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UNIVERSITY OF SOUTHAMPTON 
ABSTRACT 

FACULTY OF ENGINEERING AND THE ENVIRONMENT 
Bioengineering Sciences 

Doctor of Philosophy 
DEVELOPMENT OF MICROFLUIDIC SYSTEMS FOR THERAPEUTIC APPLICATIONS 

by Dario Carugo 
 
The development of a microfluidic-based strategy is presented for investigating the 
functional behaviour of hydrogel spherical beads which are employed in the clinic as 
embolic agents and drug delivery systems for the treatment of hypervascularised 
tumours and arteriovenous malformations. For this purpose, biomimetic microchannel 
networks were designed and fabricated by micromilling technology. Microdevices 
architecture reproduced characteristic features of microcirculatory arteriolar systems. 
The miniaturisation allowed for coupling with microscope-based technology and in situ 
visualisation of particles/cells behaviour.  
The flow dynamics of red blood cells (RBCs) suspensions within the aforementioned 
biomimetic microfluidic devices was investigated, by using in-house developed micro-
Particle Image Velocimetry (μ-PIV) methods and image analysis techniques to quantify 
fluid velocity fields, cell-free layer width and RBCs spatial distribution. Results 
demonstrated the potential of the developed microfluidic devices for reliably 
reproducing peculiar properties of RBCs flow behaviour within human microcirculatory 
systems, including the relationship between cell-depletion layer width and microvessel 
diameter, and the dependence of RBCs distribution on the local Reynolds number. 
These findings opened the way for the application of the developed microfluidic 
devices as a biomimetic platform for investigating the performance of embolic beads.  
The flow behaviour of hydrogel beads within biomimetic microfluidic environments 
was investigated by adopting a two-steps approach, in which beads hydrodynamics 
was firstly studied within straight microchannels (Step I) and subsequently within 
network-like microchannel constructs (Step II). For this purpose, microscopy-based 
analysis techniques were developed in order to quantify bead radial position and axial 
velocity. Results demonstrated that bead flow behaviour depended on a complex 
interplay between the governing physical parameters, which included fluid rheology, 
fluid inertia (i.e., Reynolds number) and particle relative dimension (i.e., degree of 
confinement). Notably, it has been demonstrated that for a given combination of such 
parameters beads underwent oscillatory dynamics which have been thoroughly 
characterised experimentally. Further, beads partitioning at bifurcations, penetration 
efficacy and spatial location of the embolic events within biomimetic microchannel 
networks were investigated. The experimental observations presented here can provide 
relevant insight into the mechanisms governing the spatial distribution of embolic 
beads within tumour vascular systems. Finally, the spatiotemporal dynamics of drug 
elution from hydrogel embolic beads was investigated within the aforementioned 
biomimetic microchannel networks. Both on-chip analysis and off-chip analysis 
techniques were developed for quantifying the kinetics of drug elution and the amount 
of eluted drug from single embolic beads. Results revealed that drug elution from 
hydrogel embolic beads depended on the local hydrodynamics at the embolic site and 
on the location of the embolic event within the vascular network (i.e., proximal or 
distal embolisation). A numerical model was developed in order to better understand 
the role played by flow dynamics environment on the spatial distribution of the eluted 
drug at biomimetic bifurcations. 
In conclusion, the results of this study have established that microfluidics could be 
potentially employed as an alternative to animal models for investigating the 
performance and functional behaviour of hydrogel beads used in cancer therapy and 
targeted drug delivery.  
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developed microfluidic device. (d-e) Representative images of distal single-bead 
embolisation achieved within the microfluidic device. Channel diameter at the 
occlusion site was measured post-embolisation and corresponded to the Penetration 
Efficacy (PE). 

81

4.5 Representative microscope images of embolisation with hydrogel-based PVA 83
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microbeads as optically detected within the network. (a) Channel B2, D = 800 μm; Q
in
 

= 80 mL/h; Bead size range: 700-900 μm. (b) Channel C2, D = 500 μm; Q
in
 = 200 

mL/h; Bead size range: 700-900 μm. (c) Channel B1, D = 700 μm; Q
in
 = 40 mL/h; Bead 

size range: 500-700 μm. (d) Channel B1, D = 700 μm; Q
in
 = 200 mL/h; Bead size 

range: 300-500 μm. (e) Channel A, D = 1000 μm; Q
in
 = 40 mL/h; Bead size range: 300-

500 μm (taken from [176], Figure 3, with kind permission from Springer Science and 
Business Media; Copywright © 2011). 

4.6 Bead partitioning as the fraction of beads entering branch B1 (N
B1
/N

A
) at three 

different dilutions of the embolic bead suspensions. γ
1
 = 12.5% (v/v), γ

2
 = 17.5% (v/v), 

γ
3
 = 22.5% (v/v). Inlet flow rate Q

in 
= 160 mL/h. The dashed line corresponds to fluid 

flow partitioning; Q
B1
/Q

A
 = 0.29 (taken from [176], Figure 4, with kind permission 

from Springer Science and Business Media; Copywright © 2011). 

86

4.7 Microscope images of a 650 μm diameter embolic bead at two subsequent time 
instants, (a) t

0
 and (b) t

1
 = t

0
 + ∆t. Larger beads attained a central radial position in the 

parent channel (A) and tended to move towards the high-flow sub-branch, under the 
effect of hydrodynamic forces at the bifurcation. 
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4.8 Effect of Reynolds number in the feeding channel (Re
in
) on bead partitioning at the 

first generation bifurcation. Two size ranges of embolic beads were considered, 
corresponding to 300-500 μm and 500-700 μm diameter. Bead concentration was 
equal to 12.5% (v/v). Taken from [176], Figure 5, with kind permission from Springer 
Science and Business Media; Copywright © 2011. 

88

4.9 Size-dependence of bead radial position in the feeding channel (channel A). Beads 
tended to attain more central radial position with increasing bead diameter, at a fixed 
Re

in
. r

1 
> r

2
 > r

3
 > r

4
. 

89

4.10 (a) Relationship between bead penetration efficacy (PE, in μm) and inlet flow rate (Q
in
, 

in mL/h) at a fixed bead concentration of 12.5% (v/v). (b) d
mean

/PE as a function of Re
in
 

for the three size ranges of PVA hydrogel beads. The slope of the interpolation line 
represents the penetration coefficient; Φ. R2 is equal to 0.971, 0.989 and 0.997 for 
average bead diameters of 400 μm, 600 μm and 800 μm, respectively. (taken from 
[176], Figure 6, with kind permission from Springer Science and Business Media; 
Copywright © 2011). 

91

4.11 Spatial locations of peripheral occlusion sites within the network at three different 
inlet volumetric flow rates (Q

in
 = 10 mL/h, 80 mL/h and 200 mL/h) for three size 

ranges of embolic beads: (a) 300-500 μm, (b) 500-700 μm and (c) 700-900 μm. (taken 
from [176], Figure 7, with kind permission from Springer Science and Business Media; 
Copywright © 2011). 

94

5.1 Schematic of the experimental setup designed for doxorubicin elution studies from 
single embolic hydrogel beads. The working fluid is pumped from the systemic 
reservoir (SR) by a peristaltic pump. The pump is followed by a damper for achieving 
steady flow condition. The flow is conveyed into the microfluidic device (MD) and 
redirected into the SR via the venous line (VL). An ad hoc injection line (IL) has been 
designed for bead injection into the AL. Either ON-CHIP analysis and OFF-CHIP 
analysis can be performed using the developed set-up. (Inset) Photograph of the 
PMMA-based microfluidic device. 

103

5.2 (a) CAD-based schematic of the biomimetic microchannel network design (scale bar: 3 
mm). Channel inner diameters: D

A
 = 1000 μm, D

B1
 = 700 μm, D

B2
 = 800 μm, D

C1
 = 200 

μm, D
C2

 = 500 μm, D
C3

 = 400 μm, D
C4

 = 600 μm. Spatial locations of proximal (P) and 
distal (D) embolic events are reported (red squares). Proximal embolisation resulted 
in partial penetration of the bead in the embolised channel, associated with partial 
bead exposure to the systemic fluid flow (b). Conversely, distal embolisation resulted 
in complete penetration of the bead in the embolised channel (c). 

105

5.3 On-chip analysis of drug elution from single hydrogel bead. (a) Representative bright 
field microscope image of a single DC Bead® (distal embolisation, channel C3), at t = 
21.5 hours from the embolic event (red line = 100 μm). (b) Corresponding fluorescent 
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image, showing the spatial distribution of doxorubicin hydrochloride within the bead. 
The blue line in (b) indicates the channel inner wall. Drug elution was determined 
from either the total bead surface or from a selected region of interest on the bead 
surface, identified as Zone A (c) and Zone B (d). Two IWs were also defined nearby the 
bead in order to quantify the spatial distribution of eluted drug, which were identified 
as IW

syst
 (e) and IW

can
 (f). 

5.4 Photograph of the uniaxial compression test apparatus. A] High-speed CCD camera; 
B] Camera optics; C] Fiber optic lighting; D] Top platen (compression platen); E] 
Bottom platen; F] 22 N capacity load cell. 

111

5.5 (On the left) Microscope image of a single Bead Block® microsphere pre-compression. 
(On the right) Image sequence showing single bead compression. Compression speed 
was set to 300 µm/s and maximum deformation was equal to 45%. 

112

5.6 Representative fit of the power function (red line) to one quadrant of the bead 
perimeter presented by discrete points (empty circles). Inset shows the position of 
the fitting function in the bead perimeter (white line). 

114

5.7 Representative microscope images of multi-bead (a-c, channel B2) and single-bead (d-
e, channel C3) embolisation achieved within the microchannel network, using DC 
Bead®. Bright field microscope images are reported for either (a) multi-bead and (d) 
single-bead embolisation. Also, contours of fluorescence intensity on the bead 
surface at t = t

0
 (b and e) and t = t

end
 (c and f) are reported, as determined from on-

chip analysis. Red line in (a) = 400 μm; red line in (d) = 200 μm. 

115

5.8 Three-dimensional reconstruction of confocal microscope images of distal single 
embolic bead occluding a straight PMMA microchannel. The presence of surface 
roughness is clearly detectable; which may have caused the presence of residual 
volumetric flow rate within the embolised channel, post-embolisation. Scale bar: 200 
μm. 

117

5.9 Average temporal evolution of fractional amount of eluted drug (ϕ), for either 
proximal embolisation (black circles) and distal embolisation (red rhombi), at a fixed 
Re

in
 = 71.28. t

end
 = 21.5 hours. N = 4. 

118

5.10 Comparison between on-chip analysis and off-chip analysis. Average fractional 
amount of eluted drug determined by on-chip (ϕ

OnC
) and off-chip (ϕ

OffC
) analysis is 

reported for proximal embolisation (a) up to 220 minutes from the embolic event 
(short-term elution), and for distal embolisation (c) up to 1300 minutes from the 
embolic event (long-term elution). Comparison between interpolating ϕ

OnC 
and ϕ

OffC

functions is reported for proximal embolisation (b). Error bars correspond to 
±10%∙ϕ

OffC
. N = 4. 

120

5.11 (a) Average temporal evolution of the fractional amount of eluted drug (ϕ) for 
proximal embolisation, at different Reynolds numbers investigated. t

end
 = 3 hours. N = 

4. (b) Average maximal amount of eluted drug (ΔM
max

) at the different Reynolds 
numbers investigated. t

end
 = 3 hours. N = 4. (c) Schematic of bead on-time penetration 

within the embolised channel. The red area indicates Zone A and the blue area 
indicates Zone B. As a result of bead penetration, the area of Zone A decreases whilst 
the area of Zone B increases. The black arrow indicates the flow direction. (d) Average 
temporal evolution of area partitioning coefficient (α), normalised with respect to η(t

0
) 

= η
0
, for the range of Reynolds numbers investigated. Symbols correspond to those of 

Fig. 5.7a. N = 4. 

123

5.12 (a) Average temporal evolution of the fractional amount of eluted drug (ϕ) for distal 
embolisation, at different Reynolds numbers investigated. t

end
 = 21.5 hours. N = 4. (b) 

Average maximal amount of eluted drug (ΔM
max

) at the different Reynolds numbers 
investigated. t

end
 = 21.5 hours. N = 4.  

126
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5.13 (a-n) Contours of fluorescence intensity (intensity range: 0 – 256) for representative 
proximal single beads, at the different Reynolds numbers investigated. Re

in
 = 71.28 

(a-c), 142.56 (d-f), 213.54 (g-i) and 287.27 (l-n). Contours at t = t
0 
(a, d, g, l), t = 70 

min (b, e, h, m) and t = 140 min (c, f, i, n) are reported for the different Re
in
 

investigated. The white dash-dote line provides a fixed reference system for 
observing bead penetration within the embolised channel, at the different Re

in
 

investigated. White line in (a) = 150 μm. (o) Average maximal amount of eluted drug 
from Zone A (ΔM

max,A
) and Zone B (ΔM

max,B
) for proximal embolic bead, at the different 

Reynolds numbers investigated. t
end

 = 3 hours. N = 4. 
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5.14 (a-n) Contours of fluorescence intensity (intensity range: 0 – 256) for representative 
distal single beads, at different Re

in
 = 71.28 (b-d), 213.54 (f-h) and 287.27 (l-n). 

Contours at t = t
0 

(b, f, l), t = 6 hours (c, g, m) and t = 21.5 hours (d, h, n) are 
reported. Also, superimposed bright field and fluorescent microscope images are 
reported (a, e, i) at the different Re

in
, showing the spatial distribution of the drug 

within the bead at t = 21.5 hours. White line in (a) = 150 μm. (o) Average maximal 
amount of eluted drug from Zone A (ΔM

max,A
) and Zone B (ΔM

max,B
) for distal embolic 

bead, at the different Reynolds numbers investigated. t
end

 = 21.5 hours (long-term 
elution). (p) Temporal evolution of β/β

0
 in the case of distal embolisation, for the 

different Re
in
 investigated. N = 4. 

128

5.15 (a-b) Confocal microscopy images of radiopaque DEBs, after embolisation using a 
swine model (reprinted from [18]; Copywright © 2012, with permission from 
Elsevier).    

129

5.16 Effect of ultrasound on drug elution. (a) Average drug elution profiles (ϕ) at the 
different operating conditions investigated (asterisk: 20 V

pp
 CW; black circle: 20 V

pp
 

PW; white circle: 25 V
pp
 CW; white rhombi: control test, no US). N = 3. (b) Average 

maximal amount of eluted drug (ΔM
max

) at the different operating conditions 
investigated. t

end
 = 140 minutes. N = 3. t-test has been performed to statistically 

compare the groups of ΔM
max

 data. * = p-value < 0.03; ** = p-value < 0.004. (c) 
Average temporal evolution of bead total area (A), normalised with respect to A

0
 = 

A(t
0
). N = 3. 

133

5.17 Representative force (F) – displacement (∆) experimental data points. Data refer to a 
single DC Bead®, compressed up to 45 % deformation. Compression speed was set to 
300 μm/s. Experimental data points (empty circles) are reported together with the 
fitting polynomial curve (red line). The number of measurement points was set to 
1000. 

136

6.1 Schematic depiction of two-dimensional model geometries, with identification of the 
systemic branch (blue area) and the embolised branch (purple area). The red, blue 
and green lines corresponded to the systemic branch inlet, systemic branch outlet 
and embolised branch outlet, respectively. In configuration (a) it is shown the 
geometrical configuration with no gap at the end of the embolised branch (i.e., 
corresponding to complete embolisation). In configuration (b) it is shown the 
geometrical configuration with two axisymmetric gaps at the end of the embolised 
branch (i.e., corresponding to incomplete embolisation). Yellow lines in (b) indicate 
the gaps. 

142

6.2 Schematic depictions illustrating the three different inclination angles between the 
systemic branch and the embolised branch, corresponding to 30° (a), 60° (b) and 90° 
(c), respectively. The orange line corresponds to the embolised branch centreline, 
which was equal to 5 cm in all three cases. 

143

6.3 Detailed view of the geometry mesh in close proximity to the junction between the 
systemic branch and the embolised branch, for geometries NG-60 and NG-90. 

144

6.4 Schematic depiction of biomimetic bifurcation model geometry. D
0
 and L

0
 correspond 

to the diameter and length of the parent channel, and were equal to 600 μm and 3.0 
mm, respectively. D

1
 and L

1
 correspond to the diameter and length of the two 

daughter channels, and were equal to 500 μm and 2.5 mm, respectively (i.e., 
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symmetric bifurcations were modelled). γ corresponds to the angle between the two 
daughter channels. Four different values for γ were considered here, ranging from 30° 
to 120°.   

6.5 Three-dimensional model of biomimetic bifurcation (ϑ = 60°). A global view of 
bifurcation architecture is depicted in (a). In (b) the outlet sections can be identified, 
corresponding to the embolised branch outlet (pink area) and the systemic branch 
outlet (green area). In (c) the systemic inlet section can be identified (light blue area). 
Channel walls are in dark blue colour. 
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6.6 (a) View of the meshed geometry, in close proximity to the bifurcating region. (b) 
View of meshed bead outer surface. Geometries were meshed using ICEM CFD 12.1. 
Mesh elements were tetrahedral, with characteristic size of 0.04 mm. 

151

6.7 (a-c) Experimental microscope images of single-bead embolisation achieved within 
the constructed in-vitro bifurcation models. Red bar: 500 μm. 

152

6.8 Schematic of single embolic bead design. D
C
 : contact diameter; R

C
 : contact radius; D

P

: polar diameter; R
P
 : polar radius; R

E
 : equatorial radius. Body 1, Body 2 and Body 3 

are denoted with number 1, 2 and 3, respectively. 
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6.9 (a) Close view of model geometry showing the presence of a gap (gap width: D
gap

) 
between bead outer surface and channel inner surface. (b) Global view of meshed 
model geometry with embolic bead in place. 

154

6.10 Photograph of the fabricated microfluidic device. Metal cylinders were employed for 
connecting bifurcation inlets and outlets with silicon tubings. Yellow arrows indicate 
the inflow and outflow direction. 

155

 

6.11 Schematic of the experimental set-up designed for investigating the hydrodynamics 
at biomimetic bifurcations, after single-bead embolisation has been achieved. The 
working fluid is pumped from R

IN
 by a peristaltic pump. The pump is followed by a 

damper for achieving steady flow condition. The flow is conveyed into the 
microfluidic device (MD) and directed into R

OUT
 via the venous line (VL). Two ad hoc

injection lines were designed, (i) IL
EMB

, which has been designed for bead injection into 
the AL, and (ii) IL

VIS
, which has been designed for injection of fluorescent tracers. The 

device was placed on the microscope stage for image recording. 

158

6.12 Schematic depiction of the reduction process of the quinone centre in doxorubicin
hydrochloride. 

160

6.13 Schematic depiction of the oxidation process of the hydroquinone centre in 
doxorubicin hydrochloride. 

160

6.14 Cyclic voltammograms on BDD microelectrode in (1) phosphate buffer solution + 1.5
mM doxorubicin solution at (2) 10, (3) 25, (4) 50, (5) 100, (6) 200, (7) 300 and (8) 
500 mV/sec. Test 1 was carried out at a sweep rate of 10 mV/sec. The inset shows 
the relationship between the peak-shoulder current density C

1 
and the square root of 

the scan rate. 

161

6.15 Mesh independence study. (a) Centreline pressure along the systemic branch and (b) 
velocity profile at the systemic branch outlet at the different mesh element sizes 
investigated, corresponding to 0.27 cm, 0.20 cm, 0.10 cm and 0.05 cm, respectively. 
Simulations were performed on NG-90 model geometry. 

163

6.16 (a) Computed fluid velocity along the embolised channel centreline, at the three 
different inclination angles between the systemic branch and the embolised branch. 
Y-axis is in Log scale. Inset shows the reference system. (b-d) Distributions of 
streamlines in the embolised branch at inclination angles of 90° (b), 60° (c) and 30° 
(d). Re = 850. 
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6.17 Effect of Reynolds number in the systemic branch on the hydrodynamics within the 
embolised branch. Computed fluid velocity along the embolised channel centreline at 
Re = 200 and Re = 850 is reported for ϑ = 90o (a), 60o (b) and 30o (c). Y-axis is in Log 
scale. The reference system corresponds to the one reported in Fig. 6.16a. 

166

6.18 Effect of inclination angle between the systemic branch and the embolised branch on 
the spatial distribution of eluted drug. (a) Mass fraction of doxorubicin along the 
embolised channel centreline, at the three inclination angles investigated. Re = 200. 
Y-axis is in Log scale. Inset shows the reference system. (b-d) Contours of 
doxorubicin mass fraction in the embolised branch at ϑ = 90o (b), 60o (c) and 30o (d). 
Re = 200. 

168

6.19 Effect of the Reynolds number in the feeding channel on doxorubicin mass transfer. 
(a-c) Profile of doxorubicin mass fraction along the embolised branch centreline. 
Subplots correspond to three different length segments of the embolised branch, 
namely 0-0.015 m (a), 0.015-0.030 m (b) and 0.030-0.050 m (c). (d-e) Contours of 
doxorubicin mass fraction in the embolised branch, at Re = 50 (d) and Re = 200 (e). 
Geometrical configuration corresponded to NG-90.   

169

6.20 Effect of gap size on the hydrodynamics within the embolised branch. (a-b) Contours 
of velocity magnitude in the embolised branch, for Dgap = 0.066 cm (a) and Dgap = 
0.020 cm (b). Colourmap is reported on the left (values are in m/sec). (c-d) 
Distribution of streamlines in the embolised branch, for Dgap = 0.066 cm (c) and 
Dgap = 0.020 cm (d). (e) Velocity profiles along the embolised branch centreline, for 
three different gap sizes investigated. (f-g) Velocity profiles along a line parallel to the 
centreline, and translated towards the channel wall of Remb/2 and 3Remb/4, 
respectively (Remb = embolised channel radius). Results for the three different gap 
sizes investigated are reported. Insets in (f-g) show the reference system, with black 
dotted line corresponding to the centreline. Y-axis is in Log scale. Re = 200. 

170

6.21 Effect of varying the flow rate ratio between the systemic branch and the embolised 
branch, on the hydrodynamics in the embolised branch. Distributions of streamlines 
in the embolised branch are reported, at a fixed Re = 200 and D

gap
 = 0.020 cm. Flow 

rate weighting corresponded to 0.990 (a), 0.995 (b), and 0.999 (c) at the systemic 
branch outlet; and 0.010 (a), 0.005 (b) and 0.001 (c), at the gaps. 

172

6.22 Representative microscope image of 1 μm diameter fluorescent tracer particles 
flowing within the microfluidic device, in close proximity to the embolic event. Green 
arrows indicate the systemic flow direction, whilst light blue arrows indicate the 
presence of residual fluid flow rate in the embolised channel. Eddy formation within 
the embolised channel, in close proximity to the embolic bead, is clearly detectable. 
Scale bar: 500 μm. 

174

6.23 (a) Microscope image of 1 μm diameter fluorescent tracer particles flowing within the 
microfluidic device, in close proximity to the embolic event. (b) Distribution of 
streamlines in the microchannels mid-plane, nearby the embolic event, as determined 
from CFD simulations. Green arrows indicate the systemic flow direction. 

176

6.24 (a) Experimental fluid velocity vector field in a region located after the embolic site. 
Microscope focus was set on microchannel mid-plane (in z-direction). (b) Numerical 
fluid velocity vector field in the same plane. Re

in
 = 150. ϑ = 60°. 

177

6.25 Effect of the Reynolds number in the feeding channel on the hydrodynamics within 
the embolised branch. Distributions of streamlines nearby the embolic event, as 
determined numerically, at (a) Re = 50, (b) Re = 150 and (c) Re = 400. ϑ = 60°. 
Pathlines correspond to the trajectories of massless particles released from channels 
mid-plane. 

179

6.26 Effect of channel blockage effectiveness (QEMB/QTOT) on the hydrodynamics within 
the embolised branch. Distributions of streamlines nearby the embolic event, 
determined numerically, at (a) QEMB/QTOT = 2%, (b) QEMB/QTOT = 1.5% and (c) 
QEMB/QTOT = 0.5%. ϑ = 60°. Pathlines correspond to the trajectories of massless 
particles released from channels mid-plane 
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6.27 Contours of fluid velocity magnitude (a, c, e) in the bifurcation mid-plane, and 
velocity vector field in the embolised channel (b, d, f) at Re = 50 (a-b), Re = 500 (c-d) 
and Re = 1000 (e-f). Coloured scale bars are reported. Values are in m/sec. ϑ = 60°. 
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Symbols 
 

a Consistency index (Pa∙secn) 

A Cross sectional area (m2) 

C Inertial resistance factor (m-1) 

Cyt Cytotoxic coefficient 

d
C 

Channel inner diameter (m) 

d
p 

Particle/bead diameter (m) 

D Diffusion Coefficient (m2·sec-1) 

D, D
h 

Hydraulic diameter (m) 

D
C 

Contact diameter (m) 

D
e 

Euclidean distance (m) 

D
gap 

Gap width (m) 

D
in
 Inlet channel diameter (m) 

D
P 

Polar diameter (m) 

DR Degradation rate (mm·sec-1) 

E Young’s modulus (Pa) 

E
p 

Peak potential (V) 

E
p/2 

Half peak potential (V) 

f Fanning’s friction factor 

f Frequency (Hz) 

f
R 

Resonance frequency (Hz) 

F
L 

Lift force (N) 

F Faraday constant (C·mol-1) 

F Compression force (N) 

FI Fluorescence Intensity 
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GP Gas proportion 

Ht Haematocrit (%) 

Ht
d 

Discharge haematocrit (%) 

Ht
t
 Tube haematocrit (%) 

i
P 

Current peak (A) 

j
P 

Current peak density (A∙m-2) 

J Diffusion flux (mol∙m-2∙sec-1) 

l
e 

Entrance length (m) 

l
f 

Transverse equilibrium under lateral lift (m) 

L Channel length (m) 

M Mass (kg) 

M
f 

Mass fraction 

N Power law index 

N Number 

P Hydraulic pressure (Pa) 

PE Penetration efficacy (m) 

Q Volumetric flow rate (m3·sec-1) 

Q
in
  Volumetric flow rate in the inlet channel (m3·sec-1)  

r, r
c 

Channel inner radius (m) 

R Gas constant (J·mol-1·K-1) 

R Undeformed bead radius (m) 

R
C 

Contact radius (m) 

R
E 

Equatorial radius (m) 

R
P 

Polar radius (m) 

RCF
 

Relative centrifugal force (× g) 

Re Reynolds number 

Re
in
 Reynolds number in the inlet channel 

S
 

Displacement (m) 

T Time (sec) 
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t
exp 

Exposure time (sec) 

T Temperature (°C or K) 

u Axial velocity of fluid (m·sec-1) 

U, U
m
 Maximum axial velocity of fluid (m·sec-1) 

v
 

Velocity of fluid (m·sec-1) 

v  Average velocity of fluid (m·sec-1) 

v
p
 Velocity of particle/bead (m·sec-1) 

V
 

Volume (m3) 

V
pp
 Voltage peak-to-peak (V) 

y
eq 

Lateral equilibrium position of particle/bead (m) 

 

 

 

Greek Symbols 
 

α Relative particle diameter 

γ Volume fraction 

ϑ Inclination angle (°) 

ϕ Fractional amount of eluted drug 

Φ Penetration coefficient 

λ
ex 

 Excitation wavelength (nm) 

λ
em 

 Emission wavelength (nm) 

  Fluid dynamic viscosity (Pa·sec) 

η Area partitioning coefficient 

 Scan rate (V·sec) 

ν Poisson’s ratio 

χ Charge transfer coefficient 

   Fluid density (kg·m-3) 
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Abbreviations 
 

AL Arterial line 

AVM Arteriovenous malformation 

BDD Boron-doped diamond 

CA Contrast agent 

CAD Computer-aided design 

CCD Charge-couple device 

CDL Cell-depletion layer 
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Chapter 1 

 

 

Introduction 

No standardised in-vitro methodology or device is currently available for investigating the 

performance of spherical microparticles employed in targeted drug delivery and 

embolisation therapy for the treatment of tumours and arteriovenous malformations. This 

has limited either the definition of common practices in embolisation and 

chemoembolisation therapy, or the achievement of a deeper understanding about the 

underlying physico-chemical mechanisms. The ultimate goal of this project was to develop 

a microfluidic-based strategy enabling the investigation of the mechanisms of therapeutic 

embolisation and chemoembolisation using hydrogel embolic beads, and create a 

knowledge base or platform for studying the functional behaviour of a range of different 

embolic devices, drug delivery systems or drug carriers. 
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1.1 Background 

Microfluidics is the science of manipulating fluid at the micrometric or sub-micrometric 

scale, and the technological support required to develop methodologies and devices to 

undertake such objectives [1]. From the early 1990s, when micro-analytical chemical 

techniques began to be established [1], several microfluidic devices have been 

developed, for applications mostly in the fields of chemistry and chemical engineering 

[2, 3]. The reduced sample volumes required to perform chemical reactions in a 

microfluidic environment [1], the high velocity of chemical species separation and 

detection, the increased sensitivity and the reduced cost compared to conventional 

batch systems are among the main reasons for which microfluidic devices were 

developed [4]. Furthermore, the micro-confinement leads to unique dynamics within 

microfluidic systems. These include the role played by surface tension forces due to 

the large surface-area-to-volume ratio, the low Reynolds number regime due to 

generally high viscous dissipation compared to inertial effects, and the diffusion-

dominated mixing processes and fast thermal dissipation [2].  

The aforementioned peculiarities of microfluidic devices have attracted great attention 

in the biomedical community, which has focused on the application of miniaturised 

microfluidic systems in biology, medicine and bioengineering, commonly referred to as 

biomicrofluidics. Domachuk et al. defined biomicrofluidics as “the application of 

biologically derived materials and biologically inspired designs to microfluidics and the 

applications of the resulting devices” [5]. Biomicrofluidics has considerably expanded 

its range of biomedical applications in recent years [5], with the use of 

microtechnologies being reported in the fields of genomics, protein manipulation and 

analysis, cellular systems, biochemical and pathogen detection, high-throughput drug 

screening, point-of-care diagnostics, drug delivery, biomaterials and tissue 

engineering, bio-fluid dynamics and micro-rheology, and mimicking of physiological 

organ/tissue systems. Each of these applications has been extensively described in a 

number of scientific reviews [3, 5-8].  

The development in the field of biomicrofluidics has led to significant technological 

advancements in recent years, which has made it a potential and attractive in-vitro 

alternative to expensive and controversial in-vivo (or animal) tests employed in 

biomedical research. In particular, a range of studies have been devoted to the design 

and fabrication of artificial miniaturised tissues [9-11] or organs (i.e., Organ-on-a-Chip) 

[12, 13], with applications in the field of tissue engineering, drug screening and drug 

delivery, and monitoring of physiological and pathological processes (Fig. 1.1).  
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Figure 1.1 (a) Microfluidic-based model of the alveolar-capillary barrier. By vacuum application 

on the side chambers it mimicked breathing-induced stretching of the cell-culture membrane 

(taken from [13]; reprinted with permission from AAAS, Copywright © 2010). (b) Schematic of a 

microfluidic device for investigating paracrine interactions of endothelial cells with vascular 

endothelial growth factor (VEGF) gradients in the media. (c) Endothelial cells are cultured in the 

central channel, and VEGF is added to the right channel (republished with permission of Annual 

Reviews, from [14]; permission conveyed through Copywright Clearance Center, Inc.; Copywright 

© 2012). (d) Miniaturised tubular network for the mimicking of blood vessels. The device is 

constructed from a silicone scaffold and a collagen gel. Biological cells can be incorporated in 

the gel or added in the culture medium that flows through the channels (reprinted by permission 

from Macmillan Publishers Ltd: Nature [15], Copywright © 2012). 

 

Specifically, increasing attention has been devoted to the development of biomimetic 

in-vitro models of human microvascular systems, consisting of microchannel networks 

in which the channel inner surface is generally coated with endothelial cells for 

studying the mechanisms of cell mechanotransduction, cell-cell interaction or vascular 

angiogenesis (Fig. 1.1d) [15, 16]. However achieving an adequate flow dynamic 

environment in complex microvascular networks still remains problematic [15]. This 

seriously limits the large-scale application of the developed microdevices within the 
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pharmaceutical and biomedical communities. Additionally, the ideal biomimetic 

microfluidic devices should allow for a fine and flexible control of the boundary 

conditions, high-throughput analysis and coupling with visualisation technologies, 

which sometime results in increased degree of technological complexity further 

limiting their large-scale usability. 

For example, currently there is no standardised in-vitro methodology or device which 

has been designed for investigating the performance of spherical microparticles 

employed in targeted drug delivery and embolisation therapy for the treatment of 

tumours and arteriovenous malformations [17, 18]. This has limited both the definition 

of standardised clinical practices in embolisation and chemoembolisation therapy [18], 

and the achievement of a deeper understanding about the underlying physico-chemical 

mechanisms which is a necessary prerequisite for the optimisation of current clinical 

techniques or industrial processes employed for the production of embolic devices and 

drug delivery systems. 

With this respect, the advantages provided by microfluidic-based technology may be 

exploited for designing novel in-vitro models of the human microvascular system 

allowing for the functional characterisation of embolic devices and drug delivery 

systems. 

  

1.2 Objectives and scope 

The ultimate goal of this research was to develop a microfluidic-based strategy 

enabling the investigation of the mechanisms of therapeutic embolisation and 

chemoembolisation using hydrogel embolic beads, and create a knowledge base or 

platform for studying the functional behaviour of a range of different embolic devices, 

drug delivery systems or drug carriers. The specific objectives included: 

 

 To design and construct an in-vitro microfluidic-based model reproducing 

typical architectural features of human microvascular systems. 

 To characterise the flow behaviour of RBCs suspensions within the constructed 

biomimetic microfluidic devices and evaluate their potential to reproduce key 

features of blood flow behaviour which are observed within microvascular 

systems in-vivo.   
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 To investigate the flow behaviour of embolic hydrogel beads within straight 

microchannels under biomimetic fluidic conditions, and identify the key 

governing physical parameters. 

 To investigate the flow behaviour and the embolisation performance of 

hydrogel embolic beads within biomimetic microfluidic devices, and identify the 

key governing physical parameters.  

 To investigate the spatiotemporal dynamics of drug elution from hydrogel 

embolic beads within biomimetic microfluidic devices, and establish novel 

microfluidic-based technologies for achieving this.  

 To develop a numerical model capable for reproducing the hydrodynamics 

within embolised vessels and the spatial distribution of eluted drug from 

embolic beads, at biomimetic bifurcations. 

 

In this thesis, experimental and computational data are presented. Specifically, 

biomimetic microfluidic devices reproducing key architectural features of human 

arteriolar systems have been designed computationally and fabricated by micromilling 

technology. The flow behaviour of RBCs suspensions within the developed microfluidic 

devices has been investigated by implementation of computational-based μ-PIV 

techniques and image analysis methods. Specifically, fluid velocity fields, cell depletion 

layer width and RBCs partitioning have been quantified at varying clinically-relevant 

experimental conditions, including the Reynolds number in the feeding channel and 

the concentration of RBCs in the suspension (i.e., haematocrit). Results have been 

compared qualitatively and quantitatively with previous theoretical models or in-vivo 

experimental observations. 

The flow behaviour of suspended polyvinyl alcohol (PVA) hydrogel beads under 

biomimetic fluidic conditions has been investigated. Firstly, bead flow behaviour within 

straight microchannels has been studied experimentally. Bead radial position and axial 

velocity have been quantified at varying clinically-relevant fluidic conditions, including 

the Reynolds number, the degree of confinement (i.e., depending on the size of the 

injected beads) and the concentration of RBCs in the suspension. Computational-based 

analytical methods have been developed for this purpose. 
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Subsequently, bead flow behaviour and embolisation performance have been 

investigated experimentally within biomimetic microchannel networks which 

reproduced key features of tumour microvascular systems. The partitioning of beads at 

bifurcations and the spatial location of the embolic events have been quantified within 

the developed microfluidic devices. Critical parameters influencing bead embolisation 

performance have been identified in order to provide relevant information to clinicians 

and industrial subjects. 

By using the developed biomimetic microfluidic devices, the spatiotemporal dynamics 

of drug elution from embolic hydrogel beads has been investigated under 

physiologically relevant fluidic conditions. Both on-chip and off-chip analytical 

techniques have been implemented for quantification of drug elution kinetics and the 

spatial distribution of eluted drug from single bead. Computational-based methods 

have been developed for automated image processing and extraction of relevant 

parameters. 

Finally, the hydrodynamics at the embolic site has been further analysed by means of a 

computational fluid dynamics (CFD) model, in order to understand the role played by 

the hydrodynamic environment on the performance of drug eluting embolic devices.  

 

1.3 Novelty 

Different elements of novelty are demonstrated in the present work, including: 

 The biomimetic microfluidic devices constructed represent one of the first 

devices capable for reproducing key architectural features of arteriolar 

microvascular systems in-vitro. 

 The systematic study of the effect of a number of clinically-relevant physical 

parameters (i.e., Reynolds number in the feeding channel, RBCs concentration 

in the suspension) on RBCs flow behaviour within biomimetic microchannel 

networks revealed the relationship between CDL width and channel diameter, 

and the dependence of RBCs partitioning on the Reynolds number in the 

feeding channel (see Sections 2.3.3 and 2.3.4). 

 The flow behaviour of embolic hydrogel beads under clinically-relevant fluidic 

conditions has been investigated using straight microchannels. It has been 
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demonstrated that bead radial position and axial velocity depend on the 

interplay between the governing physical parameters, including fluid inertia, 

haematocrit and degree of confinement (see Section 3.3). Results bear 

significant implications in embolisation-based cancer therapy. 

 It has been demonstrated for the first time that under specific fluidic conditions 

embolic beads undergo an oscillatory dynamics (see Section 3.3), and the 

oscillatory behaviour has been thoroughly characterised experimentally. 

 The biomimetic microfluidic systems constructed represent one of the first 

devices capable for reproducing the phenomenology of the embolisation 

process, including the discrimination between single-bead and multi-bead 

vascular occlusion (see Section 4.3.1), and the spatiotemporal dynamics of drug 

elution from single embolic bead under clinically-relevant fluidic conditions (see 

Section 5.3.1).   

 The flow behaviour of hydrogel embolic beads within biomimetic microchannel 

networks was investigated, providing novel insights into the effect of varying 

clinically-relevant parameters (i.e., Reynolds number in the feeding channel, 

concentration of beads in the embolic suspension, bead size) on bead 

embolisation performance (see Section 4.3.2 and 4.3.3). 

 On-chip and off-chip analysis techniques have been developed to investigate 

the kinetics of drug elution from embolic beads under biomimetic fluidic 

conditions (see Sections 5.2.6 and 5.2.7). The developed microfluidic-based 

analysis methods represent the first attempt to establish a technique for 

studying drug elution from embolic devices at experimental conditions which 

closely mimic the clinical practice and the physiological micro-environment. 

 It has been demonstrated that both the local hydrodynamics at the embolic site 

and the location of the embolic event (i.e., proximal or distal embolisation) 

strongly influence the kinetics of drug elution from hydrogel embolic beads and 

the amount of eluted drug (see Sections 5.3.3 and 5.3.4). 

 It has been demonstrated for the first time that ultrasound application 

influences the kinetics of drug elution from embolic hydrogel beads and the 

total amount of eluted drug; opening the way for new technologies in the field 

of actively-controlled targeted drug delivery (see Section 5.3.5).  
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 In an effort to unveil the effect of the local hydrodynamics on the spatial 

distribution of the eluted drug at biomimetic bifurcations, CFD numerical 

models were developed. The results provided new insights on the role of the 

fluidic conditions in controlling the dynamics of drug elution from single 

embolic beads (see Section 6.3). 

 

1.4 Layout of the Thesis 

This thesis is organised as follows: 

Following a general Introduction in Chapter 1, Chapter 2 presents the development 

and functional characterisation of microfluidic-based in-vitro models of human 

arteriolar systems. A background section describes the key features of RBCs flow 

behaviour within microvascular systems and current challenges in the design of 

computational or experimental models capable for reproducing/measuring them. 

Subsequently, the design and fabrication of biomimetic microfluidic devices, and the 

techniques developed for quantifying RBCs suspensions velocity fields, cell depletion 

layer width and RBCs distribution are described. The effect of different experimental 

parameters on RBCs flow behaviour is covered. Results and discussion on the 

experimental data obtained are also presented at the end of this chapter. 

Chapter 3 describes the examination of the flow behaviour of hydrogel embolic beads 

within straight microchannels, under clinically-relevant fluidic conditions. A 

background section describes the general characteristics and challenges of 

embolisation-based cancer therapy. Subsequently, the experimental methods for 

detection of bead axial velocity and radial position within microchannels are described. 

The effect of different governing parameters, including Reynolds number, haematocrit 

and degree of bead confinement is covered. Results and discussion on the 

experimental data obtained are also presented at the end of this chapter.     

Chapter 4 details the investigation of the flow behaviour and the embolisation 

performance of hydrogel embolic beads within biomimetic microfluidic-based 

microchannel networks. Methods of device design and fabrication are described, 

together with the techniques employed for bead detection. The effect of different 

clinically-relevant parameters on bead embolisation performance is covered. These 

include the Reynolds number in the feeding channel, the concentration of beads in the 
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embolic suspension and bead size. Results and discussion on the experimental data 

obtained are also presented at the end of this chapter.     

Chapter 5 reports the investigation of the kinetics of drug elution from single hydrogel 

embolic bead, and the spatial distribution of the eluted drug within biomimetic 

microfluidic-based microchannel networks. In-house on-chip analysis and off-chip 

analysis techniques were developed for this purpose and details of them are provided. 

The effect of the local hydrodynamics and the location of the embolic event (i.e., 

proximal or distal) on the spatiotemporal dynamics of drug elution from single embolic 

bead are covered. Furthermore, preliminary results on the effect of ultrasound 

application on the mechanisms of drug elution from hydrogel beads are presented. 

Results and discussion on the experimental data obtained are also presented at the 

end of this chapter.     

Chapter 6 illustrates the design of numerical CFD models of the hydrodynamics within 

embolised microvessels and of the spatial distribution of eluted drug from single 

embolic bead. The design of simplified two-dimensional models and of biomimetic 

three-dimensional models is described. A preliminary qualitative validation of the 

three-dimensional model with experimental data is presented. Results and discussion 

on the numerical and experimental data obtained are also presented at the end of this 

chapter.     

Chapter 7 summarises the findings and conclusions drawn from the presented 

research. 

Chapter 8 outlines the future perspective of the work.  

In addition, Appendix A1 and Appendix A2 present further work performed during 

the course of the PhD studies, in the field of biomicrofluidics and design of 

microfluidic-based in-vitro strategies with application in drug delivery and treatment of 

vascular disorders.  

Specifically, Appendix A1 describes the design of microfluidic-based microfluidic 

devices for ultrasound-facilitated intracellular delivery of bioactive molecules and the 

characterisation of device performance under a range of different operating conditions.   

