumin shell allowing
the superheated liquid PFC to vaporize, rather than cavitating the
liquid PFC [15-17]. The resultant bubbles are large enough to
occlude blood flow when lodged in the tumor vasculature, and
have sufficient persistence times, O(days), to induce infarction.
The procedure is minimally invasive and the efficacy of treatment
depends on the ability to safely vaporize the droplets and to de-
liver the resulting bubbles to the desired location so that collateral
infarction is minimized. In other studies, we have examined the
transport of bubbles in bifurcations, corresponding to bubble
transport before lodging occurs [18,19], and transport in bifurcat-
ing networks in which bubbles can lodge [20].

ADV is a fast process (<107 s for vaporization and subse-
quent bubble expansion) [16], and the rapid volume expansion in
the confined space of a blood vessel may potentially result in wall
stresses that are sufficient to rupture blood vessels and/or damage
the vessel endothelium. Ultrasound-induced collapse of contrast
agent microbubbles, a different phenomenon from ADYV, has been
shown to result in rupture of capillaries [21-23], which can lead to
angiogenesis and arteriogenesis [22,23]. Neither of these is a de-
sired effect in gas embolotherapy. Wall stress affects the vascular
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endothelium and can modify endothelial biology, including mor-
phology, endocytosis, proliferation, and signal transduction
mechanisms [24-27]. Vessel wall stress may be a determinant to
the distribution and development of atherosclerotic lesions
[25,28]. An intact endothelium also provides protection from ar-
terial thrombosis [29].

As noted above, the small size of the droplets is intended to
allow venous injection, and the selective application of ultrasound
is expected to minimize collateral infarction of healthy tissue. In
some instances, it may be desirable to use droplets that are too
large for venous injection (due to droplet lodging in systemic or
pulmonary capillaries before ever reaching the tumor). The selec-
tivity provided by ADV would likely still provide a significant
advantage over conventional embolotherapy. ADV in small arter-
ies feeding a tumor would allow the resulting bubbles to lodge in
small arterioles or capillaries within the tumor. In treatment of
tumors with less defined or less accessible arterial structure, va-
porization of droplets in microvessels would be preferred to mini-
mize collateral infarction. In that scenario, the resulting bubbles
would lodge soon after ADV, minimizing the potential for the
bubbles to lodge outside the tumor. That strategy is expected to
provide more selective delivery than ADV in larger vessels, which
would likely require the microbubbles to travel a farther distance
along the vascular tree before lodging. A potential disadvantage of
vaporization in microvessels is the possibility of bioeffects in-
duced from vaporizing a droplet in a vessel that is only slightly
larger in diameter than the droplet.

The objective of our investigation is to model the ADV process
and to assess the effects of PFC droplet size on the resulting
vessel wall stresses and deformation, which likely determine the
potential bioeffects to the vessel. While vessels are flexible in
general, the degree of flexibility depends on the size and location
of the vessel. Those embedded in the tissue are constrained with
little flexibility, and thus can be modeled as rigid tubes. Our pre-
vious study [30] presented the stress results for a bubble expand-
ing in a liquid-filled rigid tube. It was found that fluid stress at the
wall depends on initial bubble size, surface tension, viscosity, and
the initial bubble pressure. Other vessels can have significant de-
formation due to fluid motion and, thus, cannot be treated as rigid
tubes. In this paper, we extend our model to include a flexible tube
wall to investigate the flow and stress that ADV induces in more
flexible vessels. The modeling of biological flows in flexible tubes
is described elsewhere [31-38]. Previous work has considered the
motion of long bubbles in flexible tubes as models of airway
reopening and surfactant delivery [39-44]. The current study fo-
cuses on inertia-driven bubble expansion in a flexible liquid-filled
tube and the effects of initial bubble diameter on the resulting
fluid stresses at the wall, a previously uninvestigated problem.
Direct numerical simulations are conducted to examine the pro-
cess.

2 Model Formulation

2.1 Geometry and Assumptions. The model geometry and
computational domain are shown in Fig. 1. The expansion of a
DDFP bubble in a flexible vessel is modeled by a single, bubble
initially located at the center of a flexible cylindrical tube. The gas
bubble is modeled as an ideal gas, and the surrounding blood is
modeled as an incompressible, Newtonian liquid. The tube of
length L, and inner diameter D is filled with liquid, which is
initially at rest. Flow pulsatility and both time dependent and con-
vective inertial effects are small in the microcirculation [45]. Con-
sequently, vessel wall oscillations are much smaller there than in
arteries. The typical blood velocities in arterioles, O(1 cm/s) [45],
are much less than the velocity associated with the expansion of a
bubble produced by ADV. Therefore we consider the background
blood flow contribution to the velocity field during ADV to be a
secondary order effect and focus our attention on the leading order
contribution of the bubble expansion by itself by assuming the
fluid is initially at rest. The expansion velocity is compared to the
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Fig. 1 Schematic of a bubble in a flexible tube. The bubble is
located at the center of the tube and its initially high pressure
drives the subsequent bubble expansion. The initial bubble
size ranges from 10% to 90% of the tube diameter, D. The tube
wall is flexible over the entire length, L;. The tube is character-
ized by radial stiffness, kg, and longitudinal tension, o,. The
tube is filled with a viscous incompressible liquid that is ini-
tially at rest. A constant ambient pressure, P, is specified at
the tube exits.

wave speed associated with the flexible tube, which can be
thought of as representing an upper limit on background flow
speed, in more detail in Sec. 4.