Appendix A2 details the design of a computational-based method for quantifying the 

cohesiveness of sclerosing foams under biomimetic experimental fluidic conditions. 
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The effect of clinically-relevant parameters on the cohesiveness of sclerosing foams is 

investigated using the developed techniques. 

Finally, Appendix A3 lists all scientific publications which have been produced as a 

result of the PhD studies.   
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Chapter 2 

 

 

Microfluidic-based models of the 

human arteriolar system  

The microcirculation plays a key role in the delivery of essential substrates for oxidative 

processes in cells, the removal of products of cell metabolism, and the regulation of 

peripheral blood flow distribution. The functional properties of microvascular networks 

strongly depend on the rheological properties of blood and on the heterogeneity of their 

architecture. However, studying blood flow behaviour through in-vivo microvascular 

systems is limited by ethical, economical and technical issues. Such limitations have 

opened the way to in-vitro models, such as straight microcapillaries or network-like 

microchannel constructs, but current in-vitro models present simplifications in the 

architecture design which result in the impossibility of faithfully reproducing key features 

of the in-vivo microvascular haemodynamics. In the present Chapter it is described the 

development of a microfluidic-based in-vitro model of the human arteriolar system, 

characterised by circular channel cross-section, network asymmetry and the presence of 

both bifurcation- and side-branches. The developed microdevice allows for the 

quantification of the velocity fields, cell-depletion layer thickness and haematocrit 

distribution within biomimetic microchannel networks. Results show the potential of the 

in-vitro model in reproducing key features of blood flow behaviour which have been 

detected for microvascular systems in-vivo, including the relationships between cell-

depletion layer thickness, haematocrit and vessel diameter. The developed microdevices 

can potentially find further applications in biological and biophysical research, where the 

mimicking of flow dynamics at the microcirculatory level is required. 
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Background 

The majority of tissues and organs of the body are solid-like, three-dimensional 

structures and their microcirculatory system is also three-dimensional [19, 20]. The 

architecture of microcirculatory networks is adapted to the tissue function, leading to 

enhanced geometrical heterogeneity between microvascular systems belonging to 

different body districts [21]. As a consequence of this variability in microvascular 

architecture, the modelling of microvascular systems represents a challenging problem 

in microscale biorheology and biofluid dynamics research [21].    

Due to its intricate architecture (Fig. II.I), a characteristic microvascular system can be 

modelled as an assembly of repeating organisational units (building blocks) [22] which 

display typical architectural features of in-vivo microvascular systems. This simplified 

approach permits to overcome limitations associated with the spatial heterogeneity of 

microvascular systems, providing a generalised basis for modelling purposes, either 

theoretical or experimental.   

     

 

 

Figure II.I Ink–injected microvascular network of cat sartorius muscle. Area shown is 

approximately 3 cm × 5 cm. A: arteriole; V: venule (republished with permission of Annual 

Reviews, from [20]; permission conveyed through Copywright Clearance Center, Inc.; Copywright 

© 2005). 
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There have been many advances in the field of microcirculation in recent years and a 

number of extensive reviews have examined blood flow behaviour within microvascular 

systems [20, 21, 23]. 

Blood is a non-Newtonian suspension of cells in a liquid phase (plasma). Blood cells 

include red blood cells (RBCs) (also called erythrocytes), white blood cells (WBCs) (also 

called leukocytes) and platelets. The most abundant cells in blood are red blood cells, 

which are deformable biconcave discs having a characteristic diameter of 7.5 μm and 

thickness of 2.0 μm (Fig. II.II).  

 

 

 

Figure II.II Representative depiction of a red blood cell, illustrating the characteristic cell 

thickness (side view) and diameter (top view). 

 

The rheological properties of blood have been studied for many years using rotational 

viscometers [24] or narrow glass tubes [25]. Viscometric studies have provided 

valuable information regarding the properties of blood under finely controlled 

experimental conditions but, for many reasons, this information is not sufficient to 

fully understand the flow behaviour of blood within intricate microcirculatory systems. 

For example, the rheological properties of blood in a microvascular network 

characterised by a multitude of vessel segments having different length, diameter and 

flow rate, cannot be adequately derived from viscometric measurements using more 

simplified systems [20].  

Fåhræus and many other investigators studied blood flow behaviour within long glass 

tubes [20, 25, 26]. They observed that the tube haematocrit (Ht
t
) (measured by 

stopping the fluid flow and emptying the tube content [20]) was consistently smaller 

than the discharge haematocrit (Ht
d
), which was measured in the discharge reservoir. 

This effect is called the Fåhræus effect [27]. Furthermore, the apparent viscosity (μ
a
) of 
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blood measured in tubes with inner diameters ≤ 300 μm (i.e., microchannels) displayed 

a considerable decrease with decreasing the tube diameter (Fig. II.III). Interestingly, μ
a
 

reached a minimum at approximately 5-7 μm, corresponding to the characteristic inner 

diameter of capillary blood vessels [20]. This trend is referred to as the Fåhræus-

Lindqvist effect [21, 28], and direct evidence of its occurrence in-vivo has been 

provided. 

The apparent viscosity of blood, μ
a
, is defined as [20]: 

 

LQ
DP

a 



128

4                                                                                                       (II.I) 

 

where ∆P is the pressure drop along the tube, D is the tube inner diameter, L is tube 

length, and Q is the volumetric flow rate. For a Newtonian fluid, Equation II.I becomes 

the Poiseuille’s law.  

Physical arguments show that these experimentally-observed phenomena are 

correlated [20, 23]. Particularly, the migration of RBCs away from the vessel wall, often 

referred to as axial migration, and the formation of a cell-depletion layer (CDL) in the 

near-wall region (as shown in Figure II.IV) have been extensively studied either in-vivo 

and in-vitro [29-31], and have been observed to cause the mean velocity of RBC to be 

higher than the mean velocity of blood [20]. It can be demonstrated by a mass-balance 

analysis that the Fåhræus effect is a direct consequence of this occurrence [20]. 

Additionally, given that the dynamic viscosity of the cell-depletion layer is significantly 

lower than the dynamic viscosity of the RBCs-rich core, the apparent viscosity of blood 

is lower than the bulk viscosity of the uniform suspension [32], and the cell-depletion 

layer acts as a lubricant agent.  

The thickness of CDL is only several microns [20] (Fig. II.IV) and depends on the local 

flow rate and haematocrit [33]. From the moment that CDL size is of the order of RBC 

characteristic size, the problem of studying RBCs flow behaviour within microvessels 

falls between continuum and discrete descriptions [20]. A number of analytical and 

numerical studies are available in the literature trying to model RBC dynamics within 

dimensionally commensurate microfluidic domains (i.e., straight microchannels) [29, 

32, 34, 35]. Whilst mathematical and theoretical approaches provide unique 

information on the physical mechanisms underlying blood flow dynamics in the 

microvasculature; however, they suffer from the increased level of complexity and 
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computational cost when one attempts to model/describe the flow behaviour of RBCs 

suspensions within intricate microvascular network systems. 

 

 

 

Figure II.III Relative apparent viscosity of blood. (top) Parametric description of results taken 

from 18 in-vitro studies on blood flow within straight tubes. (bottom) Relative apparent viscosity 

of blood determined in-vivo by network analysis in the mesentery [36], compared to the results 

of direct measurements by Lipowsky et al. [37, 38] (republished with permission of Oxford 

University Press, from [21]; permission conveyed through Copywright Clearance Center, Inc.; 

Copywright © 1996). 
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Figure II.IV Microscope image of a RBCs suspension (15% haematocrit) flowing in a straight 

100 μm diameter capillary. The formation of a cell-depletion layer (or plasma layer) is clearly 

detectable (reprinted from [39]; Copywright © 2008, with permission from Elsevier).  

 

Microvascular networks exhibit significant heterogeneity of RBCs velocity and 

concentration between vessels of similar size [40]. The spatial heterogeneity of RBC 

velocities originates from a range of physical factors, including the architecture of the 

microvascular pathways resulting in different effective hydrodynamic resistances [20]. 

Haematocrit heterogeneity within microvascular systems instead originates from the 

uneven separation of RBCs and plasma at microvascular bifurcations and side-branches 

(referred to as phase separation) [23, 28], such that daughter branches with higher 

bulk flow draw a considerably larger number of RBCs compared with daughter 

branches with lower bulk flow [20]. It has been referred to as bifurcation law the 

relationship between the ratio of RBC flux into a daughter branch and the total RBC 

flux in the parent vessel of a bifurcation, versus the ratio of the corresponding bulk 

flows [23, 36]. The fact that vascular segments carrying lower blood flow are 

characterised by lower tube haematocrit results in a lower mean haematocrit calculated 

over vessel segments having similar dimensions. This phenomenon is called network 

Fåhræus effect [41].  

The apparent viscosity of blood in a vascular segment thus depends on numerous 

parameters, including segment diameter, tube haematocrit and wall shear rate. 

Therefore a comprehensive understanding of the mechanisms underlying RBC flow 



Dario Carugo                    Chapter 2: Microfluidic-based models of the microcirculation 

17 

 

behaviour within microvascular networks requires the simultaneous quantification of a 

wide spectrum of physical parameters (i.e., RBC velocity, cell-depletion layer thickness, 

tube haematocrit) which are difficult to access in-vivo. An attractive alternative is thus 

represented by in-vitro models. However, a careful selection of the design and 

fabrication strategies is required in order to reproduce the architectural intricacy of 

microvascular systems, which cannot be captured by using individual straight 

microchannels. 

In the present Chapter the development and functional characterisation of a first 

generation of microfluidic devices aimed to mimic the human microvascular 

architecture are described.  

 

2.1 Introduction 

Blood flow dynamics in the microcirculation (micro-haemodynamics) has assumed an 

increasing scientific interest due to its implication in numerous physiological and 

pathological phenomena [20]. For example, it is understood that blood flow in the 

microcirculation contributes to the regulation of peripheral blood pressure and 

substance exchange between the vascular compartment and the surrounding tissues 

[22, 42-44]. It has also been observed that the alteration of the physiological micro-

haemodynamics (i.e., chronic changes in the shear stress at the blood-vessel wall 

interface) is associated with circulatory diseases such as atherosclerosis [45] and 

thrombogenesis [46], which have high impact on health services worldwide [47]. 

Furthermore, it has been found that peripheral blood flow is a major regulator of the 

formation of new vascularised tissue (angiogenesis) [48] and the remodelling of 

existing microvessels (vascular remodelling) [49].  

Although micro-haemodynamics has been extensively studied for decades both 

theoretically and experimentally [20, 34, 50-52], challenges still remain to achieve a 

pervasive understanding of the physics of blood flow in vascular regions where the 

size of the red blood cell (RBC) becomes closer to the size of the vessel, due to 

complexities and non-linearities arising from cell-cell and cell-vessel interaction (as 

previously mentioned). This particularly applies to vessels with diameter less than 300 

μm (i.e., microvessels) [21]. It is therefore important to investigate blood flow 

behaviour within microvascular systems in order to better understand the role played 

by the micro-haemodynamics in the aforementioned physio-pathological processes.  
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However, reliable measurements of blood flow dynamics in in-vivo microvascular 

systems are technically complex and are also associated with the resolution of ethical 

and economical issues. These limitations have led to the development of alternatives, 

i.e. in-vitro methodologies, e.g., by using narrow glass or polymeric tubes with simple 

geometries including straight and converging microchannels (or microcapillaries) [39, 

53-56]. It has been demonstrated that such in-vitro platforms offer advantages of 

facilitated access to a wide range of physical parameters of interest and for accurately 

controlling the experimental conditions. However, the microchannels developed are 

significantly different from microvessels in terms of mechanical properties of the 

vessel wall (particularly important for highly distensible microvessels such as 

capillaries and venules), surface properties of the endothelial layer lining the vessel 

wall, and geometric architecture of the microvascular system. This has often led to 

conflicting results between in-vitro and in-vivo experiments [21, 36, 57].  

Among the different properties of microvascular systems, it is widely recognised that 

microvascular architecture represents a major determinant of peripheral blood 

rheological properties and flow behaviour [52, 58], strongly influencing its capacity for 

material transport and exchange. In general, microvascular networks exhibit highly 

asymmetric and heterogeneous architecture, which is reflected by corresponding 

haemodynamic parameters (i.e., blood flow velocity, tube haematocrit) being highly 

variable within a network, even among morphologically similar vessels. The complexity 

also makes the development of in-vitro models especially challenging to mimic the 

natural microvascular structure.   

To tackle this problem, attempts have been made recently with advances in the field of 

microfluidics to mimic the branching nature of microvascular systems. Microfabrication 

technologies allow for the production of devices with microchannel constructs forming 

complex three-dimensional architectures. The unique characteristics of such 

microsystems further enable the fine control of the boundary conditions and the real 

time visualisation of cells and particles by coupling with high-resolution microscope-

based imaging technology. 

For example, Shevkoplias et al. developed a prototype of the mammalian 

microcirculation by microfabricating a network of microchannels within a transparent 

silicone substrate [59, 60]. Whilst the microdevice allowed for the replication of certain 

characteristics of the microcirculation, such as shape transition of deformed RBCs, 

plasma skimming, and the formation of collateral flow pathways due to flow 

obstruction caused by white cells; simplifications in the geometry design (i.e., squared 

channel cross-section, absence of channel curvature and fixed bifurcation angle) 
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limited a faithful replication of the in-vivo blood flow characteristics. With the aim of 

replicating more closely the geometry of microvascular bifurcations, Lagoela et al. 

fabricated a microchannel bifurcation within a PDMS substrate by soft lithography 

technique [61] and investigated the partitioning and velocity of labelled RBCs at the 

bifurcation, by using a high resolution confocal μ-PTV method. A similar approach has 

been adopted more recently by Leble et al. to investigate the velocity fields of diluted 

RBCs suspensions at diverging and converging microchannels [62]. However, these in-

vitro models also suffered from simplifications in the geometry which had squared 

cross-section channels with architectural symmetry. 

More complex biomimetic devices were recently designed by Emerson et al. and Barber 

et al. [63, 64], which included microfluidic networks with channel diameter and length 

obeying the generalised Murray’s law [65]. Despite being designed following 

biologically inspired principles, there still persisted some discrepancies between such 

microfluidic devices and in-vivo microvascular networks, mainly due to the symmetry 

of the network system, the absence of channel curvature and the presence of only 

bifurcation branches. The PDMS-based microfluidic system of the capillary network 

developed by Chen et al. revealed to be particularly effective for studying the 

hydrodynamics of RBCs at the single-cell level [66], however displayed similar 

limitations as for Emerson et al. and Barber et al. [63, 64].   

Lim et al. instead used laser technology in order to create multi-width multi-depth 

microchannel networks [67] which obeyed the Murray’s law. Although they did not 

allow for an accurate replication of the three-dimensional in-vivo microvascular 

environment, the developed devices may provide advantages for in-vitro cell studies 

and for tissue engineering applications where efficient transport of oxygen and 

nutrients is required. Three-dimensional idealised models of the pulmonary 

microvascular system were constructed by Hoganson et al. [68], via enhanced 

parallelisation of a network-like microchannel unit. Such devices did not replicate 

realistic microvascular systems; however they may provide a powerful platform for co-

culturing tissue and vascular cells for realistic cell-cell interaction studies. 

Remarkable efforts towards the design and fabrication of biomimetic microchannel 

networks have also been performed by Rosano et al. [69] and Prabhakarpandian et al. 

[70]. They implemented artificial microvascular networks designed by mapping animal 

microcirculation using a modified Geographic Information Systems (GIS) approach. 

These microfluidic devices faithfully reproduced the tortuosity of microcirculatory 

systems and microvessels interconnections. However, their microchannels possessed a 

rectangular [69] or semi-circular [70] cross-section thus failed to capture the variation 
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of microvessels cross-sectional area, as for microcirculatory systems in-vivo. Despite 

these limitations, such microfluidic devices have been employed to investigate the 

spatial distribution of microparticles within biomimetic microchannel networks and to 

evaluate microparticles adhesion on endothelial cells lining the microchannels walls, 

providing novel insights into the effect exerted by the fluid flow dynamics on the 

performance of drug delivery particles.  

As it emerges from the scientific literature, the implementation of biomimetic models 

of the microcirculation represents a critical problem in bioengineering research. Of 

particular relevance is the choice of the optimal design and fabrication strategies, 

which depends on the technological limitations and on the range of physical 

parameters to be quantified. Notably, the degree of architectural intricacy may 

significantly limit the experimental access to the parameters of interest, making it 

difficult to get a pervasive understanding of the underlying physical mechanisms. 

Additionally, although significant advancements have been achieved in the field of 

micro-haemodynamics and micro-rheology, either theoretically or experimentally, 

challenges still remain to develop in-vitro models capable for replicating fundamental 

properties of microcirculatory systems. 

The present Chapter describes the development of a microfluidic-based strategy for 

experimentally investigating the flow behaviour of RBCs suspensions within an in-vitro 

model of the human microvascular arteriolar network. The model replicated 

fundamental properties of the arteriolar microvasculature and may provide a useful 

platform for investigating RBCs flow behaviour within microvascular networks. 

Analogies between the developed in-vitro system and in-vivo arteriolar systems 

included the circular shape of the microchannel cross-section (as for non-contracting 

arterioles) [71], the asymmetry of the microchannel network [72], and the presence of 

both bifurcation- and side-branches [73]. In addition, the geometry design was based 

on geometry reconstruction from real images of human branching microvessels and in-

vivo experimental data for defining bifurcation architecture and microchannel length, 

diameter and curvature [74-76].  
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2.2 Materials and Methods 

2.2.1 Microfluidic-based model of the human arteriolar system: design and 

fabrication 

 

 

 

Figure 2.1 (a) Arteriolar model design. The model displayed typical features of real 

microvascular systems such as circular channel cross-section, asymmetry, and the presence of 

both bifurcation- and side-branches. The network was made of four generations of 

microchannels, with diameter of 200 μm (yellow), 150 μm (violet) and 100 μm (green). Feed and 

discharge microchannels are also shown (white), which had a diameter of 500 μm and a length 

of 5 mm. (b) Model geometry was transferred on to two PMMA sheets by micromilling. The two 

sheets were then bonded together in order to obtain completely circular cross-sections. (c) 

Photograph of the PMMA-based microdevice. (d) Microchannels were denoted with letters A, B, C 

and D for I, II, III and IV generation, respectively. Channels were numbered following the arrow 

direction (i.e., B1, B2 for the II generation of microchannels). Republished with permission of 

BENTHAM SCIENCE PUBLISHERS, from [77]; permission conveyed through Copyright Clearance 

Center, Inc.; Copywright © 2013.  

 



Dario Carugo                    Chapter 2: Microfluidic-based models of the microcirculation 

22 

 

An ad hoc method was developed to design and fabricate a microfluidic-based in-vitro 

model of the human arteriolar system. The microdevice architecture was designed 

following the model developed by Mansour [78], which reproduced a typical 

microvessel network in which vessel size (i.e., length and diameter) and bifurcation 

architecture (Fig. 2.1) were selected according to previous studies [75, 76, 79]. In this 

method, a three-dimensional network structure was designed in CATIA V5 (Dassault 

Systèms, France) using an in-house C-code program to generate an input file that 

contained the appropriate sectional information based on the required geometrical 

properties [78]. The network consisted of a combination of Jafari-like bifurcation 

branches and side branches [74], in which channel diameter decreased from 200 μm in 

the proximal region to 100 μm in the distal region (Fig. 2.1a). In the C-code the length 

and the diameter of the vessel were changed between user-defined minimum and 

maximum values, which were functions of the original value of the first bifurcation. 

The code can construct up to four generations before branches intersect each other 

[78].  

Feed and discharge microchannels (white channels, Fig. 2.1a) were designed to 

connect the microchannel network inlet and outlets with tubing for fluid delivery and 

release. In this way, an additional hydraulic resistance was equally added to each 

fluidic pathway. Despite it does not reproduce the physiological situation (i.e., channel 

diameter generally reduces along the vascular tree from arterioles towards capillaries), 

this design strategy represented a good compromise between practical requirements 

and the need for establishing physiological fluidic conditions (i.e., physiological 

Reynolds number in the network inlet channel). However, an alternative design should 

be considered if one wants to closely mimic physiological values of the hydraulic 

pressure within the microvascular system (i.e., from arterioles to venules) in-vitro. In 

order to fabricate an in-vitro model from the designed arteriolar network, the 

centreline of the geometry was transferred to the AutoCAD software (Autodesk Inc., 

US) interfaced with a micromill (Datron CAT3D-M6, Datron Dynamic Inc., US) (Fig. 2.2). 

Microchannels were milled on two polymethyl-methacrylate (PMMA) layers (Fig. 2.1b), 

by using ball-nose mill bits. The milled polymeric sheets were then aligned and bonded 

together in order to obtain microchannels with a circular cross-section (Fig. 2.1c). To 

perform the bonding of the two PMMA layers, the device was flooded with a solution of 

acetone diluted with ethanol (1:2 v/v). The two layers were then clamped together in 

order to bring them into intimate contact for about 30 minutes. The removal of the 

excess solution and device annealing were performed at 80 ºC for about one hour. 

Microchannel surface roughness resulting from PMMA micromilling procedure was 
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minimised by exposure to chloroform vapours for 3 min, prior to the bonding 

procedure, as reported by Ogilvie et al. [80].   

 

 

 

 

Figure 2.2 CAD-based two-dimensional design of the microfluidic device. Microchannels 

centreline is shown (red), together with the microchannels wall (green). The CAD file was sent to 

the micromill software for device fabrication. 

 

 

 

 

Figure 2.3 (a) Bright-field microscope image of a bifurcation branch within the developed 

microfluidic devices. (b) Computational three-dimensional reconstruction of human artery 

bifurcation (taken by Younis et al. [79], with kind permission from Springer Science and Business 

Media, Copywright © 2004).  
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2.2.2 Experimental setup 

 

 

 

Figure 2.4 Experimental setup. The working fluid was conveyed into the microfluidic device by 

means of a syringe pump and then collected at the device outlets by using Eppendorf 1 mL 

tubes. The microdevice was fixed on the stage of an inverted microscope for visualisation 

purposes and the acquired images were transferred to a personal computer (PC) for analysis 

(republished with permission of BENTHAM SCIENCE PUBLISHERS, from [77]; permission conveyed 

through Copyright Clearance Center, Inc.; Copywright © 2013). 

 

The experimental setup is shown in Figure 2.4. It consisted of a syringe pump (KDS 

100, Kd Scientific Inc., US) to inject and control the flow rate of the working fluid and 

an Olympus IX71 inverted microscope (Olympus Corporation, Japan) with objective lens 

for visualisation purposes. 1/16’’ OD TEFLON tubes (200 μm inner diameter, Upchurch 

Scientific, US) were used to connect the device inlet with a 1 mL gas tight syringe 

(Hamilton Company, US) and the device outlets to 1 mL Eppendorf tubes (Fisher 

Scientific, US). The microscope was coupled with a high-intensity light source (Lumen 

200, Best Scientific, UK). A 512×512 pixels×pixels high-speed CCD camera (Fastcam 

Ultima 512, Photron Inc., US) and a 1392×1040 pixels CCD camera (QICAM Fast 1394, 

QImaging, Canada) were used for image recording during flow velocity and CDL 

quantification experiments, respectively. Images were automatically transferred to a 

personal computer (PC) for post-processing and analysis (Fig. 2.4). 
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2.2.3 Sample preparation 

Blood was taken from healthy adult female Sprague Dawley rats. Protocols of blood 

collection followed the recommendations provided by the Animal Protection Agency 

and animals were not experimented upon alive. Rat blood was preferred to human 

blood because of the easier accessibility. In addition, rat RBCs display similar 

aggregation rate under flow [81], viscosity-shear rate trends and recovery time 

compared to human RBCs [82]. 

RBCs were separated from the blood samples using centrifugation (relative centrifugal 

force, RCF = 2000 g for 15 min) and aspiration of the plasma and buffy coat using a 

calibrated micropipette. 300 μL of physiological buffered saline solution (PBS, Sigma 

Aldrich, US) was added to the concentrated RBCs pellet, mixed gently and the 

suspension was centrifuged at 1000 g for 10 min. A further washing step was 

performed by centrifuging at 1800 g for 5 min. The washed cells were diluted with PBS 

in order to achieve the desired haematocrit (Ht) [54]. Physiological discharge 

haematocrit (Ht
d
) values of 20% (Ht

d,1
) and 45% (Ht

d,2
) were employed in the present 

study for comparative evaluations. Also, a solution of Lutrol F68 (0.03 mg/ mL, BASF 

ChemTrade GmbH, Germany) and Histopaque 1119 (Sigma Aldrich, US) in deionised 

water (1:1 v/v) was employed as a Newtonian blood substitute, corresponding to 0% 

Ht
d
 (Ht

d,0
). 

For μ-PIV experiments, 0.1% concentration (by volume) of 1.0 μm diameter polystyrene 

fluorescent beads (Fluoresbrite YG Microspheres, Polysciences Inc., US) was added to 1 

mL of working fluid. The size of the tracer beads was at least two orders of magnitude 

smaller than the smallest channel hydraulic diameter within the network (i.e., 100 μm), 

as suggested by Lindken et al. [83] in order to minimise any size effect. Additionally, 

beads had a density of 1050 kg/m3 which minimised undesired sedimentation. Prior to 

adding into the working fluid, beads diluted in PBS were sonicated and 5 μL of Tween 

20 (Sigma Aldrich, UK) was added in order to minimize inter-bead aggregation. A small 

magnet in the syringe (3 mm diameter, Fisher Scientific, UK), excited by an outer 

magnetic stirrer, was employed to gently mix the working fluid thus preventing 

beads/cells aggregation and sedimentation over the course of the experiment.   

 

 

 



Dario Carugo                    Chapter 2: Microfluidic-based models of the microcirculation 

26 

 

2.2.4 Flow field characterisation 

2.2.4.1 Flow visualisation 

In order to characterise the flow field within the microchannel network, an in-house μ-

PIV method was implemented, based on the use of a conventional inverted microscope, 

an high-intensity volume illumination and an high-speed CCD camera [84]. Method 

optimisation has been performed using straight microcapillaries and comparing the 

experimental velocity fields with well-known theoretical solutions.  

For flow visualisation purposes, the microdevice was fixed on the stage of the inverted 

microscope and microscope focus was set on the microchannel mid-plane. Tracers 

were exposed to fluorescent light (excitation wavelength, λ
ex
 = 441 nm) and emitted 

light with a wavelength, λ
em

, of 486 nm. By using an optical filter, only the fluorescent 

images of the tracers were acquired by the CCD camera, with a spatial resolution of 

512×512 pixels×pixels. A total number (N) of 20 image couples was captured and 

stored by the PC for each acquisition. The time interval between image frames (∆T) was 

selected in order to make the displacement of the tracers approximately 8-10 pixels in 

the image plane, which is required for obtaining statistically correlated image couples 

[83]. The volume flow rate (Q
in
) was assigned to the main feeding channel according to 

its inner diameter (D
in
, in μm) and the average blood velocity (푣̅ , in mm/s): 

 

9.14.0  inin Dv                                                                                                      (2.1) 

 

Eq. 2.1 was designed by Pries et al. [85] to provide a relationship between blood 

average velocity and vessel diameter, based on experimental data obtained in the cat 

mesentery [37, 85].  

 

2.2.4.2 Image analysis and velocity quantification 

A μ-PIV image analysis algorithm, based on the freeware MatPIV v. 1.6.1 implemented 

by J. K. Sveen [86], was developed in the present study. The code performed seven 

main steps, as follows. 
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Step 1: Histograms of grey level intensity values for a representative image frame were 

determined. Image contrast was enhanced by linear mapping operator [87]. This pre-

processing step was discretionary, depending on the image quality. 

 

Step 2: Regions of no interest for the calculation were selected and excluded from 

further processing Steps (i.e., Step 3 – Step 7), thus reducing the computational cost. 

 

Step 3: A multi-iterative cross-correlation technique was applied to each M×N 

pixels×pixels image couple. The two images (Im
1
 and Im

2
) were divided into 

interrogation windows (IWs) having user-defined size. Each IW in Im
1 

(Im
1

i,j) was 

statistically compared with the corresponding IW in Im
2 
(Im

2

i,j). In order to identify the 

displacement of the pattern in Im
1

i,j, the code calculated the sum of the squared 

difference between corresponding IWs (Euclidean distance, D
e
) for each possible 

overlap between IWs [86].  
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By expanding the squared parenthesis on the right-hand side of Eq. 2.2 and 

considering that Im
1

i,j(m,n)2 is a constant and Im
2

i,j(m-k,n-h)2 is dependent on Im
2
 only, 

Eq. 2.2 can be reduced into the following equation [86]: 
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usually referred to as cross-correlation (or circular correlation) [88], which was solved 

using the Fast Fourier Transform (FFT). 
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Figure 2.5 Schematic depiction of the μ-PIV method used in the present study. Particle images 

were acquired through an inverted microscope and sent to a PC. Multi-iterative cross-correlation 

was performed between corresponding IWs for each image couple, where IW size was reduced 

from 64×64 to 16×16 pixels×pixels. A velocity vector was calculated for each IW. A total number 

of 20 image couples were processed, and velocity vectors were averaged in order to improve the 

Signal-to-Noise Ratio (SNR). Republished with permission of BENTHAM SCIENCE PUBLISHERS, from 

[77]; permission conveyed through Copyright Clearance Center, Inc.; Copywright © 2013. 

 

A multi-iterative cross-correlation technique was adopted here, in which IW size (in 

pixels×pixels) was equal to 64×64 (I iteration), 32×32 (II iteration) and 16×16 (III 

iteration) (Fig. 2.5). By detecting the displacement (∆s) between two corresponding IWs 

which provided the peak of correlation, the code automatically calculated the velocity 

(v) by dividing the displacement (∆s) with the interframe time interval (∆t): 

 

t
 sv                                                                                                                (2.4) 

 

where v = v
x
+v

y
 is a bi-dimensional velocity vector, where x is the coordinate parallel to 

the main flow direction and y is the coordinate perpendicular to the main flow 

direction. The code provided the two components of the velocity vector for each IW 

(Figs. 2.5 and 2.7). 
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Step 4: Based on the Signal-to-Noise Ratio (SNR) value, velocity vectors with SNR lower 

than a user-defined threshold were replaced with NaN (Not A Number) [86]. A 

threshold value of 1.3 was selected as appropriate [86], in agreement with Kean and 

Adrian [88]. 

 

Step 5: A local filter was applied [86]. It filtered the velocity values based on the 

squared difference between individual velocity vectors and the median of their 

surrounding neighbours [86]. A region (kernel) with size equal to kernelsize×kernelsize 

was considered for this purpose, and the vector in the middle position was compared 

with the remaining vectors. A 3×3 kernel was employed here, implying that the central 

value was compared to the 8 surrounding vectors [86]. The vector was considered an 

outlier if it was major/minor than the median of all values plus/minus the threshold 

times the standard deviation (SD) of all vectors [86]. Outliers were replaced with NaN.  

 

Step 6: A velocity vector was attributed to the IWs with no value assigned (NaN), based 

on linear interpolation of neighbouring vectors. 

 

Step 7: The velocity values from 20 image couples were averaged in order to further 

improve the SNR of the calculation [89]. This reduced the total number of spurious 

velocity vectors, as illustrated in Figure 2.6 for a straight microchannel. Such temporal 

averaging is possible for steady state problems only. However, this implies that the 

effect of the intrinsically unsteady nature of the CDL on the velocity fields is neglected, 

as observed by Kim et al. [31]. The volume flow rate (Q) within each microchannel was 

quantified from the average velocity (푣̅, obtained from μ-PIV) and microchannel 

dimensions. Flow rate (Q) distribution within the network was quantified at Ht
d,0

, Ht
d,1

 

and Ht
d,2

. For the calculation of the volume flow rate, only a limited segment of the 

microchannel was selected, corresponding to the size of the camera field of view.    
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Figure 2.6 Velocity vector field of blood substitute (Ht
d
 = Ht

d,0
) flowing within a 495 µm inner 

diameter PMMA microchannel. (a) Instantaneous velocity vector field obtained by cross-

correlation of a single image couple (instantaneous velocity). (b) Average vector field obtained by 

average cross-correlation between 20 image couples (average velocity). 

 

 

Figure 2.7 Velocity vector field within channel D1 (yellow arrow, inset), at Ht
d
 = Ht

d,1
. The total 

number of plotted vectors was reduced to allow a clear visualisation. Working conditions are 

reported in the inset. 
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2.2.5 Cell-depletion layer quantification 

As previously mentioned, a region of reduced haematocrit is formed in microvessels 

nearby the vessel wall, generally referred to as cell-depletion layer (CDL) (Fig. 2.8) [39]. 

This effect, due to RBCs axial migration (i.e., in a direction perpendicular to the 

microchannel axis), contributes to the reduction of local Ht (Fåhræus effect) [21] and 

to the decrease of blood apparent viscosity (Fåhræus-Lindqvist effect) [21]. CDL has 

significant impact on the microvascular function since effective blood viscosity and 

wall shear rate determine wall shear stress and peripheral hydrodynamic resistance 

[20, 90].  

 

 

 

Figure 2.8 Confocal microscope image of a 45% Ht
d
 RBC suspension flowing within a 100 μm 

diameter Perfluoroalkoxy (PFA) microchannel. The presence of a CDL in the near-wall region is 

clearly detectable. 

 

To quantify the CDL width at specific locations within the microchannel network, an 

image-based analytical method was employed, following an approach used by Kim et 

al. [31] with adoption. The principle of the method is illustrated in Fig. 2.9. Microscope 

images of the RBCs suspensions flowing within the network were acquired by using 

bright field illumination and loaded in the MATLAB environment (The MathWorks Inc., 

US). Analysis lines, perpendicular to the channel axis (Fig. 2.9a), were defined for each 

acquired image. CDL width was quantified by extracting the grey level intensity profile 

for each acquisition line (Fig. 2.9b) and determining the distance between the intensity 

peak corresponding to the channel wall location and the one corresponding to the RBC-

rich core (Figs. 2.9c&2.9d). At least 10 equally-spaced analysis lines were defined for 
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each acquired image, and an average CDL width was calculated for each near-wall 

regions. 

 

2.2.6 Haematocrit distribution 

 

 

 

Figure 2.9 Determination of cell-depletion layer and RBCs distribution. (a) Microscope image of 

RBCs flow (Ht
d,in 

= 45%), acquired with QICAM FAST CCD camera. The analysis line is reported 

(red). (b) Intensity-level histogram for analysis line. Solid black lines in (a) and arrows in (b) 

indicate channel wall location. Red arrows in (b) indicate the location of the RBC-rich core. (c)-(d) 

Measurement of discharge haematocrit at the microdevice outlets. Cells were imaged (c) and 

counted using a Neubauer haemocytometer (d). Republished with permission of BENTHAM 

SCIENCE PUBLISHERS, from [77]; permission conveyed through Copyright Clearance Center, Inc.; 

Copywright © 2013. 
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Ht distribution within microvascular networks is of particular relevance to oxygen 

supply to the peripheral tissues via RBCs distribution throughout the microcirculatory 

system. The latter depends on the way RBCs partition at diverging branching points 

within the microvascular network (RBCs fractioning), which is highly affected by blood 

rheological properties and microvascular architecture [21]. Ht distribution within the 

microchannel network was quantified by collecting fluid samples at each channel outlet 

using a calibrated micropipette and capturing bright field microscope images of the 

suspended RBCs (Fig. 2.8c). RBCs were counted using a Neubauer haemocytometer 

(depth: 0.1 mm, area: 0.04 mm2; Sigma Aldrich, UK) (Fig. 2.9c-d). For haematocrit 

calculation, a mean cellular volume (MCV) of 55 μm3 was considered for rat RBC [91]. 

The effect of different mean feeds on RBCs distribution was investigated by varying the 

inlet volume flow rate, at a fixed Ht
d
 = Ht

d,2
 = 45%. Three inlet flow rates were 

investigated in the present study, corresponding to different Reynolds number (Re
in
) 

regimes defined as viscous-dominated (Re
in
 = 0.4), physiological (Re

in
 = 4) [23, 78] and 

inertial-dominated (Re
in
 = 40) regimes, respectively.  

The Reynolds number in the inlet channel (Re
in
) was determined as follows: 

 

s

inins
in

Dv


 
Re                                                                                                   (2.5)         

 

where D
in
 is the inlet channel diameter, inv  is the average velocity of the RBCs 

suspension in the inlet channel, ρ
S
 and μ

S
 are the density and the apparent dynamic 

viscosity of the RBCs suspension, respectively, and were determined from Eq. 2.6 and 

Eq. 2.7-2.8 [23]. 

                             

)()( PBSPBSRBCRBCs                                                                                (2.6) 

 

where γ
RBC

 and γ
PBS

 are the volume fraction of RBCs and PBS in the suspension, 

respectively; ρ
RBC

 and ρ
PBS

 are the density of the RBC and PBS, and were set to 1125 

kg/m3 and 1020 kg/m3, respectively.  
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Eq. 2.7 and 2.8 were defined by Pries et al. [23] from literature data obtained with 

human blood, and provide the variation of rat blood apparent viscosity with discharge 

haematocrit and channel diameter. 

 

2.3  Results and Discussion 

2.3.1 Flow field characterisation 

Figure 2.11 shows the average axial velocity profiles (obtained by average cross-

correlation of 20 image couples) at two selected locations within the microchannel 

network corresponding to a bifurcation-branch (Fig. 2.11a) and a side-branch (Fig. 

2.11b), respectively. The axial velocity (u, parallel to the main flow direction) was 

determined by μ-PIV, and normalised with respect to the maximum axial velocity (U).  

The normalised axial velocity profile in the parent channel (channel B1) of the proximal 

bifurcation-branch (Fig. 2.11a) displayed a quasi-symmetric and blunt shape, mainly 

due to the accumulation of blood cells towards the axis of the channel (axial migration) 

and the formation of a CDL in the near-wall region [21, 34, 39, 54]. Such 

characteristics of blood velocity profiles in the microvasculature have been widely 

observed in-vivo [92]. Particularly, velocity profile bluntness of RBC suspensions 

flowing within straight microchannels has been observed to decrease with reducing the 

discharge haematocrit, due to the increase of CDL width and the size reduction of the 

RBC-rich region [32]. A parabolic-like axial velocity profile was instead detected in the 
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same microchannel when a Newtonian fluid (blood substitute, Ht
d
 = 0%) was used (Fig. 

2.10). Figure 2.11a shows that in both daughter channels (C1 and C2) the velocity 

profile was not axially symmetric and displayed reduced bluntness compared to the 

velocity profile in the parent channel. Profile deviation with respect to the channel axis 

is believed to be due to the effect of centripetal forces associated with vessel curvature 

(i.e., onset of a radial pressure gradient [93]) and to RBCs asymmetric cross-sectional 

distribution, which can be attributed to cell-cell interaction (particularly enhanced at 

high Ht, i.e. Ht
d
 = 45%) [94]. A qualitatively similar deviation of the velocity profile has 

been observed in arteriolar bifurcations in-vivo [95].  

 

 

 

Figure 2.10 Normalised axial velocity profile (u/U) in the feeding channel (channel A) for the 

blood substitute (solution A, Ht
d
 = Ht

d,0
). Experimental points are plotted together with the 

analytical solution for a Newtonian fluid (red line). Good agreement between experimental data 

and the theoretical solution is shown. 

 

Velocity profile bluntness was more enhanced in the parent channel than that in the 

daughter channels, while the average thickness of the CDL in channel B1 was smaller 

than that in its daughter channels (C1 and C2). Such observation is in agreement with 

the Sharan and Popel theoretical model [32], in which profile bluntness was observed 

to increase with tube Ht and the numerical results of Mansour et al. [34], which 

showed inverse relationship between CDL width and vessel diameter.  

Analogously, velocity profiles in the more peripheral side-branch (Fig. 2.11b) showed 

reduced bluntness in the two daughter channels (D5 and D6) compared to the parent 

channel (C3). Additionally, profile bluntness in the peripheral channel C3 was lower 
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than that in the proximal channel B1, mainly due to the reduced tube Ht and the 

increased CDL width in more peripheral channels within the network [23]. Furthermore, 

the velocity profile in the parent channel C3 was not axisymmetric. This is largely 

related to the aforementioned asymmetric cross-sectional distribution of RBCs flowing 

within branching microchannels, which depended on cell-cell interaction, microchannel 

curvature and bifurcation geometry. Interestingly, the velocity profile in the daughter 

channels D5 and D6 displayed different deviation from the channel axis, with profile in 

the side channel D6 being deviated towards the inner channel wall and profile in 

channel D5 being deviated towards the outer channel wall. This behaviour likely 

originated from RBCs asymmetric radial distribution in the parent channel C3 and the 

onset of hydrodynamic forces localised at the branching site which depended on the 

branching architecture (i.e., bifurcation angle) and which, in turn, affected RBCs 

fractioning. 

 

 

  

Figure 2.11 Axial velocity profiles at a selected bifurcation-branch (a) and side-branch (b) within 

the microchannel network (insets, microchannel location). Velocity profiles in the parent channel 

and in the two daughter channels are shown. Axial velocity (u) is normalised with respect to the 

maximum velocity (U). Flow direction is indicated by the blue arrow. Ht
d,in 

= 45%. Republished 

with permission of BENTHAM SCIENCE PUBLISHERS, from [77]; permission conveyed through 

Copyright Clearance Center, Inc.; Copywright © 2013. 

 

Results clearly show that the velocity field of highly concentrated RBCs suspensions 

flowing within biomimetic asymmetric microchannel networks displayed a wide 



Dario Carugo                    Chapter 2: Microfluidic-based models of the microcirculation 

37 

 

range of characteristics, which depended on channel location within the network 

(i.e., proximal or distal) and on the presence of either side- or bifurcation-branches.  

The observed spatial variability of the characteristics of the velocity fields is of 

particular clinical relevance since it affects the wall shear stress distribution within 

microvascular systems, which is implicated in several circulatory pathologies [96]. 

However, a direct quantitative comparison between in-vitro and in-vivo blood 

velocity fields is made difficult by the enhanced spatial heterogeneity of 

microvascular systems in-vivo. 

 

2.3.2 Flow rate distribution 

Table 2.1 summarises the measured average volume flow rate distribution within the 

microchannel network at Ht
d,0

 (blood substitute), Ht
d,1

 and Ht
d,2

. Volume flow rate (Q) 

was normalised with respect to the inlet volume flow rate (Q
in
 = 2.45 μL/sec). At Ht

d,0
 

flow distribution within the network depended mainly on the geometrical properties of 

the microchannel architecture, with low-hydrodynamic resistance pathways carrying 

higher fluid flow rates. It was observed that the volume flow rate distribution was 

highly heterogeneous given the asymmetric nature of the biomimetic microchannel 

network (i.e., at the first bifurcation ~65% of the fluid flow was conveyed into channel 

B1, while ~35% was conveyed into channel B2, at Ht
d,0

). Notably, the heterogeneity of 

blood flow spatial distribution was a peculiar property of microvascular systems, given 

their intricate architecture, which led to the presence of preferential flow pathways 

[23]. In the presence of RBCs suspended at high concentration, the fluid flow 

distribution was altered compared to the Newtonian scenario (Ht
d,0

). This was due to 

the non-Newtonian bi-phasic nature of RBC suspensions, which resulted in a non-

uniform distribution of the two constitutive phases (RBC and PBS) at branching sites 

(commonly referred to as phase separation [21]). 