Both ends of the tube open to liquid reservoirs, which are at a
constant pressure, P... We consider axisymmetry about the center-
line of the cylindrical tube and symmetry left to right about the
center of the bubble. The computational domain is half of the
physical domain. The flexible wall is modeled by radial elasticity,
k,, represented by springs in Fig. 1, and longitudinal wall tension,
o,,- Wall inertia is neglected since we are considering thin-walled
arterioles whose wall mass is much less than the liquid mass. It
should be noted that inertial effects of tissue surrounding the ar-
teriole could potentially contribute to the resulting behavior. How-
ever, significance of this contribution depends on the location of
the specific arteriole, and these effects are neglected in this first
examination of the effects of wall flexibility.

The vaporization of small PFC droplets (~6 um diameter)
takes place within approximately 10~ s second [16]. This vapor-
ization is then followed by a rapid (~107®s) expansion of the
resulting gas bubble. In gas embolotherapy, we are primarily in-
terested in the bulk effect of the volume increase as a result of the
ADV, and the transition of droplets to bubbles is modeled as an
initial bubble that has the same volume as the droplet and with a
high initial pressure, PZ>P;, corresponding to the complete va-
porization of the droplet before any expansion. This modeling
approach has been used by others [46] and in our previous study
[30]. The subsequent bubble expansion is driven by this high pres-
sure. Our simulations focus on the resulting fluid, bubble, and
flexible wall evolution. The process is assumed to be isothermal
since the bubbles originate from ~6 um droplets whose tempera-
ture has equilibrated with that of the surrounding blood. Mass
diffusion across the bubble interface after droplet vaporization is
not considered, because it is a slow process compared to the ex-
pansion investigated in this study, which occurs over a time scale
of ~107° s. This time scale is based on ADV experiments of an
unconstrained droplet [16], and is consistent with the time scale
one obtains from balancing the convective inertia and pressure
gradient terms in the Navier-Stokes equation for the tube length
we consider here.

2.2 Governing Equations. In the following descriptions, the
subscript / stands for liquid phase, v for vapor phase, int for in-
terface, w for wall boundary, n for normal direction at bubble
interface or flexible wall pointing from the bubble or tube wall
into the liquid, # for tangential direction of the bubble interface or
flexible wall, and r for radial component of a vector. Dimensional
variables are denoted by superscript . The flow is assumed to be
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axisymmetric with no variation in the azimuthal direction and the
governing equations have only r and z components in cylindrical
coordinates. The liquid is governed by the conservation of mass
and momentum (Navier-Stokes) equations. Velocity, density, pres-
sure, and viscosity are denoted by u*, p, p*, and u, respectively.
The gas phase is considered inviscid and is represented by the
isothermal ideal gas law

(2.1)

where PZ is the bubble pressure and VZ is the bubble volume.
Isothermal expansion of the bubble is assumed because, as noted
in Sec. 1, the liquid droplet is superheated at body temperature
and its vaporization appears to involve disruption of the albumin
shell that prevents it from vaporizing, rather than cavitation within
the droplet.

Pz VZ = constant

2.3 Boundary and Interfacial Conditions. The fixed bound-
ary conditions specified for solving the Navier-Stokes equation
are p*=P, at the tube exits (left and right boundaries in Fig. 1),
and symmetry of all variables at the tube centerline. The bubble
interface and the tube wall velocities and positions are obtained as
part of the solution. At all times, the following dynamic conditions
are satisfied on these two moving boundaries.

The bubble is initially spherical in shape, but is not required to
remain spherical as its interface evolves in time. It is, however,
required to remain axisymmetric about the tube centerline due to
the symmetry assumption. The kinematic boundary condition re-
quires the normal components of the bubble interface velocity and
the liquid velocity at the interface to be the same, such that

*

— =(u; - A)i (2.2)

dt
where Y" is the interface position and 7 is the unit normal vector
to the interface. In this study, surface tension is assumed constant
and the bubble is assumed inviscid, so the stress boundary condi-
tion at the interface is

(2.3)

ko, . . . . .
where 7, is the liquid viscous stress tensor, oy, is surface tension,
* A . . .
and Kb=V*~n is interfacial curvature. The normal and tangential
components of Eq. (2.3) are

# a # A * A # A
p,n=pn—m ~n+0'ben

p7 —pz + O'bKZ = (T; “A), (2.4)

and

(7, -#),=0 (2.5)

where (Tj'ﬁ)n and (1'7~ﬁ)t are the normal and tangential compo-

nents of the liquid viscous stress vector, r?-ﬁ, respectively, and 7
is the unit tangent vector to the interface. If the vapor phase is
viscous, there is a similar term, (Tzﬁ),, in the vapor.