Results in Table 2.1 also suggest that, at bifurcation branches, the fluid flow of RBC 

suspensions within high-flow daughter channels was reduced compared to the 

Newtonian case (i.e., Q/Q
in
 = 0.648, 0.641, 0.627 in channel B1; 0.394, 0.386, 0.370 in 

channel C1; 0.253, 0.236, 0.232 in channel C4 for Ht
d,0

, Ht
d,1

 and Ht
d,2

, respectively). 

This is believed to be due to the effect of RBCs partitioning which favours high-flow 

pathways at bifurcation branches [21, 74, 97], resulting in associated higher tube Ht, 

increased fluid viscosity and, consequently, increased hydrodynamic resistance 

compared to Ht
d,0

, and this is in agreement with Pries et al. [21]. In this regard, the 

numerical model by Lee at al. coherently showed that the increase in hydrodynamic 
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resistance in peripheral microchannels within networks was correlated with the Ht level 

[98]. In addition, increased cell-cell interaction (i.e., RBCs aggregation) occurring at 

high Ht levels can also have contributed to the increase of fluid viscosity and, 

consequently, the increase of hydrodynamic resistance in high-flow pathways (i.e., 

channels B1, C1, C4, D1, D5). However, studies on RBC aggregation in tube flow have 

demonstrated the existence of a complex interplay between the increased local 

viscosity of a RBC aggregate and the tendency of RBC aggregation to increase the 

width of the CDL [94]. Although RBC aggregation tends to create a more blunted 

velocity profile, which in turns tends to increase blood apparent viscosity, it also leads 

to greater axial migration which results in a larger CDL at the vessel wall. Thus, whilst 

RBC aggregation generally increases the apparent viscosity, sufficiently high levels of 

aggregation can have the opposite effect [94]. 

In contrast, increased volume flow rates were measured in low-flow side-branches, 

such as channel C4 (i.e., Q/Q
in
 = 0.109, 0.127 and 0.136 at Ht

d,0
, Ht

d,1 
and Ht

d,2
, 

respectively; Table 2.1), together with the consequent significant reduction of volume 

flow rate in the high-flow daughter branch. These observations applied to either 20% 

Ht
d
 or 45% Ht

d, 
compared to the blood substitute. This can be explained by the 

reduction in fluid viscosity and hydrodynamic resistance compared with those in the 

high flow branch, which was particularly enhanced in side-branches due to the 

increased phase separation [21].  

It was also observed that increasing Ht
d
 from 20% to 45% resulted in measurable 

alterations of fluid flow distribution within the network (Table 2.1). Particularly, due to 

the higher haematocrit, the volume flow rate in high-flow pathways at Ht
d,2

 was 

markedly lower than the one at Ht
d,1

, which can be attributed to the aforementioned 

increase in the hydrodynamic resistance with increasing tube haematocrit. It is 

interesting to note that such difference was attenuated at side-branches, indicating the 

effect of enhanced phase separation due to the larger CDL in the parent channel at 

lower Ht [39], which compensated the effect of the Ht itself on the hydraulic resistance. 

Microchannel curvature, diameter and RBCs radial distribution within the parent 

channel have certainly contributed to the observed variations in flow distribution within 

the network; however, the individual contribution of these parameters has not been 

quantified. 
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Table 2.1 Average volume flow rate distribution within the microchannel network, calculated 

from μ-PIV velocity measurements. Flow rate is normalised with respect to the inlet flow rate 

(Q/Q
in
). Values at Ht

d,0 
(blood substitute), Ht

d,1 
(RBC, 20% Ht

d
) and Ht

d,2 
(RBC, 45% Ht

d
) are reported 

(N = 3). Republished with permission of BENTHAM SCIENCE PUBLISHERS, from [77]; permission 

conveyed through Copyright Clearance Center, Inc.; Copywright © 2013. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

It was shown that the heterogeneity of the network architecture determined the 

presence of flow pathways with highly variable hydrodynamic resistance and that 

varying the discharge Ht at the network inlet had a significant impact on blood flow 

distribution. This can particularly affect the peripheral oxygen supply to bodily tissues 

and the hydraulic pressure levels within microvessels, which in turn can influence 

substance exchange between the vascular and the extra-vascular compartments. 

Channel Blood substitute RBC 20% Ht
d 

RBC 45% Ht
d 

B1 0.648 0.641 0.627 

B2 0.355 0.364 0.375 

C1 0.394 0.386 0.370 

C2 0.250 0.255 0.260 

C3 0.253 0.236 0.232 

C4 0.109 0.127 0.136 

D1 0.244 0.234 0.227 

D2 0.145 0.137 0.146 

D3 0.166 0.155 0.153 

D4 0.089 0.108 0.103 

D5 0.101 0.095 0.092 

D6 0.152 0.126 0.144 

D7 0.033 0.051 0.045 

D8 0.075 0.093 0.098 
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Therefore, this observation has potentially considerable relevance in the clinic, since it 

implies that haematocrit variations can be actively caused by therapeutic treatments 

(i.e., haemodialysis) or induced pharmaceutically.  

 

2.3.3 Cell-depletion layer quantification 

Figure 2.12a-c show representative microscope images of RBC suspensions flowing 

within the microchannel network, in which a CDL region was clearly detectable. A 

difference in the CDL width between the two near-wall regions was also visible, which 

was believed to be caused by the asymmetric radial distribution of RBCs within 

microchannels. This experimental observation is in line with previous in-vivo and in-

vitro studies that quantify CDL width [30, 92, 99]. 

Figure 2.12d shows the average CDL width value within each individual microchannel 

at Ht
d,1

 and Ht
d,2

, while Figure 2.13 shows the average dimensionless CDL (CDL/r, where 

r is channel inner radius) as a function of channel inner diameter (D) within the 

network. The average CDL/r was equal to 0.172 ± 0.010, 0.048 ± 0.012, 0.027 ± 

0.004 (Ht
d
 = 45%), and 0.276 ± 0.007, 0.085 ± 0.015, 0.051 ± 0.005 (Ht

d
 = 20%) for 

100 μm, 150 μm and 200 μm inner diameter channels, respectively (Fig. 2.13). 

Interestingly, experimental values for the CDL width in the 200 μm feeding channel 

(channel A, Fig. 2.12d&2.13) were close to theoretical predictions of Sharan and Popel 

for a straight channel (CDL/r ~ 0.03 and 0.04 for a 200 μm inner diameter channel at 

Ht
d 

of 45% and 20%, respectively) [32]. Average CDL/r values within more distal 

channels (i.e., 150 μm and 100 μm inner diameters) were significantly augmented with 

respect to the larger feeding channel (Fig. 2.13). This was mainly due to the effect of 

RBCs fractioning and flow distribution on the CDL width within a microchannel network 

[23], which contribution cannot be captured within single-channel architectures, either 

theoretically [32] or experimentally [94]. Notably, CDL width at a specific location 

within the microchannel network does not depend on the channel diameter only, but 

also on the channel location within the network (i.e., channel generation, presence of 

either side- or bifurcation- branches), which resulted in different haemodynamic 

parameters even among dimensionally similar channels (Fig. 2.12d&e) [23]. 

It was also shown that reducing the discharge haematocrit from 45% to 20%, CDL width 

was significantly augmented (Fig. 2.12d). This can be attributed to the reduced cell-cell 

interactions at lower Ht levels compared to highly concentrated RBC suspensions, as 

demonstrated in previous in-vivo [30] and in-vitro studies [54]. An increase in the 
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average CDL width by reducing the haematocrit was also observed by Tateishi et al., in 

microvessels of isolated rabbit mesentery [30].  

 

 

 

Figure 2.12 Microscope images of RBCs suspensions flowing within the microchannel network 

(blue arrows indicate the main flow direction; red arrows indicate the analysis line for CDL 

quantification). Grey level profiles are reported for each analysis line, in which the black arrows 

indicate the channel wall location and the red arrows the location of the RBC-rich core. (a) 

Channel D7, Ht
d,in 

= 45%; (b) Channel D8, Ht
d,in

 = 20%; (c) Channel D4, Ht
d,in

 = 20%. (d) 

Quantification of CDL width within the microchannel network. CDL (in μm) was quantified from 

bright field microscope images. Data at Ht
d,2 

(light grey bars) and Ht
d,1 

(dark grey bars) are 

reported with the corresponding standard deviation (N = 3). e) Shows the average CDL width at 

each microchannel generation at the two Ht
d
 investigated (republished with permission of 

BENTHAM SCIENCE PUBLISHERS, from [77]; permission conveyed through Copyright Clearance 

Center, Inc.; Copywright © 2013). 
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Furthermore, it was found that low-flow pathways were characterised by a more 

enhanced reduction of the CDL when discharge Ht was reduced from 45% to 20% (i.e., 

channels D8 and C4, Fig. 2.12d), compared to the high-flow pathways. This is 

attributable to the increased phase separation at side-branches which originated from 

the wider CDL within the parent channel at lower Ht, which in turn depended on the 

radial distribution of RBCs in the parent channel. Such observation is in agreement with 

in-vivo experiments where phase separation at bifurcating microvessels was enhanced 

by purposely reducing the Ht by isovolemic haemodilution [28].  

 

 

Figure 2.13 Average dimensionless cell-depletion layer (CDL/r) as a function of channel diameter 

(D), at Ht
d
 = 20% (empty circles) and 45% (empty squares). Data are reported together with the 

corresponding standard deviation (N=3). Republished with permission of BENTHAM SCIENCE 

PUBLISHERS, from [77]; permission conveyed through Copyright Clearance Center, Inc.; 

Copywright © 2013. 

 

Figure 2.12e shows that the average CDL width increased with the microchannel 

generation, at the two Ht levels investigated, which resulted in reduced viscosity within 

more distal microchannels. This observation agrees with the observed reduction of Ht 

along microvascular networks in-vivo [57], which determines the observed increment of 

CDL width. This observation is also coherent with the inverse relationship between 

CDL/r and channel diameter illustrated in Figure 2.13, which is in agreement with 
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previous analytical [32] and numerical models [34] performed on straight channels. 

Furthermore, increasing the inlet discharge haematocrit resulted in decreased 

dimensionless CDL at a given channel diameter within the network (Fig. 2.13). 

Additionally, the variability of CDL width (i.e., standard deviation in Figure 2.12e) was 

observed to increase with the microchannel generation within the network. This is 

attributable to the asymmetric architecture of the developed biomimetic device and the 

presence of both side- and bifurcation- branches, which determined the observed 

heterogeneous distribution of RBCs within the microchannel network and the wide 

range of detectable haemodynamic and rheological behaviours within an individual 

network. 

 

2.3.4 Haematocrit distribution 

Figure 2.14 shows Ht values (in %) measured at the device outlets, at Re
in
 = 0.4 

(viscous-dominated), 4 (physiological) and 40 (inertial-dominated). It can be seen from 

the figure that by reducing Re
in
 from 4 to 0.4, the discrepancies in Ht values between 

low-Ht pathways and high-Ht pathways were accentuated. This behaviour was 

particularly enhanced at those outlets preceded by side-branches (i.e., D5-D6, D7-D8), 

indicating a further reduction of Ht in the low-flow side-branch at lower Re
in
, which may 

originate from the increased CDL width in the parent channel. A wider CDL, at lower 

Re
in
, was also associated with the increased RBCs aggregation at lower shear rates [99].  

In contrast, at the inertial-dominated flow regime (Re
in
 = 40), such effect was 

attenuated by the increased shear-rate and the subsequent reduction of CDL width in 

the parent channel, as demonstrated for arterioles in-vivo [92]. This resulted in an 

increase of Ht within the low-flow pathways (i.e., D5, D8). The lift force acting on the 

suspended RBCs at inertial Reynolds numbers (i.e., Re
in 
= 40) may also have contributed 

to the reduction of CDL width, which in turn increased the amount of RBCs entering a 

low-flow sub-branch compared to the lower Reynolds number regimes.  

Results also suggested that high-Re regimes within asymmetric microchannel networks 

(corresponding to circulatory diseases or blood flow abnormalities in the physio-

pathological scenario) tended to reduce the heterogeneity of Ht distribution within the 

network, thus significantly affecting oxygen delivery distally.   

It should be noticed from Fig. 2.14b-d that echinocytes were detected among the 

imaged RBCs. Echinocytes formation may have occurred during either cell 
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centrifugation or counting steps (i.e., due to contact with glass surfaces) and cannot be 

solely attributed to the fluid shear stress distribution. However, investigating the 

correlation between fluid shear stress levels within the network and the extent of 

echinocytes formation may represent the subject of further investigations. 

 

 

 

Figure 2.14 (a) Effect of the Reynolds number on RBCs distribution within the network. 

Discharge Ht value (in %) at each outlet is reported, together with the corresponding standard 

deviation (N = 3). Values at Re
in
=0.4 (white bars), 4 (light grey bars) and 40 (dark grey bars) are 

shown. Ht
d,in

 = Ht
d,2

. (b-d) Microscope images of RBCs suspensions collected at outlet D7 (Re
in
 = 

0.4), D6 (Re
in
 = 0.4) and D4 (Re

in
 = 0.4). Republished with permission of BENTHAM SCIENCE 

PUBLISHERS, from [77]; permission conveyed through Copyright Clearance Center, Inc.; 

Copywright © 2013.   
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2.4  Summary 

A microfluidic-based in-vitro model of the human arteriolar network has been 

developed, demonstrating potentials for reliably reproducing some peculiar properties 

of the human microcirculatory system. Particularly, results showed that the flow 

behaviour of highly concentrated RBCs suspensions within the developed asymmetric 

biomimetic microchannel networks is haematocrit- and Reynolds number-dependent. 

Varying the discharge haematocrit at the network inlet resulted in alterations of the 

fluid flow distribution, which were particularly enhanced at the higher haematocrits 

(i.e., Ht
d
 = 45%). Additionally, variations of the Reynolds number in the feeding channel 

led to alterations of RBCs fractioning within the network, with higher Re
in
 resulting in a 

more homogeneous RBCs distribution. In addition, cell-depletion layer width within the 

network displayed an inverse relationship with the inlet discharge haematocrit and 

channel diameter, in analogy with previous theoretical and experimental investigations.  

Given that blood flow in relatively large microvessels (i.e., arterioles) is difficult to 

model theoretically since cells do not flow in a single-file fashion but cell-cell 

interactions must be considered, in-vitro models of the microvascular system may 

represent a valuable option for experimental investigations. However a direct 

quantitative correlation between in-vitro and in-vivo experiments is made difficult by 

the enhanced architectural heterogeneity of human microcirculatory systems, therefore 

simplified mimics of the microcirculation possessing typical features of in-vivo 

circulatory systems represent potentially a valid experimental alternative to expensive 

and controversial animal models.  

In this respect, the unique characteristics of the developed microdevices, which include 

the circular shape of the microchannel cross-section, network asymmetry, channel size 

and curvature, allowed for the reproduction of typical features of blood flow dynamics 

in microvascular systems, including velocity fields and flow distribution, cell-depletion 

layer width and haematocrit distribution. Such biomimetic microfluidic platforms can 

find potential application in a wide range of bio-physical (i.e., haemodynamics, cell 

mechanics) or bio-chemical (i.e., cell mechanotrasduction) studies, which require the 

mimicking of the physiological fluidic environment at the microcirculatory level. 

Furthermore, they may be of benefit for several applications of clinical interest which 

imply the injection of particles within the systemic circulation (i.e., chemoembolisation, 

carrier-mediated drug delivery, sonoporation by gaseous contrast agents). In the 

following Chapters it is demonstrated the use of the developed microfluidic devices in 

the field of embolisation-based cancer therapy and targeted drug delivery.
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Chapter 3 

Flow dynamics of hydrogel embolic 

beads within microchannels 

The dynamic nature of particle motion in blood flow is an important determinant of 

embolisation-based cancer therapy. Yet, how the presence of the high volume fraction of 

red blood cells influences the particle dynamics remains unknown. Here, by investigating 

the motion of embolic microspheres in a pressure-driven flow of red blood cell 

suspensions through microchannels, unique oscillatory behaviour in particle trajectories 

have been illustrated which are not observable for Newtonian fluid flows. Experimental 

observations revealed that such oscillatory behaviour essentially manifests when three 

conditions, namely the Reynolds number beyond a threshold limit, degree of confinement 

beyond a critical limit, and high haematocrit level, are fulfilled simultaneously. Given that 

these conditions are extremely relevant to fluid dynamics of blood or polymer flow, the 

observations reported here bear significant implications on embolisation-based cancer 

treatment as well as for complex multiphase microfluidics involving the use of particles. 
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Background 

Therapeutic embolisation is the intentional introduction of a (foreign) embolic material 

into a blood vessel in order to reduce or completely obstruct the blood flow by 

selective occlusion [100], and to deliver therapeutic chemicals (Chemoembolisation) 

[101] or radioactive materials (Radioembolisation) [102]. This procedure is commonly 

used to treat hypervascularised tumours (Fig. III.I) and arteriovenous malformations 

(AVMs, i.e., abnormal connections between arteries and veins) (Fig. III.II) [103, 104].  

 

 

 

Figure III.I (A and B) X-ray computed tomographic (CT) acquisitions showing two hepatocellular 

carcinoma (HCC) nodules located in the right lobe and left lobe, respectively (white arrows). (C) 6 

months post-embolisation, magnetic resonance image showing two low signal nodules (black 

arrows). HCC nodules size is visibly reduced post-treatment. (D) 12 months post-embolisation, X-

ray CT image showing the two stable lesions (reprinted from [103]; Copywright © 2011, with 

permission from Elsevier). 
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Figure III.II Selective right pulmonary angiograms (A) before and (B) after coil embolisation of 

multiple AVMs in the basal portion and hilum of the right lung (reprinted from [104]; Copywright 

© 2004, with permission from Elsevier). 

 

A variety of embolic agents have been used in the clinic, including thrombus-

promoting shape-memory coils [105], detachable balloon assemblies [106],  

cyanoacrylate glues [107], autologous blood clots [108], GelfoamTM gelatin slurry [109] 

and, more recently, spherical beads [110]. The development of microcatheters over 

recent years has enabled the interventional radiologist (IR) to perform increasingly 

selective embolisation in which the catheter is placed as close to the treatment site as 

possible (targeted embolisation), allowing for the occlusion of microvessels (Fig. III.III). 

These catheters possess extremely narrow inner lumen diameter, and this results in 

the tendency of the embolic agent to aggregate and block the catheter [110]. This 

limitation has opened the way to a new generation of compressible spherical 

embolisation microspheres (i.e., hydrogel spherical beads) which are designed to 

deform during the delivery through the catheter, overcoming the blocking issue [111]. 

The injected beads are then carried by the blood flow towards the site where the size 

of the microsphere determines the point of vascular blockage (single-bead 

embolisation), rather than a more proximal and less predictable embolisation caused 

by particle aggregation (multi-bead embolisation) (Fig. III.III). In this way, the 

interventional radiologist (IR) can select the size range of the embolic particulate to be 
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used according to the size of the vessel at the point of treatment. This is the most 

common selection criteria currently used in the clinical practice. 

 

 

 

Figure III.III. Schematic depiction of embolisation and chemoembolisation clinical protocols for 

the treatment of hepatic malignant lesions. Vascular access is gained in the femoral artery (left), 

and a hepatic artery is selected by using a guidewire and a catheter (middle). A microcatheter is 

then positioned in a tumour feeding artery (right). From this location, the embolic devices are 

administered (right). Reprinted from [18]; Copywright © 2012, with permission from Elsevier.  

 

However, the selection of the most appropriate embolic agent for a given clinical case 

is made more complicated by the wide range of embolic beads available commercially 

[100, 112, 113], which display different physico-mechanical properties, surface 

properties and polydispersity of the size distribution (Fig. III.IV) which derive from 

different material composition and production processes. Such diversities likely 

determine significant differences in the flow behaviour and penetration potential of the 

embolic beads within the vascular system. A clinical selection of the optimal embolic 

device based only on the size of the target vascular segment is thus simplistic, and a 

comprehensive understanding of embolic beads flow behaviour and embolisation 

dynamics within vascular networks is required in order to identify the underlying 

physical mechanisms and design patient-specific embolisation strategies.  
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Figure III.IV (a) Size distribution of different commercially-available embolic beads, with a fixed 

size range of 700-900 μm. (b) Maximum compression pressure (kPa) obtained from uniaxial 

compression of a monolayer of embolic beads, at a fixed compression distance (taken from 

[110], Figures 3 and 4, with kind permission from Springer Science and Business Media; 

Copywright © 2006).  

 

Notably, the need for a better understanding of the underlying physical mechanisms 

has been highlighted in a number of recent scientific publications, including the 

following: 

 

-   Do microspheres with narrow or standard size distributions localize differently in 

vasculature? An experimental study in sheep kidney and uterus [114] 

 

- Embolization agents-which one should be used when? Part 1: Large-Vessel 

embolization [115] 
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-  Embolization Agents – Which One Should Be Used When? Part 2: Small-Vessel 

embolization [116] 

 

 

 

Figure III.V Schematic depiction of the relevant physical parameters governing the flow 

behaviour and the embolisation performance of hydrogel beads. 

 

Notably, embolisation phenomenology is affected by a complex interplay between 

multiple physical parameters, such as bead hydrodynamics, bead physical and 

mechanical properties, blood flow at the injection site and vasculature architecture 

(Fig. III.V).  

In the present Chapter, the main governing parameters influencing the flow behaviour 

of embolic hydrogel beads within straight microchannels are identified and 

investigated by adoption of a microfluidic-based strategy. 

 

3.1 Introduction 

The velocity distribution and trajectories of suspended particles have been thought to 

dictate the efficacy of anti-cancer embolisation therapy [117]. As mentioned previously, 

with the advent of narrow catheters with diameters close to one millimetre, the 
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embolisation therapy has been perceived to be a major protocol towards minimal 

incision strategies [110, 118].  

In order to facilitate the embolisation process, deformable microparticles such as 

spherical microbeads or microspheres have been employed. Injected through 

catheters, these microspheres are transported with the blood flow and form the 

blockage at a point where the vasculature diameter is smaller than the bead diameter 

(referred here as single-bead embolisation) [119]. However, the embolisation therapy 

currently suffers from the lack of accurate spatial prediction of the vascular occlusion 

site (embolic site), offering concerning challenges to the research community [117, 

120]. Notably, a preferential arterial supply of the tumour should help tumour 

selectivity but the final location of the embolic event strongly depends on the physical 

interaction of the bead with the tissue (i.e., blood flow) [18].  

Embolic beads (or particles) are commonly synthesised by colloidal processes which 

result in Gaussian-like distributed size ranges with desired mean diameters (i.e., 200 

µm) and different standard deviations depending on the process control [110]. 

Considering this variability in particle diameter (d
p
), the location of the embolic site 

may be significantly affected by the particle velocity distribution (v
p
 = f(d

p
)) and the 

radial position attained by the beads within the injection artery, under given fluidic 

conditions. The list of such conditions should include the transport regime of arterial 

blood flow [121], finite confinement effect of blood vessels [122] and non-Newtonian 

effects resulting from the high volume percentage (i.e., Ht
d
 = 40-45%) of suspended red 

blood cells (RBCs) [22]. Unfortunately, no effort has been made to investigate embolic 

particle dynamics in these physiologically relevant conditions, which limits the 

controllability and predictability of vascular occlusion. In this context, it is worthwhile 

to mention that the effect of confinement on the flow behaviour of spherical particles 

has been already overlooked [122-125], but only in the presence of Newtonian 

background flow.  

Axial and lateral translations of suspended particles in inertial yet Newtonian fluid flow 

are amenable to matched-asymptotic analysis if particle diameter is infinitesimally 

smaller compared to the channel diameter (d
c
) (i.e., relative particle diameter α = d

p 
/d

c
 

<< 1) essentially implicating the considerations of particles as point masses. However, 

for embolic microspheres (i.e., d
p
 = 100-300 µm) translating within small arteries (i.e., 

d
c
 ~ 1 mm) [110, 117], the effects of confinement at finite α can be critical in 

determining particle dynamics. Relevantly, for Newtonian fluid flows through narrow 

confinements, the cross-stream particle migration at inertial Reynolds number (Re > 1) 

regimes has been analysed and engineered towards microfluidic particle separator 
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design and optimisation [126, 127]. Yet, it remains little understood whether 

experimental and theoretical predictions based on the Newtonian flow can also be 

extrapolated to non-Newtonian cases. Investigations prove that such extrapolations 

could be inappropriate and what they effectively provide is a glimpse of non-intuitive 

dynamics such as transverse instability of lateral motion that arises when one attempts 

to characterise particle trajectory in pressure-driven viscoelastic fluid flows [6]. They, 

however, have not flushed out relevant dimensionless parameters dictating the 

possibilities of oscillatory dynamical characteristics, and have rather advocated for 

case-specific analysis. In the present Chapter, the velocity distribution and particle 

trajectories of embolic hydrogel beads have been investigated within microchannels 

and most importantly, in the presence of RBCs, so that essential information can be 

obtained about particle dynamics in RBC suspensions at physiologically relevant Re and 

α regimes.  

 

3.2 Materials and Methods 

3.2.1 Experimental set-up and sample preparation 

Clinically-employed liquid contrast agent (Iodixanol, GE Healthcare, density: ρCA = 1320 

kg/m3) was mixed with phosphate buffered saline (PBS Sigma Aldrich UK, pH 7.2, ρPBS = 

1020 kg/m3) so as to obtain an isodensity suspension (ρs = 1100 kg/m3) of embolic 

beads (Bead Block®, Biocompatibles UK Ltd, UK). This is referred to as bead suspension 

or embolic suspension. Beads of size range 100-300 µm (normal-like distribution; mean 

diameter d
p
 = 200 µm) were suspended in the uniform density solution. Bead 

suspension was then added to a concentrated suspension of rat RBCs in plasma. RBCs 

were suspended in such a volumetric ratio as to correspond to a chosen haematocrit 

level (i.e., volume percentage). Protocols of blood collection and preparation of RBCs 

suspensions are described in Section 2.2.3. 
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Figure 3.1 Schematic depiction of the problem. Representative images of embolic beads in 

absence (a) and in presence (b) of red blood cells. (c) Geometric delineation of the problem. 

(reprinted with permission from [128]. Copywright © 2012, American Institute of Physics). 

 

The number density of the beads was adjusted such that, within the flow field, the 

inter-bead distance remained large enough to eliminate the effect of mutual 

hydrodynamic interactions. For hydrodynamic studies, the fluid containing embolic 

beads was driven by a syringe pump (KD 100, KD Scientific, US) at pre-set volumetric 

flow rates through a cylindrical glass tube with an inner diameter (d
c
) of 1.1 mm (Fig. 

3.1). A selected length-segment of the circular tube was subjected to observation 

under an inverted microscope coupled with a high-speed CCD camera (10x 

magnification objective, IX-71, Olympus, Japan) (Fig. 3.1). 

 

3.2.2 Detection of bead radial position and axial velocity 

To ensure that all measurements were taken in equilibrium positions of the particles 

with respect to their transverse motion, two relevant lengths were estimated, which 

played important roles in the design of the experimental set-up. At first, for each 

Reynolds number, the entrance length (l
e
) was estimated. l

e
 is the distance between the 

inflow end of the capillary and the point from which the fully developed flow starts. In 

laminar flow regime, it is estimated as Re06.0 ce dl  , which in the range of Re = 10-30 

was calculated to be between 0.66-1.98 mm. Next, the distance required to establish 

transverse equilibrium position under lateral lift was estimated. Following previous 
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reports on flow focusing [124, 125, 129], this parameter was denoted by l
f
 and was 

related to channel diameter and Reynolds number as  311 Re6 pccf ddAdl   . 

Accordingly, the total distance between the inflow end of the capillary and point of 

observation (l
o
) was fixed in a way such that l

o
 > l

e
 + l

f
. In most conservative estimation, 

it was maintained l
o  
 ≥ 10 × (l

e 
+ l

f
) to ensure that equilibrium was indeed achieved. 

For each run (e.g., fixed flow set-up, flow rate, other experimental conditions), series 

of 100 image-frames were captured sequentially with a user-defined time interval 

between subsequent frames. Bead velocities were determined by quantifying the bead-

displacement over subsequent frames using a Particle Tracking Velocimetry (PTV) 

technique. The position of bead centroid across the channel cross-section was also 

determined. Towards this, microscope focus was first set in the middle plane of the 

cross-section and images were taken (Fig. 3.1). Notably, in Fig. 3.1, U
m
 conforms to the 

maximum velocity. 

For each experiment, at first, microscope focus was set in the middle plane (in z-

direction) of the channel. This focus was attained by marking the z-positions of top 

(z
top-wall

) and bottom (z
bottom-wall

) walls of channel first and subsequently, by setting the 

focal plane at the mean z-position (z
focus 

= (z
top-wall 

+ z
bottom-wall

)/2). Then, the flow was 

started and image acquisition was initiated 30 sec after the onset of fluid flow. For 

recording the particle velocity, images were taken at different time points, with fixed 

time-gap between successive frames.  

During post-processing, bead-images were analysed by an in-house developed image 

processing program developed in MATLAB environment (The MathWorks Inc., US) and 

the sharpness of the bead edge was determined. Only in the case that the edge 

sharpness was found to be beyond a critical limit, the bead was considered to be in-

focal-plane and positional information was obtained. This was done by analysing a line 

scan of intensity, passing through the middle of each bead in the frame. For example, 

in Fig. 3.2, lines 1, 2 and 3 were selected to analyse the focus of particles 1, 2 and 3, 

respectively. The postulate is that if the particle is properly focused a sharp jump of 

intensity should be observed at the left (L) and right (R) edges. If the absolute 

difference of intensity between neighbouring pixels is calculated, one should then see 

a sharp peak over these edges (Step 2 of Fig. 3.2). To judge the acceptable level of 

focus, a cut-off value of 25 has been set. Particles were taken into consideration if only 

both L and R peaks were found to be above this cut-off value. Once one particle is 

identified to be in-focus (e.g., Particle 3 in the Fig. 3.2), its (x,y) coordinates relative to 

the channel centre were determined. Velocity of this particle was then calculated from 
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the position of the particle in successive image frames and applying the formula v
p
 = 

(x
n+1

-x
n
)/Δt, where Δt is the time gap between two successive image frames.  

 

 

 

Figure 3.2 Schematic representation of image analysis. In Step 1, images were captured at a 

regular time interval. In Step 2, sharpness of particle edges (L-Left, R-Right) was evaluated to 

determine which particles were in-focus. In Step 3, coordinates of in-focus particles relative to 

channel centre were evaluated. Particle velocity was then determined from these coordinates 

obtained at successive images frame (reprinted with permission from [128]. Copywright © 2012, 

American Institute of Physics). 

 

It was noted that this way of determining the particle velocity in axial direction could 

be applied also to the cases where particles moved in helical trajectories. In such 

condition, the particle did have a radial velocity component, but since this radial 

component was perpendicular to the axial component of the particle velocity, it did not 

affect the estimation of v
p 
in x-direction. 
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Particle oscillations were detected by two means, namely, the number ensemble (Fig. 

3.3) and the time ensemble method (Fig. 3.4a). In number ensemble method, the 

region of observation was fixed and the number of in-focus beads which passed 

through that region was counted. Subsequently, the size-distribution of the beads that 

passed through this region was determined. By changing the position of this region of 

interest, the bead distribution was computed over the whole observed area of the 

channel. In non-oscillatory condition, as reported by others [122, 123], this 

measurement should ideally result in a single y-point for a fixed particle diameter. In 

oscillatory condition, however, single y-point would cease to exist. Instead, a 

distribution of y-points for a fixed particle would develop. This is equivalent to the 

process of recording the positions of particles at different phases, which are 

nevertheless going through oscillatory motion of same frequency and amplitude. The 

number ensemble method provided the statistics of the particle oscillation. In time 

ensemble method, the y-position of each bead was recorded individually, from the 

time-series images, as it passed through the observation area of the channel. However, 

y-positions for which bead was not in-focus were discarded. Likewise, in all cases, 

particle-focus was evaluated at each frame and particle position was recorded only 

when it was in-focus. Then, superimposing several of those corresponding to a fixed 

particle diameter, the characteristic oscillatory motion was delineated (Fig. 3a). The 

time ensemble method provided dynamic details of the particle oscillation. 

In the number ensemble representation, the positions and mean velocities of all 

particles from all images were taken together while plotting a data (i.e., Fig. 3.3a and 

3.5). In the time ensemble method, position and velocity of a single particle obtained 

at different time frames were plotted (e.g. Fig. 3.4a).  

 

3.2.3 Determination of the Reynolds number 

Reynolds number (Re) in the inertial range 2-30 was varied within the capillary. The 

volumetric flow rate to be imposed at the capillary inlet (Q
in
) in order to achieve the 

desired value for Re was calculated. For this purpose, blood was modelled as a 

viscoelastic fluid which manifests shear-thinning behaviour (i.e., the apparent viscosity 

decreases with increasing the shear rate) and a Power Law model was employed to 

describe the dependence of fluid shear stress on shear rate. For this reason, a 

generalised Reynolds number for Power Law fluids defined by Metzner and Reed was 

employed in the present study, which accounted for fluid shear-thinning behaviour 

[130]: 
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where a is the consistency index, n is the Power Law index, ρS is the density of the RBC 

suspension, and was calculated by assuming a density of 1025 kg/m3 for plasma and 

1125 kg/m3 for RBC [22]. v  is the mean fluid velocity and D
h
 is capillary hydraulic 

diameter (D
h
 = 1.1 mm). ɛ is the product of f/2 and the Reynolds number for a 

Newtonian fluid under laminar flow regime, where f  is Fanning’s friction factor. ɛ is 

thus equal to 8 for flow within circular ducts [130]. ϕ(n) is an hyperbolic function of the 

Power Law index and, for circular ducts, it is equal to: 
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Consistency index and Power Law index were determined as follows: 

 

 dHtCeCa 2
1 

                                                                                                        (3.3)
 

 

and 

 

dHtCn 31
                                                                                                         (3.4)

 

 

where Ht
d
 is the haematocrit of the RBCs suspension and C

1
, C

2
, C

3 
are species specific 

coefficients that can be experimentally determined [131].  

 

 

The dependence of C
1
 on plasma composition and on haematocrit can be summarised 

by an empirical equation [131]:  

 

  2
4 /*

11
dHtTPMACeCC                                                                                              (3.5) 
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where TPMA is total protein minus the albumin fraction of blood, nsdPaC )(00797.0*
1   

and 1
4 lg85.145  dC . Considering established practical values of the relevant 

parameters, coefficients have been estimated as follows [132]: [C
1
, C

2
, C

3
]= 

[1.48mPa·sn, 0.0512, 0.00499].  

 

Values for n, a and ρS are reported in Table 3.1, for the different haematocrit levels 

considered.  

 

Table 3.1 Values for n, a and ρ at different haematocrit levels (Ht
d
 = 10%, 20%, 30% and 40%). 

Reprinted with permission from [128]. Copywright © 2012, American Institute of Physics. 

 

 N a (Pa·sn) ρS (kg/m3) 

Ht
d
 = 10% 0.95 0.0025 1035 

Ht
d
 = 20% 0.90 0.0041 1045 

Ht
d
 = 30% 0.85 0.0069 1055 

Ht
d
 = 40% 0.80 0.0115 1065 

 

 

Table 3.2 instead shows the calculated volumetric flow rate to be imposed at the 

capillary inlet (Q
in 

= v ·A, where A is capillary cross-sectional area) in order to achieve 

the desired value for Re, at the different haematocrit levels considered. 
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Table 3.2 Inlet volumetric flow rate (Q
in
) for the range of Reynolds number (Re) and hematocrit 

(Ht) values investigated. Reprinted with permission from [128]. Copywright © 2012, American 

Institute of Physics. 

 

 Inlet flow rate (Q
in
, mL/min) 

 Ht
d
 = 0% Ht

d
 = 10% Ht

d
 = 20% Ht

d
 = 30% Ht

d
 = 40% 

Re = 2 0.101 0.212 0.292 0.390 0.509 

Re = 5 0.253 0.508 0.671 0.866 1.093 

Re = 10 0.505 0.983 1.261 1.582 1.948 

Re = 12 0.607 1.170 1.488 1.854 2.268 

Re = 15 0.758 1.447 1.823 2.252 2.732 

Re = 20 1.011 1.903 2.368 2.892 3.472 

Re = 22 1.112 2.084 2.583 3.142 3.759 

Re = 25 1.264 2.354 2.901 3.511 4.182 

Re = 30 1.516 2.800 3.424 4.114 4.868 

 

 

3.3  Results and Discussion 

In order to bench-mark the developed particle visualisation scheme with previous 

studies, bead dynamics in the absence of RBCs was examined first. Two forms of 

important behaviour emerged here.  

Firstly, in the inertial range of Reynolds numbers investigated (Re = 10-30), the 

particles settled into lateral equilibrium positions (y
eq
) which were found to be a 

function of the relative particle diameter (α) (Fig. 3.3). In agreement with the report of 

Di Carlo et al. [122, 123], y
eq
 was observed to decrease with increasing α, which was 

not due to direct wall-contact (Fig. 3.4) but depended upon the attractor location of the 

lift force (f
L
) field in such confined fluidic domains. Also, relatively small particles (α << 
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1) were noted to settle into the well-known Segré-Silberberg equilibrium position for 

which y
eq
 ~ 0.6 (Fig. 3.4) [122, 123]. Secondly, with the variation in α, longitudinal 

particle migration velocity (v
p
) remained approximately constant. Such observation 

corroborated with the results of previous experimental investigations [122]. 

 

 

 

 

3a and 3c. 

 

 

 

Figure 3.3 Inertial lift in microconfinement. (a) In a cylindrical channel, at moderate Reynolds 

numbers, randomly distributed particles focus to an annulus located between the centre and the 

wall of the channel. (b) Two lift forces perpendicular to the flow direction contribute to the onset 

of equilibrium positions in the channels, (i) a “wall effect” lift that is directed away from the wall 

and decays with the distance from the wall and (ii) a shear gradient lift that is directed down the 

shear gradient and is zero at the channel centreline (taken from [126]). 

 

However, introducing RBCs into the flow at Ht
d
 = 40% led to significant change in both 

y
eq
 and v

p
 distribution in the α-space. At Re = 10, y

eq
 for each α shifted towards the 

channel centre. At Re = 20, y
eq
 exhibited a similar centripetal shift when α < 0.15. 

However, when α > 0.15, y
eq
 ceased to acquire unique values at a given α, and as 

evident from Fig. 3.4a, the distribution of beads lateral position widened with 

increasing α. The first form of behaviour (i.e., centripetal shift) may be explained by 

considering the fact that a modification in the apparent viscosity due to RBCs 

decreased the lateral flow gradient and hence, the consequent lift force. The second 

form of observation, however, is unique and may not be explained from trivial fluid 

dynamic considerations [133, 134]. More importantly, it should also be noted that in 

the presence of RBCs, v
p
 suddenly decreased when α reached a critical value at which 

there was no distinctive lateral equilibrium position (Fig. 3.4b). While the particles 

underwent oscillations in the radial direction, no such oscillation could be detected in 

longitudinal or axial direction (flow direction), eliminating any splitting in the velocity 

The figure cannot be reproduced due to copywright issues.  

The figure can be found in: 

D. Di Carlo, Inertial microfluidics. Lab Chip 9(21) (2009) 3038-3046. Figure 3a 

and 3c. 
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statistics for a fixed particle diameter. However, as the lateral oscillation would now 

enforce a helical particle trace in the three dimensional space rather than the usual 

straight-line motion, it would actually reduce the particle velocity in the axial direction. 

When this effect is prominent, instead of a slightly increasing trend of axial velocity 

with increasing particle diameter [124, 125], one would see a non-intuitive decrease as 

in Fig. 3.4b, especially for the cases with finite haematocrit level. Such decreasing 

trend has not been reported for Newtonian fluids (conforming to samples with zero 

haematocrit levels). 

 

 

Figure 3.4 Migration of embolic microspheres in presence or absence of red blood cells as 

obtained from experiments. (a) Lateral positions (equilibrium and oscillatory) and (b) axial 

velocities of microspheres as the function of relative particle diameter (α). Reprinted with 

permission from [128]. Copywright © 2012, American Institute of Physics. 

 

Given that such unique dynamics, nevertheless, are expected to play governing roles in 

embolisation therapy, the experimental dynamic behaviours have been characterised 

by determining the corresponding frequency spectra. Fast Fourier Transform (FFT) was 

performed on the time-position data, which provided the frequency spectra. It then 

emerged that the entire range of experimental data could be categorised into three 

possible forms of behaviour, namely, fixed lateral position, oscillating lateral position 

but oscillation confined within one half of the channel, and oscillation encompassing 

both halves of the channel (Fig. 3.5). Figure 3.5 depicts the typical dynamic behaviour 

and corresponding frequency spectra for α = 0.3±0.03. From the spectra, fundamental 

lateral oscillation frequencies at Re = 20 and 30 have been found to be 0.26 Hz and 
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0.15 Hz, respectively (Fig. 3.5). If extrapolated in three dimensions, the 

aforementioned oscillation behaviour corresponds to helical trajectories of embolic 

beads, which explains why the effective longitudinal velocity decreased as the 

oscillatory dynamics set in.  

 

 

 

Figure 3.5 Experimental variations in dynamic behaviour of migrating hydrogel beads. (Top Left) 

Representative tracks of beads with ~ 0.3  at 10Re   (Star); 20Re   (Circle) and 30Re   

(Square). (Top Right) Frequency spectra of averaged bead (with ~ 0.3 ) tracks at different 

Reynolds numbers. Y-axis range is 10-6 to 1 in Log scale. Ht
d
 = 40%. (Bottom) Representative 

image sequence showing bead oscillation (interframe time interval = 200 ms). Scale bar is 400 

µm. Reprinted with permission from [128]. Copywright © 2012, American Institute of Physics. 

 

It has to be noted that in relevance to the experimental data presented in Figures 3.4 

and 3.5, three interpretations are possible to explain the observations. Firstly, the 

particles might not have yet reached their radial equilibrium position but would do so 

further downstream. Secondly, the particles might reach a radial equilibrium position 

but the initial range, most likely covering the whole radial range from the centreline to 

the wall, could have contracted to the observed range even further downstream. 
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Finally, the particles might have performed a radial oscillation encompassing the whole 

radial range observed. It has been proposed here that the third alternative is indeed 

correct. In order to substantiate this proposition, the right one has been systematically 

isolated by taking the measurement at different positions along the capillary length. 

Experimental readings have been taken at three different positions, all satisfying the 

criteria of minimal distance for equilibrium i.e., l
o  
 ≥ 10 × (l

e 
+ l

f
). Subsequently, as it can 

be observed from Fig. 3.6, there was no significant change in particle distribution even 

if acquisitions were made at different longitudinal positions. This result eliminated the 

first possibility. The second possibility was eliminated in favour of particle oscillation 

by two observations – 1. Particle distributions showed a strong bias towards the ends 

of the radial range (Fig. 3.6) and – 2. Particles were observed to come back at radial 

maxima-minima positions at regular frequency that depended upon their diameter and 

the flow Reynolds number. In fact, the sharp frequency peaks (in fundamental f
1
 and its 

integral multiplication modes, e.g. 2f
1
) in the frequency spectra of Fig. 3.5 further 

strengthened the second argument. If particles were just confined within a finite range 

without performing an oscillatory movement, such peaks in frequency spectra would 

not have appeared.  