The tube wall is initially uniform in radius, but can deform due
to the fluid stresses on it. This deformation is coupled to the flow
equations. The flexible tube wall is modeled as a structural bound-
ary with zero mass and thickness. The stress-deformation relation-
ship of the wall is represented by radial stiffness and a constant
longitudinal tension [39,47]. The radial wall displacement from
equilibrium is linearly proportional to the radial component of
fluid stress at the wall. The tension element of the structure results
in net force in the normal direction of the structure boundary
when it is deformed. Hence, the normal stress boundary condition
at the tube wall is

*

x du, * «
D~ M\ — | oK, — k:pAr =0
1

o (2.6)

where o, is wall tension (N/m), K; is the curvature of the tube
wall, kg, is the spring constant (N/m?), Ar” is the displacement in
the radial direction, and n, is the radial component of the unit
normal of the wall. Note that the ends of the tube are not pinned
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in the radial direction, and the tube can expand or contract there
according to Eq. (2.6).

2.4 Nondimensionalization. The governing equations and
boundary conditions are nondimensionalized in terms of L,, u,,
and t,=L,/u, that are the length scale, velocity scale, and time
scale, respectively. Here subscript » denotes reference scales used
in the non-dimensionalization process. The dimensionless vari-
ables are defined as x=x"/L,, u=u"/u,, t='/t,, p=p*/(pud),
where the liquid properties are chosen as the reference properties
(p,=p;) and the tube diameter is the length scale (L,=D).

The dimensionless mass and momentum conservation equations
for the liquid phase are

V.ou=0 2.7)

qu 1
St—+V-(uu)=-Vp+—Vu 2.8

V- () ==Vt o (28)
where the Reynolds number, Re=p;u,D/ w,;, is the ratio of inertial
and viscous forces, and the Strouhal number, St=D/u,t, is the
ratio of the time-dependent inertial force to the convective inertial
force. The normal stress boundary condition at the bubble inter-

face becomes
1 1 ( du,
Pi—=Pvt T Kp -
!

=— (2.9)
We Re\ dn

where the Weber number, We= p,u,ZD/ ay,, represents the ratio of
the inertial force to the surface tension force. The dimensionless
kinematic and tangential stress boundary conditions at the bubble
interface and the dimensionless ideal gas law are the same as their
dimensional counterparts, Egs. (2.2), (2.4), and (2.1), with the
dimensional variables replaced by their dimensionless forms. The
force balance at the flexible tube wall is

1 (o
12 —(ﬁ) +QAr+Qk,=0 (2.10)
1

" Re\ on

where Ar is the dimensionless radial displacement of the wall,
dimensionless wall stiffness is

ky,D
Q,=- (2.11)
plur
and dimensionless wall tension is
o-W
t = 2 (2 1 2)
piy

In the present study, we consider D=36 um, a typical value for
small arterioles. We compute the velocity scale, u,., in the system
by estimating of the peak velocity of the interface in a manner
similar previous bubble expansion models [30,46]. The peak ve-
locity is proportional to the initial bubble pressure and depends on
the instantaneous bubble pressure in a nonlinear fashion. One
method to estimate the peak velocity is to assume that the initial
bubble pressure PZ is constant for a short duration Az (=107 s),
during which the two liquid columns of length L,/2 are pushed
back by the expanding bubble, where L, denotes the tube length.
With this simplification, the approximate peak velocity of the
bubble interface is computed as

P,- P,
u,= At (2.13)
Lipi/2

Note that this velocity scale results in a slightly higher Reynolds
number than that based on the instantaneous bubble tip velocity
during the majority of the bubble lifespan. The corresponding
time scale, 7,, is Az. The velocity scale in Eq. (2.13) is the same
scale one would obtain by balancing the time-dependent inertial
term with the pressure gradient in the Navier-Stokes equation.
The physics of this bubble-fluid-wall interaction problem are
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Table 1 Summary of dimensionless parameters used in the simulations

Case Re We St Q, (stiffness) Q, (wall tension) Initial pressure P, Initial diameter d;
1 428 6.93 10.5 5%107° 0.05 176 (P} =20 bar) 0.1
2 428 6.93 10.5 5%107 0.05 176 (P};=20 bar) 03
3 428 6.93 10.5 5% 107 0.05 176 (P} =20 bar) 0.5
4 428 6.93 10.5 5%107° 0.05 176 (P};=20 bar) 0.7
5 428 6.93 10.5 5% 107 0.05 176 (P} =20 bar) 0.9

too complex to examine in a single, exhaustive study, and conse-
quently we have focused our attention on the effects of initial
bubble diameter, d;. Each simulation at one set of parameter val-
ues required more than 400 CPU hours on an IBM P690 to com-
plete. The relative importance of convective and time-dependent
liquid inertia, viscosity, surface tension, initial bubble pressure,
initial bubble size, wall stiffness and wall tension is represented
by the following dimensionless parameters: Reynolds number, Re,
Weber number, We, Strouhal number, St, wall stiffness, (), wall
tension, (),, initial bubble pressure, P, and initial bubble size, d;.
This large set of parameters presents a challenge. It is not practical
to vary each of the parameters because the exponential increase in
the number of simulation cases is prohibitive, given that each
individual case is computationally expensive. We have previously
investigated the effects of varying Reynolds number, Re, Weber
number, We, Strouhal number, St, initial bubble pressure, P;,, and
initial bubble size, d; for a rigid tube wall [30]; we do not examine
their effects here.

The principal set of dimensionless parameters used in our rigid
wall study [30], supplemented by wall flexibility parameters ()
=5x10" and Q,=0.05, is chosen for the simulations herein in
order to highlight the impact of the wall flexibility. This parameter
set represents typical values in a small arteriole. The only param-
eter that is varied is the initial bubble diameter, d;, because our
previous study demonstrated that bubble size significantly affects
the wall stresses, which is intuitively understandable. The com-
puted cases are summarized in Table 1. Five different bubble di-
ameters are considered, i.e., from 10% to 90% of the tube diam-
eter, in 10% increments. The wall is flexible over its entire length.
The physical dimensions and scales underlying the dimensionless
parameters are as follows. The tube diameter is 36 um, which is
the length scale. The tube length is set to be seven times the
diameter, i.e., 7X36 um=0.252 mm. This value was based on
typical lengths of the vessel generations, e.g., the length of the
vessel segment between bifurcations [45]. This straight tube
model ignores the details of vessel bifurcations and is intended to
provide insights into the effects of wall flexibility. The size of the
computational domain is 7.0 X 1.4, enclosing a tube with diameter
of 1.0 and length of 7.0. The present study employed a uniform
Cartesian grid of 702X 77 that has the same finest resolution as
that used in our prior investigation [30] and whose convergence
was demonstrated previously.

3 Numerical Method

The model outlined in Sec. 2 constitutes a bubble-fluid-
structure interaction problem that includes multiple moving
boundaries: a deforming fluid-fluid interface and a flexible fluid-
structure boundary. A brief motivation for our numerical method
follows. More details of the method and comparison to alterna-
tives are provided elsewhere [30,48]. Accurate prediction of wall
and bubble interface positions is essential for the accurate predic-
tion of wall stresses. The boundary element method provides high
accuracy for interfacial flows, because the governing equations
are transformed to the boundaries, including interfaces [49]. How-
ever, applying it to the full Navier-Stokes equations, rather than
Stokes flow or potential flow, requires inclusion of approximation
terms within the domain [50]. Solution methods for the full
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Navier-Stokes equations can be classified as either moving-grid,
in which the grid conforms to the physical boundaries and must be
regenerated if the boundaries deform, or fixed-grid methods.
While moving-grid methods are often effective for steady-state
problems, generating new grids at each time step has disadvan-
tages for time-dependent problems and such methods are gener-
ally not effective for large boundary deformations in time-
dependent problems. For example, steady propagation of an air
finger into a liquid-filled flexible channel as a model of airway
reopening has been investigated using the finite element method
and iterating to determine the steady-state channel shape [41].
Fixed-grid methods include both single domain and multi-domain
methods. Single-domain Navier-Stokes solvers smear interfaces
and provide a continuous solution across the interfaces [51], both
of which may adversely affect the accuracy [48]. Therefore, the
computational expense of the highly accurate cut-cell method
implemented here is warranted. We have used this method in our
previous rigid tube study [30] and briefly describe it here.