The fundamental origin of the oscillatory nature itself remains unclear. Towards this 

end, it has been attempted to flush out the important parameters that control the 

dynamics of particle oscillation (Fig. 3.7 and 3.8). With this goal in view, the 

distribution of lateral positions of embolic beads with the variation in flow Reynolds 

number and haematocrit level has been mapped. To understand the underlying 

dynamics further and for sake of simplification, here, these trends have been 

delineated particularly for particles with small α, i.e. low degree of confinement (α  = 

0.05 ± 0.01), and large α, i.e. high degree of confinement (α = 0.30 ± 0.01). 

Consequently, from these additional studies, three interesting points emerged: (i) 

oscillatory behaviour was exhibited only by the beads with large diameter i.e., high 

degree of confinement (Fig. 3.7b), (ii) even with large beads, oscillation occurred only 

in presence of high haematocrit level (≥ 20%) and in relatively high flow Reynolds 

number (Fig. 3.8a&b), and (iii) the critical Re at which the oscillation began decreased 

with increasing haematocrit level. In absence of RBCs, with increasing Re, it was 

observed that the particles were trivially pushed towards the channel wall, without any 

hint of lateral oscillation (Fig. 3.6a). It is important to note that, in absence of RBCs, 

the effect of increase in Re was more pronounced for smaller particles than the larger 

ones (Fig. 3.7a). 
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Figure 3.6 Number ensemble representation of bead oscillation in microchannel. (a) Constancy 

of statistical distribution of beads ( ~ 0.3 ) along the channel length for Ht
d
 = 40% and Re = 20. 

(b) Statistical distribution of beads ( ~ 0.3 ) for Ht
d
 = 40% and Re = 30. Reprinted with 

permission from [128]. Copywright © 2012, American Institute of Physics. 

 

Presence of significant RBC fraction (Ht
d
 = 40%) in the flow medium, however, 

considerably changed the scenario (Fig. 3.7b). In this case, while smaller particles 

tended to show unperturbed centrifugal trend with increasing Re, for larger particles 

an oscillatory dynamics set in beyond a threshold Reynolds number which lied between 

10 to 12 (Fig. 3.8b). Next, when the haematocrit level was varied (Ht
d
 = 0, 10, 20, 40%) 

and the same set of experiments was performed, it was found that this critical Re 

magnitude depended upon the haematocrit level (Fig. 3.8b). In general, it can be 
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commented that critical Reynolds number (Re
cr
) decreased with increasing Ht

d
, but it 

could not be established any analytical relationship between these two parameters. It 

was also observed that within the scope and the range of current experiments, 

haematocrit levels lower than 20% were unable to elicit lateral oscillation of suspended 

beads (Fig. 3.8b). 

 

 

 

Figure 3.7 Dependence of lateral migration on flow Reynolds number – (a) for Ht
d
 = 0% and (b) 

for Ht
d
 = 40%. At least five independently acquired data points have been plotted for each Re and 

α. For Ht
d
 = 40%, larger microspheres (α ~ 0.3) showed oscillating dynamics if Re ≥ 12. Reprinted 

with permission from [128]. Copywright © 2012, American Institute of Physics. 

 

The above experimental observations suggested the existence of a complex interplay 

between the governing physical parameters in determining the wide range of particle 

dynamics described here. Notably, the governing physics included fluid rheology, fluid 

inertia and particle relative dimension (i.e., degree of confinement). In an attempt to 

elucidate the nature and mutual contribution of the mechanisms leading to beads 

oscillation, a qualitative analysis was adopted. Firstly, the observed lateral migration of 

particles suspended in a RBC-free fluid flow (Ht
d
 = 0%) depended on the mutual 

contribution of a “shear-gradient” lift and a “wall-effect” lift, as clearly illustrated by Di 

Carlo et al. for a Newtonian background flow in micro-confinement [122, 123, 126]. In 

this scenario, the experimental observations illustrating Re- and α- dependence of 

beads equilibrium position and axial velocity (Fig. 3.4) further corroborated the 

previous investigations [123, 126]. Analogous considerations do apply to the flow 

behaviour of particles suspended within relatively diluted RBC suspensions (Ht
d
 ≤ 10%), 
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for which the governing physics can be explained within the Newtonian paradigm, 

since fluid viscosity is virtually invariant with respect to the shear rate at these low 

hematocrit levels [132, 135, 136]. 

 

 

 

Figure 3.8 Combined effect of flow Reynolds number and haematocrit level. (a) Dependence of 

lateral migration on flow Reynolds number at different Ht
d
 levels, for 0.3 0.01   . At least five 

independently acquired data points have been plotted for each Re value. (b) Variation in average 

oscillation amplitude (normalised by channel diameter) of microspheres with 0.3 0.01    in 

the parametric-space of Re and Ht
d
. Reprinted with permission from [128]. Copywright © 2012, 

American Institute of Physics. 

 

Conversely, at higher haematocrits (Ht
d
 ≥ 20%), the non-Newtonian nature of blood 

cannot be neglected and fluid viscosity varies with the fluid shear rate [132, 135]. With 
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this respect, blood was considered as a viscoelastic fluid which manifested shear-

thinning behaviour (i.e., the apparent viscosity decreased with increasing the shear 

rate; as manifested from the plausible values of the Power Law index to be less than 

unity), considering previous investigations on blood flow within arteries [132, 137]. 

This behaviour influenced a distinctive lateral variation in the velocity field as 

compared to that of a Newtonian fluid.  

It is also important to mention in this context that analogous to the observations of 

Sullivan et al. on the motion instability of bubbles in viscoelastic flows [133], the 

oscillation of suspended particles could be conceptualised as the effect of a perturbing 

force which displaced the particle from an unstable transverse equilibrium position. 

Notably, particle motion and lateral position were governed by the competitive action 

of inertia and the effect of compressive normal stresses originating from the 

viscoelastic properties of the RBC suspensions. Elastic normal stresses have been 

observed to push the suspended particles towards the nearby wall, even in inertia-free 

flows (e.g., no equilibrium position is attained in this specific scenario) [138-141].  

Furthermore, in viscoelastic flows of suspended spherical particles, either inertial 

effects and normal stresses have been observed to be strongly influenced by the 

degree of confinement and the rheological properties of the fluid (e.g., level of shear 

thinning) [138, 139]. At  Ht
d
 ≥ 20%, beads were observed to attain an equilibrium 

lateral position up to a critical Reynolds number (Re
cr
) (Fig. 3.8), with the transverse 

location of the bead being likely to be determined by the competitive contribution of 

inertial lift and elastic normal stresses, as illustrated by Huang et al. [139]. However, 

such equilibrium condition could be perturbed by the effect of fluid shear thinning 

(perturbing force or agent), which enhanced the magnitude of compressive normal 

stresses at places of higher shear rate and thus strengthened bead attraction towards 

the channel wall [139]. Consequently, at a given Re and haematocrit ≥ 20%, when the 

effect of shear thinning was strong enough to elicit a perturbation of the force field 

(conforming to a critical hematocrit level, Ht
d,cr

), beads were displaced from their 

equilibrium position and started to oscillate under the effect of competing inertial 

forces and elastic normal stresses. This explains why the oscillation magnitude 

increased with increasing the Reynolds number (signifying higher inertia) and the 

haematocrit level (signifying higher elastic normal stresses), once the equilibrium 

position had been lost (see Fig. 3.4a and 3.8b).  

Furthermore, increasing the degree of confinement (e.g., higher α) led to an 

intensification of the compressive normal stresses which directed the particles towards 

the wall [139], and this contribution further reinforced the effect of shear thinning in 
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destabilising the transverse equilibrium of the bead. This was particularly enhanced in 

higher Re regimes, due to beads attaining a more peripheral transverse location, and 

explains why the onset of oscillation at the higher Re occurred at lower haematocrit 

levels. This, interestingly, suggests a synergistic implication of confinement and shear 

thinning in triggering bead oscillations, as aggravated by more prominent shear 

thinning effects being induced at high haematocrit levels. Enhanced shear thinning 

effect (corresponding to higher hematocrit levels) was thus required to elicit bead 

oscillation at relatively lower Reynolds numbers (Fig. 3.8).  

Conversely, at lower degree of confinement (e.g., α < 0.15), beads suspended in 

viscoelastic fluid flow have been observed to experience a lateral force directed 

towards the centre of channel [139], which differentiated from the larger beads and 

counteracted the effect of shear thinning. This essentially suggested a competitive 

effect of confinement and shear thinning in triggering the bead oscillations, at lower 

values of α. This was likely to prevent smaller beads from oscillating within the range 

of Reynolds numbers investigated here (Fig. 3.7 and Fig. 3.8), and explains why 

transverse oscillations in the bead could be detected only above a critical level of 

confinement (Fig. 3.4). 

 

3.4 Summary 

In the present Chapter, it has been demonstrated that in the presence of RBCs, embolic 

beads may undergo lateral oscillations in narrow confinements, with unique dynamical 

characteristics, bearing significant implications on embolisation-based cancer therapy. 

Experimental results reported here, expressed in terms of relevant dimensionless 

parameters, may have multifarious implications. First of all, these suggest that the 

embolisation location should be determined by the smaller microspheres in the mixed 

population as the axial migration velocity falls with increasing d
p
, which is counter-

intuitive to what is conventionally believed in embolisation therapy and congruent to 

observations [100, 117, 142]. This may have relevant implications in embolisation 

therapy, given that short-term embolisation with larger beads is normally undesired 

because it is associated with increased risk that more embolic material will flow back 

[120].  

Second, beyond embolisation, particle dynamics in RBC suspension can be important 

for the proper functioning of immune-surveillance cells such as neutrophils which are 
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themselves micro-spherical in shape. It has been known that blood velocity and RBC 

concentration are important factors affecting the localisation and binding of 

neutrophils to pathogens and blood-vessel wall constituting endothelial cells. However, 

it remains elusive how exactly the blood flow plays its part. The present findings kindle 

the fluid dynamics perspective of such physiological events. Third, from practical 

considerations, the phenomena of lateral oscillations and slowing down of larger 

particles can be used as a method to engineer a band-pass inertial particle separator 

without requiring an embedded matrix for differential migration.  

Finally, a further question remains on whether such oscillatory dynamics could 

originate in entangled polymer and shear banded flows [143-145]. If probed, such 

investigation would facilitate new developments in microfluidic systems with complex 

fluids [133, 134]. It, however, needs to be mentioned that in the present study the 

pulsatility of blood flow and the deformable nature of arterial wall have been 

neglected, which may not be significant in small arteries but may lead to interesting 

results in other circumstances.  
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Chapter 4 

Characterisation of embolisation with 

hydrogel beads through biomimetic 

bifurcations 

A microfluidic-based device has been developed for the characterisation of embolisation 

behaviour with polyvinyl alcohol (PVA) hydrogel beads within a microchannel network with 

bifurcations which mimic the blood vessel network. Both distal and proximal embolisations 

were achieved within the PMMA-made microdevice exhibiting comparable embolisation 

characteristics with those observed in-vivo. Results showed that small beads allowed more 

distal embolisations with a reduced control of the spatial location of occlusion sites. In 

contrast, large beads generated effective proximal embolisations with an improved 

reproducibility of embolisation performance. Embolic bead hydrodynamics, partitioning at 

bifurcations, penetration through microchannels and embolisation locations across the 

channel network were characterised by quantifying the effects of embolic bead size, bead 

concentration, channel geometry and fluidic conditions. This development provided further 

insights into the physical principles governing bead embolisation performance within the 

constructed microdevices, potentially allowing for the improvement of the predictability 

and controllability of the clinical process outcomes. Furthermore, it can potentially provide 

a useful platform for preclinical research as an alternative to animal models, with an 

ultimate goal to reduce the amount of animal testing.   
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4.1 Introduction 

Embolisation, owing to its non-surgical and minimally-invasive nature, has been widely 

used in the clinic to treat a variety of conditions such as hypervascularised tumours 

and arteriovenous malformations, either as an alternative to surgery or as a 

preoperative procedure to reduce post-surgical complications [100, 146, 147]. 

However, as mentioned earlier, there still remain challenges for the effective use of 

embolisation in clinical applications. This is largely associated with the delivery of the 

embolic agent to the target in an accurate and controllable fashion without damaging 

neighbouring tissues [120, 148]. For example, the flow behaviour of embolic 

microparticles and its influence on microparticle penetration potential within 

microvascular systems have not been fully characterised. Consequently, non-target 

devascularisation is occasionally observed which results in infection or permanent 

amenorrhoea (i.e., in case of uterine fibroid embolisation) [149], while an undesired 

expansion of the necrotic region would originate from uncontrolled over-embolisation 

[113, 150]. Non-target embolisation is also responsible for flow reversal in collateral 

arteries or, in the worst case, could lead to organ failures [151-153]. In addition, a 

comprehensive understanding of the principles governing microparticle performance is 

a necessary prerequisite for improving the process flexibility and designing patient-

specific embolisation protocols.  

Among a range of embolic agents investigated, calibrated spherical microparticles have 

attracted great attention since they allow a relatively precise targeting of tumour-

feeding microvessels to be achieved [100, 154]. A wide range of studies in this area is 

available in the literature demonstrating the advantages of using calibrated spherical 

embolics instead of non-spherical embolic agents [112, 155]. In addition, some 

embolic beads can be loaded with different drugs, e.g., anti-inflammatory drug 

Ibuprofen to reduce the pain to which patients are exposed after embolisation [156] or 

chemotherapeutic agents such as doxorubicin hydrochloride  [157].  

It is widely recognised that spherical embolic beads allow for a relatively distal vessel 

occlusion, which is associated with lower risk of non-target devascularisation and 

tissue ischemia (Fig. 4.1) [120]. In this regard, it is conventionally assumed that 

smaller beads migrate more distally within the target vascular system compared to 

larger beads. However, whilst they allow for a peripheral occlusion of the tumour 

vasculature, smaller beads have been observed to generate clinical complications due 

to the scarse prediction of their spatial distribution within the vasculature [158]. 

Additionally, the wide spectrum of mechanical properties associated with different 
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constitutive materials, adds further complexity to the selection of the most appropriate 

embolic agent. A deep understanding of the complex interplay between the physical 

mechanisms governing the embolisation process is thus required in order to further 

improve the therapeutic potential of the treatment.   

 

 

 

Figure 4.1  Schematic depiction of embolic effects using different particle sizes in a kidney 

model. (a) A small particle is able to occlude a small microvessel, producing an ischemic area 

confined in fields I and II of the kidney cortex. (b) A larger particle is instead able to occlude a 

proximal segment of the vessel, and therefore it produces a wider ischemic area, comprising 

fields I, II, III and part of IV of the kidney cortex (taken from [120], Figure 2, with kind permission 

from Springer Science and Business Media; Copywright © 2009). 

 

Currently, the pre-clinical evaluation of embolisation processes is carried out through a 

variety of animal models such as mice, rabbits, goats and pigs [152]. Although they 

can closely represent the environment in which embolic agents are exposed in the 

human tumour circulation, animal models are associated with several complications 

including experimental and economical limitations. For example, whilst macro 

observation, angiography, histology and radiolabeling are commonly used to obtain 

valuable data in order to determine the effectiveness of a given embolisation therapy, 

only few experimental studies have addressed the spatial distribution and the 

deformation of spherical embolic agents in-vivo [146, 159-164]. Furthermore, animal 

models allow for post-embolisation analyses only, which do not capture the dynamics 

of beads behaviour within the vascular system and are also associated with 

experimental drawbacks originating from the considerable time lag between bead 

injection, tissue sectioning and sample analysis. In addition, the need for reducing the 

amount of animal tests currently performed in biology and medicine becomes 
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increasingly recognised. In this regard, the use of in-vitro platforms may provide an 

attractive alternative to experimentally characterise the performance of embolic agents 

and compare the functional behaviour of different therapeutic products and protocols. 

For this purpose, such in-vitro test platforms should be designed and constructed to 

allow a precise control of the boundary conditions, the mimicking of physio-

pathological flow states and direct access to a wide range of physical parameters of 

interest, as demonstrated in Chapter 2. A limited number of in-vitro studies are 

available in the literature, which mainly focused on the flow behaviour of embolic 

agents at bifurcating channels [165, 166] or on the characterisation of beads physical 

and mechanical properties, and deliverability via microcatheters [110, 154, 157, 167, 

168]. However, the effect of these parameters on bead penetration efficacy has not 

been characterised, particularly within vascular-like microchannel networks. 

Over the last two decades, with the development of miniaturised systems (so-called 

microfluidics or lab-on-a-chip technologies) powerful tools have been introduced in 

order to precisely control and adjust the fluid flow within dimensionally commensurate 

fluidic environments. The microfuidic-based control also provides unique opportunities 

for delivering and releasing fluid within microdevices with an appropriate micro-

geometry design. In addition, the coupling with microscope-based imaging techniques 

provides a platform for the detection and quantification of the behaviour of both 

microparticles and fluid in situ with defined resolutions. 

In the present Chapter the development of an in-vitro microfluidic-based system is 

described aimed to quantitatively characterise the embolisation performance of 

hydrogel beads through biomimetic bifurcations. Specifically, microspherical bead 

behaviour was studied in terms of partitioning at bifurcations, penetration efficacy and 

spatial distribution of the occlusion sites. The effects of bead size, bead concentration 

in media, geometry of channel and bifurcation, and flow conditions were investigated 

in order to perform comparative evaluations of bead embolisation behaviour and 

penetration performance. 
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4.2  Materials and Methods 

4.2.1 Materials 

Physiological buffered saline solution (PBS, Sigma-Aldrich Co., UK) was selected as the 

working fluid in order to mimic the osmotic environment to which beads are exposed 

in the circulatory bed. The working fluid has physical properties similar to plasma with 

a density (ρ
PBS

) of 1020 kg/m3 and dynamic viscosity (μ
PBS

) of 0.001 Pa•s.  

Bead Block®, a PVA-based hydrogel microspherical agent was supplied by 

Biocompatibles UK Ltd (Farnham, UK). The beads used in this study were in three 

commercially-available diameter ranges: 300-500 μm, 500-700 μm, and 700-900 μm. 

The beads were made by a suspension polymerisation in which beads were produced 

in a wide range of sizes and then sieved to obtain different size ranges. Bead Block 

were tinted blue using contact-lens technology in order to improve beads’ detectability 

and handling, and showed enhanced sphericity if compared with some other embolic 

products [110]. The embolic suspension was prepared following a previously used 

procedure [156]. In this regard, contrast medium (iodixanol; GE Healthcare, UK) was 

added to the suspension of microbeads (50% v/v) in order to get an isobuoyant beads 

suspension.  

 

4.2.2 Design and fabrication of microfluidic devices 

4.2.2.1 Microchannel geometry design 

The in-vitro modelling of tumour microcirculatory systems represents a considerable 

technological challenge due to the architectural heterogeneities, intrinsic spatio-

temporal variability and morphological diversities associated with these circulatory 

structures [19, 169-172]. A typical network architecture with two generations of Jafari-

like bifurcations [74] was selected for this prototype (Fig. 4.2b), where the channel 

geometry represented tumour vascular features as demonstrated in previous 

investigations in-vivo [172-175].  

The microdevice was designed in AutoCAD (Autodesk Inc., US). The constructed micro-

geometry was characterised by spatial asymmetry and a severe reduction of channel 

diameter from the proximal to the distal zone, as observed in uterine animal models 

[162] and in renal carcinoma [175]. The channel cross-sectional dimensions fell into 

the range of small arteries and arterioles, which corresponded to the vascular domain 

targeted by the migration and blockage of microcatheter-injected embolic particles. 
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The calibre of the microchannels was comparable with animal models employed in 

previous embolisation studies (i.e., animal kidney and uterus models) [160, 161]. 

Within the constructed architecture, the channel inner diameters varied from 1000 μm 

on the proximal side to 200 μm on the distal side (Fig. 4.2b). 

4.2.2.2 Microdevice fabrication 

Microchannels were fabricated by micromilling on two polymethyl-methacrylate (PMMA) 

layers with a micro-mill (Datron CAT3D-M6, Datron Dynamic Inc., US) which had a 

planar resolution of 10 μm and a resolution of 20 μm in the direction perpendicular to 

the channel middle plane. Procedures of PMMA milling and bonding of the two milled 

layers correspond to the ones described in Section 2.2.1. Figure 4.2a shows a 

photograph of the microfluidic device, whilst Figure 4.2b shows a schematic of 

microchannel network design. 

 

 

 

Figure 4.2  (a) Photograph of the fabricated PMMA microdevice, and (b) CAD-based two-

dimensional design of the channel network. Channel inner diameters: D
A
 = 1000 μm, D

B1
 = 700 

μm, D
B2
 = 800 μm, D

C1
 = 200 μm, D

C2
 = 500 μm, D

C3
 = 400 μm, D

C4
 = 600 μm (taken from [176],  

Figure 1, with kind permission from Springer Science and Business Media; Copywright © 2011). 
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4.2.3 Experimental procedures 

4.2.3.1 Experimental setup 

Fig. 4.3 shows the schematic of the experimental setup used in this study. The 

microdevice was placed on the stage of an inverted microscope (IX71, Olympus 

Corporation, Japan) for monitoring and recording the fluidic behaviour within the 

microchannel. The working fluid was delivered to the microdevice using a syringe 

pump (KD 100, KD Scientific, UK) with a 20 mL gas tight luerlock syringe (Hamilton 

Company, US) set at different flow rates. Input volumetric flow rate (Q
in
) was set 

between 10 mL/h and 200 mL/h, corresponding to a selected range of physiological 

Reynolds numbers (Re
in
, representing the ratio of inertial and viscous forces) between 

3.6 and 72.2 [121]. Re
in
 was determined as follows: 

 

 
PBS

inininPBS
in

DAQ


 


/Re                                                                                      (4.1) 

 

where D
in
 and A

in
 are the diameter and the cross-sectional area of the inlet channel (i.e., 

Channel A), respectively. 

The embolic suspension was injected into the main inlet arterial line (AL in Fig. 4.3) via 

an ad hoc injection line (EL in Fig. 4.3) with a 3-mL plastic luerlock syringe. The 

injection speed was controlled at a flow rate of 0.6 mL/sec, corresponding to an 

injection duration of approximately 3 minutes, coherently with clinical practices [162]. 

Deformable silicon tubes (1.3 mm ID) were employed to simulate the main arterial line 

and the venous line (VL in Fig. 4.3), while TEFLON tubes (Upchurch Scientific, US) with 

an inner diameter of 1.0 mm were employed to connect the microdevice to the main 

arterial line and to the venous line. Discharge reservoirs were placed at the device 

outlets in order to collect the waste.  
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Figure 4.3 (a) Photograph of the experimental setup. (b) Schematic of the experimental setup. 

(AL: Arterial line; EL: Embolisation line for injection; OPL: Over-pressure line; VL: Venous lines); 

taken from [176], Figure 2, with kind permission from Springer Science and Business Media; 

Copywright © 2011. 

 

When a complete embolisation of the feeding channel takes place, it resulted in an 

uncontrolled increase of the hydraulic pressure within the microdevice. To minimise 

the effect of this pressure increase on the embolisation process, an over-pressure line 

(OPL in Fig. 4.3) was introduced before the injection point, consisting of a straight 

microcapillary. This configuration is also conceptually coherent with the physiological 

situation where blood is conveyed into alternative flow pathways once a vessel has 

been occluded. A CCD camera (Fastcam 512, Photron USA Inc., US) coupled to the 

microscope was employed to record image sequences of fluid/bead motion and detect 

the embolisation sites within the network (Fig. 4.4). 

 

4.2.3.2 Measurements of bead partitioning 

The partitioning of embolisation beads at bifurcations was examined at a selected 

single bifurcation within the microchannel network (Fig. 4.4a-c). Microscope focus was 

set on the middle plane of the channel cross-section (in z-direction). During the 

measurement, the camera frame rate was adjusted in order to capture individual beads 

in at least two subsequent recordings. At least fifty beads were tracked at each 

working condition, and four sets of experiments were performed to get statistical 

validation. After each experimental run, video recordings were post-processed to 
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determine the number of particles that entered each branch. Image J, a freeware image 

processing package (NIH), was employed for visually counting the beads.  

 

 

 

 

Figure 4.4 (a-b-c) Representative images of single-bead motion at a bifurcation, within the 

developed microfluidic device. (d-e) Representative images of distal single-bead embolisation 

achieved within the microfluidic device. Channel diameter at the occlusion site was measured 

post-embolisation and corresponded to the Penetration Efficacy (PE).  

 

4.2.3.3 Measurements of penetration efficacy and spatial distribution 

The capacity of embolic beads to penetrate within microchannel networks was 

examined by capturing the moment when a complete arrest of the fluid flow within the 

device was achieved (whilst the flow was conveyed to the OPL and beads’ location 

within the network remained unvaried). The spatial distribution of the beads within the 

network was detected through the microscope (4x magnification objective) and 

analysed by post-processing the recordings (Fig. 4.4d-e). In addition, the spatial 

location of the smallest occluded channel within the network (distal embolisation) was 

detected as an indicator of bead capacity to achieve repeatable and targeted 
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embolisation. The spatial distribution of distal occlusion sites was determined at 

different inlet volumetric flow rates (i.e., Reynolds number in the feeding channel).  

 

4.3  Results and Discussion 

4.3.1 Observation of both distal and proximal embolisations 

Using the microdevice fabricated, embolisations under different fluidic conditions were 

successfully performed in different sections of the two generations of bifurcations. 

Both distal embolisation (at sites located away from the injection point) and proximal 

embolisation (at sites located away closer to the injection point) were observed. 

Fig. 4.5a shows an individual microparticle occluding a first generation bifurcation 

microchannel (B2) where the particles injected were in the size range of 700-900 μm at 

a flow rate of 80 mL/h. At a higher inlet flow rate (200 mL/h) the occlusion with the 

same embolic agent took place in a more distal channel, the second generation 

bifurcation channel C4 (Fig. 4.5b). The experimental observations (Figs. 4.5a and 4.5b) 

indicated that embolisation in distal microvessels (distal embolisation) was mainly 

determined by the behaviour of microparticles at a single-particle level (no inter-

particle agglomeration). It was also observed that, although the occluding 

microparticles appeared to be deformed and adapt to the channel curvature, they 

maintained physical integrity for prolonged periods of time at the embolisation sites 

providing an effective and durable blockage of the occluded channel. Once distal 

microchannels were occluded by individual particles, other particles started to arrange 

in a packed cluster-like structure within proximal microchannels leading to proximal 

embolisation. As a result, the fluid flow in the feeding channel was completely cut-off, 

which was redirected to exit the system through the OPL outlet. Fig. 4.5c-4.5e show 

typical multi-bead occlusions observed within different microchannel sections. 

Specifically, Fig. 4.5c shows a packed arrangement of microparticles (size range: 500-

700 μm) regularly alternated in a single file within the spatial domain (channel B2). 
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Figure 4.5 Representative microscope images of embolisation with hydrogel-based PVA 

microbeads as optically detected within the network. (a) Channel B2, D = 800 μm; Q
in
 = 80 mL/h; 

Bead size range: 700-900 μm. (b) Channel C2, D = 500 μm; Q
in
 = 200 mL/h; Bead size range: 

700-900 μm. (c) Channel B1, D = 700 μm; Q
in
 = 40 mL/h; Bead size range: 500-700 μm. (d) 

Channel B1, D = 700 μm; Q
in
 = 200 mL/h; Bead size range: 300-500 μm. (e) Channel A, D = 1000 

μm; Q
in
 = 40 mL/h; Bead size range: 300-500 μm (taken from [176], Figure 3, with kind 

permission from Springer Science and Business Media; Copywright © 2011). 

 

At a higher flow rate with smaller particles (size range: 300-500 μm), more closely 

packed cluster-like structures were observed (Fig. 4.5d) where a double-file 

configuration of microparticles formed resulting in an effective occlusion of the 

feeding channel. While clusters of beads aligned regularly were observed for 

embolisation in the bifurcation branches where the bead size appeared to be 

“apparently” uniform, irregular multi-bead spatial configurations were observed in a 

more proximal microchannel, Channel A (Fig. 4.5e). This was likely due to the particle 

partitioning effect through a bifurcation, which sorted particles into different daughter 

channels according to the particle size and fluidic conditions, whilst in the main 

feeding channel (Channel A) particles with all available sizes occluded (300-500 μm in 

Fig. 4.5e). More detailed studies on bead partitioning at bifurcations are presented in 
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the next section. It was also found that the irregular spatial arrangement of particles 

with a wider size distribution made the occlusion process less predictable. In addition, 

if there were open spaces left between the particles in the larger channels, it generated 

ineffective occlusions resulting from recanalisation.  

These findings are in good agreement with in-vivo observations where effective 

embolisations induced by hydrogel-based microspherical embolic agents have been 

previously detected [150, 177]. It was observed in the in-vivo studies that distal 

embolisation more likely occurred on a single-bead basis whilst larger vessels (usually 

being more proximal) were generally occluded by aggregates of multi-particles [111] 

that tended to form a dense thrombus without any gaps. This configuration was found 

to be extremely important for achieving permanent occlusions, because recanalisation 

occasionally occurred if there were open spaces left between the particles [150, 178, 

179]. It was also interesting to note the deformation of Bead Block® particles in both 

cases, which became more significant within the smaller and more distal channels 

when a higher flow rate was applied (Figs. 4.5a and 4.5b). This was attributed to the 

property of hydrogel PVA beads with relatively high deformability, which will differ 

between embolic products [100, 110]  such that each will require different usage 

regimes and specific clinical practices [163, 178] 

In addition, experimental observations suggested that the small microbeads had a 

reduced deformability compared with larger particles. This behaviour was largely 

related to the mechanical properties of polymer-based beads, where structural 

peculiarities may be correlated to parameters such as particle size, water content and 

the spatial molecular arrangement of the polymeric network, as demonstrated for 

other similar hydrogel-based microparticles in-vitro [180]. 

Furthermore, in-vivo studies showed no disruption of the vessel wall and no evidence 

of perivascular haemorrhage during embolisation with porous cellulose beads [178, 

179]. This suggested that studying bead flow behaviour may provide valuable 

information on the embolisation process, while the effect of the rigid PMMA channel 

was less significant. 

 

4.3.2 Bead partitioning at bifurcations 

As mentioned in Chapter 3, when hydrogel-based PVA particles in suspension flowed 

with the media towards a bifurcation, particles partitioned in the two downstream 

branches and the partitioning of particles depended on the bead size and fluidic 
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conditions. Previous studies on particle separation by Roberts and Olbricht [181] and 

Bushi et al. [182] also suggested that the partitioning of particles at a bifurcation was 

determined by a combination of parameters including physical structures of particles, 

channels and bifurcations, together with fluidic conditions applied such as flow rates 

and fluid physical properties.  

In order to quantitatively examine the partitioning of hydrogel PVA embolic beads 

within the developed branching microstructure, the effects of bead size, bead 

concentration, and flow rate on bead partitioning were investigated experimentally at a 

single bifurcation. In each measurement run, the acquisition rate of the CCD camera 

was set according to the flow rate applied. For example, a speed of 500 fps was 

selected for the input flow rates (Q
in
) of 40 mL/h and 100 mL/h while 1000 fps was 

applied for Q
in
 of 160 mL/h and 200 mL/h. In each run, at least 50 beads were 

captured and tracked, and four runs were repeated under the identical conditions for 

statistical validation. Three levels of bead concentration were evaluated, with the 

volume percentage of bead suspension in the embolic solution selected at γ
1
 = 12.5% 

(v/v), γ
2
 = 17.5% (v/v), and γ

3
 = 22.5% (v/v). Bead partitioning was measured by the 

ratio (fraction) of the bead number entering a specific daughter branch to the total 

inlet bead number. As illustrated in Fig. 4.4, bead fractioning at the first bifurcation 

can be defined as:  

 

N
B1
/N

A
 = N

B1
/(N

B1
 + N

B2
)                                                                                        (4.2) 

 

where N
B1
 and N

B2
 are the numbers of particles that entered branches B1 and B2, 

respectively, and N
A
 is the total inlet bead number from channel A. 

 

4.3.2.1 Effects of bead size and bead concentration on partitioning 

Fig. 4.6 illustrates the effects of both bead size and bead concentration in the embolic 

suspension on bead partitioning at the first generation bifurcation. The inlet flow rate 

through Channel A was retained at a constant corresponding to Re
in
 = 57.7 where the 

volumetric fluid flow partitioning in branch B1, Q
B1
/Q

A
, was equal to 0.29 (dashed line 

in Fig. 4.6). As it emerges from Fig. 4.6, the contribution of bead size on partitioning 

varied at different bead concentration levels. At the middle level of bead concentration, 

i.e., γ
2
 = 17.5% (v/v), the effect of bead size on partitioning (N

B1
/N

A
) was attenuated, 

with a slight decrease in N
B1
/N

A
 when bigger beads were used. However, a clear 
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decrease in N
B1
/N

A
 from 0.23 to 0.11 was observed with an increase in bead size at a 

low bead concentration (γ
1
 = 12.5% (v/v)). In contrast, a high bead concentration (γ

3
 = 

22.5% (v/v)) showed significant increase in N
B1
/N

A
 from 0.31 to 0.39 when the bead 

size increased. For beads with a given size range, N
B1
/N

A
 increased with an increase in 

bead concentration indicating that a higher bead concentration was favourable for 

beads entering the smaller branch B1. This applied to the three size ranges examined. 

 

 

 

Figure 4.6 Bead partitioning as the fraction of beads entering branch B1 (N
B1
/N

A
) at three 

different dilutions of the embolic bead suspensions. γ
1
 = 12.5% (v/v), γ

2
 = 17.5% (v/v), γ

3
 = 22.5% 

(v/v). Inlet flow rate Q
in 

= 160 mL/h. The dashed line corresponds to fluid flow partitioning; 

Q
B1
/Q

A
 = 0.29 (taken from [176], Figure 4, with kind permission from Springer Science and 

Business Media; Copywright © 2011). 

 

At low bead concentration levels (corresponding to insignificant inter-particle 

interactions), the decrease in N
B1
/N

A
 with increased bead sizes was attributed to the 

network asymmetric architecture where B1 was smaller than B2; therefore, bigger 

beads tended to enter the larger channel B2 that carried higher fluid flow rates (Fig. 

4.7) [183]. This was in agreement with previous studies on particle/cell partitioning 

showing that for large particles the forces acting on a bead located within the 

bifurcation were proportional to the second power of the particle-to-branch diameter 

ratio [184]. At higher bead concentration, however, an increased fraction of beads 
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flowing in channel B1 (i.e., N
B1
/N

A
) in general, and also its increase with the increase in 

bead size were likely associated with the increased bead number per volume and the 

resulting inter-bead interactions, as previously suggested by Roberts and Olbricht 

[181]. It was observed in this study that the inter-bead interaction took place mainly 

within the bifurcating region which was indicated by the considerable reduction of 

beads migration velocity whilst the media inlet flow rate remained constant. As a 

result, the trajectories of upcoming beads and their spatial arrangement in that region 

were altered allowing an increase in bead partitioning towards channel B1 (i.e., N
B1
/N

A
). 

When the bead size increased, bead-bead and bead-wall interactions became more 

significant due to the increased spatial encumbrance which, in turn, affected bead 

separation through the bifurcation.  

 

 

 

Figure 4.7 Microscope images of a 650 μm diameter embolic bead at two subsequent time 

instants, (a) t
0
 and (b) t

1
 = t

0
 + ∆t. Larger beads attained a central radial position in the parent 

channel (A) and tended to move towards the high-flow sub-branch, under the effect of 

hydrodynamic forces at the bifurcation. 

 

4.3.2.2 Effects of flow velocity on partitioning 

As illustrated in Chapter 3, a spherical particle suspended in Poiseuille flow undergoes 

a cross-stream migration, especially when Reynolds number (Re) is greater than 1 [122, 

124]. This lateral off-centre lift force altered the embolic beads radial position within 

the parent channel and contributed to the way beads partitioned at bifurcations.  
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Figure 4.8 Effect of Reynolds number in the feeding channel (Re
in
) on bead partitioning at the 

first generation bifurcation. Two size ranges of embolic beads were considered, corresponding 

to 300-500 μm and 500-700 μm diameter. Bead concentration was equal to 12.5% (v/v). Taken 

from [176], Figure 5, with kind permission from Springer Science and Business Media; 

Copywright © 2011. 

 

To quantitatively examine the effect of the lateral lift force on embolic bead 

partitioning, four inlet volumetric flow rates were investigated at 40 mL/h, 100 mL/h, 

160 mL/h and 200 mL/h, corresponding to Re
in
 values of 14.4, 36.1, 57.7 and 72.2, 

respectively. PVA hydrogel embolic beads in two size ranges of 300-500 μm and 500-

700 μm were employed at a fixed bead concentration of 12.5% (v/v). The results are 

depicted in Fig. 4.8 showing bead partitioning (N
B1
/N

A
) at the first generation of 

bifurcation as a function of Re
in
, for the two size ranges of PVA hydrogel embolic 

beads.  
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Figure 4.9 Size-dependence of bead radial position in the feeding channel (channel A). Beads 

tended to attain more central radial position with increasing bead diameter, at a fixed Re
in
. r

1 
> r

2
 

> r
3
 > r

4
. 
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It was found that bead partitioning (N
B1
/N

A
) increased with an increase in Re

in
 (or inertial 

effects) while other fluidic conditions remained unchanged. This was indicative that 

smaller beads migrated laterally under the effect of increased lift forces when flowing 

along the parent channel at a higher Re
in
, which is in agreement with the experimental 

observations on bead flow behaviour within straight microchannels illustrated in 

Chapter 3, and coherent with previous theoretical predictions which derived a 

formulation for the lift force (F
L
), as described in Eq. 4.3. 

 

242 /)/(Re, hphLL DdvDyfF                                                                             (4.3) 

 

where f
L
 is a non-dimensional lift coefficient that is a function of Re and the normalised 

cross-sectional position of the particle (y/D
h
), D

h
 is the hydraulic diameter, v is the 

average fluid velocity and d
p
 is particle diameter. 

This was further evidenced by the pronounced effect on beads with lower size range 

(i.e., 300-500 μm) compared to larger beads (i.e., 500-700 μm) (Fig. 4.9). As can be 

observed from Fig. 4.8, by increasing Re
in
 from 14.4 to 72.2, N

B1
/N

A
 increased from 

0.10 to 0.14 for beads in the size range of 500-700 μm whilst N
B1
/N

A
 increased from 

0.12 to 0.28 for beads in the size range of 300-500 μm. These findings were in line 

with the previous studies on polystyrene and polydimethylsiloxane particle segregation 

in rectangular shaped channels, further confirming the size- and velocity- dependence 

of bead partitioning due to lift-generated phase separation [122]. 

 

4.3.3 Penetration efficacy and spatial distribution 

Quantitative characterisation of embolic bead penetration behaviour along a channel 

and the spatial distribution of occlusion sites within the channel network can provide 

valuable information for predicting and controlling the embolisation process. In this 

study, the capacity of embolic hydrogel beads to penetrate within microchannel 

networks was determined by the measurement of penetration efficacy (PE), which was 

defined as the diameter of the smallest occluded channel within the network. The 

spatial distribution of occlusion sites was examined by identifying the occlusion points 

across the channel network under different flow conditions.  
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4.3.3.1 Measurement of penetration efficacy (PE) 

Fig. 4.10a shows the relationship between bead penetration efficacy (PE) and the inlet 

flow rate. The inlet volumetric flow rate (Q
in
) was varied ranging from 10 mL/h to 200 

mL/h, with a bead concentration of 12.5% (v/v). Each measurement was repeated 15 

times under the given experimental conditions in order to obtain the average value and 

the corresponding standard deviation (SD).  

 

 

 

Figure 4.10 (a) Relationship between bead penetration efficacy (PE, in μm) and inlet flow rate 

(Q
in
, in mL/h) at a fixed bead concentration of 12.5% (v/v). (b) d

mean
/PE as a function of Re

in
 for the 

three size ranges of PVA hydrogel beads. The slope of the interpolation line represents the 

penetration coefficient; Φ. R2 is equal to 0.971, 0.989 and 0.997 for average bead diameters of 

400 μm, 600 μm and 800 μm, respectively (taken from [176], Figure 6, with kind permission 

from Springer Science and Business Media; Copywright © 2011). 
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It was shown that PE decreased when the flow rate increased, indicating that the bead 

penetrated towards more distal sites within the channel network. That was mainly due 

to the higher hydrodynamic forces acting on the bead surface at higher volumetric flow 

rates. Under the increased fluid forces, the deformation of hydrogel beads is also likely 

to have played a significant role due to their enhanced deformability. Particularly, the 

average variation in PE with the imposed inlet flow rate (Q
in
, ranging from 10 mL/h to 

200 mL/h) corresponded to 80.10 μm, 163.37 μm and 268.37 μm, for beads in the 

size range of 300-500 μm, 500-700 μm and 700-900 μm, respectively. It was observed 

that, at a given flow rate, PE decreased when smaller microbeads were injected 

confirming that small beads were more likely to reach more distal sites. The results 

corroborated the clinical in-vivo observations where small beads were found to be 

more suited for obtaining peripheral occlusions of the tumour microcirculation [118, 

150, 160, 161].  

In addition, embolisation with small particles was found to produce more extensive 

tissue necrosis because of the distal nature of the occlusion and the elimination of 

collateral flow [118, 150, 185]. The results clearly illustrated the effects of particle size 

and fluidic conditions on bead penetration behaviour. In order to quantitatively 

evaluate the relationship between these parameters, a dimensionless parameters, 

penetration coefficient (Φ), was introduced as an indicator of the capacity of the 

injected embolic particulate to reach more distal locations under given fluidic 

conditions: 

 

in

PE
Re

dmean

                                                                                                       (4.4) 

 

where d
mean

 is the average diameter of the injected PVA hydrogel beads (assuming that 

the beads have a Gaussian size distribution with a peak in correspondence to the 

average diameter). 

Fig. 4.10b illustrates the relationship of d
mean

/PE as a function of Re
in
 for the three size 

ranges of PVA hydrogel beads examined. The relationship over the imposed range of 

Reynolds numbers is close to the linear for each size range of beads, allowing the 

penetration coefficient, Φ, to be calculated as the slope of the interpolation curve. Φ 

was found to be 0.0024, 0.0049 and 0.0067 for average bead diameters of 400 μm, 

600 μm and 800 μm, respectively.  
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4.3.3.2 Spatial distribution of occlusion sites 

Fig. 4.11 shows the spatial distribution of bead-induced distal occlusion sites within 

the network, at three levels of inlet volumetric flow rate (10 mL/h, 80 mL/h and 200 

mL/h). Results are presented as the percentage of distal occlusion cases detected in a 

specific microchannel (N = 15). The results showed that smaller microbeads presented 

enhanced variability in the spatial location of the achieved peripheral occlusions. This 

was associated with the observation that small particles tended to fractionate at 

subsequent branching points until the channels size was sufficiently reduced to 

impede further penetration of the suspended particulate.  

Moreover, according to the aforementioned features of small beads partitioning at 

bifurcations, a relatively larger number of microchannels were potentially exposed to 

bead-induced occlusions. In addition, when small particles were employed, more distal 

injections of the embolic matter were required to reduce the effect of bead partitioning 

on the location of the resultant occlusion. Results agree with in-vivo observations 

where low-calibre beads generated clinical complications due to the reduced 

controllability of their spatial distribution in the target vasculature [111, 147, 151, 

158]. With this respect, retrospective clinical studies have shown that embolisation 

with smaller beads caused increased survival rate (coherently with increased 

penetration efficacy); however this was achieved at the expense of a high complication 

rate [186] or increased occurrence of non-target embolisation (NTE) [120].    

As expected, the degree of spatial variability was reduced when larger particles were 

employed owing to the increased particle size together with the enhanced phase 

separation at branching points. It was also observed that the spatial location of the 

occlusion sites varied with the inlet flow rate. Specifically, by considering the network 

splitting into two main peripheral sub-systems by the first bifurcation, the variability of 

distal occlusion sites was found to increase with the inlet flow rate. This behaviour may 

be induced by the aforementioned variations in phase separation with the imposed 

inlet Reynolds number.  

Although it has been shown that bead fractioning at branching points was profoundly 

affected by the volumetric flow rate, challenges still remain to establish a direct 

correlation between flow distribution and the spatial location of distal occlusion sites. 

This is mainly due to the time-dependent nature of embolisation, especially during the 

complete occlusion of a distal microchannel.  
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Figure 4.11 Spatial locations of peripheral occlusion sites within the network at three different 

inlet volumetric flow rates (Q
in
 = 10 mL/h, 80 mL/h and 200 mL/h) for three size ranges of 

embolic beads: (a) 300-500 μm, (b) 500-700 μm and (c) 700-900 μm (taken from [176], Figure 7, 

with kind permission from Springer Science and Business Media; Copywright © 2011). 
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4.4  Summary 

In the present Chapter, an in-vitro evaluation of embolisation with PVA-based hydrogel 

beads has been performed. A microfluidic device has been designed and fabricated 

using optically transparent PMMA plastic materials. The microfluidic channel network 

has been designed with typical anatomical features of the vascular arterial system and 

a circular cross-section allowing a wide dimensional range of microbeads (from 300 μm 

to 900 μm in diameter) to be examined. Both distal and proximal embolisations were 

achieved within the PMMA-made microdevice exhibiting comparable embolisation 

characteristics with that observed in-vivo. Results showed that small beads allowed for 

more distal embolisation with a reduced control of spatial locations of occlusions. This 

observation is counterintuitive with respect to the clinical assumption for which low-

calibre beads generally provide more distal embolisation and thus consequently reduce 

the risk of non-target ischemia.  

Notably, whilst smaller beads were observed to achieve distal embolisation sites within 

the network (which implies reduced risk of non-target embolisation), the degree of 

predictability of the embolic site decreased with reducing the bead size (which implies 

increased risk of non-target embolisation). These observations suggest that further 

optimisation of the clinical embolisation protocols may be required, i.e. achieve more 

distal injection of the embolic particulate in order to minimise the risk of non-target 

devascularisation with low-calibre beads.  

Conversely, larger beads generated effective proximal embolisations with an improved 

reproducibility of the embolisation performance.  

Embolic bead hydrodynamics, partitioning at bifurcations, penetration through 

microchannels and embolisation locations across the channel network were 

characterised by quantifying the effects of embolic bead size, bead concentration, 

channel geometry and fluidic conditions. The development described here can 

potentially provide a platform for evaluation of discretionary clinical strategies 

(including bead size range, particulate dilution and injection site) and patient-specific 

features (including vascular architecture and flow conditions) for the improvement of 

the clinical outcomes of the embolic therapy. It also represents potential for 

applications in preclinical research as an alternative to animal models, with an ultimate 

goal to reduce the amount of animal tests. 
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Chapter 5 

 

On the spatiotemporal dynamics of 

doxorubicin elution from embolic beads 

within a biomimetic microvascular 

network 

Traditional chemotherapy for cancer treatment relies on the injection of anticancer drugs 

into the systemic haematic circulation, which brings with it a range of disadvantages, 

including high systemic toxicity levels, low-targeted delivery of the therapeutic agent and 

side-effects on the treated patients. In order to overcome these limitations, locoregional 

therapies have been introduced which rely on the delivery of the therapeutic agent within a 

confined body district close to the target tissue. Drug eluting beads (DEBs) in the form of 

drug-loaded spherical microparticles have been recently employed as locoregional 

therapeutic agents for treating hypervascularised tumours and arteriovenous 

malformations. DEBs synergistically combine tumour starvation caused by blood vessel 

embolisation and the therapeutic action of anticancer drugs which are released from the 

bead. Despite the multifarious advantages over systemic chemotherapy, DEBs-based 

anticancer treatment still requires further optimisation. This is attributed to the lack of 

knowledge regarding the spatial and temporal evolution of drug elution from DEBs at 

physiologically relevant fluidic conditions, which is mostly due to the absence of in-vitro 

test methods capable for generating biomimetic physico-chemical environments. The 

present Chapter describes the studies on spatiotemporal evolution of doxorubicin 

hydrochloride elution from drug-loaded hydrogel embolic beads within a biomimetic 

microfluidic device, consisting of a network of interconnected microchannels. Drug elution 

has been investigated experimentally at a single-bead level, using both on-chip and off-chip 

analysis methods. Furthermore, the potential of ultrasound (US) as a physical stimulus for 

actively controlling the elution of anticancer drugs from DEBs has been investigated.  
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5.1 Introduction 

Traditional cancer chemotherapy relies on the intra-venous injection of anticancer 

drugs into the systemic haematic circulation [187]. Despite its widespread clinical 

usage, traditional systemic delivery of chemotherapeutic drugs suffers from a range of 

drawbacks, including low drug concentration achieved in the target tumour tissue, 

non-specific drug toxicity and the development of drug resistance [17, 188]. This 

results in patients undergoing chemotherapy treatment potentially suffering from 

diverse systemic side effects, including nausea, vomiting, diarrhea, weakness, alopecia 

and myelosuppression [118, 189]. Also, the architecture of tumour vascular systems 

may seriously compromise the effectiveness of systemic chemotherapeutic treatments 

[190, 191]. For example, if the hydraulic resistance of the tumour vasculature is higher 

than the one of the systemic circulation (i.e., as observed in human colorectal 

carcinoma [190]), anticancer agents may preferentially remain in the systemic 

circulation and low drug concentration levels may be achieved within the tumour [190].   

In order to minimise the occurrence of these side effects, locoregional therapies (i.e., 

spatially-controlled drug delivery [192]) have been proposed, which allow for increased 

concentration of drug delivered to the tumour and reduced systemic exposure 

compared to conventional chemotherapy. Among these techniques, transarterial 

chemoembolisation (TACE) has been used for over 30 years and is performed by local 

arterial infusion of the chemotherapeutic agent and subsequent injection of embolic 

particles [18], thus synergistically combining the potential cytotoxic effect of drugs to 

bland embolisation (i.e., tumour starvation) [193, 194], and minimising the systemic 

toxic effects [195, 196]. It is indeed known that anticancer drugs (i.e., doxorubicin 

hydrochloride) can diffuse much faster through necrotic tissues [118]. Furthermore, it 

is assumed that the chemotherapeutic agent augments the antitumoral action of 

ischemia [186, 195], counteracting the stimulation of angiogenesis resulting from 

hypoxia due to embolisation (potentially due to hypoxic insult-anoxic stress [197]). 

TACE has been demonstrated to be particularly effective for treating hypervascularised 

tumours and especially hepatic malignant lesions, which derive their main blood 

supply from arterial vessels [18]. Whilst the advantages of TACE with respect to 

systemic chemotherapy have been widely demonstrated [118, 198, 199], there still 

persist a lack of method standardisation in terms of properties and type of embolic 

device and administration techniques to be employed [18, 200].  

In order to address these issues, drug-eluting beads (DEBs) in the form of calibrated 

deformable microspheres have been recently introduced [201]. DEBs generally consist 
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of biocompatible, non-degradable polymeric beads loaded with specific molecules (i.e., 

anticancer drugs) which are released for prolonged time after injection [188, 195, 198, 

202]. This allows spatially-controlled and simultaneous delivery of the anticancer drug 

and the embolic device in a single step, by means of microcatheters [157, 194], 

providing improved controllability and reduced drug clearance compared to 

conventional TACE [18]. In addition, patients treated with DEBs have shown increased 

mean survival compared to conventional systemic chemotherapy [202-204] and 

reduced peak plasma concentration compared to conventional TACE [18], which makes 

this technique an appealing therapeutic strategy for treating tumours which are not 

eligible for other curative treatments such as laser ablation or resection [147, 150, 

205].  

There are different commercially-available DEBs, such as DC Bead® (Biocompatibles UK 

Ltd, UK) and HepaSphere® (Merit Medical Systems, US) [188], which are generally 

constituted of a hydrogel polymer and have a diameter in the range 50 – 900 μm [206]. 

DC Bead® (or Drug-Capable Beads) consists of a polyvinyl alcohol (PVA) polymer 

hydrogel which has been modified by addition of a sulfonic acid-containing 

component. This is capable of actively sequestering oppositely charged molecules (i.e., 

doxorubicin hydrochloride) by ion-exchange mechanism [207], and subsequently 

release them when exposed to Na+-rich fluidic environments (i.e., plasma) [17, 208]. 

DC Bead® is formulated by inverse suspension polymerisation [209] and is supplied in 

different diameter ranges from 100 μm to 900 μm [208], which size is selected 

depending on the diameter of the vessel to be occluded [210, 211].   

Despite significant advancements in the field of spatially-controlled drug delivery have 

been achieved with the introduction of DEBs, there still remain some limitations 

associated with the optimisation and analysis of the physico-chemical parameters 

regulating DEBs performance. The lack of process controllability may sometime result 

in the occurrence of clinical complications (i.e., post-embolisation syndrome, liver 

function perturbation, pancreatitis and cholecystis) [186, 212], which have been 

reported to happen with a rate of 4-5% [186, 202] and the source of which is not 

always clearly identifiable [120].  

It is therefore desirable of a more pervasive understanding of the physical mechanisms 

governing the process of DEBs-induced embolisation, in order to minimise the 

occurrence of undesired complications. With this respect, it has been previously 

demonstrated that DEBs performance strongly depends on bead size and size 

distribution [18, 194], bead material [110, 120] and the amount of loaded drug [157] 
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which, in turn, affect bead mechanical properties [157] and deliverability via 

microcatheters.  

Importantly, it has been demonstrated in Chapter 4 that the flow dynamics within the 

target vascular system may influence the flow behaviour of suspended embolic beads 

and, ultimately, determine the spatial location of vascular occlusion sites [176]. The 

latter has been observed to further depend on bead size and concentration in the 

embolic suspension, as previously postulated by others but only qualitatively [111]. 

Additionally, it has been shown in Chapter 4 that embolisation with hydrogel beads 

may happen in the form of proximal multi-bead occlusion or distal single-bead 

occlusion, which have distinct therapeutic implications [111, 176]. Notably, single-bead 

occlusion is desired from the moment that it has been associated with more efficient 

devascularisation [111] and generally generates confined tissue ischemia compared to 

proximal vessel occlusion which may instead result in non-targeted tissue ischemia 

and subsequent delivery of chemotherapeutic agents towards healthy body districts 

[120].   

It thus appears evident that the selection of DEBs properties represents a critical step 

towards the design of the optimal therapeutic strategy for a given clinical case. In 

addition, understanding the physical mechanisms governing drug elution from embolic 

agents is of valuable clinical relevance, from the moment that the haemodynamics in 

the target vasculature and bead physico-chemical properties (i.e., size, deformability, 

drug chemistry) can be actively varied by appropriate selection of the injection site and 

of the production strategy, respectively.  

Currently, the evaluation of drug elution kinetics from DEBs can be performed by using 

a range of different apparatuses. Classical setup for dissolution tests consists of a 

reactor where beads are positioned and the fluid is perturbed by a rotating paddle (i.e., 

USP II apparatus) [18]. While it may be useful for comparative analyses between 

different chemoembolic devices, this setup does not mimic the flow dynamic 

environment surrounding the embolic beads in-vivo and cannot be used to characterise 

long-term drug release [213]. Notably, the localisation of anticancer agents in-vivo 

depends on a range of physiological factors, including the highly heterogeneous 

architecture of tumour blood supply [190] which result in diverse local 

microenvironments for the tumour cells and, importantly, can seriously affect 

treatment efficacy [190].   

With the aim of developing an in-vitro system that reproduced more closely the in-vivo 

situation, an experimental apparatus has been developed by Amyot et al. which 
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consisted of a T-shape device with a driven cavity where beads were positioned. This 

system, also called T-apparatus [213], reproduced more closely the in-vivo 

hydrodynamic environment compared to systems previously available. Notably, drug 

elution experiments performed using the T-apparatus displayed good in-vitro in-vivo 

correlation (IVIVC) [17, 194]. However, despite remarkable progress has been achieved 

towards the design of biomimetic in-vitro systems for drug elution studies, as already 

reported by others there is no widely accepted standard in-vitro system designed for 

studying drug release from embolic beads [17]. This is primarily due to the fact that 

current experimental apparatuses are not capable of reproducing the intricate 

architecture of tumour vascular networks [169], which impede to faithfully mimic the 

complex phenomenology of the embolisation and elution processes. In addition, 

embolic beads are generally lodged within a dissolution chamber [17], in which they do 

not experience any deformational state as for in-vivo embolisation.  

Thus, it is important to develop novel experimental strategies allowing for the 

investigation of drug elution kinetics from embolic beads under physiologically 

relevant fluidic conditions, in which beads are restrained within a confined fluidic 

domain (i.e., biomimetic embolisation) [176, 194].  

In the present study, the elution of doxorubicin hydrochloride from hydrogel embolic 

beads has been investigated within a biomimetic microchannel network which 

reproduced typical features of tumour microvascular systems. The microfluidic device 

exploited advantages provided by microfluidic technology, including fine control of 

boundary conditions, manipulation and monitoring of micro-scale objects, and flexible 

interfacing with analytical and optical systems, as described in Chapters 2 and 4.   

In Chapter 4 it was demonstrated that the developed microfluidic devices allowed for a 

faithful reproduction of embolisation mechanisms and phenomenology [176]. As a 

model commercially-available DEB, DC Bead® has been used. Due to device optical 

accessibility, the elution of doxorubicin hydrochloride from single embolic bead was 

quantified on-chip with in situ fluorescence microscopy measurements. This allowed 

for the non-invasive determination of relevant information regarding the spatial and 

temporal evolution of drug elution from embolic beads, under a range of different 

fluidic conditions. Notably, the role played by the location of the occlusion site (i.e., 

proximal or distal) on the release process could be evaluated using the developed 

microfluidic devices. Off-chip continuous-flow spectrofluorimetry measurements were 

also performed in order to validate microscopy-based observations and further predict 

the spatial distribution of eluted drug within biomimetic microchannel networks, which 

is a relevant topic in chemoembolisation research.  
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Despite the aforementioned advantages of DEBs-based cancer therapy, there is still a 

continuous search for actively controlled drug delivery techniques which do not solely 

rely on passive diffusion [118]. To demonstrate the versatility of the developed 

methodology, the potential of external stimuli in controlling or enhancing drug elution 

from hydrogel embolic beads was shown using ultrasound (US) as an active physical 

stimulus. Results obtained by this proof-of-concept may open the way for innovative 

strategies in the field of externally controlled drug release from embolic beads. 

To summarise, simplicity, reliability and the possibility to explore wide range of 

physiological conditions, make this technology suitable for the investigation of drug 

elution kinetics from DEBs and screening of beads with different properties without 

resorting to labour-intensive processing. 

 

5.2 Materials and Methods 

5.2.1 Design and fabrication of biomimetic microvascular networks 

The procedures used for microfluidic device design and fabrication have been 

extensively described in Chapters 2 and 4 [176]. Briefly, network architecture consisted 

of two generations of microchannels and was characterised by enhanced spatial 

asymmetry and severe reduction of channel inner diameter occurring in few 

generations, as observed in tumour arterial vascular systems, either in human or in 

animal models [162, 172]. Network architecture thus consisted of segments with 

various hydraulic resistance, generally classified as low-resistance segments and high-

resistance segments [120], each carrying a distinct amount of fluid and beads over 

time [176]. Within the constructed architecture, channel inner diameters varied from 

1000 μm (proximal) to 200 μm (distal). 

 

5.2.2 Samples preparation 

DC Bead®, a PVA-based hydrogel microspherical embolic agent loaded with 

doxorubicin hydrochloride (drug load: 75 mg/0.8 mL of beads), was supplied by 

Biocompatibles UK Ltd (Farnham, UK). Beads (350-550 μm diameter range) were stored 

in dry-state at environmental temperature (T~23°C). Prior to injection into the 

microfluidic device, beads were hydrated by suspending them in deionized water 

(Millipore, US) which prevented undesired premature elution of doxorubicin. 
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5.2.3 Experimental set-up and bead injection protocols 

Fig. 5.1 shows the schematic of the experimental setup used for drug elution 

experiments. The working fluid was pumped from a 50 mL capacity reservoir (systemic 

reservoir, SR) and conveyed into the microfluidic device via 1.3 mm ID silicone tubings 

(arterial line, AL) using a peristaltic pump (Watson-Marlow Pumps Group, UK). A 

pressurised glass cylinder (Fisher Scientific Inc., UK) partially filled with PBS was 

positioned between the pump and the microfluidic device; assuring the dampening of 

the flow pulsatility (i.e., a steady flow was achieved).  

Physiological buffered saline solution (PBS, pH 7.2, Sigma-Aldrich Co., UK) was selected 

as the working fluid, coherently with conventional dissolution kinetics experiments 

[194, 208]. In addition, PBS mimicked the osmotic and electrolytic environment to 

which beads are exposed within the circulatory bed. Working fluid had a density (ρ
PBS

) 

of 1020 kg/m3 and dynamic viscosity (μ
PBS

) of 0.001 Pa∙s.  

 

 

 

Figure 5.1 Schematic of the experimental setup designed for doxorubicin elution studies from 

single embolic hydrogel beads. The working fluid is pumped from the systemic reservoir (SR) by 

a peristaltic pump. The pump is followed by a damper for achieving steady flow condition. The 

flow is conveyed into the microfluidic device (MD) and redirected into the SR via the venous line 

(VL). An ad hoc injection line (IL) has been designed for bead injection into the AL. Either ON-

CHIP analysis and OFF-CHIP analysis can be performed using the developed set-up. (Inset) 

Photograph of the PMMA-based microfluidic device. 
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The inlet volumetric flow rate (Q
in
) was set between 3.3 mL/min and 13.2 mL/min, 

corresponding to a selected range of physiological Reynolds numbers (Re
in
) between 

71.28 and 287.28 [121] within the feeding channel (channel A, Fig. 2a). Re
in
 was 

calculated as follows: 

 

PBS

ininPBS
in

Dv



Re                                                                                                   (5.1) 

 

where inv  is the average fluid velocity in the main feeding channel (channel A) and was 

determined as inv  = Q
in
/[π∙(D

in
/2)2], where D

in
 is feeding channel inner diameter (D

in
 = 

1000 μm).  

After passing through the microfluidic device, the working fluid was conveyed into the 

systemic reservoir via the silicone tubings representing the venous line (VL). The 

priming volume for the above described setup corresponded to 50 mL, thus assuring 

doxorubicin concentration to be below the solubility limit in water, which is equal to 

10 mg/mL [214], whilst ensuring its detectability by fluorescence spectroscopy, which 

has a limit of detection (LOD) of 2.0 μg/L [215].  

A single embolic agent was isolated from the suspension of beads and injected into the 

arterial line via an ad hoc injection line (IL, Fig. 5.1) by using a gastight 5 mL capacity 

glass syringe (Hamilton Company, Switzerland).  

 

5.2.4 Embolisation protocols 

Subsequent to bead injection, bead was transported by the fluid flow towards a point 

where channel diameter was small enough to impede any further translation of the 

bead towards more distal locations within the network; this procedure resulted in 

single-bead embolisation within the microchannel network. Embolisation was achieved 

at different locations within the microvascular network, which were classified as 

proximal embolisation (in channel C2) and distal embolisation (in channel C3) (Fig. 

5.2a). Proximal embolisation was characterised by incomplete penetration of the bead 

within the embolised channel (Fig. 5.2b), resulting in partial exposure of the bead 

surface to the systemic fluid flow. Conversely, distal embolisation was characterised by 
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complete penetration of the bead within the embolised channel (Fig. 5.2c). These two 

distinct embolisation modes were assessed by microscopy visualisation. 

 

 

Figure 5.2 (a) CAD-based schematic of the biomimetic microchannel network design (scale bar: 3 

mm). Channel inner diameters: D
A
 = 1000 μm, D

B1
 = 700 μm, D

B2
 = 800 μm, D

C1
 = 200 μm, D

C2
 = 

500 μm, D
C3

 = 400 μm, D
C4

 = 600 μm. Spatial locations of proximal (P) and distal (D) embolic 

events are reported (red squares). Proximal embolisation resulted in partial penetration of the 

bead in the embolised channel, associated with partial bead exposure to the systemic fluid flow 

(b). Conversely, distal embolisation resulted in complete penetration of the bead in the 

embolised channel (c). 

 

5.2.5 Quantification of flow reduction post-embolisation 

The percentage reduction of fluid flow rate in the embolised channel post-embolisation 

was quantified. For this purpose, the fluid flowing through the embolised channel was 

collected into 15 mL capacity Falcon plastic tubes (Fisher Scientific, UK) and a digital 

chronometer was employed for time recording. The volumetric flow rate was then 

calculated as the volume of fluid collected within the tube in a given time interval. 

Volumetric fluid flow rate pre-embolisation (Q
PreE

) and post-embolisation (Q
PostE

) were 

determined, and the percentage flow reduction due to embolisation was quantified. 

Measurements were performed just after embolisation was achieved.  

 

5.2.6 On-chip analysis 

Prior to the embolisation procedure, the microfluidic device was fixed on the stage of 

an inverted fluorescence microscope (IX71, Olympus Corporation, Japan), coupled with 
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a 1392×1040 pixels×pixels high-speed CCD camera (QICAM Fast 1394, QImaging, 

Canada) and a personal computer (PC) for image acquisition and analysis (Fig. 5.1). 

This allowed the monitoring of the embolisation procedure and efficient data transfer 

for subsequent image processing. 

 

5.2.6.1 Quantification of drug elution 

After single-bead embolisation was achieved (Fig. 5.3a), the bead was exposed to 

fluorescent light (excitation wavelength, λ
ex
= 480 nm) and emitted light with a 

wavelength, λ
em

, of 580 nm. Bead was exposed to the fluorescence light solely during 

the image acquisition time (i.e., 100 ms) in order to minimise photobleaching. By using 

an appropriate optical filter, only appeared on the acquired images the spatial domains 

containing doxorubicin hydrochloride, with a light intensity level proportional to the 

amount of drug present (Fig. 5.3b). Microscope focus was set on the microchannel 

mid-plane and subsequent image frames (10× magnification) were acquired with inter-

frame time interval of 1-2 min, for a total acquisition time ranging from 3 hours (short-

term elution) to 20-24 hours (long-term elution). The acquired images were processed 

in an automated fashion by using an in-house software developed in MATLAB R2011a 

environment (The Mathworks Inc., US) (Fig. 5.3c-d). In order to quantify the fractional 

amount of drug eluted from a single embolic bead, the time reduction of fluorescence 

intensity on the bead surface (FI) was determined. Notably, areas of no interest for 

image processing purposes were excluded from the analysis, thus reducing the 

computational cost. FI was observed to reduce with time, due to the elution of drug 

from within the bead to the outer working fluid. The amount of eluted drug from the 

bead was calculated by converting FI values into mass values (in μg). For this purpose, 

solutions of doxorubicin hydrochloride in PBS, at known concentrations, were injected 

within the microfluidic device and the corresponding FI values were quantified. The 

fractional amount of eluted drug (ϕ(t)) was determined as follows: 

 

     
   end

end

tMtM
tMtM

t




0

1                                                                                        (5.2) 

 

where M(t) is the mass of drug at a given time instant (t), M(t
0
) is the initial mass of 

drug and M(t
end

) is the mass of drug at the end of the analysed elution process. M(t
0
)-

M(t
end

) thus corresponded to the amount of eluted drug from time t
0
 to time t

end
.  
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With the developed computational analysis system, doxorubicin elution profile could 

be determined from either the total bead surface or from a specific domain of interest 

on the bead surface (Fig. 5.3c-d). The contribution of fluorescence bleaching (i.e., 

fluorescence intensity reduction) due to multiple excitation cycles was taken into 

consideration during image analysis. 

 

 

 

Figure 5.3 On-chip analysis of drug elution from single hydrogel bead. (a) Representative bright 

field microscope image of a single DC Bead® (distal embolisation, channel C3), at t = 21.5 hours 

from the embolic event (red line = 100 μm). (b) Corresponding fluorescent image, showing the 

spatial distribution of doxorubicin hydrochloride within the bead. The blue line in (b) indicates 

the channel inner wall. Drug elution was determined from either the total bead surface or from a 

selected region of interest on the bead surface, identified as Zone A (c) and Zone B (d). Two IWs 

were also defined nearby the bead in order to quantify the spatial distribution of eluted drug, 

which were identified as IW
syst

 (e) and IW
can

 (f). 
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Additionally, contours of fluorescence intensity on the bead surface were determined 

computationally, providing unique spatial information regarding the elution process. 

Notably, bead surface area was divided into two distinct domains which were exposed 

to different hydrodynamic conditions at the embolic site. These hydrodynamic regions 

were characterised by (i) direct exposure of the bead surface to the systemic fluid flow 

(proximal embolisation) or to fluid flow perturbations resulting from the embolic event 

(distal embolisation) (zone A, Fig. 5.3c), and (ii) a significant reduction of fluid flow due 

to the embolic event (zone B, Fig. 5.3d). Flow patterns were visualised by using 1 μm 

diameter polystyrene fluorescent tracers, as described in Section 2.2.4. In addition, the 

maximal amount of eluted drug at a given time interval (t
end

) normalised with respect to 

the initial mass (at t = t
0
) was calculated as follows: 

 

    
 0

0
max tM

tMtMM end
                                                                                      (5.3) 

 

5.2.6.2 Quantification of bead displacement 

The mechanical properties of hydrogel beads (i.e., Young’s modulus, E) have been 

observed to significantly change as a consequence of drug loading. It is thus expected 

that drug eluting beads undergo a dynamic variation of their mechanical properties in-

vivo [194], likely due to the uptake of water and structural changes in the architecture 

of the polymeric network [157] during drug elution. This can potentially lead to the 

dislocation of the bead from the initial embolic site (primary embolic event) and its 

displacement towards more distal regions within the vascular system (secondary 

embolic event), thus dynamically influencing the kinetics of the drug elution process.  

In order to quantify elution-induced bead displacement, the bead position within the 

microchannel network was determined through image analysis. Following, the ratio 

between bead surface area in zone A (A
A
, in pixel2) and bead surface area in zone B (A

B
, 

in pixel2) was defined as area partitioning coefficient (η):  

 

   
)(tA

tAt
B

A                                                                                                            (5.4) 

 

and η was calculated computationally in an automated fashion.     
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5.2.6.3 Spatial distribution of eluted drug 

In order to further investigate the spatial distribution of eluted drug from the bead, 

two equally-sized interrogation windows (IWs) were defined nearby the bead surface, 

using the in-house developed computational analysis system. One IW was positioned 

just before the embolic bead (IW
syst

, Fig. 5.3e), whilst the second IW was positioned just 

after the embolic bead (IW
can

, Fig. 5.3f). The mass of drug within each IW was 

determined and the ratio β(t) = M
can

(t)/M
syst

(t) was calculated, where M
syst

 is the mass of 

drug in IW
syst

 and provided a prediction of the amount of eluted drug directed towards 

the systemic branch, and M
can

 is the mass of drug in IW
can

 and provided a prediction of 

the amount of drug eluted towards the embolised branch. β(t) thus provided a 

quantitative measurement of the on-time preferential direction of the eluted drug, at 

the different Re
in
 investigated. 

 

5.2.7 Off-chip analysis 

The venous line was connected to a quartz flow cell (73.4-F, Starna Scientific Ltd., UK) 

for continuous spectrofluorimetric analysis. In this way, the working fluid was 

conveyed into the flow cell for analysis and subsequently conveyed into the systemic 

reservoir (Fig. 5.1), thus assuring flow to be recirculated.  

 

5.2.7.1 Quantification of drug elution 

A spectrofluorimeter (Cary Eclipse, Varian, Agilent Technologies Inc., US) was employed 

for quantification of doxorubicin elution from single bead. The fluid containing 

doxorubicin was exposed to fluorescent light at λ
ex
 = 480 nm. The emitted light in the 

wavelength range 520 nm – 650 nm was detected and its intensity acquired every 2 

min. The total acquisition time was set to 24 hours.  

A computational-based data processing platform was design in MATLAB environment 

for automated processing of the experimental data. The developed software read the 

emitted light intensity profiles and extracted the peak intensity at a fixed λ = 580 nm. 

The contribution of fluorescence bleaching (i.e., fluorescence intensity reduction) due 

to multiple excitation cycles was taken into consideration during data analysis.  

The fractional amount of eluted drug was determined by calibration with solutions of 

doxorubicin hydrochloride in PBS, at known concentrations (as described in Section 

5.2.6.1).  
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ϕ was calculated as follows: 

 

     
   0

0

tMtM
tMtMt

end 


   ; with M(t
0
) = 0                                                                   (5.5) 

 

where, analogously to Equation 5.2, M(t
end

)-M(t
0
) represented the total amount of eluted 

drug.  

 

5.2.8 Effect of ultrasound application on drug elution 

The effect of ultrasonic waves on drug elution from hydrogel beads was investigated 

by coupling the microfluidic device with a lead zirconate titanate (PZT) transducer 

(Ferroperm, Denmark) by means of a thin film of glycerol. The transducer (length: 20 

mm, width: 15 mm and thickness: 1 mm) was driven by an RF power amplifier (240L 

ENI, Italy) fed from a signal generator (TG103 TTI, UK). Electrical impedance 

measurements (C-60, impedance analyser, Cypher Instruments Ltd., UK) revealed the 

presence of multiple resonance frequencies. The working frequency (f
R
) was set to 2.34 

MHz, corresponding to a minimum in the impedance spectrum. Impedance 

measurements were repeated prior to each experiment to ensure consistent operating 

conditions, and only slight variations in the resonant frequency (∆f
R
 = ± 0.017 MHz) 

were observed over the course of the experiments described here. Either continuous 

wave (CW) or pulsed wave (PW, pulse frequency: 2 Hz) were applied. The peak-to-peak 

driving voltage (V
pp

) was varied between 10 and 25 volts. Q
in
 was set to a fixed value of 

6.6 mL/min for the present investigation. On-time drug elution was quantified on-chip, 

following the protocols illustrated in Section 5.2.6. 

 

5.2.9 Mechanical properties of drug loaded beads 

5.2.9.1 Protocols of single-bead uniaxial compression  

The effect of drug loading on the compressibility of PVA hydrogel embolic beads was 

investigated by using a uniaxial compression test apparatus (ElectroForce® 3200, Bose 

Corporation, US). A photograph of the experimental setup is reported in Fig. 5.4. It 

consisted of a top platen (compression platen), which position could be dynamically 

controlled by using the built-in software (WinTest©, Bose Corporation, US), and a static 
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bottom platen. A 22 N capacity load cell (Bose Corporation, US) was mounted on the 

bottom platen for measuring the compression force during testing. Beads 

manipulation, placement and compression were monitored by means of a 512×512 

pixels×pixels high speed CCD camera (Fastcam Ultima 512, Photron Inc., US), through 

a 4× magnification objective mounted on the camera and oriented towards the 

compression stage. 

 

 

 

Figure 5.4 Photograph of the uniaxial compression test apparatus. A] High-speed CCD camera; 

B] Camera optics; C] Fiber optic lighting; D] Top platen (compression platen); E] Bottom platen; F] 

22 N capacity load cell. 

 

Single beads were isolated from the storage solution by means of a micropipette 

(Eppendorf International, Germany). Subsequently, microscope images of single beads 

were acquired in order to measure bead diameter pre-compression (Fig. 5.5). For this 

purpose, beads were placed on a glass slide and maintained at hydrated condition 

during imaging. An inverted microscope (IX71, Olympus Corporation, Japan) coupled 

with a high-resolution 1392×1040 pixels×pixels CCD camera (QICAM Fast 1394, 

QImaging, Canada) were employed for image acquisition. Bead diameter was 

determined by using Image J software (NIH, US). Unloaded PVA hydrogel beads (Bead 

Block®) and doxorubicin-loaded PVA hydrogel beads (DC Bead®) were tested for 

comparative analyses. Average bead diameter was equal to 622 ± 2.7 μm and 614 ± 

3.6 μm for Bead Block® and DC Bead®, respectively (N = 5).  
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For compression experiments, a single bead was placed on the bottom platen and a 

thin layer of physiological buffered saline (PBS) solution or purified water was left on 

the bead surface in order to maintain bead hydration and prevent undesired variation 

of bead volume during the phase of experimental parameters setting. Just prior to the 

compression test, excess fluid was removed by wicking with tissue. Single bead was 

compressed by the top metal platen at a user-defined speed, up to a maximum 

deformation equal to 45% (Fig. 5.5). Compression force was measured by automated 

sampling of the voltage signal recorded by the force transducer. 

 

 

 

Figure 5.5 (On the left) Microscope image of a single Bead Block® microsphere pre-compression. 

(On the right) Image sequence showing single bead compression. Compression speed was set to 

300 µm/s and maximum deformation was equal to 45%. 

 

5.2.9.2 Theory  

The Hertz theory describes the contact mechanics of a linearly-elastic spherical particle 

compressed between two flat rigid surfaces [216, 217]. The theory relies on the 

following assumptions: (i) a normally-loaded contact between the bodies subsists, (ii) 

the material behaves as a linear elastic body, (iii) the radius of the contact area is small 

compared to the radius of the sphere, and (iv) a frictionless contact between the 

surfaces occurs.  

The theoretical relationship between compression force (F) and relative displacement 

of the platens (∆) is as follows [180]: 
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ERF                                                                                                   (5.6)                                                                                 

 

where R, E and ν are bead radius, Young's modulus and Poisson's ratio, respectively. ∆ 

is equal to 2δ, where δ corresponds to the local compression at each contact point. 

The contact radius (r) between the platen and the bead surface is defined as Rr  . 

The theory implies that the volume of the stress field in the contact region is 

significantly smaller compared with the total volume of the bead (i.e., r << R) [180].  

Viscoelasticity or compression-induced fluid loss cannot be captured by the Hertz 

theory. However, despite either viscoelastic [167] or poroelastic [218] models have 

been used to describe the behaviour of hydrogel microspherical particles during 

compression and force relaxation, previous studies on the mechanical properties of 

hydrogel microspheres have demonstrated that experimental compression force-

displacement data points could be fitted to the Hertz theory up to deformations as 

large as ~30% [168, 180, 219]. For larger strains, different contact mechanics model 

have been developed for linearly elastic spherical particles, including the one proposed 

by Tatara [180] for strain values <60%. 

Notably, the deformational range investigated here is comparable with values 

determined for PVA embolic beads in-vivo using a sheep kidney model (maximum bead 

deformation of 18.0±12.3% [162]), or in-vitro using the developed biomimetic 

microchannel networks [176]. For this reason, the Hertz theory was considered to be 

the most appropriate for describing embolic beads mechanical behaviour under 

uniaxial compression. 

Poisson’s ratio (v) was quantified from the experimental images of bead during 

compression, following an approach developed by Nguyen et al. [218], with adoption. 

Based on the acquired images, bead volume before and after compression was 

measured by using an in-house developed MATLAB-based code (The MathWorks Inc., 

US), in which 1/4th of bead perimeter was manually marked and subsequently fitted 

with a Power Law function f; x = f(y) (Fig. 5.6).  
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Figure 5.6 Representative fit of the power function (red line) to one quadrant of the bead 

perimeter presented by discrete points (empty circles). Inset shows the position of the fitting 

function in the bead perimeter (white line).  

 

Bead volume was calculated by solid revolution of the area bounded by f(y): 

 

   dyyfV
B

A

y

y
 22                                                                                                  (5.7) 

 

Bead Poisson’s ratio (ν) was then calculated from: 

 

L
L

V
V 


 )21(                                                                                                    (5.8) 

 

where ∆V is the difference between the initial bead volume (V) and the final bead 

volume, and ∆L is the difference between the initial bead diameter (L) and the 

compression distance.  
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5.3  Results and Discussion 

5.3.1 Functional and phenomenological observations 

The developed microfluidic device allowed for the replication and in situ monitoring of 

peculiar phenomenological features of bead-induced vascular embolisation. Firstly, 

either embolisation generated by single bead or embolisation generated by multiple 

beads could be achieved. As demonstrated in Chapter 4 with unloaded hydrogel beads 

[176], multi-bead occlusion generally occurred in larger vessels [111] in the form of 

cluster-like structures with beads aligned along the channel axis or beads positioned in 

a zigzag-like pattern [176], in agreement with previous confocal microscopy-based or 

angiographic acquisitions using animal models [220, 221].   

In contrast, single-bead bead embolisation was detected within more peripheral 

channels within the targeted vascular system [221] and bead displayed a deformed 

shape conformed to the vessel lumen, which resulted in tight contact between the 

bead and channel inner walls, which is coherent with microscopy-based experimental 

observations [18, 111] or post-embolisation histological analyses [161, 221] using 

animal models. Representative bright field microscope images of multi-bead and 

single-bead embolic events detected within the microchannel network are illustrated in 

Fig. 5.7a and 5.7d, respectively. 

1  

Figure 5.7 Representative microscope images of multi-bead (a-c, channel B2) and single-bead (d-

e, channel C3) embolisation achieved within the microchannel network, using DC Bead®. Bright 

field microscope images are reported for either (a) multi-bead and (d) single-bead embolisation. 

Also, contours of fluorescence intensity on the bead surface at t = t
0
 (b and e) and t = t

end
 (c and 

f) are reported, as determined from on-chip analysis. Red line in (a) = 400 μm; red line in (d) = 

200 μm. 
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Notably, due to device compactness and transparency, coupling with microscope-based 

visualisation technology was possible which allowed for real-time quantification of 

drug content by exposure to fluorescent light, as illustrated in Fig. 5.7b-c and Fig. 

5.7e-f for representative multi-bead and single-bead embolisation, respectively. 

However, the focus of this Chapter is on single-bead embolisation only, which likely 

represents the more frequent form of peripheral microvessel occlusion using spherical 

embolic agents, as it has been shown by previous studies in-vivo [150, 178, 179].  

Further to single- or multi-bead vascular occlusion, it has been observed that single-

bead embolisation might happen in the form of either proximal or distal occlusions, 

which differentiate by the location of the embolic agent with respect to the occluded 

vessel (Fig. 5.2). Here, it has been defined with proximal embolisation a vessel 

occlusion localised in close proximity to the vessel inlet section, with the embolic 

agent partially occupying the bifurcating region. This modality of embolic event may 

occur in case of severe reduction of vessel diameter from the parent vessel to the 

daughter vessels at a branching site, which is frequently observed in tumour vascular 

systems [163], or in any other situation in which bead diameter is significantly greater 

than vessel diameter (i.e., side-branch occlusion) (Fig. 5.2a). Notably, proximal 

embolisation may be responsible for beads temporal crowding at bifurcations, which 

has been observed in-vivo using animal models, with either polyacrylonitrile hydrogel 

beads or dextran microspheres [221, 222].  

 

Table 5.1 Average percentage reduction of volumetric flow rate within the embolised channel 

post-embolisation, for either proximal and distal embolic events, at a fixed Re
in
 = 142.56. N = 5. 

 

Percentage Flow Rate Reduction (%) 

Proximal embolisation Distal embolisation 

75.48 ± 4.17 98.21 ± 1.02 

 

In contrast, it has been defined with distal embolisation the occlusion of a vessel when 

the embolic agent was completely penetrated within the vessel, away from the 

branching site. This embolic mode resulted in significant reduction of the fluid flow 

within the embolised channel (i.e., tumour starvation in the clinical scenario), as 
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illustrated in Table 5.1. Notably, embolic effectiveness was quantified by measuring 

the % reduction of volumetric flow rate in the embolised channel post-embolisation. 

Results are reported in Table 5.1 for either proximal and distal single-bead 

embolisation. 

Results show that distal embolisation provided a significantly higher reduction of the 

fluid flow within the embolised channel, compared to proximal embolisation. Whilst 

there is no direct available quantification of residual fluid flow post-embolisation with 

using hydrogel beads in-vivo, results reported here suggest that a residual fluid flow 

may be present post-embolisation. This is likely due to bead surface roughness (as 

revealed from confocal microscope images illustrated in Fig. 5.8) [223] which may have 

caused the presence of microscopic gaps between the bead surface and the channel 

inner wall, or to the porous nature of the hydrogel bead itself [208]. However, it has to 

be noted that approximations in the device design/fabrication procedure and the 

working fluid employed here may have led to overestimate the residual flow.   

 

 

 

Figure 5.8 Three-dimensional reconstruction of confocal microscope images of distal single 

embolic bead occluding a straight PMMA microchannel. The presence of surface roughness is 

clearly detectable; which may have caused the presence of residual volumetric flow rate within 

the embolised channel, post-embolisation. Scale bar: 200 μm. 
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Fig. 5.9 shows the average fractional amount of eluted drug from single bead (ϕ), at a 

fixed Re
in
 = 71.28, determined by off-chip analysis. Results from either proximal 

embolisation and distal embolisation are reported, for preliminary comparative 

analysis between the two embolic modes detected within the network. Drug elution has 

been quantified up to 21.5 hours from the embolic event.  

Firstly, results show that the position of the embolic event within vascular networks 

may significantly influence the kinetics of the drug elution from single hydrogel bead. 

With this respect, Fig. 5.9 shows that proximal embolisation generally caused burst-

like elution of doxorubicin from single embolic bead, with the majority of the drug 

being eluted within the first few hours from the embolic event (i.e.,  ϕ = 0.55 after 3 

hours from the embolic event) and ϕ reaching a plateau level after ~ 10 hours. This 

type of elution kinetics has been defined as short-term elution. In contrast, distal 

embolisation was observed to cause slower sustained elution of doxorubicin during 

time, characterised by minimal burst-like elution within the first few minutes from the 

embolic event followed by constant elution rate. This type of elution kinetics was 

defined as long-term elution.  