We use a fixed-grid, interface-tracking, multi-domain method
[52,53], in which interfaces are tracked explicitly by Lagrangian
marker particles and cubic B splines that interpolate the marker
points are used to calculate the interfacial curvature. Interfaces
intersect with the grid and split the computational domain into
multiple subdomains. Different governing equations can be speci-
fied and solved in separate subdomains to represent fluid or solid
conveniently. Using cut cells to conform to the interfaces that are
treated sharply to enable a uniform treatment of any moving
boundary requires sharp treatment including fluid-fluid interfaces
and fluid-solid boundaries. Because subdomains are solved sepa-
rately, the solutions are discontinuous across the moving bound-
aries. The method has been validated to assess its accuracy, and is
described in detail in previous reports [48,52,53]. A finite-volume,
fractional-step method [54-56] is employed to solve the Navier-
Stokes equations in the liquid phase. The discretization procedure
deals with both Cartesian and trapezoidal cells. The reshaping
procedure maintains flux conservation around the interface, so
conservation laws are satisfied at all resolvable scales, including
the computational cells intersecting with phase boundaries. Con-
sistent interpolation formulas are used to compute the fluxes along
the cell surfaces including a linear-quadratic interpolation to
handle the non-Cartesian cell faces [48,52,53]. Both inviscid and
viscous terms are discretized to create a globally second-order
accurate algorithm. For time integration of the Navier-Stokes
equations, the convective terms are treated explicitly by a second-
order Adams-Bashforth scheme, and the viscous terms are treated
semi-implicitly by a Crank-Nicholson scheme. An algebraic
multi-grid solver is used to solve the discretized pressure Poisson
equation, and avoids the difficulties encountered by the geometric
multigrid method in unstructured geometry because the stencil on
grid cells cut by the interface is slightly larger than the standard
five-point stencil. OpenMP is used to parallelize the computa-
tional code.

4 Results and Discussion

The addition of wall flexibility results in a much more compli-
cated flow field than in the rigid wall case. Figure 2 shows the
successive snapshots of the streamlines, and bubble and wall
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Fig.2 (a) Bubble and wall shapes, and streamlines at t=0.004, 0.4, 0.8, 1.2, 1.6, 2.0, and 2.4, for
case 1 in Table 1, Re=427.59, We=6.93, St=10.47, Q,=5X10"%, Q,=0.05, P,=176.39 (P,
=20 bar), d;=0.1. One dimensionless time unit corresponds to 10.5X10-¢ s. The bubble is ini-
tially spherical with a diameter of 0.1. The bubble shape evolves in time. The horizontal axis is
the longitudinal direction, z, of the tube. Only half of the physical domain, 0=<2z=<3.5, is shown
because of symmetry. (b) The same plots for the rigid tube case. The dimensionless param-
eters are identical to those in (a) except for Qg and Q, that do not exist in rigid tube case.

shapes for an initial bubble diameter of 0.1. At each time, one or
more stagnation fronts separate opposing flows. This is caused by
two major driving mechanisms of the flow field. One is the bubble
expansion that pushes the fluid away from the bubble and towards
the ends of the tube. The other is that the tube wall deformation
results in an increase in the tube volume, and, thus “sucks” liquid
from the reservoirs into the tube in order to conserve liquid mass.
The un-deformed wall position is at r=0.5. In the early phases of
expansion, the significant deformation of the tube wall occurs near
the bubble, and the maximum pressure occurs there. As the bubble
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expands further, the bubble pressure decreases due to the increase
in bubble volume and the pressure at the stagnation front in-
creases. As a result, the tube bulges outward at the point of the
stagnation front. This can be seen in the last two plots in Fig. 2.

The extreme fluid pressure at the tube wall is much smaller
when the wall is flexible. This is at the expense of stretching the
tube wall, which increases the stresses inside the tube wall com-
pared to the un-stretched configuration. The fluid pressure and
shear stress on the tube wall are shown in Fig. 3 for the same
times and conditions as the streamlines in Fig. 2. Except at the
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Fig. 3 Comparison of results for pressure (a & b) and shear
stress (¢ & d) on the tube wall between flexible wall (a & ¢) and
rigid wall (b & d) models. The two models share an identical set
of parameters: Re=427.59, We=6.93, St=10.47, P,=176.39, and
d;=0.1. The flexible wall model has two additional parameters
characterizing the wall flexibility. The horizontal axis is the lon-
gitudinal direction, z, of the tube. Only half of the physical do-
main, 0=<z=<3.5, is shown because of symmetry. The dimen-
sional stress is 11338.8 N/m? per dimensionless unit.

beginning of the expansion, the fluid pressure inside the tube is
always smaller than the fixed ambient pressure at the tube en-
trances owing to the expanding tube volume. The pressure near
the stagnation point at z~ 2.0 increases over time and contributes
to the deformation of the tube at that location. The shear stress
exhibits a sign reversal because of complicated velocity field,
which includes stagnation points, non-zero wall velocities, and
flow reversal. Additional insights can be obtained by comparing
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the current flexible wall results with those for the rigid wall. The
expansion of the bubble in a flexible tube does not result in the
“saddle” shape of the bubble at its center, z=0 that was observed
in rigid tube cases [30]. In Fig. 3, the pressure and shear stress
results are shown side by side. Although the distribution of shear
stress is different in the rigid and flexible tube models, the overall
magnitude of the shear stress is similar for both, suggesting that
the computationally less expensive rigid wall model might be use-
ful in predicting the shear stress magnitude in vessels that are not
truly rigid. The time of transient evolution from the initial high
pressure to ambient level is an order of magnitude smaller in the
flexible wall case. This indicates the flexible wall not only reduces
the extreme pressure but also shortens the impact time. The reason
for this reduction in time is that the flexible tube wall expands
quickly, reducing the pressure within the bubble that is driving the
bubble expansion. One can interpret the dimensionless wall stiff-
ness and tension, ) and (),, as ratios of stiffness or tension force
to inertial force. Both of these are small, indicating that less force
is needed to overcome either wall stiffness or tension than is
needed to overcome fluid inertia, and consequently the wall de-
forms relatively easily. In the rigid wall can be thought of as the
limit of infinite wall stiffness, {);— o, and in that case the bubble
expansion only moves the fluid.