 

 

 

Figure 5.9 Average temporal evolution of fractional amount of eluted drug (ϕ), for either 

proximal embolisation (black circles) and distal embolisation (red rhombi), at a fixed Re
in
 = 

71.28. t
end

 = 21.5 hours. N = 4.  
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Notably, both elution profiles differed from those obtained using classical dissolution 

apparatuses (i.e., USP Type 2), which are rather characterised by a faster elution 

kinetics in which the amount of eluted drug reaches a plateau level after only 1 to 3 

hours from the embolic event, depending on bead size [17, 208]. Interestingly, drug 

elution from distal embolic bead displayed a qualitatively similar profile compared with 

that obtained using the T-apparatus setup [17, 224], and conform to experimental 

observations using animal models which reported continuous and prolonged drug 

elution [118, 199]. 

The two distinct elution profiles determined here reveal that different drug elution 

kinetics may originate from differences in the location and the effectiveness of the 

embolic event. However, these differences cannot be captured by currently-available 

experimental apparatuses for studying drug elution kinetics from embolic beads (i.e., 

USP Type 2 and T-apparatus), hence a more comprehensive understanding of the 

governing mechanisms under physiologically relevant fluidic conditions is required. 

In this Chapter, the role played by the location of the occlusion site and the 

hydrodynamic environment on the drug elution process have been investigated, using 

the in-house developed microfluidic devices. Notably, no current device or technique 

designed for studying drug elution from embolic beads [213] allows for the 

discrimination between the aforementioned embolisation mechanisms, nor for in situ 

visualisation of bead dynamic behaviour during the drug elution process.  

Additionally, current analyses of embolic bead performance and spatial distribution 

within vascular networks using animal models mostly rely on post-embolisation 

histological techniques which generally impede to capture the dynamic nature of the 

embolisation and drug elution processes, and sometime may provide biased 

information because of bead displacement from the embolic site during the procedure 

of tissue slicing [199]. These limitations further strengthen the potential of the 

proposed in-vitro biomimetic device as an alternative to currently available techniques 

employed to characterise drug elution from embolic particulates. 

 

5.3.2 Comparison between on-chip analysis and off-chip analysis 

Fig. 5.10 illustrates the comparison between drug elution profiles (i.e., time evolution 

of fractional amount of eluted drug, ϕ(t)) from single bead determined via on-chip 

analysis (ϕ
OnC

) and off-chip analysis (ϕ
OffC

). Average trends for proximal embolisation and 

distal embolisation, at a fixed Re
in 

= 71.28, are reported. Fig. 5.10a shows the average 
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ϕ
OnC

 and ϕ
OffC

 values for single proximal embolic bead (short-term elution). Good 

agreement between on-chip and off-chip experimental data can be observed. Only, on-

chip data appear to be more scattered with respect to off-chip spectrofluorimetric 

acquisitions. For this purpose, ϕ
OnC

 and ϕ
OffC

 experimental data points have been 

interpolated with a Power Law function (adjusted-R2 > 0.95 in all cases examined), and 

the corresponding interpolating functions have been plotted for comparison, as shown 

in Fig. 5.10b. Error bars (±10%∙ϕ
OffC

) have been determined and reported together with 

ϕ
OffC

 interpolating function to provide a measure of the agreement between off-chip and 

on-chip analysis methods. Results show that for proximal embolisation, the 

interpolating ϕ
OnC 

function mostly fell within the range given by ±10%∙ϕ
OffC

. Higher 

discrepancies have been detected only in the first few minutes from the embolic event 

during which off-chip elution appeared to be slower than on-chip elution.  

It may be hypothesised that this observation could be the consequence of the intrinsic 

“inertia” of the off-chip analysis system in detecting the effective amount of eluted 

drug. Notably, a certain amount of doxorubicin was observed to be eluted towards the 

embolised channel (see Fig. 5.7d-e), where a drastic reduction of fluid flow occurs after 

embolisation. Since that, it is likely that part of the drug released in the embolised 

channel did not reach the quartz flow cell in the first few minutes after embolisation, 

hence it did not contribute to the amount of eluted drug detected through continuous 

spectrofluorimetric analysis. As a result of this, it is likely that the off-chip system was 

not capable of promptly detecting the initial elution of drug in the occluded channel. 

More experiments are underway in our laboratories to verify this hypothesis.   

 

 

 

Figure 5.10 Comparison between on-chip analysis and off-chip analysis. Average fractional 

amount of eluted drug determined by on-chip (ϕ
OnC

) and off-chip (ϕ
OffC

) analysis is reported for 

proximal embolisation (a) up to 220 minutes from the embolic event (short-term elution), and 

for distal embolisation (c) up to 1300 minutes from the embolic event (long-term elution). 

Comparison between interpolating ϕ
OnC 

and ϕ
OffC

 functions is reported for proximal embolisation 

(b). Error bars correspond to ±10%∙ϕ
OffC

. N = 4. 
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Similarly, Fig. 5.10c shows that a good agreement between ϕ
OnC

 and ϕ
OffC 

experimental 

data subsisted for distal embolisation (long-term elution). As observed for proximal 

embolisation, ϕ
OnC

 data points mostly fell within the range given by ±10%∙ϕ
OffC

, and 

higher discrepancies between ϕ
OnC

 and ϕ
OffC

 values have been detected only in the first 

few minutes from the embolic event. Given the large number of data points, error bars 

have not been reported to allow clear interpretation of the graphs.   

By direct comparison with commercially-available spectrofluorimetric instrumentation, 

results confirmed the validity of the in-house developed on-chip analysis technique to 

be employed for measuring the kinetics of drug elution from embolic beads within 

biomimetic microfluidic channel networks. Importantly, either on-chip analysis and off-

chip analysis techniques may provide relevant information in the field of drug elution 

from embolic devices, given that (i) on-chip analysis may allow for in situ visualisation 

of bead dynamic behaviour during the drug elution process and the spatial distribution 

of the eluted drug, and (ii) off-chip analysis may allow for the quantification of drug 

distribution within complex network-like microchannel architectures which more 

closely mimic the flow dynamics in the embolised vascular region occurring in-vivo.  

It is worth mentioning that both techniques are non-invasive, i.e. no working fluid 

sample withdrawal is required, and they are particularly suited for long-term 

continuous-flow drug elution investigations. The aforementioned advantages may allow 

to overcome limitations associated with classical dissolution test methods employed in 

chemoembolisation research [17], as stated in Section 5.1. 

 

5.3.3 Effect of Reynolds number on drug elution 

5.3.3.1 Proximal embolisation 

Fig. 5.11a shows the average temporal evolution of the fractional amount of eluted 

drug from single bead (ϕ), at the different Reynolds numbers investigated, as 

determined by on-chip analysis. This provides information regarding the role played by 

the flow dynamic environment on the kinetics of drug elution from single embolic 

bead. Data refer to short-term proximal embolisation only (i.e., t
end

 = 3 hours), given 

the aforementioned preliminary considerations on drug elution kinetics from proximal 

embolic bead, which eluted most of the payload within few hours from the embolic 

event. The total number of data points is equal to 180, corresponding to an inter-

frame acquisition time interval of 1 minute.  
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Fig. 5.11b instead shows the maximal amount of eluted drug (ΔM
max

) after 3 hours from 

the embolic event, which provides information on the amount of eluted drug from 

single embolic bead. 

Results show that ϕ increased with time, as a result of drug elution from the bead (Fig. 

5.11a). Notably, the kinetics of drug elution from single proximal bead was observed 

to be significantly influenced by the local flow dynamic environment (i.e., Reynolds 

number in the feeding channel). In particular, at the lower Re
in
, bead showed a 

relatively sustained and slow drug elution during time (Fig. 5.11a), likely due to the 

lower fluid velocity and associated reduced drug advection. By increasing Re
in
 from 

71.28 to 142.56 resulted in increased drug elution within the first 40 minutes from the 

occurrence of the embolic event, corresponding to a faster kinetics (i.e., enhanced 

burst-like elution). Similar considerations applied when Re
in
 was increased from 142.56 

to 213.54, likely due to increased drug advection at the higher Re
in
, as mentioned 

previously. However, when Re
in 

was increased from 213.54 to 287.27, the average drug 

elution profile displayed a counterintuitive kinetics, characterised by sustained drug 

elution rather than enhanced burst-like elution (Fig. 5.11a), as expected from 

conventional advection-diffusion theory.  

Analogously, the normalised maximal amount of eluted drug (ΔM
max

, Fig. 5.11b) was 

observed to increase from 0.176 ± 0.041 to 0.522 ± 0.032, with increasing Re
in
 from 

71.28 to 213.54. Interestingly, it was observed to decrease from 0.522 ± 0.032 to 

0.428 ± 0.023 when Re
in
 was further increased from 213.54 to 287.27, suggesting a 

non-linear relationship between the amount of eluted drug and the Reynolds number in 

the feeding channel.  

Notably, the aforementioned observations could not be captured by currently-available 

experimental apparatuses for studying drug elution from embolic beads [17, 213] and, 

importantly, cannot be explained with the conventional advection-diffusion theoretical 

paradigm, without taking into consideration the dynamic behaviour of the bead at the 

embolic site. Here, a qualitative explanation based on quantitative experimental 

measurements is provided.  

For this purpose, the area partitioning coefficient (η) was calculated, which provided 

the on-time variation of bead surface area exposed to the fluid flowing from the 

feeding channel, with respect to the bead surface area penetrated within the embolised 

channel (Fig. 5.11c). Fig. 5.11d shows the average temporal evolution of η, normalised 

with respect to η
0 
= η(t

0
), at the different Reynolds numbers investigated. Results show 

that at the lower Re
in
 ≤ 71.28 single bead position remained substantially unvaried 
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during time (i.e., η/η
0
 ~ 1); whilst at Re

in
 > 71.28, η/η

0
 showed a decreasing trend, as a 

result of bead penetrating within the embolised channel, until a plateau value was 

reached, which corresponded to bead achieving a steady location within the embolised 

channel. 

 

 

 

Figure 5.11 (a) Average temporal evolution of the fractional amount of eluted drug (ϕ) for 

proximal embolisation, at different Reynolds numbers investigated. t
end

 = 3 hours. N = 4. (b) 

Average maximal amount of eluted drug (ΔM
max

) at the different Reynolds numbers investigated. 

t
end

 = 3 hours. N = 4. (c) Schematic of bead on-time penetration within the embolised channel. 

The red area indicates Zone A and the blue area indicates Zone B. As a result of bead 

penetration, the area of Zone A decreases whilst the area of Zone B increases. The black arrow 

indicates the flow direction. (d) Average temporal evolution of area partitioning coefficient (η), 

normalised with respect to η(t
0
) = η

0
, for the range of Reynolds numbers investigated. Symbols 

correspond to those of Fig. 5.7a. N = 4.  
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The time reduction of η/η
0
 is likely to be due to the combined effect of increased 

hydrostatic pressure (driving force) at the higher Re
in
, and the augmented bead 

deformability as a consequence of drug elution, which synergistically contributed to 

the observed displacement of the bead. Thus, by increasing Re
in
 one would expect 

increased burst-like elution, particularly from the bead portion exposed to the fluid 

flowing from the feeding channel.  

Drug elution in turn caused increased bead deformability (i.e., a dynamic variation of 

bead mechanical properties occurred) and consequent bead penetration within the 

embolised channel under the effect of fluid forces. This indicates that the dynamics of 

the penetration process thus depended on both the amount of eluted drug (Fig. 5.11b) 

and the magnitude of driving force. This explains why η/η
0
 displayed a more gradual 

reduction with time at the lower Re
in
 (i.e., η/η

0
 ~ 0.87 after 3 hours from the embolic 

event, at Re
in
=142.56), which turned into a steeper reduction with increasing Re

in
 (i.e., 

η/η
0
 ~ 0.65 and η/η

0
 ~ 0.48 after 3 hours from the embolic event, at Re

in
=213.54 and 

Re
in
=287.27, respectively), corresponding to increased drug elution within the first few 

minutes after the embolic event occurred. In order to quantify bead deformability, the 

investigation of the effect of drug loading on bead mechanical properties has been 

carried out, as described in a separate section.   

Interestingly, the aforementioned counterintuitive variation in drug elution kinetics at 

the higher Re
in
 may be explained by the significant penetration of the bead into the 

embolised channel occurring within the first few minutes from the embolic event, likely 

resulting in reduced drug advection and consequent slowing-down of the elution 

process (i.e., bead was completely confined within the embolised channel at the higher 

Re
in
).  

To conclude, the elution of doxorubicin hydrochloride from PVA hydrogel beads, in 

case of proximal embolic event, displayed a complex and non-intuitive dependence of 

both drug elution kinetics and the amount of eluted drug on the flow dynamic 

environment. This likely originated from the dynamic behaviour of the bead at the 

embolic site and the interplay between fluid hydrodynamics and dynamic variation of 

bead mechanical properties resulting from drug elution and associated water uptake 

from the bead. Results suggest that for proximal embolisation, in which bead is not 

completely penetrated within the embolised channel, drug elution is strongly 

dependent on the Reynolds number in the feeding channel, which corresponds to the 

injection artery in the clinical scenario, thus suggesting that a more detailed 

prediction/control of blood flow within the target vasculature may be required to 

better predict the elution performance of the injected embolic beads. 
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5.3.3.2 Distal embolisation 

Fig. 5.12a shows the average temporal evolution of the fractional amount of eluted 

drug from single distal bead (ϕ), at the different Reynolds numbers investigated, as 

determined by on-chip analysis. Data refer to long-term proximal embolisation (i.e., t
end

 

= 21.5 hours).  

Analogously to drug elution from proximal bead, results show that ϕ increased with 

time as a result of drug elution from the bead (Fig. 5.12a). However, as previously 

anticipated, drug elution from distal bead was characterised by slow and sustained 

kinetics, with burst-like elution only limited to the first few minutes from the embolic 

event. By increasing Re
in
 it was observed a longer burst-elution phase, which however 

reached a maximal duration of 100 minutes at the higher Re
in
 investigated. Burst-like 

elution is likely to be caused by release of unbound drug from the bead surface [118]. 

Additionally, all elution profiles showed sustained and slow release after the first few 

minutes from embolisation. Interestingly, the elution rate did not change significantly 

with changing Re
in
, thus suggesting that for distal embolisation when bead was 

completely penetrated within the embolised channel, the kinetics of drug elution from 

embolic bead is affected to a less extent by the hydrodynamics in the feeding channel.  

These experimental observations may have multifarious clinical implications and 

suggest that effective penetration of the embolic bead is preferred, since it may cause 

drug elution kinetics to be less affected by the local haemodynamics in the target 

vasculature, compared to a proximal embolisation. Given that the exact location of 

vascular occlusion has been observed to depend on a range of different physical 

parameters [18, 176] and it is thus difficult to predict it clinically, deformable hydrogel 

beads may be preferred since they generate effective distal occlusion compared to 

rigid beads. In addition, Fig. 5.12b shows ΔM
max

 after 21.5 hours from the embolic 

event. Results show that ΔM
max

 increased from 0.346 ± 0.035 at Re
in
 = 71.28 up to 

0.568 ± 0.029 at Re
in
 = 287.27. As for drug elution kinetics, the maximal amount of 

eluted drug was observed to vary less significantly with varying Re
in
 compared to 

proximal embolisation (i.e., ΔM
max

 spanned from a minimum of 0.17 to a maximum of 

0.55, after only 3 hours from the embolic event), further confirming that higher bead 

confinement led to the overall bead performance being less affected by the systemic 

flow dynamics.  
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Figure 5.12 (a) Average temporal evolution of the fractional amount of eluted drug (ϕ) for distal 

embolisation, at different Reynolds numbers investigated. t
end

 = 21.5 hours. N = 4. (b) Average 

maximal amount of eluted drug (ΔM
max

) at the different Reynolds numbers investigated. t
end

 = 

21.5 hours. N = 4. 

 

5.3.4 Dynamic spatial distribution of drug within the bead 

Contours of fluorescence intensity on the bead surface, as determined computationally 

by on-chip analysis, revealed the real-time spatial distribution of drug within the bead 

during the elution process. This allowed for high spatial- and temporal-resolution 

analyses of drug elution mechanisms.  

 

5.3.4.1 Proximal embolisation 

Fig. 5.13 shows representative contours of fluorescence intensity on the bead surface, 

at the different Re
in
 investigated. Intensity values range from 0 to 256, where 0 

corresponds to absence of drug and 256 corresponds to the maximum drug 

concentration. Contours at t = t
0
, t = 70 min and t = 140 min are reported, for the 

range of Re
in
 investigated. The white dash-dot line in Fig. 5.13 provides a fixed 

reference frame for observation of bead dynamic motion.  

Results show that, in all cases examined, fluorescence intensity on the bead surface 

decreased with time, as a result of drug elution from within the bead towards the 

working fluid. Also, contours show reduction of fluorescence intensity within the bead, 
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with increasing Re
in
 up to 213.54. However, as previously mentioned, such reduction of 

FI with increasing Re
in
 did not occur when Re

in 
was greater than 213.54.  

 

 

Figure 5.13 (a-n) Contours of fluorescence intensity (intensity range: 0 – 256) for representative 

proximal single beads, at the different Reynolds numbers investigated. Re
in
 = 71.28 (a-c), 142.56 

(d-f), 213.54 (g-i) and 287.27 (l-n). Contours at t = t
0 
(a, d, g, l), t = 70 min (b, e, h, m) and t = 

140 min (c, f, i, n) are reported for the different Re
in
 investigated. The white dash-dote line 

provides a fixed reference system for observing bead penetration within the embolised channel, 

at the different Re
in
 investigated. White line in (a) = 150 μm. (o) Average maximal amount of 

eluted drug from Zone A (ΔM
max,A

) and Zone B (ΔM
max,B

) for proximal embolic bead, at the different 

Reynolds numbers investigated. t
end

 = 3 hours. N = 4. 

 

Additionally, beads were observed to elute drug in a relatively spatially-homogeneous 

way, with all bead surface visibly characterised by reduction in fluorescence intensity. 

However, in order to get further information about the spatial nature of drug elution 

from single bead, ΔM
max

 was quantified for either Zone A (ΔM
max,A

) located towards the 

systemic branch, and Zone B (ΔM
max,B

) located towards the embolised channel. Fig. 

5.13o shows average values of ΔM
max,A

 and ΔM
max,B

 for the range of Re
in
 investigated. 

Results show that either ΔM
max,A

 and ΔM
max,B

 values increased with increasing Re
in
 from 

71.28 to 213.54. However, with increasing Re
in
 from 213.54 to 287.27, ΔM

max,A
 reduced 

from 0.646 ± 0.020 to 0.466 ± 0.039, likely due to enhanced bead penetration within 

the embolised channel (as illustrated in Fig. 5.13l-n), whilst ΔM
max,B

 slightly increased 

from 0.402 ± 0.037 (at Re
in
 = 213.54 ) to 0.433 ± 0.022 (at Re

in
 = 287.27) (Fig. 5.13o). 

This suggests that by increasing Re
in
 up to a critical value (i.e., Re

cr
 = 213.54) resulted 

in increased drug elution, especially from the bead surface area exposed to the fluid 

flowing from the feeding channel (Fig. 5.13o). However, when Re
in
 > Re

cr
, the amount of 

eluted drug from this portion of the bead abruptly decreased likely due to higher bead 
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confinement which impaired the elution process. From a clinical perspective, these 

observations may have implications on the spatial distribution of eluted drug within 

the vascular system, with increased elution from Zone A potentially contributing to 

increased less-targeted or systemic elution. Interestingly, experimental observations 

further revealed that when Re
in
 reached a critical value which caused complete bead 

penetration within the embolised channel, the extent of this phenomenon (i.e., 

enhanced drug elution from Zone A) was markedly reduced, thus confirming the 

aforementioned counterintuitive dependence of drug elution on Re
in
 as a result of bead 

dynamic behaviour.  

 

5.3.4.2 Distal embolisation 

 

Figure 5.14 (a-n) Contours of fluorescence intensity (intensity range: 0 – 256) for representative 

distal single beads, at different Re
in
 = 71.28 (b-d), 213.54 (f-h) and 287.27 (l-n). Contours at t = t

0 

(b, f, l), t = 6 hours (c, g, m) and t = 21.5 hours (d, h, n) are reported. Also, superimposed bright 

field and fluorescent microscope images are reported (a, e, i) at the different Re
in
, showing the 

spatial distribution of the drug within the bead at t = 21.5 hours. White line in (a) = 150 μm. (o) 

Average maximal amount of eluted drug from Zone A (ΔM
max,A

) and Zone B (ΔM
max,B

) for distal 

embolic bead, at the different Reynolds numbers investigated. t
end

 = 21.5 hours (long-term 

elution). (p) Temporal evolution of β/β
0
 in the case of distal embolisation, for the different Re

in
 

investigated. N = 4. 
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Fig. 5.14 shows representative contours of fluorescence intensity on the bead surface, 

at different Re
in
 investigated, in the case of distal embolisation. Contours at t = t

0
, t = 6 

hours and t = 21.5 hours are reported (long-term elution). Superimposed bright field 

and fluorescence images are also reported, showing the spatial distribution of 

doxorubicin within the bead at t = 21.5 hours. Analogously to proximal embolisation, 

results show that in all cases examined fluorescence intensity on the bead surface 

reduced with time, as a result of drug elution from within the bead. Contours also 

show increased reduction of fluorescence intensity within the bead, with increasing 

Re
in
. Interestingly, rather than a relatively spatially-homogeneous reduction of drug 

content within the bead, as observed for proximal embolisation, enhanced drug elution 

was detected in Zone A, with some portions of the bead characterised by complete 

drug elution after 21.5 hours (Fig. 5.14a,e,i). This spatially-heterogeneous elution can 

be sometime observed in post-embolisation confocal microscopy acquisitions taken 

from animal models (i.e., swine model) [220] or post-embolisation histological 

measurements [120] (Fig. 5.15a-c). 

 

 

 

Figure 5.15 (a-b) Confocal microscopy images of radiopaque DEBs, after embolisation using a 

swine model (reprinted from [18]; Copywright © 2012, with permission from Elsevier).    

 

The physical mechanism behind this experimental observation is likely to be found in 

the onset of peculiar hydrodynamics in close proximity to the bead surface as a 

consequence of the embolic event. With this respect, experimental observations 

suggested the formation of laminar vortices nearby the bead (see Chapter 6) in case of 

effective distal embolisation, with the position of the vortex centre, vortex size and 

fluid velocity likely depending on Re
in
 and the effectiveness of channel occlusion. From 

a flow dynamic perspective this scenario can be ascribed to the category of flow past a 

cavity problems, which has been thoroughly characterised either theoretically and 
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experimentally [225, 226]. The first work to have elaborated a parallelism between the 

therapeutic embolisation of blood vessels and flow within cavities has been published 

by Amyot et al. [213]. However, the implications of the flow dynamic environment on 

the spatio-temporal dynamics of drug elution from single bead have never been 

elucidated before and, importantly, at physiologically relevant fluidic conditions.  

In order to get further information about the spatial nature of drug elution from single 

distal bead, ΔM
max

 was quantified for either Zone A and Zone B. Fig. 5.14o shows 

average values of ΔM
max,A

 and ΔM
max,B

 for the range of Re
in
 investigated. Results show 

that either ΔM
max,A

 and ΔM
max,B

 increased with increasing Re
in
 from 71.28 (ΔM

max,A
 = 0.323 

± 0.022 and ΔM
max,B

 = 0.221 ± 0.047) to 287.27 (ΔM
max,A

 = 0.586 ± 0.037 and ΔM
max,B

 = 

0.338 ± 0.035). Furthermore a non-linear dependence of the amount of eluted drug on 

Re
in
 could be identified, with ΔM

max,A
 displaying a significant increase at Re

in 
≥ 142.56, 

likely due to aforementioned flow dynamic scenario, in which vortex size and strength 

will depend non-linearly on Re
in
. Conversely, ΔM

max,B 
increased less significantly with 

increasing Re
in
, thus suggesting that drug elution within the embolised channel is less 

affected from Re
in
, as a result of a more effective vascular occlusion for distal 

embolisation which isolates the embolised compartment from the non-embolised or 

systemic compartment. 

Results suggested that in the case of distal embolisation, drug elution from single 

embolic bead displays unique features, including enhanced drug elution from the bead 

surface area oriented towards the feeding channel. Notably, complete penetration of 

the bead in the embolised channel caused the formation of laminar vortices in the 

newly formed cavity, which may potentially cause the observed spatially 

inhomogeneous elution of drug from the bead (i.e., vorticity-enhanced diffusion). 

In addition, distal beads did not displace from the embolic site, as for proximal 

embolic bead at the higher Re
in
, providing a stable and durable vessel occlusion. 

 

5.3.4.3 Spatial distribution of eluted drug 

The developed in-house on-chip analysis technique allowed for dynamically monitoring 

the spatial distribution of eluted drug from single embolic bead. This has been 

assessed by automated quantification of the ratio (β) between the concentration of 

drug within IW
can

 and the concentration of drug within IW
syst

. β provided a quantitative 

prediction of the ratio between the amount of drug eluted towards the embolised 

vascular segment, corresponding to highly-targeted drug delivery in the clinical 
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scenario, and the amount of drug eluted towards the non-embolised vascular segment, 

likely corresponding to less-targeted drug delivery in the clinical scenario.  

Fig. 5.14p shows the temporal evolution of average β, normalised with respect to β
0
 = 

β(t
0
), for the range of Re

in
 investigated. Average values for β

0
 are equal to 1.34 ± 0.11, 

1.38 ± 0.07, 1.43 ± 0.15 and 1.53 ± 0.10 for Re
in
 = 71.28, 142.56, 213.54 and 287.27, 

respectively. This suggests that, with increasing Re
in
, the majority of the drug was 

eluted towards the embolised vessel just after the embolic event was generated. 

However, β showed a dynamic behaviour which was characterised using the in-house 

computational platform, for the different hydrodynamic conditions investigated. 

Interestingly, two different trends emerged here: (i) at the lower Re
in 

(i.e., Re
in
 ≤ 

142.56), β was characterised by initial rapid increase followed by gentle reduction until 

a plateau value was reached, while (ii) at the higher Re
in 

(i.e., Re
in
 > 142.56), β was 

characterised by exponential-like reduction until a plateau level was reached. The two 

forms of behaviour suggest the existence of two distinct dynamics governing the 

spatial distribution of eluted drug from fully-penetrated single embolic bead.  

This observation is unique and merits further investigations, either theoretical and 

experimental. However, it can be postulated that (i) at the lower Re
in
, the majority of 

the drug was conveyed towards the embolised channel and β further increased with 

time until it reached a maximum value after which it decreased likely due to the effect 

of enhanced elution from Zone A prevailing at this point; (ii) at the lower Re
in
, the large 

majority of the drug was eluted towards the embolised channel but β tended to reduce 

with time likely due to the enhanced drug elution from Zone A, which was observed to 

play a significant role soon after the embolic event occurred, likely due to the higher 

fluid velocity nearby the bead surface. This suggests that the hydrodynamics in the 

embolised channel strongly depended on the Reynolds number in the feeding channel. 

These observations bear significant implications in embolisation-based cancer therapy, 

given that the prediction of drug distribution within biomimetic microvascular systems 

is of absolute relevance for better understanding and controlling the mechanisms 

governing drug elution processes. 

It has to be noted that the current approach provides only a prediction of the spatial 

distribution of eluted drug and not an exact quantification of it. This is because some 

of the drug eluted in IW
syst

 may be advected towards the embolised branch from the 

residual fluid flow, thus contributing to highly-targeted drug release rather than 

increased systemic drug concentration. However, it could be considered the 
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maximisation of β as general criteria to maximise confined and targeted distribution of 

the eluted drug.   

 

5.3.5 Effect of ultrasound on drug elution 

Fig. 5.16 shows the effect of ultrasound application on drug elution from single bead, 

in the case of proximal embolisation. The effect of US on (i) kinetics of drug elution 

and (ii) amount of eluted drug was investigated. With this respect, two different peak-

to-peak driving voltages were investigated, corresponding to 20 V
pp
 and 25 V

pp. 
The 

effect of US pulsation was investigated by generating a pulsed-wave with frequency of 

2 MHz, at a fixed 20 V
pp

. 

Fig. 5.16a shows the effect of US application on the kinetics of drug elution (ϕ(t)), at a 

fixed Re
in
 = 142.56. Average elution profiles are reported for either US-exposed single 

bead and control test in the absence of US. Results show that, at the lower voltages 

applied, i.e. 20 V
pp

, no significant difference in drug elution kinetics with respect to 

control test was observed. However, by increasing the amplitude of the ultrasonic wave 

(i.e., 25 V
pp

) had a significant effect on drug elution kinetics, which was characterised 

by reduced burst-like elution within the first few minutes after the embolic event, and a 

more sustained drug elution over time. Interestingly, pulsed ultrasonic wave (at a fixed 

voltage = 20 V
pp

) displayed a significant effect on drug elution kinetics compared to 

continuous wave exposure at the same amplitude, with PW exposure resulting in 

sustained drug elution and reduced burst-like elution within the first few minutes from 

the embolic event (Fig. 5.16a).  

Fig. 5.16b shows the maximal amount of eluted (ΔM
max

) after 140 minutes from the 

embolic event. Results show that US application contributed to statistically significant 

increase of drug elution from single embolic bead compared to control test in the 

absence of US, in all the operating conditions examined. Specifically, CW exposure 

resulted in higher amount of eluted drug with respect to PW exposure, which was 

potentially due to the increased average energy for CW mode and associated heat 

generation within the transducer. Furthermore, no significant difference between 20 

V
pp
 and 25 V

pp
 US exposure on the total amount of eluted drug was detected, 

suggesting a non-linear dependence of ΔM
max

 on the amplitude of the ultrasonic wave.  
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Figure 5.16 Effect of ultrasound on drug elution. (a) Average drug elution profiles (ϕ) at the 

different operating conditions investigated (asterisk: 20 V
pp
 CW; black circle: 20 V

pp
 PW; white 

circle: 25 V
pp
 CW; white rhombi: control test, no US). N = 3. (b) Average maximal amount of 

eluted drug (ΔM
max

) at the different operating conditions investigated. t
end

 = 140 minutes. N = 3. t-

test has been performed to statistically compare the groups of ΔM
max

 data. * = p-value < 0.03; ** 

= p-value < 0.004. (c) Average temporal evolution of bead total area (A), normalised with respect 

to A
0
 = A(t

0
). N = 3. 

 

It is worth to mention that, under specific operating conditions, it was observed an on-

time reduction of bead surface area when US was applied. From a clinical perspective, 

this secondary effect may be undesired from the moment that it may potentially cause 
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displacement of the bead from the initial embolic site (i.e., primary embolic event) and 

its re-positioning within another vascular district (i.e., secondary embolic event), which 

may be difficult to predict clinically. For this reason, the time evolution of bead surface 

area was determined. Fig. 5.16c shows the average on-time variation of bead surface 

area (A) normalised with respect to A
0
 = A(t

0
), under the range of different ultrasonic 

operating conditions investigated. Results show that under PW exposure bead surface 

area remained approximately unvaried. Conversely, CW exposure caused bead to 

shrink in size, with higher voltages causing stronger area reduction. This may be due 

to increased thermal effects for CW compared to PW ultrasound, particularly at the 

higher voltages. 

Notably, no currently available scientific evidence has demonstrated the effect of US on 

the elution of therapeutically relevant molecules from hydrogels. Preliminary results 

reported here suggest that US exposure may potentially be employed as a physical 

stimulus to actively control either the kinetics of drug elution or the total amount of 

drug eluted from hydrogel embolic beads. Results also suggest that PW ultrasound 

may potentially be employed to actively modify the kinetics of drug elution, without 

generating undesired bead shrinkage. 

Despite the potential relevance of these findings, additional experiments are required 

in order to get further insights into the mechanisms governing US-regulated drug 

elution from embolic hydrogel beads. These may include (i) the effect of increased 

temperature due to PZT heating, (ii) the physical effect of US wave at the molecular and 

supra-molecular level, causing architectural changes in the polymeric network, (iii) US-

induced fluid streaming.  

 

5.3.6 Effect of drug loading on bead mechanical properties 

As discussed above, bead deformability plays a big role during drug elution while the 

amount of drug loading affects significantly bead deformability. In this respect, the 

mechanical properties of beads and the correlation with drug loading have been 

investigated. 

It is widely recognised that bead deformability represents a key parameter affecting the 

embolisation performance of deformable spherical particles [167, 208]. Notably, the 

capacity of embolic beads to deform under the effect of the hydraulic pressure exerted 

by the surrounding fluid allows for the achievement of more distal embolic sites 

compared to rigid beads [100]. In addition, it is recognised that bead deformability 
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facilitates their deliverability via microcatheters which allows for relatively targeted 

injection of the embolic matter in the clinical scenario [110]. It has been previously 

observed that the mechanical properties of hydrogel embolic beads may significantly 

change after they have been loaded with anticancer drugs [194, 208]. However no 

characterisation of this phenomenon has been performed at a single-bead level.   

In the present study, single beads were compressed up to 45% deformation, at a 

compression speed of 300 μm/s. A typical compression force-displacement trend is 

shown in Fig. 5.17. Experimental data points are plotted together with the 

interpolating function. The number of measurement points was set to 1000.  

In order to determine bead Young’s modulus (E), the experimental F data points were 

plotted as a function of ∆3/2, following Eq. 5.6. Assuming that bead compression 

behaviour follows the Hertz theory up to 30% bead deformation, F-∆3/2 experimental 

data points were interpolated with a linear function (R2 > 0.95 in all cases examined) 

and the elastic modulus was calculated from the slope of the F-∆3/2 interpolating 

function, as reported in Eq. 5.6.  

For this purpose, Poisson’s ratio (v) was determined experimentally as described 

previously and was equal to 0.387 ± 0.030 for Bead Block® and 0.455 ± 0.013 for DC 

Bead®, respectively (Table 5.2). Lower Poisson’s ratio for unloaded beads compared to 

loaded beads was likely due to the increased water loss during compression and 

differences in the polymeric network architecture and water permeability.   

The average Young’s modulus was thus determined to be 38.24 ± 4.16 for unloaded 

beads (Bead Block®) and 62.05 ± 3.29 for loaded beads (DC Bead®) (Table 5.2). Results 

show that the procedure of PVA hydrogel bead loading with doxorubicin hydrochloride 

resulted in a significant increase of bead Young’s modulus. The increased rigidity for 

loaded beads is likely due to the mechanism of binding between doxorubicin and 

sulfonate groups, which results in the removal of water molecules from the bead. The 

reduction in water content, together with changes in the spatial arrangement of the 

polymeric network in the presence of doxorubicin may be responsible for the observed 

increase of bead rigidity [208]. 

The reduction of bead deformability as a consequence of drug loading may critically 

influence bead flow behaviour and embolisation performance. Notably, results 

reported previously suggested that the elution of doxorubicin from single bead may 

cause a dynamic variation of bead Young’s modulus (i.e., increased bead deformability 

associated with reduced drug content), which could potentially lead to bead 
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displacement from its primary embolic position towards a more distal secondary 

embolic position. 

 

 

 

Figure 5.17 Representative force (F) – displacement (∆) experimental data points. Data refer to a 

single DC Bead®, compressed up to 45 % deformation. Compression speed was set to 300 μm/s. 

Experimental data points (empty circles) are reported together with the fitting polynomial curve 

(red line). The number of measurement points was set to 1000. 

 

Table 5.2 Average values for Young’s modulus (E, in kPa) and Poisson’s ratio (v), as determined 

from single-bead uniaxial compression. N = 5. 

 

 Bead Block® DC Bead® 

Poisson’s ratio (v) 0.387 ± 0.030 0.455 ± 0.013 

Young’s modulus (E, in kPa) 38.24 ± 4.16 62.05 ± 3.29 



Dario Carugo            Chapter 5 – Drug elution from DEBs within microchannel networks 

137 

 

5.4  Summary 

The optimisation of currently available chemoembolisation devices and administration 

techniques requires a more comprehensive understanding of the physical mechanisms 

governing the process of drug elution from embolic devices. This can be beneficial for 

further minimising the occurrence of undesired side-effects on the treated patients, 

achieving better control on the treatment clinical outcome and designing novel 

therapeutic strategies. 

Currently, the evaluation of drug elution kinetics from embolic beads is performed by 

using in-vitro test methods which do not replicate the intricate architecture of vascular 

and microvascular systems and, importantly, do not allow for the mimicking of the 

phenomenology of the embolisation process, which is characterised by a range of 

potentially different dynamic behaviours.  

In the present Chapter it has been described a novel biomimetic microfluidic technique 

for investigating the elution of anticancer drugs from hydrogel embolic beads. Either 

on-chip and off-chip experimental methods have been implemented for this purpose, 

together with robust and automated computational-based analysis systems for rapid 

quantification of drug elution profiles and a range of other related parameters. 

Notably, the on-chip analysis method represents a novel way of quantifying non-

invasively drug elution from embolic devices and get highly resolute temporal and 

spatial information regarding the elution process from single embolic bead, via 

coupling with microscope systems. 

With the developed technology the mechanisms of elution of doxorubicin 

hydrochloride from PVA hydrogel embolic beads (DC Bead®, Biocompatbles UK Ltd) 

employed in chemoembolisation practice for treating hypervascularised tumours and 

arteriovenous malformations have been investigated. Specifically, the contribution of 

either the position/effectiveness of the embolic event and the hydrodynamic 

environment on the drug elution process from single bead has been studied. For this 

purpose, two distinct single-bead embolisation modes have been identified, classified 

as (i) proximal embolisation, in which bead is not fully penetrated within the embolised 

channel as a result of an abrupt reduction of channel diameter at branching sites; and 

(ii) distal embolisation, in which bead is fully penetrated within the embolised channel 

and displays an highly deformed shape. 
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Our experimental observations suggest that the two embolisation modes can have 

different implication in embolisation therapy. Specifically, proximal embolisation 

resulted in faster drug elution profiles and in drug elution kinetics being strongly 

influenced by the Reynolds number in the feeding channel. A non-intuitive dependence 

of drug elution on the Reynolds number was identified, which was attributed to bead 

dynamically changing its mechanical properties as a result of drug elution, thus 

gradually penetrating within the embolised channel. This effect was particularly 

enhanced at the higher Re
in
. Furthermore, partial bead exposure to the systemic fluid 

flow may have potentially caused less-targeted distribution of the eluted drug. 

Conversely, distal embolisation resulted in a slow and sustained drug elution, and in 

the elution dynamics being less influenced by the Reynolds number in the feeding 

channel.  

Also, it has been observed that effective distal embolisation caused the onset of a 

peculiar flow dynamic field in close proximity to the bead (i.e., laminar vortices), which 

is coherent with previous studies [213] and likely contributed to enhanced drug elution 

from the bead surface area oriented towards the feeding channel. This effect may 

potentially cause less-targeted elution and its minimisation may be desired.  

Finally, currently marketed drug eluting embolic devices lack the capacity of actively 

release the drug [118]. As a proof-of-concept to show the potential of the developed 

analytical procedure, the device has been employed for investigating the effect of 

external physical stimuli, such as ultrasonic waves, on drug elution from hydrogel 

embolic beads. Preliminary results reveal that ultrasound may potentially represent a 

powerful way of controlling drug elution kinetics and the amount of eluted drug from 

embolic beads, thus opening new potential perspectives in chemoembolisation 

research. 

In addition, it has been demonstrated that the compressibility of PVA hydrogel beads 

was significantly reduced after loading with doxorubicin hydrochloride, thus 

implicating significant consequences on bead penetration efficacy within microvascular 

systems and on the mechanisms of drug elution. 

To conclude, it needs to be mentioned that the current generation of microfluidic 

devices do not mimic vessel distensibility and vessel wall permeability to bioactive 

molecules, both of which likely contribute to influence the kinetics of drug elution in-

vivo [18]. Notably, tumour vessels have been associated with higher permeability than 

normal vessels [227]. 
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Chapter 6 

 

 

Computational studies on the 

hydrodynamics within embolised 

microchannels 

The hydrodynamics within embolised blood vessels has been ascribed to the category of 

flow past a cavity problems. This however represents a simplified definition of the flow 

dynamic scenario which occurs within blood vessels post-embolisation. In the present 

Chapter, new insights into the physical parameters governing the hydrodynamics in 

embolised vessels are provided, mainly by computational modelling. Findings reported 

here can have significant implications on the spatiotemporal dynamics of drug elution 

from embolic devices. Firstly, starting from simplified representations of vascular 

embolisation available in the literature (i.e., T-apparatus configuration), the effect of 

relevant physical parameters on the hydrodynamics within embolised channels has been 

investigated. These include the inclination angle between the systemic vessel and the 

embolised vessel, the presence of a gap between the bead outer surface and vessel inner 

wall, and the Reynolds number in the systemic branch. Secondly, three-dimensional models 

of single-bead embolisation within biomimetic bifurcations have been designed and a 

preliminary qualitative comparison between experimental and computational results is 

provided.     
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6.1 Introduction 

In a previous study Amyot et al. [213] investigated the process of therapeutic vascular 

embolisation from a flow dynamic perspective. They modelled the occlusion of a 

vascular segment as a flow past a cavity problem, thus opening the way for further 

investigations regarding the role played by the flow dynamic environment surrounding 

the embolic site on the spatiotemporal dynamics of drug elution from embolic devices. 

From fluid dynamics point of view, cavity flows have been thoroughly investigated, 

either numerically [226, 228, 229] and experimentally [230, 231]. However, studies on 

cavity flows have been generally performed on geometrical domains which do not 

resemble the architecture of vascular systems and, importantly, the phenomenology of 

the embolisation process.  

In the same study by Amyot et al. [213], the problem of vascular embolisation was 

modelled as a T-junction configuration, in which the angle between the main flow 

branch (systemic branch) and the embolised branch was set to 90°. Authors 

investigated the effect of cavity depth and Reynolds number in the systemic branch on 

the fluid velocity within the cavity. Importantly, this geometrical configuration has been 

translated into an experimental test apparatus, the so called T-apparatus, which has 

been adopted by many to investigate the kinetics of drug elution from embolic devices 

[18, 110, 208].  

Among the experimental techniques currently available for studying drug elution from 

embolic devices, it is recognised that the T-apparatus represents the one that more 

closely mimics the physiological flow dynamic situation. However, experimental 

observations illustrated in Chapter 5 and obtained with the in-house developed 

biomimetic microchannel networks suggest that the approach adopted by Amyot and 

co-workers is rather simplistic; it does not take into account a range of 

conditions/phenomena which may occur in-vivo during embolisation, as they have 

been observed in biomimetic microchannel networks in-vitro (as illustrated in Chapters 

4 and 5). These include:  

(i) the dynamic displacement of the embolic bead from its primary embolic site, 

which may result in the dynamic variation of cavity depth;  

(ii) the shape of the embolic bead at the embolic site, which cannot be modelled as 

a flat surface;  

(iii) the presence of residual fluid flow within the embolised vessel;  

(iv) the angle between the systemic branch and the embolised branch, which 

cannot be limited to the 90° case only.  
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These aspects need to be taken into consideration if one wants to faithfully model the 

physics governing drug elution from embolic devices (i.e., hydrogel beads). 

In the present Chapter the fluid dynamics within embolised channels has been 

investigated, by adopting a two-steps approach: 

(i) In a first step, a two-dimensional model of the T-Apparatus developed by Amyot et 

al. [213] was designed. The model had the same dimensional characteristics (i.e., 

channel diameter and length) as for the T-apparatus. Subsequently, modifications to 

the geometry were performed in order to investigate how the inclination angle between 

systemic and embolised vessels or the presence of residual fluid flow post-

embolisation could affect the fluid dynamic scenario within currently-available 

apparatuses for pharmacokinetic studies. In this way, the influence of physiologically-

relevant parameters on T-apparatus performance could be evaluated. 

(ii) In a second step, a biomimetic three-dimensional numerical model was developed 

which reproduced more closely the physiological situation, where single-bead deforms 

under the effect of hydrodynamic forces thus penetrating within the embolised vessel. 

For this reason, the dimensional characteristics of the fluidic domain were scaled down 

from the ones of the T-apparatus to a more biomimetic configuration where small 

arteries and arterioles are occluded by single bead. Moreover, model parameters have 

been defined based on either data available in the literature and experimental 

measurements. 

The flow dynamics at the embolic site has been validated with experimental 

observations. Finally, a preliminary qualitative validation of the spatial distribution of 

eluted drug from an embolic bead has been performed, by comparing numerical 

results with experimental results.   

 

6.2 Materials and methods 

6.2.1 Computational modelling of flow past a cavity: two-dimensional model 

6.2.1.1 Geometry design  

ICEM CFD (Ansys Inc., US) was employed for construction of two-dimensional (2-D) 

model geometries. The constructed geometry corresponded to the mid-plane of three-

dimensional channels having circular cross-section, and consisted of a systemic branch 
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(i.e., main flow channel) and an embolised branch (Fig. 6.1). The systemic channel was 

11.6 cm long (L
syst

) and 1.6 cm wide (D
syst

); whilst the embolised channel was 5 cm long 

(L
emb

) and 1.6 cm wide (D
emb

). Geometry architecture corresponded to the one designed 

by Amyot et al. [213], for direct comparison. 

 

 

 

Figure 6.1 Schematic depiction of two-dimensional model geometries, with identification of the 

systemic branch (blue area) and the embolised branch (purple area). The red, blue and green 

lines corresponded to the systemic branch inlet, systemic branch outlet and embolised branch 

outlet, respectively. In configuration (a) it is shown the geometrical configuration with no gap at 

the end of the embolised branch (i.e., corresponding to complete embolisation). In configuration 

(b) it is shown the geometrical configuration with two axisymmetric gaps at the end of the 

embolised branch (i.e., corresponding to incomplete embolisation). Yellow lines in (b) indicate 

the gaps.  

 

In order to assure that a fully-developed flow was achieved at the systemic branch 

inlet, a segment of straight channel was designed and connected to the systemic 

branch. The length of this segment was 90 cm, which was greater than the entrance 

length (l
e
) calculated at the higher Reynolds number investigated (Re = 850). l

e
 was 

determined by: 
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Re06.0  syste Dl                                                                                                   (6.1) 

 

where D
syst

 is the width of the systemic branch. 

 

 

 

Figure 6.2 Schematic depictions illustrating the three different inclination angles between the 

systemic branch and the embolised branch, corresponding to 30° (a), 60° (b) and 90° (c), 

respectively. The orange line corresponds to the embolised branch centreline, which was equal 

to 5 cm in all three cases. 

 

Furthermore, three different inclination angles (ϑ) between the systemic branch and the 

embolised branch have been considered, corresponding to 30°, 60° and 90°, as 

illustrated in Fig. 6.2. In all three cases, the length of the embolised branch centreline 

was 5 cm (see orange line in Fig. 6.2). In addition, the presence of a residual flow 

within the embolised branch was investigated by introducing two axisymmetric gaps at 

the embolised branch outlet. Three gap widths (D
gap

) were investigated, which were 

0.0125∙D
emb

, 0.0287∙D
emb

 and 0.0413∙D
emb

, corresponding to different degrees of 

vessel blockage effectiveness in the clinical scenario. 

Table 6.1 summarises the different model geometries constructed, where “NG” denotes 

a geometrical configuration without any gap at the end of the embolised branch, 
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corresponding to complete vascular occlusion in the clinical scenario, while “G” 

denotes a geometrical configuration where a gap was present at the end of the 

embolised branch. 

Table 6.1 Summary of the different geometrical configurations considered in the present study. 

 

 Bifurcation angle 

 30° 60° 90° 

NO GAP NG-30 NG-60 NG-90 

GAP G-30 G-60 G-90 

 

 

6.2.1.2 Mesh design 

ICEM CFD 12.1 (Ansys Inc., US) was employed for mesh construction. The geometry 

was meshed using quadrilateral elements. In the case of geometry with no gap at the 

end of the embolised branch, mesh element size was set to 0.1 cm. This value was 

selected after having performed a mesh independence study on Geometry NG-90. For 

this purpose, centreline pressure along the systemic branch and velocity profile at the 

systemic branch outlet were determined at different mesh densities. 

 

Figure 6.3 Detailed view of the geometry mesh in close proximity to the junction between the 

systemic branch and the embolised branch, for geometries NG-60 and NG-90. 
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In the case of geometry with a gap at the end of the embolised channel, mesh element 

size was set to 0.005 cm when D
gap

 = 0.0125∙D
emb

, 0.015 cm when D
gap

 = 0.0287∙D
emb

 

and 0.025 cm when D
gap

 = 0.0413∙D
emb

. Fig. 6.3 shows a detailed view of the mesh 

elements at the junction between the systemic branch and the embolised branch, for 

the geometrical configurations with ϑ equal to 60° (Fig. 6.3a) and 90° (Fig. 6.3b). 

 

6.2.1.3 Governing equations 

The following mass conservation (Eq. 6.2) and momentum conservation (Eq. 6.3) 

equations were solved over the computational flow domain, using Ansys Fluent 12.1 

(Ansys Inc., US): 

 

  0 v                                                                                                                (6.2) 

 

vvvv 2

  P

t
                                                                                   (6.3) 

 

where v, ρ, μ and P represent fluid velocity, density, dynamic viscosity and pressure, 

respectively.  

When elution of doxorubicin hydrochloride from the embolic site (i.e., embolised 

branch outlet) was modelled, species conservation equations (Eq. 6.4) were solved over 

the computational flow domain: 

 

    Jv 



if

if M
t

M
,

, 


                                                                              (6.4) 

 

where M
f,i
 is the mass fraction of species i. J is the diffusion flux and is defined by: 

 

ifi MD , J                                                                                                       (6.5) 
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where D
i
 is the mass diffusion coefficient for the species i. 

The working fluid (i.e., liquid water) was assumed to be incompressible and Newtonian, 

with a density of 1000 kg/m3 and a dynamic viscosity of 0.001 Pa∙sec, coherently with 

Amyot et al. [213]. The flow was assumed to be steady and laminar. 

For drug elution studies, a mixture of doxorubicin in water was selected as working 

fluid. ρ and μ of the fluid mixture were assumed to vary according to a volume-

weighted mixing law and mass-weighted mixing law, respectively. The diffusion 

coefficient of doxorubicin in water was set to 1.42×10-10 m2/sec and was determined 

experimentally, as described in Materials and Methods. 

Reynolds number in the systemic branch (Re) was defined by: 

 


 sistDv

Re                                                                                                          (6.6) 

 

6.2.2.4 Solution methods 

The Semi-Implicit Method for Pressure-Linked Equations (SIMPLE) algorithm was 

employed for solving the governing equations. Using this method [232]:  

(i) An approximation of the velocity field is obtained by solving the momentum 

equation. The pressure gradient term is calculated using the pressure 

distribution from the previous iteration or an initial guess. 

(ii) The pressure equation is formulated and solved in order to obtain the new 

pressure distribution. 

(iii) Velocities and pressures are corrected and a new set of conservative fluxes is 

calculated. 

Spatial discretisation schemes for gradient, pressure, velocity and species mass 

fraction are reported in Table 6.2. Under-relaxation factors for pressure, density, 

momentum and species mass fraction are reported in Table 6.3. 

 

 



Dario Carugo                Chapter 6 – On the hydrodynamics in embolised microchannels 

147 

 

Table 6.2 Spatial discretisation schemes for gradient, velocity, pressure and species mass 

fraction. 

 

 Gradient Velocity Pressure Species 

Discretisation Scheme Least Squares Cell Based Second Order Upwind Standard Second Order Upwind 

 

 

Table 6.3 Under-relaxation factors for pressure, density, momentum and species mass fraction. 

 

 Pressure Density Momentum Species 

Under-relaxation factors 0.5 1 0.7 0.5 

 

 

6.2.1.5 Boundary conditions 

In all cases examined, channel walls were assumed to be rigid with a no-slip flow 

boundary condition imposed on each wall. A velocity boundary condition was applied 

at the systemic branch inlet. Mean velocity values were selected in order to obtain the 

desired value for the Reynolds number in the systemic branch, in the range 200 - 850. 

The systemic branch outlet was set to a zero pressure boundary. With respect to the 

embolised branch outlet, it was set to a wall boundary with no-slip flow condition for 

the no-gap cases. When two axisymmetric gaps were modelled at the embolised 

channel outlet, a zero pressure boundary was set at the gap. 

For doxorubicin elution studies, a fixed value of 1 for doxorubicin mass fraction was 

set at the embolised channel outlet, while a fixed value of 0 was set at the systemic 

branch inlet.  
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6.2.2 Design of biomimetic single-bead embolisation at bifurcations 

6.2.2.1 Design of biomimetic bifurcations 

As discussed in Chapters 4 and 5, architectures of tumour vascular systems are highly 

heterogeneous [173] and tumour blood vessels are structurally and functionally 

abnormal [233, 234]. The overall vascular architecture is generally chaotic, with 

aberrant branching [227]. For these reasons, the definition of generalised and widely-

accepted principles for modelling the architecture of tumour vasculatures is a 

complicated and challenging problem to address. 

The modelling of vascular and microvascular systems has been sometime pursued by 

means of biologically inspired principles, such as the Murray’s law [64]. The Murray’s 

law is based on the principle that branching structures found in circulatory and 

respiratory systems of mammalians evolve to the current optimal state, in 

correspondence to a condition of minimum work needed to operate the system [65]. 

Although tumour vascular systems may not fully conform to this physiologically 

inspired criterion, it has been observed that in some type of tumours (i.e., mammary 

carcinoma) the Murray’s law is approximately satisfied among vessels of a given type 

but it is not satisfied in entire vascular networks [235]. For this reason and for the sake 

of simplification, in the present study Murray’s law was employed for designing 

biomimetic microchannel bifurcations.  

A relationship between the diameter of the parent branching vessel and optimum 

diameters of the daughter vessels in a bifurcation was derived by Murray, using the 

aforementioned principle of minimum work [65]. This relationship is expressed in Eq. 

6.7 and states that the cube of the diameter of a parent vessel (D
0
) is equal to the sum 

of the cubes of the diameters of the two daughter vessels (D
1 
and D

2
): 

 

3
2

3
1

3
0 DDD                                                                                                          (6.7) 

 

For a symmetric bifurcation (i.e., D
1
 = D

2
) this corresponds to: 

 

3
1

3
0 2DD                                                                                                          (6.8)    
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Given the size range of the hydrogel embolic beads employed (500-700 μm diameter, 

DC Bead®, Biocompatibles UK Ltd, UK), the diameter of the two daughter branches was 

set to 500 μm. From Eq. 6.8, the nominal diameter of the feeding channel is equal to 

630 μm. However, a diameter of 600 μm was selected as the optimal compromise 

between biomimetic design and fabrication requirements. The length of the feeding 

branch centreline (L
0
) and of the daughter branches centreline (L

1
) was set to 3.0 mm 

and 2.5 mm, respectively. Values were selected from data available in the literature, 

regarding the length of blood vessels [190, 236] 

Fig. 6.4 shows a schematic depiction of the bifurcation design, with identification of 

geometry parameters. Four different inclination angles between the two daughter 

branches (ϑ) were considered: 30°, 60°, 90° and 120°.  

 

 

 

Figure 6.4 Schematic depiction of biomimetic bifurcation model geometry. D
0
 and L

0
 correspond 

to the diameter and length of the parent channel, and were equal to 600 μm and 3.0 mm, 

respectively. D
1
 and L

1
 correspond to the diameter and length of the two daughter channels, and 

were equal to 500 μm and 2.5 mm, respectively (i.e., symmetric bifurcations were modelled). ϑ 

corresponds to the angle between the two daughter channels. Four different values for ϑ were 

considered here, ranging from 30° to 120°.   
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6.2.2.2 Computational model design 

6.2.2.2.1 Modelling of three-dimensional biomimetic bifurcations 

 

 

 

Figure 6.5 Three-dimensional model of biomimetic bifurcation (ϑ = 60°). A global view of 

bifurcation architecture is depicted in (a). In (b) the outlet sections can be identified, 

corresponding to the embolised branch outlet (pink area) and the systemic branch outlet (green 

area). In (c) the systemic inlet section can be identified (light blue area). Channel walls are in 

dark blue colour.  
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Three-dimensional geometry was designed and meshed using ICEM CFD 12.1 (Ansys 

Inc., US). Values for bifurcation geometry parameters are reported in Section 6.2.2.1. 

Fig. 6.5 shows a schematic of the three-dimensional model geometry, with 

identification of the inlet section (i.e., systemic branch inlet) and the two outlet 

sections (i.e., systemic branch outlet and embolised branch outlet). For validation with 

experimental results, only the geometrical configuration with ϑ = 60° was considered. 

The constructed geometry closely resembles the one fabricated experimentally by 

micromilling technology (see below for details about fabrication methods).  

Geometry was meshed using tetrahedral elements. Mesh element size was set to 0.02 

mm and was selected after having performed a mesh independence study. For this 

purpose, the static pressure along the systemic branch was calculated numerically at 

different mesh element sizes, ranging from 0.01 mm to 0.10 mm. Fig. 6.6a shows a 

detailed view of the mesh geometry, in proximity to the bifurcating region. Mesh 

element size was equal to 0.04 mm, in order to allow for a clear visualisation. 

 

 

 

Figure 6.6 (a) View of the meshed geometry, in close proximity to the bifurcating region. (b) 

View of meshed bead outer surface. Geometries were meshed using ICEM CFD 12.1. Mesh 

elements were tetrahedral, with characteristic size of 0.04 mm.  
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6.2.2.2.2 Modelling of embolic bead: geometry design and physical parameters setting 

Bead geometry was reconstructed from experimental images acquired using in-vitro 

models of the designed biomimetic bifurcations. For this purpose, single-bead 

embolisation was achieved experimentally within the in-vitro model and microscope 

images of single bead were acquired (see Fig. 6.7). Details of the experimental 

protocols and set-up are reported in Section 6.2.4. From the experimental microscope 

images of single-bead embolisation, the characteristic geometrical parameters were 

extracted for computational geometry reconstruction. These included the radius of 

contact between the bead and the channel inner wall (R
C
), bead equatorial radius (R

E
) 

and bead polar radius (R
P
) (see Fig. 6.8). Furthermore, the position of the bead centroid 

was determined, which was required for direct comparison between experimental and 

computational results. Image J (NIH, US) was employed for determining the relevant 

geometrical parameters from digital microscope images. 

 

 

 

Figure 6.7 (a-c) Experimental microscope images of single-bead embolisation achieved within 

the constructed in-vitro bifurcation models. Red bar: 500 μm.  

 

The bead was modelled computationally as an assembly of three main bodies (Fig. 

6.8), a central body (i.e., Body 1) constituted of a cylindrical volume created by rigid 

sweep of a circular surface with radius equal to R
P
. Cylinder height was equal to D

C
 = 

2∙R
C
. Two semi-spherical bodies (i.e., Body 2 and Body 3) were created by solid 

revolution of a semi-circular line with radius equal to R
SC
 = (R

E  
– R

C
) (see Fig. 6.8). The 

three bodies were connected and a part denoted as BEAD was created in ICEM CFD.  
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Figure 6.8 Schematic of single embolic bead design. D
C
 : contact diameter; R

C
 : contact radius; D

P
 

: polar diameter; R
P
 : polar radius; R

E
 : equatorial radius. Body 1, Body 2 and Body 3 are denoted 

with number 1, 2 and 3, respectively.  

 

Importantly, a gap between the outer surface of Body 1 and the channel inner surface 

was defined. Gap size (D
gap

) was set to 10 μm (see Fig. 6.9). Whilst either confocal 

microscopy observations (see Section 5.3.1) and flow visualisation experiments (see 

Section 6.3.3) suggested the presence of a gap between bead surface and the vessel 

inner wall, a direct quantification of its size is complex to achieve experimentally either 

in-vitro or in-vivo, and no relevant information is available in the literature about it.  

However, flow visualisation experiments carried out using 20 μm diameter fluorescent 

particles (data not shown) revealed that beads were accumulating nearby the bead 

surface as a result of gap occlusion, after few minutes from the embolic event. 

Conversely, experiments carried out using 1 μm diameter fluorescent particles did not 

show a similar phenomenon. For this reason, a reasonable value of gap size should be 

< 20 μm. However, a value of 10 μm represented a good compromise between gap size 

requirements and mesh construction limitations. 
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Figure 6.9 (a) Close view of model geometry showing the presence of a gap (gap width: D
gap

) 

between bead outer surface and channel inner surface. (b) Global view of meshed model 

geometry with embolic bead in place.  

 

Bead model geometry was meshed using ICEM CFD 12.1 (Ansys Inc., US) with 

tetrahedral elements having characteristic size of 0.02 mm (see Fig. 6.6b).  

 

6.2.2.2.3 Experimental modelling: design and fabrication of biomimetic bifurcations 

In-vitro models of biomimetic bifurcations were fabricated by micromilling technology. 

For this purpose, microchannels centreline and diameters (see Section 6.2.2.1) were 

transferred to a micromiller via a dedicated computational interface. Fabrication 

methods and protocols of channel surface smoothening followed that described in 

Section 2.2.1.  

Connection channels (1 mm inner diameter) perpendicular to bifurcation centreline 

plane were created in order to deliver the fluid within the microdevice and to convey 

the fluid from the bifurcation outlets towards the discharge reservoirs. Metal hollow 

cylinders with outer diameter of 1 mm and inner diameter of 800 μm were inserted 

into the connection channels in order to allow coupling with silicon tubing for working 

fluid delivery. Fig. 6.10 shows a photograph of the fabricated microdevices. 

Notably, four individual bifurcations were created on a single chip, which were 

characterised by ϑ = 30°, 60°, 90° and 120°, respectively.  
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Figure 6.10 Photograph of the fabricated microfluidic device. Metal cylinders were employed for 

connecting bifurcation inlets and outlets with silicon tubings. Yellow arrows indicate the inflow 

and outflow direction.  

 

6.2.3 Computational flow dynamics simulations 

6.2.3.1 Governing equations 

Mass conservation (Eq. 6.2), momentum conservation (Eq. 6.3) and species 

conservation equations (6.4 and 6.5) were solved over the computational flow domain, 

using Ansys Fluent 12.1 (Ansys Inc., US).  

The working fluid (i.e., physiological buffered saline solution, PBS) was assumed to be 

steady and incompressible, with a density of 1020 kg/m3 and a dynamic viscosity of 

0.001 Pa∙sec, coherently with experimental conditions of drug elution experiments 

(see Chapter 5). Reynolds number in the systemic branch (Re) was defined according to 

Eq. 6.6. 

For drug elution studies, a mixture of doxorubicin in water was set as working fluid. ρ 

and μ of the fluid mixture were assumed to vary according to a volume-weighted 

mixing law and mass-weighted mixing law, respectively. The diffusion coefficient of 

doxorubicin in water was set to 1.42×10-10 m2/sec, and was determined experimentally, 

as described in Section 6.2.4.3.  
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The embolic bead was defined as a porous medium, coherently with previous 

experimental studies which revealed the porous nature of hydrogel PVA embolic beads 

(i.e., DC Bead®) [157, 208]. With this respect, Lewis et al. performed Scanning Electron 

Microscopy (SEM) acquisitions on DC Bead® and demonstrated that single bead 

microstructure was highly anisotropic, with a sponge-like core and a thinner (i.e., ~ 20 

μm thick) more dense outer layer. Here, single embolic bead was modelled as an 

isotropic and homogeneous porous body (i.e. porous zone). The porous medium was 

modelled by addition of a momentum source term to the standard fluid flow equations. 

This source term (S) consisted of two parts: a viscous loss term (i.e., Darcy, the first 

term on the right-hand side of Eq. 6.9), and an inertial loss term (the second term on 

the right-hand side of Eq. 6.9) [232]. For homogeneous porous media, this 

corresponds to: 

   







  vvvS 



2
1C                                                                                     (6.9) 

 

where κ is medium permeability and C is the inertial resistance factor. 

Here, the inertial term was neglected, given the laminar flow regime under 

investigation. The porous media model thus reduced to Darcy’s law. Permeability 

values for PVA hydrogels were derived from the literature [237], and a constant and 

isotropic viscous resistance of 1×1018 m-2 was implemented. Furthermore, a porosity 

value of 0.82 was determined from Lewis et al. [157]. This is defined as the volume 

fraction of fluid within the porous region (i.e., the open volume fraction of the 

medium). The bead was modelled as a fixed source of doxorubicin (i.e., doxorubicin 

mass fraction was set equal to 1 in the corresponding cell zone). 

 

6.2.3.2 Solution methods 

The Semi-Implicit Method for Pressure-Linked Equations (SIMPLE) algorithm was 

employed for solving the governing equations, as described in Section 6.2.1.4.  

Spatial discretisation schemes for gradient, pressure, velocity and species mass 

fraction are reported in Table 6.4. Under-relaxation factors for pressure, density, 

momentum and species mass fraction are reported in Table 6.5. 
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Table 6.4 Spatial discretisation schemes for gradient, velocity, pressure and species mass 

fraction. 

 

 Gradient Velocity Pressure Species 

Discretisation Scheme Least Squares Cell Based Second Order Upwind Standard First Order Upwind 

 

 

Table 6.5 Under-relaxation factors for pressure, density, momentum and species mass fraction. 

 

 Pressure Density Momentum Species 

Under-relaxation factors 0.3 1 0.7 0.7 

 

 

6.2.3.3 Boundary conditions 

In all cases examined, channel walls were assumed to be rigid with a no-slip flow 

boundary condition imposed on each wall. A velocity boundary condition was applied 

at the systemic branch inlet. Mean velocity values were selected in order to obtain the 

desired value for the Reynolds number in the systemic branch, in the range 200 - 850. 

The systemic branch and the embolised branch outlets were set to an outflow 

boundary condition, with flow rate weighting values determined from experiments. 

 

6.2.4 Experimental methods 

6.2.4.1 Flow visualisation experiments 

Fig. 6.11 shows the schematic of the experimental setup used for flow visualisation 

experiments. The working fluid was pumped from a 500 mL capacity reservoir (R
IN
) and 

conveyed into the microfluidic device (MD) via 1.3 mm ID silicone tubings (arterial line, 

AL) using a peristaltic pump (Watson-Marlow Pumps Group, UK). A pressurised glass 

cylinder (Fisher Scientific Inc., UK) partially filled with PBS was positioned between the 
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pump and the microfluidic device for dampening the flow pulsatility. The fluid was 

conveyed from the device outlets towards a 500 mL capacity discharge reservoir (R
OUT

). 

Two injection lines were introduced prior to the microdevice, which were used for 

embolic bead injection (IL
EMB

) and for injection of a 0.1% v/v suspension of 1 μm 

diameter fluorescent polystyrene particles (Fluoresbrite YG Microspheres, Polysciences 

Inc., US) (IL
VIS

). Preparation of fluorescent particles suspension followed the protocols 

illustrated in Section 2.2.3.  

 

 

 

Figure 6.11 Schematic of the experimental set-up designed for investigating the hydrodynamics 

at biomimetic bifurcations, after single-bead embolisation has been achieved. The working fluid 

is pumped from R
IN
 by a peristaltic pump. The pump is followed by a damper for achieving 

steady flow condition. The flow is conveyed into the microfluidic device (MD) and directed into 

R
OUT

 via the venous line (VL). Two ad hoc injection lines were designed, (i) IL
EMB

, which has been 

designed for bead injection into the AL, and (ii) IL
VIS

, which has been designed for injection of 

fluorescent tracers. The device was placed on the microscope stage for image recording. 

 

A single embolic bead was isolated from the embolic suspension (following the 

protocols illustrated in Section 5.2.2) and was injected manually within the AL using a 

gastight 5 mL capacity glass syringe (Hamilton Company, Switzerland). Conversely, the 

suspension of tracer particles was injected by means of a syringe pump (KD100, KD 

Scientific Inc., US). Experimental protocols for flow visualisation experiments (i.e., 

samples preparation, image acquisition and post-processing) followed that described 

in Sections 2.2.3 and 2.2.4.    
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Physiological buffered saline solution (PBS, pH 7.2, Sigma-Aldrich Co., UK) was selected 

as the working fluid, coherently with conventional dissolution kinetics experiments 

[194, 208]. Working fluid had a density (ρ
PBS

) of 1020 kg/m3 and dynamic viscosity (μ
PBS

) 

of 0.001 Pa∙s.  

Furthermore, the residual fluid flow rate within the embolised channel post-

embolisation was quantified following the experimental protocols illustrated in Section 

5.2.5. 

 

6.2.4.2 Drug elution experiments 

Experimental set-up and protocols for studying drug elution from single embolic bead 

within the constructed biomimetic bifurcations corresponded to the ones described in 

Section 5.2.6 (i.e., on-chip analysis), for distal embolisation. 

 

6.2.4.3 Measurement of doxorubicin hydrochloride diffusion coefficient 

The electrochemical properties of doxorubicin hydrochloride, as well as its diffusion 

coefficient within the electrolyte commonly employed for drug elution studies (i.e., PBS, 

pH 7.2) were determined using a boron-doped diamond microelectrode (BDD) supplied 

by Diamond Detectors Ltd (Poole, UK). The BDD microelectrode was used in the as 

received state, and was characterised by an oxygen–terminated surface with surface 

roughness (R
a
) minor than 5 × 10–7 cm. It consisted of an electrode disk, with a radius 

of 0.025 cm, embedded in an inert diamond-like carbon support. The boron doping-

level of the BDD microelectrode was 1020 atom/cm3, corresponding to 2000 ppm of 

boron in the diamond matrix.  

All the electrochemical tests were carried out at room temperature (~25 °C) using a 

Gamry Reference 600 potentiostat (Gamry Instruments, US) and a three–electrode, 

single–compartment glass cell, where the BDD microelectrode was used as the working 

electrode. A large surface area graphite rod and a 3.5 M KCl Ag/AgCl electrode were 

employed as the counter and the reference electrodes, respectively. All potentials were 

measured with respect to the 3.5 M KCl Ag/AgCl reference electrode. The 

electrochemical behaviour of doxorubicin hydrochloride (Sigma Aldrich, UK) was 

investigated using cyclic voltammetry (CV), carried out at different potential scan rates 

ranging from 25 mV/sec to 500 mV/sec, and using a step size potential of 0.5 mV.  
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6.3 Results and discussions 

6.3.1 Experimental measurement of doxorubicin hydrochloride diffusion 

coefficient 

There are only a few studies that have investigated the electrochemical reactivity of 

doxorubicin while none of them employed BDD as the working electrode. However, 

other electrodes, such as pyrolytic graphite electrode [238], hanging mercury drop 

electrode [239] and nano-Titania/nafion modified glassy carbon electrode [240] were 

employed for assessing doxorubicin reactivity and studying electrochemical 

methodologies for its quantification. In those studies, the electrochemical reactivity of 

doxorubicin has been reported to be deeply influenced by the pH solution [238], as 

well as the nature of the electrode employed for the detection [238-240]. Vacek et al. 

[238] reported the presence of two electroactive sites, i.e., one attributed to the 

reduction of the quinone group to hydroquinone at an electrode potential of -0.5 V vs. 

Ag/AgCl, as shown in Figure 6.12, and another attributed to the oxidation of the 

hydroquinone to quinone at an electrode potential of +0.5 V vs. Ag/AgCl, as shown in 

Figure 6.13, when the reactivity was tested in a acetate buffer solution at pH 5. The 

authors also highlighted an electrochemical reactivity undergoing reversibility, for both 

the redox centres, since the peak to peak separation was indicated to be 59 mV.  

 

 
 

Figure 6.12 Schematic depiction of the reduction process of the quinone centre in doxorubicin 

hydrochloride. 

 

 

 

Figure 6.13 Schematic depiction of the oxidation process of the hydroquinone centre in 

doxorubicin hydrochloride. 
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Contrary to observations by Vacek et al., Hahn and Lee [239] observed the solely 

reactivity of the quinone centre, which occurred at a potential of approximately -0.5 V 

vs. Ag/AgCl saturated KCl, in an acetate buffer solution at pH 3.5 using a hanging drop 

mercury electrode. They indicated an electrode response undergoing quasi-reversible 

behaviour. 

 

 

 

Figure 6.14 Cyclic voltammograms on BDD microelectrode in (1) phosphate buffer solution + 1.5 

mM doxorubicin solution at (2) 10, (3) 25, (4) 50, (5) 100, (6) 200, (7) 300 and (8) 500 mV/sec.  

Test 1 was carried out at a sweep rate of 10 mV/sec. The inset shows the relationship between 

the peak-shoulder current density C
1 
and the square root of the scan rate.  

 

Figure 6.14 shows the CVs recorded on BDD microelectrode in a phosphate buffer 

solution + 1.5 mM doxorubicin at different scan rate ranging from 10 to 300 mV/sec. 

At approximately -0.6 V vs. Ag/AgCl it can be appreciated the presence of a cathodic 

peak-shoulder, C
1
, attributable to the reduction of the quinone (Q) to the hydroquinone 

(H
2
Q) groups, as reported in Figure 6.12. Interestingly, the reduction process only was 

observed, thus highlighting an irreversible electrochemistry on BDD electrode. This 

behaviour was in line with results reported by Fei et al. [240], who observed an 
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irreversible response on modified glassy carbon electrode in a pH solution of 8.0. The 

cathodic peak-shoulder recorded by Fei et al. was determined at -0.6 V vs. Ag/AgCl. 

Inspecting the anodic part of the cycle voltammograms of Figure 6.14 (from 0.4 to 1.2 

V), it can be also noted an increase of the current density likely to be due to the 

discharge of the doxorubicin at the electrode surface via H
2
Q → Q + 2H+ reaction, as 

highlighted in Figure 6.13. 

Inset of Figure 6.14 shows the relation between the cathodic current peak density, j
P
, 

and the square root of the scan rate, 휔0.5. A linear relationship was observed between j
P
 

and 휔0.5, thus highlighting a process undergoing diffusion control. Considering an 

irreversible system, the diffusion coefficient was determined from Eq. 6.10. 

 

  5.05.05.051099.2   DcAi p                                                                      (6.10) 

 

where i
P 
is the current peak (in A), A is the electrode area (in cm2), c is the analyte 

concentration, D is the diffusion coefficient (in cm2/sec),  휔	 is the scan rate (in V/sec) 

and χ is the transfer coefficient calculated from Eq. 6.11.  

 

mV
F

RTEE pp 
7.47857.1

2
  at 25°C                                                            (6.11) 

 

where E
P
  is the peak potential (in mV) and E

P/2
 is the potential at which the current is at 

half of the peak value (in mV), R (J∙mol-1∙K-1) is the gas constant, T (in K) is the 

temperature, F (in C/mol) is the Faraday constant. The value for the diffusion 

coefficient of doxorubicin in PBS was determined to be (1.42 ± 1.12) × 10-10 m2/sec. 

Having evaluated the diffusion coefficient of doxorubicin, it can be inferred that in the 

investigated conditions doxorubicin behaviour underwent liner diffusion, with an 

estimated p value [241] ranging from 13 to 72, at the lowest and highest scan rates, 

respectively.      
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6.3.2 Computational modelling of flow past a cavity: two-dimensional model 

6.3.2.2 Mesh independence study 

 

 

Figure 6.15 Mesh independence study. (a) Centreline pressure along the systemic branch and (b) 

velocity profile at the systemic branch outlet at the different mesh element sizes investigated, 

corresponding to 0.27 cm, 0.20 cm, 0.10 cm and 0.05 cm, respectively. Simulations were 

performed on the NG-90 model geometry. 

 

Fig. 6.15 shows the centreline pressure along the systemic branch (Fig. 6.15a) and the 

velocity profile at the systemic branch outlet (Fig. 6.15b), at four different mesh 

element sizes, ranging from 0.27 cm (coarsest mesh) to 0.05 cm (finest mesh). It can 
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be observed from Fig. 6.15a that with increasing mesh density up to a mesh element 

size of 0.1 cm the centreline pressure increased. However, denser meshes (i.e., mesh 

element size = 0.05 cm) did not result in a significant change of the centreline 

pressure profile.  

The velocity profile at the systemic branch outlet (Fig. 6.15b) was characterised by 

lower velocity values using the coarser meshes. However, as for the centreline 

pressure, no significant difference was detected between the calculated velocity 

profiles with 0.05 cm and 0.1 cm mesh element sizes. For this reasons, a mesh 

element size of 0.1 cm was selected as the optimal balance between solution accuracy 

and computational cost. 

 

6.3.2.3 Effect of varying inclination angle between the systemic branch and the 

embolised branch 

 

 

 

Figure 6.16 (a) Computed fluid velocity along the embolised channel centreline, at the three 

different inclination angles between the systemic branch and the embolised branch. Y-axis is in 

Log scale. Inset shows the reference system. (b-d) Distributions of streamlines in the embolised 

branch at inclination angles of 90° (b), 60° (c) and 30° (d). Re = 850. 
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Figure 6.16 shows the computed values of fluid velocity along the centreline of the 

embolised branch, at three different inclination angles between the systemic branch 

and the embolised branch, corresponding to 30°, 60°, and 90°. A fixed Re = 850 was 

considered, coherently with the study by Amyot et al. [213]. The reference system is 

reported in the inset of Fig. 6.16a, where L is the spatial coordinate varying from 0 (at 

the entrance of the embolised channel) to L
emb

, along the channel centreline. Also, 

distribution of streamlines in the embolised branch at the three different inclination 

angles is reported (Fig. 6.16b-d). 

Firstly, results for ϑ = 90° agreed with the findings reported by Amyot et al. [213]. 

Specifically, the velocity magnitude at L = 0 was equal to ~ 0.01 m/sec and the 

formation of three counter-rotating eddies within the embolised branch (or cavity) was 

observed (Fig. 6.16b), where eddies size was coherent with previous investigations 

[215]. In addition, fluid velocity along the embolised branch centreline was observed to 

reduce from the systemic side (i.e., close to the systemic branch) to the embolic site, 

coherently with the numerical results reported by Amyot et al. Notably, points of 

velocity minimum corresponded to the centre of the eddy (Fig. 6.16a). 

Interestingly, varying the inclination angle between the systemic branch and the 

embolised branch resulted in significant variations in fluid velocity fields within the 

embolised branch (Fig. 6.16a). With decreasing ϑ from 90° to 60° fluid velocity along 

the centreline was observed to increase; however, this effect was less pronounced in 

the region close to the embolic site. Additionally, the size of the proximal eddy (i.e., in 

proximity to the systemic branch) was observed to increase with increasing ϑ, whilst 

the size of the distal eddy (i.e., in close proximity to the embolic site) was observed to 

reduce with increasing ϑ. The latter observation can have significant implication on the 

spatiotemporal dynamics of drug elution from embolic beads, from the moment that 

eddy size and fluid velocity in close proximity to the embolic bead can potentially 

contribute to extent of the experimentally-observed enhanced drug elution, as 

suggested by microscopy acquisitions illustrated in Chapter 5.    

With further reducing ϑ from 60° to 30° it resulted in the disappearance of the distal 

eddy. Only small eddies could be detected at the cavity corners in this case (i.e., corner 

eddies, Fig. 6.16d). Additionally, at ϑ = 30°, fluid velocity along the embolised branch 

centreline was significantly greater compared to the higher inclination angles (Fig. 

6.16a). Notably, this effect (i.e., increased fluid velocity at higher ϑ) was more 

pronounced when moving from the systemic side of the cavity towards the embolic 

site, something which has potentially significant consequences on the drug elution 

process from an embolic bead and on the spatial distribution of the eluted drug. 
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6.3.2.4 Effect of varying Reynolds number in the systemic branch 

 

 

 

Figure 6.17 Effect of Reynolds number in the systemic branch on the hydrodynamics within the 

embolised branch. Computed fluid velocity along the embolised channel centreline at Re = 200 

and Re = 850 is reported for ϑ = 90o (a), 60o (b) and 30o (c). Y-axis is in Log scale. The reference 

system corresponds to the one reported in Fig. 6.16a. 

 

Fig. 6.17 shows the effect of changing the Reynolds number in the systemic branch on 

the fluid velocity fields within the embolised branch, at ϑ = 90o (Fig. 6.17a), 60o (Fig. 

6.17b) and 30o (Fig. 6.17c), at Re = 200 and Re = 850. Insets in Fig. 6.17a-c show the 

distribution of streamlines in the embolised branch. 
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Results showed that in all cases examined, reducing Re from 850 to 200 resulted in a 

reduction of fluid velocity in the embolised branch. This potentially implies reduced 

drug advection, which is coherent with experimental observations reported in Chapter 

5, illustrating the Re-dependence of the amount of eluted drug in case of single-bead 

distal embolisation.  

Furthermore, the position of eddy centres and size were observed to depend on the 

Reynolds number in the systemic branch (Fig. 6.17). Reducing Re generally resulted in 

eddy centres being shifted towards the embolic site. Consequently, the size of the 

most distal eddy reduced with reducing Re from 850 to 200, at a fixed ϑ = 90o. At ϑ = 

60o, the most distal eddy was replaced by two small corner-eddies, as can be observed 

from the velocity profile of Fig. 6.17b. Only two eddies were detected in the case of ϑ = 

30o, with the size of the proximal eddy increasing with increasing Re (6.17c). Results 

suggest that Reynolds number in the systemic branch and the inclination angle 

between the systemic and the embolised branch synergistically contribute to the 

hydrodynamics within the embolised branch and, consequently, can potentially play a 

relevant role in influencing the spatiotemporal dynamics of drug elution from embolic 

devices.  

 

6.3.2.5 Effect of varying inclination angle between the systemic branch and the 

embolised branch on the spatial distribution of eluted drug  

Fig. 6.18 shows the effect of the inclination angle between the systemic branch and the 

embolised branch on the spatial distribution of eluted drug. A fixed source of 

doxorubicin (i.e., constant mass fraction = 1) was set in correspondence to the embolic 

site. The mass fraction of doxorubicin along the embolised channel centreline is shown 

in Fig. 6.18a, at the three different inclination angles investigated. Contours of 

doxorubicin mass fraction in the embolised channel are also reported in Fig. 6.18b-d, 

for the range of ϑ investigated.  

Results showed that doxorubicin mass fraction reduced along the embolised branch 

centreline, from the embolic site towards the systemic branch. Also, it was shown that 

drug concentration profile depended strongly on the hydrodynamics within the 

embolised branch. With this respect, diffusion-dominated mass transfer was observed 

in close proximity to the embolic site where fluid velocity was lower (as illustrated in 

Fig. 6.16), from the moment that intensity of the eddies tended to vanish in the vicinity 

of the embolic site. The size of the diffusion-dominated region located in proximity to 

the embolic site was observed to reduce with reducing ϑ, likely due to the increased 
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fluid velocity at the lower inclination angles, suggesting increased advection at the 

lower ϑ (Fig. 6.16).  

 

 

 

Figure 6.18 Effect of inclination angle between the systemic branch and the embolised branch 

on the spatial distribution of eluted drug. (a) Mass fraction of doxorubicin along the embolised 

channel centreline, at the three inclination angles investigated. Re = 200. Y-axis is in Log scale. 

Inset shows the reference system. (b-d) Contours of doxorubicin mass fraction in the embolised 

branch at ϑ = 90o (b), 60o (c) and 30o (d). Re = 200.  

 

In addition, it can be observed that with reducing ϑ up to a value of 30° had significant 

implications on doxorubicin mass transfer, given the transition from three eddy 

structures (at ϑ = 60°) to two eddy structures (at ϑ = 30°).     

 



Dario Carugo                Chapter 6 – On the hydrodynamics in embolised microchannels 

169 

 

 

 

Figure 6.19 Effect of the Reynolds number in the feeding channel on doxorubicin mass transfer. 

(a-c) Profile of doxorubicin mass fraction along the embolised branch centreline. Subplots 

correspond to three different length segments of the embolised branch, namely 0-0.015 m (a), 

0.015-0.030 m (b) and 0.030-0.050 m (c). (d-e) Contours of doxorubicin mass fraction in the 

embolised branch, at Re = 50 (d) and Re = 200 (e). Geometrical configuration corresponded to 

NG-90. The reference system corresponds to the one reported in Fig. 6.18a. 

 

Reducing the Reynolds number in the systemic branch resulted in the widening of the 

diffusion-dominated region in proximity to the embolic site, as it can be observed from 

Fig. 6.19 for geometry NG-90. Fig. 6.19a-c shows doxorubicin mass fraction along the 

embolised branch centreline at two different Reynolds numbers in the systemic branch, 

corresponding to Re = 50 and Re = 200. Data have been reported using three sub-

plots, in order to allow for a clear interpretation. Subplots correspond to three different 

segments of the embolised branch, namely from 0 to 0.015 m (Fig. 6.19a), from 0.015 

to 0.030 m (Fig. 6.19b) and from 0.030m to 0.050m (Fig. 6.19c), where the reference 

system corresponds to the one illustrated in Fig.6.16. Results show that mass transfer 

of doxorubicin was significantly influenced by the local hydrodynamics within the 

embolised branch. Notably, a diffusion-dominated mass transfer occurred at the 

regions characterised by lower fluid velocity, which was more enhanced at the lower 

Reynolds numbers, conforming to the velocity profiles illustrated in Fig. 6.17a.  
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6.3.2.6 Effect of varying gap size at the embolic site 

 

 

 

Figure 6.20 Effect of gap size on the hydrodynamics within the embolised branch. (a-b) Contours 

of velocity magnitude in the embolised branch, for D
gap

 = 0.066 cm (a) and D
gap

 = 0.020 cm (b). 

Colourmap is reported on the left (values are in m/sec). (c-d) Distribution of streamlines in the 

embolised branch, for D
gap

 = 0.066 cm (c) and D
gap

 = 0.020 cm (d). (e) Velocity profiles along the 

embolised branch centreline, for three different gap sizes investigated. (f-g) Velocity profiles 

along a line parallel to the centreline, and translated towards the channel wall of R
emb

/2 and 

3R
emb

/4, respectively (R
emb

 = embolised channel radius). Results for the three different gap sizes 

investigated are reported. Insets in (f-g) show the reference system, with black dotted line 

corresponding to the centreline. Y-axis is in Log scale. Re = 200. 

 

Fig. 6.20 illustrates the effect of the presence of a gap at the embolic site on the 

hydrodynamics within the embolised branch, for ϑ = 90°. Notably, three different gap 

sizes have been investigated, in order to elucidate the role played by blockage 

effectiveness on the flow dynamics within the embolised branch. Contours of velocity 

magnitude and distribution of streamlines in the embolised branch are reported (Fig. 