To assess the importance of wave propagation along the flexible
tube wall to the resulting fluid-wall dynamics, we estimated the
wave speed based on classical one-dimensional analysis
[36,45,47,57] that ignores wall tension, which is relatively weak
here. Although this wave speed calculation relies on a number of
idealized assumptions, it provided a coarse estimate of wave
speed, c=VA"/pdP"/dA", where A" is the cross-sectional area of
the tube and, as previously, P” is pressure. A"dA™/dP" indicates
the distensibility of the elastic tube [45]. Rewriting dP"/dA" in
terms of the tube wall spring constant, kg, and combining this
expression with Eq. (2.11), we obtain a ratio of the wave speed to
the velocity scale of the flow, ¢/u,=\Q,/2. For the arteriole pa-
rameter values considered here, ¢/u, <1 indicating that the bubble
expansion occurs more rapidly than wave propagation along the
vessel wall. In classical examinations of steady flow in collapsible
tubes [36,37], fluid velocities that exceed the wave speed led to
flow limitation and tube collapse. Here, the flow is extremely
unsteady, and the expansion of the bubble induces high fluid pres-
sures that oppose tube collapse. Additionally, the expansion of the
bubble is driving the flow and it induces local expansion of the
tube. However, there does appear to be a limitation on pushing the
liquid out through the ends of the tube. In fact, the bubble expan-
sion induces tube wall expansion that is so fast as to induce in
flow at the tube ends. Less distensible tube walls have higher
wave speeds, and presumably would allow out flow at the tube
ends if the tube is sufficiently stiff because it would be easier for
the expanding bubble to push the liquid out of the tube than to
expand the tube wall. The limit of zero distensibility is the rigid
tube wall of our previous investigation [30], in which out flow
always occurred during bubble expansion. The subsequent diffu-
sion of gas into the bubble, which is not considered here, occurs
over a sufficiently long time that the bubble growth due to uptake
of gas from the surrounding blood may interact with wave
propagation/reflection in actual vessels. However, it appears that
for the rapid expansion considered here that the neglect of wave
reflection at vessel bifurcations does not have a significant impact
on the resulting behavior. The small value of c/u, can also be
thought of as an indication of the long time (compared to the time
scale of the bubble expansion) required for the tube wall to over-
come fluid inertia and return to its original shape at a particular
location once it is deformed. As noted in the previous paragraph,
the small value of (), here indicates that the tube walls are rela-
tively easy to distend. This is consistent with the wave speed
analysis, and the observation that the expansion of the walls re-
duces the driving pressure and expansion time of the bubble.

For larger values of d;, the computations were stopped when the
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Fig. 4 Bubble and wall shapes, and streamlines at {=0.004,
0.4, 0.8, 1.2, and 1.6 for case 3 in Table 1, Re=427.59, We
=6.93, St=10.47, Q,=5%X10°, Q,=0.05, P,=176.39, and d;=0.5.
Only half of the physical domain, 0=<z=3.5, is shown because
of symmetry.

bubble interface moved within five computational grid cells of the
vessel wall, as further computations became time consuming and
it was assumed that the bubble would contact the wall soon after
this time. This criterion is based on our previous resolution study
[30]. The maximum fluid stresses occur at early times during the
bubble expansion before the bubble approaches the wall, and fur-
ther computations do not provide additional information regarding
the maximum fluid pressure at the wall. This criterion does not
allow time to advance far enough for the maximum wall shear
stress to be obtained for d;=0.7 and 0.9, but allows investigation
of the maximum wall pressure and behavior of the flow and wall
stress. Additionally, this resulted in the halting of the computa-
tions before the bubble reached its maximum volume and before
oscillations of the bubble could occur. In the rigid tube wall case,
the bubble expanded past its equilibrium size due to inertia of the
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Fig. 5 Bubble and wall shapes, and streamlines at {=0.004,
0.04, 0.08, 0.12, and 0.16 for case 5 in Table 1, Re=427.59, We
=6.93, St=10.47, Q,=5%X10"°, Q,=0.05, P,=176.39, and d;=0.9.
Only half of the physical domain, 0=<z=3.5, is shown because
of symmetry.

surrounding liquid and then oscillated with decaying amplitude
until reaching equilibrium. The liquid viscosity damped the oscil-
lations. Because our interest was investigating the potential of
vessel damage, we did not investigate the oscillations, which re-
sulted in lower stresses.

Larger initial bubbles result in larger deformation of the vessel
wall near the bubble, and produce complicated flow patterns that
include stagnation points. Streamlines for d;=0.5, and 0.9 are
shown in Figs. 4 and 5, respectively. The corresponding wall pres-
sures and shear stresses are shown in Figs. 6 and 7. Note that for
the larger initial bubble diameter, d;=0.9, the time between
streamline plots is smaller (Fig. 5) than in the streamline plots for
the other initial bubble diameters (Figs. 2 and 4), d;=0.1 and 0.5,
because the computations were stopped at earlier times. However,
the magnitude of the shear stress is larger than that for an initial
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Fig. 6 (a) Pressure and (b) shear stress on the tube wall at
various times for case 3 in Table 1, Re=427.59, We=6.93, St
=10.47, Q,=5%X10"°, Q,=0.05, P,=176.39, and d;=0.5. Only half
of the physical domain, 0=<2z=3.5, is shown because of sym-
metry. The dimensional stress is 11338.8 N/m? per dimension-
less unit.

bubble diameter of 0.1. The reversal in direction of liquid flow
along the tube results in both positive and negative values of the
wall shear stress.

The peak pressure and peak shear stress are both higher for
larger initial bubble diameters, d;. For brevity, streamlines, pres-
sures, and shear stresses are not shown for d;=0.3 and 0.7. These
were computed and the peak fluid pressure at the wall for each is
compared to those of the other d; values in Fig. 8. The elevated
wall pressures are significant, but are short in duration, t<<0.4
(Figs. 3, 6, and 7). For all d;, multiple stagnation fronts occur at
early times. As time progresses, only a single stagnation point
remains on each side of the bubble, for d;=0.1 and 0.5. Similar
behavior would be expected at later times for d;=0.9. As for d;
=0.1 and 0.3, the pressure ahead of the expanding bubble in-
creases in time near the stagnation point and eventually leads to
expansion of the tube wall there. As the bubble expands, mass
conservation requires that the tube walls expand and/or liquid exit
the tube ends in order to accommodate the increased bubble vol-
ume. Tube walls with relatively low spring constants and negli-
gible mass are easy to expand compared to overcoming the liquid
inertia and viscous resistance needed to expel liquid from the ends
of the tube. The bubble expansion expands the tube wall relatively
quickly near the bubble, leading to in flow at the ends of the tube.

For all d; considered in this study, the wall shear stress is ini-
tially zero for all z because the liquid is initially at rest. As time
increases and the bubble interface moves closer to the wall, the
peak shear stress increases. As time progresses further, the bubble
volume increases resulting in a decreased bubble pressure. This in
turn results in a decreased interfacial velocity, which results in
lower peak shear stresses (reduced by approximately half) at later
times. This is evident for 0.1 <d;=<0.5, when r>1.0. At very long
times (not shown), the bubble reaches its equilibrium configura-
tion and does not induce flow or shear stress.

4.1 Implications for Gas Embolotherapy. The results dem-
onstrate that tube wall flexibility can significantly modify the wall
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Fig. 7 (a) Pressure and (b) shear stress on the tube wall at
various times for case 5 in Table 1, Re=427.59, We=6.93, St
=10.47, Q,=5X107°, Q,=0.05, P,=176.39, and d;=0.9. Only half
of the physical domain, 0=<2z=3.5, is shown because of sym-
metry. The dimensional stress is 11338.8 N/m? per dimension-
less unit.

stresses that result from acoustic vaporization of intravascular per-
fluorocarbon droplets compared to the rigid tube wall. This find-
ing suggests activation of droplets in larger, more flexible vessels
will likely reduce the risk of vessel rupture or damage to the
endothelium compared to activation in smaller and stiffer vessels.
However, this reduced risk of vessel injury during droplet vapor-
ization comes at the expense of forming bubbles further away
from the desired location of bubble sticking, i.e., the tumor mi-
crovessels, and, therefore, increases the risk of collateral tissue
infarction, an unwanted result. Selection of vessels for the vapor-
ization of droplets will require careful consideration of both risks
in order to optimize efficacy.
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Fig. 8 The maximum pressure on the tube wall versus d; at t

=0.004. Re=427.59, We=6.93, St=10.47, Q,=5X10-°, Q,=0.05,
P,=176.39.
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4.2 Model Limitations. As with the rigid tube cases, quanti-
tative relevance of the simulation results is dictated by the speci-
fied initial bubble pressure which is a collective modeling param-
eter of the phase change. This initial pressure is an approximation
of several concurrent dynamic and thermal physical mechanisms
in the droplet vaporization process. There is no direct correspon-
dence between this initial bubble pressure and a readily measured
physical quantity. Experimental studies are being conducted in our
group in order to provide appropriate initial pressure values to
calibrate the modeling parameter. The calibration procedure is de-
scribed in Ye and Bull [30]. As noted in Sec. 1 and 2, ADV
appears to occur due to disruption of the albumin shell encapsu-
lating the droplet, and consequently we have assumed that the gas
phase can be represented by the isothermal ideal gas law. There
may potentially be other modes of vaporization, such as cavitation
within the liquid droplet or in the blood surrounding the droplet.
Future experiments will provide important information on the pro-
cess and will facilitate incorporation of these details into future
computational models.

The present model for a flexible wall is rather simplified in
order to be able to investigate the effect of adding fluid-structure
dynamics to a system that is dominated by fluid-fluid interface
dynamics. The current investigation has neglected wall mass and
dampening, and vessel asymmetries and bifurcations. Tube mod-
els that more closely resemble blood vessel properties may be
needed to account for the inertia effects associated with vessel
mass and viscoelastic properties of blood vessels. Our estimate of
ksp was chosen to match arteriole values, but future work could
investigate the flows that result from considering a wider range of
vessel sizes and locations for droplet vaporization. The resulting
flow and stresses could be quite different in other vessels. For
example, values of the dimensionless parameters (based on bubble
expansion and typical vessel parameters [45]) in arteries can reach
values as high as Re=0(10,000), We=0(10,000), St
=0(10,000), Q,=0(10), and Q,=0(10). In capillaries, we might
expect Re=0(10), We=0(1), and St=0(1). Surrounding tissue
can result in a wide range of wall stiffness and tension parameters,
as well as contribute to wall mass and dampening. Likewise,
6—32 um droplets will result in d; values that range from O(107%)
to O(1). The bioeffects resulting from vaporization of small drop-
lets in large vessels will depend on the proximity of the droplet to
the vessel wall. Vessel bifurcations and junctions can lead to re-
flection of pressure waves propagating along the vessel walls due
to the pulsatility of blood flow, an effect we have neglected by
considering idealized boundary conditions at the ends of the
model vessel. The geometry of junctions and length of the vessel
segment between junctions are expected to affect the resulting
wall stresses. The length of vessel segments between bifurcations
in the microcirculation is typically the same order that we have
considered here, e.g., L,/D=7.0 [45,58], and, therefore, we did
not investigate the effects of small length differences on the re-
sults in this work. The initial location of the droplet at the center
of the tube is also an idealization compared to the physiologic
situation. Vaporization of the droplet at other locations, as well as
the heterogeneity of real vessel walls, is expected to result in
asymmetric flow and deformation patterns in the actual situation.

Although we neglect background flow in our analysis because
typical arteriole blood velocities are much smaller than the veloc-
ity associated with the rapidly expanding bubble, background
blood flow and vessel wall oscillations due to flow pulsatility
could be significant in larger vessels. Sufficiently strong flow
could modify the behavior of the expanding bubble by deforming
the albumin-encapsulated droplet such that the initial bubble
shape is not actually spherical. We have modeled blood as a New-
tonian fluid, and neglected the presence of its cellular compo-
nents. For vaporization of droplets in capillaries, bubble interac-
tion with individual blood cells may affect the resulting flow and
stress fields. For droplet vaporization in large vessels, non-
Newtonian constitutive equations may provide useful information
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in future investigations. Nevertheless, the present study provides a
first step in understanding the effects of wall flexibility on bubble
expansion in a liquid-filled tube and serves to guide our develop-
ing gas embolotherapy work.

5 Conclusions

A fluid-structure interaction model is presented to study un-
steady, microbubble expansion in a flexible tube in order to assess
the risk of vessel damage from acoustic droplet vaporization in a
potential gas embolotherapy technique. The model consists of a
bubble inside a flexible tube open to liquid reservoirs. An evolv-
ing fluid-fluid interface and a fluid-structure boundary are solved
as part of the solution in the system. The liquid is governed by
viscous, incompressible Navier-Stokes equations while the bubble
is modeled as ideal gas. The flexibility of the tube wall is modeled
by stiffness and tension components. The numerical method is a
fixed-grid, interface-tracking, multi-domain method that treats
both fluid-fluid and fluid-solid boundaries sharply to accurately
resolve the interface evolution.

This report is the first to present results of the stresses on a
flexible tube wall induced by a bubble expanding inside the tube,
and demonstrates that the flow physics are very complex and
highly transient. A stagnation front of flows, a wave behavior of
the tube structure, and bubble interface evolution are key features
characterizing the process. Significant differences in stress and
flow are observed when the tube wall is flexible. The extreme
stress and the initial time period in which the pressure reduces
from its peak to ambient level in a flexible tube are much smaller
than those in a rigid tube. In our developmental gas embolo-
therapy, acoustic activation of droplets in larger, more flexible
vessels may be less likely to damage or rupture vessels than acti-
vation in smaller and stiffer vessels.
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