6.20a-d). Additionally, the velocity profile along the cavity centreline is reported, at the 
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different gap sizes investigated (Fig. 6.20e). Velocity profile along a line parallel to the 

centreline and translated towards the channel wall of a distance equal to R
emb

/2 and 

3R
emb

/4 are reported in Figure 6.20f and 6.20g, respectively, where R
emb

 corresponds to 

the embolised channel radius. 

Firstly, it can be observed from Fig. 6.20 that the hydrodynamics in the embolised 

branch is drastically changed if a gap is present at the embolic site, compared to a 

complete occlusion (see Fig. 6.16). Notably, with respect to the case with no gap, only 

a single proximal eddy formed in close proximity to the systemic branch, at Re = 200. 

No eddy formation was detected in proximity to the embolic site, as it appeared for the 

complete occlusion case (see Fig. 6.16b and Fig. 6.17a). This can have significant 

implications on the drug elution process and on the spatial distribution of the eluted 

drug. Notably, simulations revealed that the eluted drug was advected towards the two 

axisymmetric gaps and only a thin diffusion-dominated layer appeared in close 

proximity to the embolic site (data not shown). This suggests that the presence of a 

gap resulting from incomplete vascular occlusion may result in highly targeted delivery 

of the drug towards the embolised vascular segment.    

Additionally, eddy size was observed to vary only slightly with varying the gap size (at 

a fixed Reynolds number = 200). In this respect, eddy size was observed to increase 

with reducing gap size. Relevantly to the drug elution process, fluid velocity in the 

embolised channel was observed to reduce with reducing the gap size, conforming to 

increased hydraulic resistance. 

However, even for a fixed gap size, one could expect different fluid flow rates within 

the embolised branch depending on the location of the embolic event in the vascular 

system. For this purpose, numerical simulations have been performed at different flow 

rate ratios between the flow rate at the systemic branch outlet and the flow rate at the 

gaps. This was achieved by imposing specific outflow boundary conditions. Figure 6.21 

shows the distribution of streamlines in the embolised branch at three different flow 

rate ratios, at a fixed Re = 200. Flow rate weighting corresponded to 0.990 (a), 0.995 

(b), and 0.999 (c) at the systemic branch outlet; and 0.010 (a), 0.005 (b) and 0.001 (c), 

at the gaps. 
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Figure 6.21 Effect of varying the flow rate ratio between the systemic branch and the embolised 

branch, on the hydrodynamics in the embolised branch. Distributions of streamlines in the 

embolised branch are reported, at a fixed Re = 200 and D
gap

 = 0.020 cm. Flow rate weighting 

corresponded to 0.990 (a), 0.995 (b), and 0.999 (c) at the systemic branch outlet; and 0.010 (a), 

0.005 (b) and 0.001 (c), at the gaps. 

 

Results showed that reducing the fluid flow rate at the embolised branch outlets (i.e., 

gaps) caused the widening of the proximal eddy and the formation and widening of a 

second eddy, which was located more distally. These findings suggest that the 

hydrodynamics in the embolised branch likely depends on the combined effect of gap 

size and residual fluid flow rate. Given that for a specific gap size (which likely 

depends on the surface interaction between the bead and vessel inner wall) a range of 

different fluid flow rate values in the embolised channel may be detected in-vivo, these 
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observations may potentially have relevant implications on drug elution from embolic 

devices.  

To conclude, the numerical results reported here suggest that a wide range of 

parameters may contribute to the hydrodynamics in embolised vessels and, 

consequently, to the mass transfer of anticancer drugs from embolic devices. 

Experimental observations obtained using the in-house developed microfluidic devices, 

and illustrated in Chapter 5, have opened the way for the identification of physical 

parameters which may play a key role in this scenario, and which have not been 

considered in previous studies [18, 194, 213]. These include the inclination angle 

between the systemic vascular segment and the embolised vascular segment; the 

presence of a gap between the bead outer surface and vessel inner wall, and gap 

width; and the ratio between the systemic flow rate and the residual flow rate in the 

embolised vessel. All these parameters have been observed to contribute, individually 

or mutually, to the hydrodynamics within the embolised vessel. Findings reported here 

suggest that novel designs or adjustments to currently available apparatuses for 

studying drug elution from embolic devices may be required, in order to reproduce 

more faithfully the physiological hydrodynamic scenario during embolisation. 

 

6.3.3 Biomimetic three-dimensional models of single-bead embolisation at 

bifurcations 

6.3.3.1 Hydrodynamics within embolised microvessels: experiments and simulations  

Flow visualisation experiments using the constructed microfluidic devices revealed 

peculiar features of the hydrodynamics within microchannels which have been 

embolised by a single hydrogel bead (DC Bead®). Fig. 6.22 shows a representative 

microscope image of 1 μm diameter fluorescent tracer particles flowing within the 

microchannels. Microscope focus was set on the microchannel mid-plane. Experimental 

observations showed that, (i) a residual fluid flow was present within the embolised 

channel post-embolisation (Q
EMB

); (ii) a gap between the bead outer surface and channel 

inner wall was present (i.e., fluorescent tracers were observed to flow over the bead; 

data not shown); and (iii) eddies formed within the newly-formed cavity. Each of these 

experimental observations brings with it a range of potential implications in the field 

of vascular embolisation and drug elution from embolic devices. Notably, experiments 

are coherent with the results reported in Chapter 5, which highlighted the presence of 

a residual fluid flow rate in the embolised channel, post-embolisation; thus implicating 

that a gap between the bead and the channel surfaces is likely to be present.  
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Figure 6.22 Representative microscope image of 1 μm diameter fluorescent tracer particles 

flowing within the microfluidic device, in close proximity to the embolic event. Green arrows 

indicate the systemic flow direction, whilst light blue arrows indicate the presence of residual 

fluid flow rate in the embolised channel. Eddy formation within the embolised channel, in close 

proximity to the embolic bead, is clearly detectable. ϑ = 60°. Scale bar: 500 μm. 

 

A numerical model has been designed in an attempt to reproduce these peculiar 

features of the hydrodynamics within embolised microchannels. Experimental 

parameters for definition of model geometry and boundary conditions are reported in 

Table 6.6. 
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Table 6.6 Experimental parameters required for the model geometry construction and definition 

of boundary conditions. These include the Reynolds number in the parent channel (Re); the ratio 

between the flow rate in the embolised branch (Q
EMB

) and the total flow rate (Q
TOT

); bead polar 

radius (R
P
), equatorial radius (R

E
), contact radius (R

C
) and distance between bead centroid and the 

inlet section of the embolised branch (s
C
). 

 

 Parameter value 

Re 150 

Q
EMB

/Q
TOT 

0.5% 

R
P 

250 μm 

R
E
 386 μm 

R
C 

142 μm 

s
C 

694 μm 

 

 

A qualitative comparison between flow visualisation experiments and the distribution 

of streamlines in close proximity to the embolic bead is illustrated in Fig. 6.23. Results 

showed that the developed numerical model allowed for the replication of the main 

features of the hydrodynamics within embolised microchannels. Notably, results from 

the CFD simulations (Fig. 6.23b) showed the formation of eddy structures which 

displayed similarities, either in terms of size and position of eddy centre, with respect 

to the experimental observations. Importantly, it can be observed from Figs. 6.23a and 

6.23b that under specific experimental conditions part of bead surface area was 

positioned directly within the eddy structure, and that fluid streamlines surrounded 

this region of the bead forming circular vortices. This qualitative observation may 

potentially have relevant implications in chemoembolisation therapy, since the 

formation of vortices as a result of the embolic event may seriously influence either the 

kinetics of the drug elution process and the spatial distribution of the eluted drug. The 

hydrodynamics within embolised channels revealed here may indeed explain the 

observed enhanced drug elution from the bead portion located in close proximity to 
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the eddy structures, as illustrated in Chapter 5. From the moment a fraction of the 

eluted drug from this side of the bead is likely to be directed towards the systemic 

branch, the characterisation of eddy location and size is necessary to gain a better 

understanding and control over the governing physical parameters.  

 

 

 

Figure 6.23 (a) Microscope image of 1 μm diameter fluorescent tracer particles flowing within 

the microfluidic device, in close proximity to the embolic event. (b) Distribution of streamlines 

nearby the embolic event, as determined from CFD simulations. Pathlines correspond to the 

trajectories of massless particles released from channels mid-plane, providing a clear 

representation of eddy characteristics. Green arrows in (a) and (b) indicate the systemic flow 

direction. ϑ = 60°. 

 

Figure 6.24 shows the fluid velocity vector field in channel mid-plane, in a region 

located just after the embolic site, determined experimentally (Fig. 6.24a) and 

computationally (Fig. 6.24b). Results show that the numerical model faithfully 

reproduced the experimental velocity vector field and particularly velocity vectors 

direction. Furthermore, a region of higher fluid velocity in close proximity to the gap 

outlet was identified, whilst a low fluid velocity region was detected nearby the bead at 

the equatorial region. Also, a fully developed flow was achieved soon after the embolic 

site (at Re = 150). 

These observations further strengthen the potential of the developed CFD models in 

reproducing peculiar features of the flow dynamics within embolised microvessels.   
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Figure 6.24 (a) Experimental fluid velocity vector field in a region located after the embolic site. 

Microscope focus was set on microchannel mid-plane (in z-direction). (b) Numerical fluid velocity 

vector field in the same plane. Re
in
 = 150. ϑ = 60°. 

 

Given that the local hydrodynamic environment may significantly influence the drug 

elution process from embolic beads, the effect of a range of physical parameters can 

be investigated using the developed three-dimensional model, including the Reynolds 

number in the feeding channel and the fluid flow rate in the embolised channel.  

Fig. 6.25 illustrates the effect of Re on the position and size of eddies nearby the 

embolic bead. Three different Reynolds numbers were investigated, corresponding to 

50, 150 and 400. Q
EMB

/Q
TOT

 was equal to 1.5% in all cases examined. Results show that 

at the lower Re = 50, only a single eddy structure formed within the embolised branch, 

and the eddy centre was located close to the channel wall. Increasing Re from 50 to 

150 resulted in significant increase of eddy size, and the eddy centre was observed to 

be shifted towards the centre of the channel. Increased eddy size and fluid velocity 

with increasing Re are in agreement with numerical results using the simplified two-
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dimensional model, and can potentially have relevant implications in the spatial 

distribution of eluted drug from single embolic beads. Increasing Re from 150 to 400 

resulted in further translation of the eddy centre towards the embolic bead with part of 

bead surface being incorporated within the eddy structure.  

These findings suggest that increasing the Reynolds number in the feeding channel 

may potentially cause enhanced drug elution from the embolic bead, due to the 

synergistic effect of increased fluid velocity and changes in size and position of the 

eddy structures. This could explain the observed elution dynamics from a single distal 

bead, at varying Reynolds numbers regimes (as illustrated in Chapter 5) and suggests 

that an accurate prediction of blood flow within the target vasculature may be required 

in order to better control the spatial distribution of eluted drug from embolic beads. 

Figure 6.26 shows the effect of varying the ratio Q
EMB

/Q
TOT

, on the size and spatial 

location of the eddy structures within the embolised branch. Three different values for 

Q
EMB

/Q
TOT  

were investigated, corresponding to 2% (a), 1.5% (b) and 0.5% (c), respectively. 

Results show that at the higher Q
EMB

/Q
TOT

 (i.e., Q
EMB

/Q
TOT

 = 2%) a single eddy structure 

formed within the embolised branch. Reducing Q
EMB

/Q
TOT

 from 2% to 1.5% resulted in 

the translation and widening of the eddy structure, with part of the bead surface being 

surrounded by the eddy streamlines. These numerical findings suggest that the 

effectiveness of vascular embolisation (expressed here in the form of Q
EMB

/Q
TOT

) may 

play a key role in influencing the hydrodynamics within embolised vessels. Notably, 

higher embolisation effectiveness caused translation of the eddy structure towards the 

embolic bead, which likely caused increased drug advection and, potentially, increased 

drug concentration within the systemic circulation. This observation suggests that 

lower embolic effectiveness may be desired in order to minimise the systemic levels of 

the eluted anticancer drugs. However, further investigations are required to confirm 

this hypothesis. 
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Figure 6.25 Effect of the Reynolds number in the feeding channel on the hydrodynamics within 

the embolised branch. Distributions of streamlines nearby the embolic event, as determined 

numerically, at (a) Re = 50, (b) Re = 150 and (c) Re = 400. ϑ = 60°. Pathlines correspond to the 

trajectories of massless particles released from channels mid-plane. 
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Figure 6.26 Effect of channel blockage effectiveness (Q
EMB

/Q
TOT

) on the hydrodynamics within the 

embolised branch. Distributions of streamlines nearby the embolic event, determined 

numerically, at (a) Q
EMB

/Q
TOT

 = 2%, (b) Q
EMB

/Q
TOT

 = 1.5% and (c) Q
EMB

/Q
TOT

 = 0.5%. ϑ = 60°. Pathlines 

correspond to the trajectories of massless particles released from channels mid-plane 
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Fig. 6.27 shows the contours of fluid velocity at the bifurcation mid-plane and the 

velocity vector field in the embolised channel, in a region located before the embolic 

bead, at three different Reynolds number corresponding to Re = 50, 500, 1000. 

 

 

 

Figure 6.27 Contours of fluid velocity magnitude (a, c, e) in the bifurcation mid-plane, and 

velocity vector field in the embolised channel (b, d, f) at Re = 50 (a-b), Re = 500 (c-d) and Re = 

1000 (e-f). Coloured scale bars are reported. Values are in m/sec. ϑ = 60°.  
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Contours of velocity magnitude show that increasing Re resulted in increased fluid 

velocity within the systemic branch. Furthermore, it was observed that at the lower Re 

= 50, velocity field at the systemic branch outlet displayed a parabolic-like profile, 

whilst at the higher Re = 500 the velocity maximum was shifted towards the inner 

channel wall (i.e., skewed velocity profile) and this effect was more pronounced with 

further increasing Re up to 1000, as it can be observed from comparison between Fig. 

6.26a, 6.26b and 6.26c. Furthermore, it can be observed that higher fluid velocity 

within the embolised branch was detected at the higher Reynolds numbers. Either 

increased fluid velocity in the systemic branch and in the embolised branch could have 

relevant implications on the dynamics of drug elution from the embolic bead and the 

spatial distribution of the eluted drug further downstream within the vascular system.  

Additionally, fluid velocity vector fields clearly show that eddy size within the 

embolised channel increased with increasing Re, and that eddy centre simultaneously 

shifted towards the inner channel wall. 

 

6.4 Summary 

In the present Section, the hydrodynamics within embolised vessels has been 

investigated computationally and experimentally. Starting from previous studies which 

modelled the flow dynamics in embolised vessels as a flow past a cavity [213], a 

simplified two-dimensional model was designed which faithfully reproduced the so-

called T-apparatus geometrical design [17, 213]. Notably, this geometrical 

configuration is recognised by many as the one which more closely reproduces the 

physiological situation [17, 213]. However, experimental findings reported in Chapter 

5 and obtained by using biomimetic microfluidic devices, suggested that a range of 

different physical parameters likely contribute to influence the spatiotemporal 

dynamics of drug elution from embolic beads in-vivo. However, the effect of these 

parameters cannot be captured by using currently available in-vitro systems (i.e., USP 

Type II, T-apparatus). 

For this reason, modifications to the original T-apparatus design have been performed 

here and their effect on the local hydrodynamics has been investigated. Results 

revealed that the following physical parameters may play a pivotal role in governing 

the drug elution process: Reynolds number in the systemic vascular segment, 

inclination angle between the systemic branch and the embolised branch, presence of 
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a gap at the embolic site (i.e., resulting from incomplete occlusion) and gap width, and 

ratio between the flow rate in the systemic branch and the flow rate in the embolised 

branch. Interestingly, for given combinations of these parameters, one may achieve a 

more confined spatial distribution of the eluted drug within the target vasculature, or a 

less targeted drug distribution. Results reported here suggest that the effect of these 

parameters should be considered in the design of novel generations of in-vitro test 

methods for studying drug elution from embolic devices. 

However, the constructed two-dimensional models present simplifications with respect 

to the in-vivo situation. For this reason, a three-dimensional model of single-bead 

embolisation was designed, in order to mimic more faithfully the physiological 

situation. Both numerical and experimental model constructions have been performed. 

Results provided new insights into the hydrodynamics within embolised microvessels, 

thus opening the way to the use of numerical tools for getting a more pervasive 

understanding of the governing parameters influencing the kinetics of drug elution 

from embolic beads and the spatial distribution of the eluted drug within vascular 

systems. 

Notably, findings reported here may have further implications in the field of vascular 

embolisation, either therapeutical or pathological, and may provide relevant 

information regarding the stress levels and the flow dynamic environment to which 

endothelial cells are exposed when vascular occlusions occur.   
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Chapter 7 

 

 

Conclusions 

Advances in the fields of microfluidics and microtechnologies have opened the way for 

the miniaturisation of chemical, physical and biological processes and analytical 

techniques. Specifically, increasing interest has been devoted to the design and 

fabrication of microfluidic-based systems with application in biomedical research 

(referred to as biomicrofluidics). Biomicrofluidics has dramatically expanded in recent 

years, and increasing attention has been devoted to the pioneering field of 

miniaturisation of organ and tissue functions on a chip. With this respect, the unique 

properties of microfluidic devices have been exploited in order to mimic the flow 

dynamics of biological fluids within spatially commensurate biological environments, 

including microvascular systems. A range of different techniques have been employed 

for designing and fabricating microfluidic devices reproducing the architecture of the 

microvasculature, either in the form of straight microchannels or in the form of 

network-like microchannel constructs. 

However, it is widely recognised that current microfluidic systems are not capable for 

faithfully mimicking the haemodynamics within microvascular systems [15], due to 

simplifications in the architecture design. This significantly limits their potential large-

scale application in biomedical research fields which require a faithful replication of 

microvascular haemodynamics, such as vascular embolisation therapy, targeted drug 

delivery or treatment of venous disorders.   

In order to address these issues, biomimetic microchannel networks possessing key 

features of human arteriolar systems were designed and fabricated in this study. 

Microdevices characteristics included the circular shape of microchannel cross-section, 

the presence of both side- and bifurcation-branches, and selected channel length and 

diameter. Notably, the device’s transparency allowed for coupling with microscopy-
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based digital imaging technology enabling the quantification of clinically-relevant 

haemodynamic parameters, including fluid velocity profiles, cell-depletion layer width 

and RBCs distribution. With the developed microfluidic devices, the flow dynamics of 

red blood cells suspensions was investigated under a range of different fluidic 

conditions, and analogies between the developed in-vitro models and in-vivo 

experimental observations or theoretical/numerical models were identified. 

Specifically, fluid velocity profile characteristics (i.e., bluntness and asymmetry) were 

observed to depend on the location within the network (i.e., proximal or distal) and on 

the local haematocrit, which in turn depended on the fractioning of RBCs at 

bifurcations and side branches. Interestingly, the size of the cell-depletion layer 

displayed an inverse relationship with the channel inner diameter and the inlet 

discharge haematocrit. Specifically, the average dimensionless CDL was equal to 0.172, 

0.048, 0.027 (at Ht
d
 = 45%), and 0.276, 0.085, 0.051 (at Ht

d
 = 20%) for 100 μm, 150 

μm and 200 μm inner diameter channels, respectively. Moreover, the distribution of 

RBCs at the network outlets was observed to strongly depend on the local Reynolds 

number in the feeding channel, suggesting implications on the peripheral oxygen 

supply to the tissues. With this respect, results revealed that high-Re regimes (i.e., Re = 

40) within asymmetric microchannel networks were associated with a more 

homogeneous Ht distribution at the network outlets, compared to the lower Re (i.e., Re 

= 0.4). 

These advancements opened the way for the application of the developed microfluidic 

devices as in-vitro models for investigating the functional behaviour of embolic devices 

which rely on the principle of tumour starvation for treating tumours (embolisation), or 

on the synergistic effect of tumour starvation and anticancer drugs 

(chemoembolisation). Currently, the performance of embolic or chemoembolic devices 

is mostly investigated by using animal models and post-embolisation analysis 

techniques [152], which however impede to capture the dynamic nature of the 

embolisation and chemoembolisation processes. Notably, it is widely recognised that 

there is no standard current in-vitro device or technique which has been designed for 

characterising the performance of embolic or chemoembolic devices [17]. 

In this study, the flow behaviour of embolic beads was characterised by adopting a 

two-steps approach, in which a simplified geometry was firstly employed (i.e., straight 

microchannel), followed by a network-like microchannel architecture which more 

closely reproduced the physiological fluidic environment. The devices’ optical 

accessibility, coupling with high resolution analytical systems and fine control of 

boundary conditions allowed for the identification of clinically-relevant parameters 

which may play a pivotal role in determining the embolisation performance of hydrogel 
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beads. These parameters include: bead size and deformability, concentration of beads 

in the embolic suspension, fluid inertia, degree of bead confinement, RBCs 

concentration in the working fluid.  

By investigating bead flow behaviour within straight microchannels, it has been 

revealed that bead radial equilibrium position (y
eq
) and axial velocity (v

p
) depended on 

either the degree of bead confinement (α) and the Reynolds number. In case of 

Newtonian background flow, results agreed with previous experimental and theoretical 

studies. However, introducing RBCs into the flow led to significant change in both y
eq
 

and v
p
 distribution in the α-space. Specifically, at Ht

d
 = 40% and Re = 10, y

eq
 for each α 

shifted towards the channel centre. At Re = 20, y
eq
 exhibited a similar centripetal shift 

when α < 0.15. However, when α > 0.15, y
eq
 ceased to acquire unique values at a given 

α, and the distribution of beads lateral position widened with increasing α, as a result 

of beads oscillation within the flow field. Importantly, it was observed that in the 

presence of RBCs, v
p
 suddenly decreased when α reached a critical value at which there 

was no distinctive lateral equilibrium position. The role played by the underlying 

physical parameters on beads oscillatory dynamics was investigated, and three 

interesting points emerged: (i) oscillatory behaviour was exhibited only by the beads 

with large diameter i.e., high degree of confinement, (ii) even with large beads, 

oscillation occurred only in presence of high haematocrit level (≥ 20%) and in relatively 

high flow Reynolds number, and (iii) the critical Re at which the oscillation began 

decreased with increasing haematocrit level. Results thus suggested a synergistic 

implication of confinement and shear thinning in triggering bead oscillations at the 

higher α, as aggravated by more prominent shear thinning effects being induced at 

high haematocrit levels. Conversely, at lower degree of confinement (e.g., α < 0.15), a 

competitive effect of confinement and shear thinning in triggering bead oscillations 

was suggested, which was likely to prevent smaller beads from oscillating within the 

range of Reynolds numbers investigated. These experimental observations may 

provide relevant information towards a more accurate prediction of the temporal and 

spatial dynamics of vessel occlusion processes within vascular systems and the 

identification of the underlying physical mechanisms. 

Towards this aim, further experiments were carried out using microchannel networks. 

Bead partitioning at bifurcations, penetration performance and spatial location of the 

embolic events were investigated. Bead partitioning at bifurcation (N
B1
/N

A
) showed a 

dependence on bead size, concentration in the embolic suspension (γ) and fluidic 

environment (Re). Specifically, at the middle level of bead concentration, i.e., γ = 17.5% 

(v/v), the effect of bead size on partitioning was attenuated, with a slight decrease in 

N
B1
/N

A
 when larger beads were used. However, a clear decrease in N

B1
/N

A
 from 0.23 to 
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0.11 was observed with an increase in bead size at a low bead concentration (γ = 12.5% 

(v/v)). In contrast, a high bead concentration (γ = 22.5% (v/v)) showed significant 

increase in N
B1
/N

A
 from 0.31 to 0.39 when the bead size increased. For beads with a 

given size range, N
B1
/N

A
 increased with an increase in bead concentration indicating 

that a higher bead concentration was favourable for beads entering the smaller branch, 

resulting in a less predictable location of the embolic events. Moreover, it was found 

that bead partitioning increased with increasing Re, particularly for the smaller beads 

(300-500 μm in diameter), which was indicative of the size- and Re- dependence of 

bead radial position, as revealed from experiments on straight channels.  

Importantly, embolisation experiments revealed that smaller beads allowed for more 

distal occlusions with reduced control of the spatial location of embolic events, which 

likely originated from the aforementioned spatial distribution of beads at branching 

sites. This suggests that more distal injection of the embolic particulate would be 

required in order to minimise the risk of non-target devascularisation with low-calibre 

beads. Conversely, larger beads generated effective proximal embolisations with an 

improved reproducibility of the embolisation performance. Furthermore, an 

adimensional parameter (penetration coefficient, Φ) was introduced providing a 

quantitative indication of bead penetration performance in microchannel networks. Φ 

was found to be 0.0024, 0.0049 and 0.0067 for average bead diameters of 400 μm, 

600 μm and 800 μm, likely due to the increased bead deformability with increasing 

bead size.  

Results can have significant implications in embolisation-based cancer therapy, 

providing practical guidelines to clinical and industrial subjects. Notably, bead physical 

properties can be tuned by appropriate selection of the production strategy, whilst the 

local haemodynamics can be actively varied by implementation of ad hoc clinical 

procedures or image-guided selection of the injection artery.  

Embolisation with hydrogel beads within the developed microfluidic devices displayed 

phenomenological analogies with observations performed using animal models or 

clinical data. This opened the way for the application of the developed microdevices for 

investigating the elution kinetics of anticancer drugs from embolic beads under 

physiologically relevant fluidic conditions. Experimental observations revealed that 

both drug elution kinetics and the amount of eluted drug from embolic beads were 

affected by the Reynolds number in the feeding channel and, importantly, by the 

spatial location of the embolic event within the target vasculature (i.e., proximal or 

distal embolisation). Specifically, results showed that proximal embolisation generally 

caused burst-like elution of doxorubicin from single embolic bead, with the majority of 



Dario Carugo                                                                            Chapter 7 – Conclusions 

189 

 

the drug being eluted within the first few hours from the embolic event (i.e., fractional 

amount of eluted drug, ϕ = 0.55 after 3 hours from the embolic event) and ϕ reaching a 

plateau level after ~ 10 hours. This type of elution kinetics has been defined as short-

term elution. In contrast, distal embolisation was observed to cause slower sustained 

elution of doxorubicin during time, characterised by minimal burst-like elution within 

the first few minutes from the embolic event followed by constant elution rate. This 

type of elution kinetics was defined as long-term elution.  

Notably, the kinetics of drug elution from single proximal bead was observed to be 

significantly influenced by the local flow dynamic environment (i.e., Reynolds number 

in the feeding channel). In particular, at the lower Re
in
, bead showed a relatively 

sustained and slow drug elution during time, likely due to the lower fluid velocity and 

associated reduced drug advection. By increasing Re
in
 from 71.28 to 213.54 resulted in 

increased drug elution within the first 40 minutes from the occurrence of the embolic 

event, corresponding to a faster kinetics. However, when Re
in 

was increased from 

213.54 to 287.27, the average drug elution profile displayed a counterintuitive 

kinetics, characterised by sustained drug elution rather than enhanced burst-like 

elution. This was attributed to bead dynamic penetration within the embolised branch 

caused by increased deformability during drug elution, which was particularly 

enhanced at the higher Re causing a slowing-down of the elution process. 

Conversely, elution profiles for distal beads showed sustained and slow release after 

the first few minutes from embolisation. Interestingly, the elution rate did not change 

significantly with changing Re
in
, thus suggesting that for distal embolisation when bead 

was completely penetrated within the embolised channel the kinetics of drug elution 

from embolic bead was affected to a less extent by the hydrodynamics in the feeding 

channel. These experimental observations may have multifarious clinical implications 

and suggest that effective penetration of the embolic bead would be preferred, since it 

may cause drug elution kinetics to be less affected by the local haemodynamics in the 

target vasculature, compared to a proximal embolisation. Interestingly, microscopy-

based experimental observations revealed enhanced drug elution from the bead 

surface area oriented towards the feeding channel, which was observed to be caused 

by the formation of laminar vortices in the embolised branch post-embolisation.  

These observations could not be captured by other in-vitro systems currently employed 

for studying drug elution from drug delivery systems allowing for unique insights into 

the spatiotemporal dynamics of drug elution from embolic beads to be revealed.  



Dario Carugo                                                                            Chapter 7 – Conclusions 

190 

 

Finally, numerical simulations helped to characterise the hydrodynamics at the embolic 

site and provided further information about the key governing physical parameters 

affecting the spatial distribution of eluted drug at biomimetic bifurcations. For this 

reason, physiologically-relevant modifications to the original T-apparatus design have 

been performed and their effect on the local hydrodynamics has been investigated. 

Furthermore, a biomimetic design of single-bead embolisation was implemented which 

showed good agreement with experimental flow visualisation experiments.  

Numerical results revealed that a range of physical parameters may play a pivotal role 

in governing the drug elution process, including Reynolds number in the systemic 

vascular segment, inclination angle between the systemic branch and the embolised 

branch, presence of a gap at the embolic site (i.e., resulting from incomplete occlusion) 

and gap width, and ratio between the flow rate in the systemic branch and the flow 

rate in the embolised branch. Interestingly, the size and strength of eddies nearby the 

bead was observed to increase with increasing Re and the effectiveness of the vascular 

occlusion. Findings suggest that the effect of the aforementioned parameters should 

be considered in the design of novel generations of in-vitro test methods for studying 

drug elution from embolic devices.  

In conclusion, the results of this study have established that microfluidics could be 

employed as a powerful tool for mimicking the flow dynamics and the functional 

behaviour of embolic devices and drug delivery systems within the microvasculature. 

Significant steps have been performed towards a more pervasive understanding of the 

mechanisms governing embolisation and chemoembolisation therapy, offering a novel 

method and knowledge to improve the therapeutic outcome. Considering the rapid 

expansion of both the fields of embolotherapy and microfluidics, the expansion of the 

knowledge at their intersection is likely to provide new exiting avenues in the future 

for designing patient-specific targeted drug delivery techniques for cancer therapy 

while the ideal embolic agent has not yet been found [111]. 
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Chapter 8 

 

 

Future perspectives 

The results presented here are encouraging, but there are many areas that should be 

investigated in the future. 

 

8.1 Faithfull replication of the physiological microenvironment on-a-chip 

The developed biomimetic microchannel networks reproduce fundamental 

characteristics of in-vivo arteriolar systems and allow for in situ investigation of 

haemodynamic and haemorheological parameters of clinical relevance. However, 

further improvements are required in order to faithfully replicate on-a-chip the 

physiological situation. These include:  

 the mimicking of the physiological pressure wave, that could be achieved by 

implementation of a pressure-controlled pump capable for the generation of 

arbitrary pressure waves.  

 The mimicking of vessel distensibility, which could be achieved by selection of 

the appropriate material (i.e., polydimethylsiloxane, PDMS) and implementation 

of test methods for quantification of microchannel distensibility.  

 The mimicking of the endothelial layer lining the inner vessel wall, that could 

be achieved by culturing endothelial cells (i.e., Human Umbilical Vein 

Endothelial Cells, HUVECs) within the microfluidic device in order to achieve 

complete coating of microchannels inner surface. With this respect, material 

properties should be selected in order to preserve the biocompatibility of the 

micro-environment.  
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 The mimicking of vessel wall permeability with respect to bioactive molecules 

of interest that could be achieved by selection of the appropriate material or by 

actively changing material microstructure (i.e., porosity). 

 

8.2 Theoretical analysis of multiphase microfluidics with embolic beads 

Results presented here showed that the flow behaviour of hydrogel embolic beads 

within straight microchannels is governed by a complex interplay between fluid inertia, 

fluid rheology (i.e., haematocrit) and degree of confinement. Under given experimental 

conditions, beads have been observed to undergo an oscillatory dynamics. However, 

the reason behind this experimental observation remains unclear and only an 

experimental-based qualitative explanation has been provided. Given the large 

spectrum of experimental conditions investigated, a theoretical model could be 

developed which may provide further insights into the governing physical mechanisms.   

Additionally, the effect of flow pulsatility (which may be relevant in small arteries with 

diameter ~ 1 mm) and vessel distensibility on bead flow behaviour have not been 

investigated here and represent potential subjects for further investigations.  

 

8.3 Further understanding of embolisation mechanisms  

It has been demonstrated that bead flow behaviour and embolisation performance 

within biomimetic microchannel networks depends on a range of clinically-relevant 

parameters, including the concentration of embolic material in the embolic 

suspension, the size range of the injected embolic beads and the Reynolds number in 

the feeding artery. Although results reported here may be of help to define clinical 

guidelines in embolisation therapy, a range of further investigations are required in 

order to obtain a more comprehensive understanding of the process. In particular, the 

following parameters and their effect on beads embolisation performance and flow 

behaviour should be investigated, including:  

 Injection velocity of the embolic suspensions.  

 Vessel distensibility.  

 Physiological pressure wave.  

 Presence of RBCs in the working fluid.  

Furthermore, it would be of valuable clinical interest to evaluate differences in the flow 

behaviour between loaded beads and unloaded beads.  
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8.4 Further development of biomimetic models for examination of 

chemoembolisation 

Results reported here demonstrated the capability of the developed microfluidic 

biomimetic devices for investigating the kinetics of drug elution from embolic beads, 

at a single-bead level. The developed microfluidic-based technique closely mimicked 

the physiological flow dynamic micro-environment. However, currently developed 

microdevices are not capable for mimicking the mass transfer of bioactive molecules 

through the vessel wall and the surrounding tissues. Notably, the spatial distribution of 

the eluted drug depends on drug elution profile, as well as on the interaction between 

the drug and the tissue [18].   

A comprehensive model for chemoembolisation studies should thus be designed in 

order to allow for these processes to be replicated in-vitro. This requires a careful 

selection of the material properties. 

Additionally, given the wide range of embolic bead diameters currently available on the 

market [18, 100, 110], a microfluidic device capable for testing a wider spectrum of 

bead sizes would be preferred. 

 

8.5 Numerical analysis of chemoembolisation 

Numerical simulations have been performed in order to characterise the flow dynamic 

environment at the embolic site and the spatial distribution of eluted drug at 

biomimetic bifurcations. Results showed that the embolic event is associated with the 

onset of a peculiar hydrodynamic environment, and that a range of physical 

parameters can play an important role in it. Preliminary numerical results suggest that 

a more careful design of in-vitro test methods currently employed to measure the 

kinetics of drug elution from embolic devices [18, 157, 208, 213] should be 

considered. 

However, current numerical models could be further modified in order to capture the 

complex phenomenology of the chemo-embolisation process, by taking into account:  

 The effect of a physiological pressure wave.  

 The mass transfer of doxorubicin hydrochloride through the vessel wall.  

 A dynamic variation of bead mechanical properties as a result of drug elution.    
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8. 6 Standardisation of in-vitro embolic and chemoembolic test procedures 

Finally, it is also worth of notice that further technological advancements are required 

in order to develop in-vitro platforms capable for replacing animal models for studying 

the functional behaviour of embolic and chemoembolic devices. On the other hand, the 

lack of standard code of practice in the clinic [18, 118, 157] and the wide range of 

embolic and chemoembolic devices currently available on the market, make the design 

of standard in-vitro test methods for large-scale application a challenging problem. 

Due to the aforementioned limitations, it is difficult to perform a quantitative 

correlation between experimental data obtained in-vitro and data obtained in-vivo. The 

establishing of widely-accepted methods in the field of therapeutic embolisation thus 

needs to be addressed by the scientific community in the near future. 
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APPENDIX A1 

 

The use of an ultrasonic standing wave 

microfluidic system for facilitating the 

delivery of pharmaceutical agents 

Sonoporation is a useful biophysical process for facilitating the transmembrane delivery of 

therapeutic agents from the extracellular to the intracellular milieu. Conventionally, 

sonoporation is carried out in the presence of ultrasound contrast agents, which are known 

to greatly enhance transient poration of biological cell membranes. However, in-vivo 

contrast agents have been observed to induce capillary rupture and haemorrhage due to 

endothelial cell damage and to greatly increase the potential for cell lysis in-vitro. Here, 

sonoporation of cardiac myoblasts in the absence of contrast agent (CA-free sonoporation) 

is described using a low-cost ultrasound-microfluidic device. Within this device an 

ultrasonic standing wave was generated, allowing control over the position of the cells and 

the strength of the acoustic radiation forces. Real-time single-cell analysis and 

retrospective post-sonication analysis of insonated cardiac myoblasts showed that CA-free 

sonoporation induced transmembrane transfer of fluorescent probes (CMFDA and FITC-

dextran) and that different mechanisms potentially contribute to membrane poration in the 

presence of an ultrasonic wave. Additionally, it has been shown that sonoporation induces 

increased cell cytotoxicity as a consequence of CA-free ultrasound-facilitated uptake of 

pharmaceutical agents (doxorubicin, luteolin and apigenin). The US-microfluidic device 

provides an in-vitro alternative to expensive and controversial in-vivo models used for 

early stage drug discovery, and drug delivery programs and toxicity measurements.  
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A1.1 Introduction 

Gas-filled ultrasound contrast-agent microbubbles (UCA or CA) have been used for 

many decades in diagnostic imaging as they are effective back-scatterers of ultrasound 

(US) in perfused tissue [242]. More recently, CAs are being explored experimentally, 

both in-vitro [243] and in-vivo [244], and pre-clinically for their therapeutic potential in 

the expanding fields of targeted gene, antibody and drug delivery [245, 246]. In 

particular, at specific ultrasonic frequencies, resonant CAs are known to drastically 

enhance transient poration of biological cell membranes (sonoporation) [247].  

Sonoporation is a useful biophysical mechanism for facilitating the transmembrane 

delivery of therapeutic agents from the extracellular to the intracellular milieu. Other 

techniques for facilitating the transmembrane delivery of bioactive molecules include 

electroporation using high intensity electric fields to reversibly permeabilise cell 

membranes [248], microinjection using micromanipulators and microneedles to inject 

molecules directly into the cell [249] and laser irradiation using a focused laser beam 

to induce membrane permeabilisation [250]. However, sonoporation uses ultrasound 

to create transient membrane pores and is referred to as a “gentle” technique for 

facilitating transmembrane delivery [251].  

One of the accepted hypotheses is that sonoporation occurs by non-thermal acoustic 

cavitation, whereby air or gas bubbles under acoustic wave excitation form cavitation 

nuclei [252]. Intrinsic formation of “free” gas bubbles within living tissue is rare, with 

the exception of lung and intestinal tissue [253]. Additionally, free gas bubbles are 

unstable in liquid and will rapidly dissolve as a consequence of surface tension at the 

gas-liquid interface. As such, stabilised CAs (gas bubbles encapsulated with albumin, 

galactose, lipid or polymer shells) are intentionally introduced into tissue to enhance 

ultrasound back-scatter, yielding high quality imaging [254]. Such CAs are micrometer 

size (1-10 µm diameter) allowing safe medical applications. The dynamic behaviour of 

CAs in an ultrasound field is size-, shell- and gas composition-dependent. Capturing 

the dynamics of CAs experimentally usually requires high-speed photographic imaging 

techniques [255]. However, generally at low acoustic pressures CAs oscillate stably 

(non-inertial cavitation) but as the driving pressure increases more complex non-linear 

interactions occur. At relatively high pressure amplitudes CAs expand in volume, 

followed by rapid contraction and “violent” collapse (inertial cavitation). CA collapse 

has been observed to induce capillary rupture and haemorrhage due to endothelial cell 

damage in-vivo and to greatly increase the potential for cell lysis in-vitro [256]. 

However, CA collapse (also called ultrasound targeted microbubble destruction or 
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UTMD) is also exploited for local drug and gene delivery. The underlying mechanisms 

involved in delivery are cavitation and formation of microjets creating micropores in 

cell membranes by high amplitude oscillations induced by ultrasonic frequencies that 

are traditionally used in myocardial contrast echocardiography (MCE) [257]. UTMD can 

be applied to any US accessible or well-perfused tissue, however cardiac applications 

are leading this field of research due to its origin in MCE and accessibility of the heart 

[258]. 

Cardiovascular drug delivery programs and toxicity measurements generally involve 

the sacrifice of many animals. Additionally, cardiac cell isolation is a complex, multi-

step process [259]. Therefore H9c2, a commercially available myogenic cell line 

derived from embryonic rat heart ventricle [260], and which has reportedly comparable 

levels of drug metabolising enzymes [261], provides a valuable in-vitro alternative to 

the use of rat hearts and thus reducing reliance on in-vivo research. This may 

contribute, at least in some way, to the 3Rs philosophy (reduction, refinement and 

replacement of animal experiments) [262], which is also in line with a national centred 

UK government-sponsored scientific organisation, NC3Rs [263]. 

The experimental work presented in this Chapter aimed to demonstrate the 

intracellular delivery of pharmaceutical agents to cardiac myoblasts by non-inertial CA-

free sonoporation. An ultrasonic standing wave (USW) was generated within a 

biocompatible microfluidic device, which enabled high cell viability to be maintained.  

The first notable study utilising USW to induce sonoporation was by Khanna et al. [264] 

where CA was used to induce haemoglobin release from blood cells. Whilst this effect 

was largely attributed to cavitation, there were also indications that the cells were 

being stressed whilst travelling towards the nodal plane, but only in the presence of 

CA. Interestingly, Lee & Peng [265] and Rodamporn [266] have both reported 

successful cellular gene transfection by sonoporation within a USW but in the absence 

of CA. Lee & Peng attributed their success to streaming around cells trapped at the 

nodal plane, however no direct evidence of streaming was presented. More recently 

Kinoshita and Hynynen [267] and Hassan [268] have concluded that USWs increase 

sonoporation but typically at the expense of viability. However, Rodamporn’s detailed 

study of operating conditions does suggest that careful selection of conditions can 

limit loss of viability whilst retaining high transfection rates [266].  

Following Rodamporn’s study, the microfluidic device design has been considered in 

order to provide a low-stress, biocompatible environment for the cells within the 

ultrasonic field [269]. Microfluidic-based systems offer advantages over conventional 
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bench systems in terms of performance, reduced sample/solvent quantity, automation 

and fine regulation of the boundary conditions [270, 271]. The micro-scale, in which 

fluidics is restricted to laminar flow and diffusive mixing, allows precise control of the 

physical parameters within the fluidic environment. In addition, coupling with 

microscope-based imaging techniques, provides a platform for in situ analysis of 

individual cells exposed to US or other physico-chemical stimuli [272, 273].  

Within the microfluidic device an USW was generated to induce sonoporation and also 

to control the position of the cells. Acoustic radiation forces experienced by the cells 

moved them reliably to an acoustic pressure node, mid-plane of the fluid chamber, in a 

single focal plane suitable for microscope observation. Additionally the microdevice is 

an easy-to-use and cost-effective miniaturised system for facilitating drug uptake, and 

which potentially offers an alternative to more expensive macro scale systems or 

animal models which are routinely used in early stage drug screening and drug delivery 

programs. The device also has scope for coupling with other high resolution 

technologies and may assist high throughput screening.  

Notably, this is the first study demonstrating facilitated drug up-take, resulting from 

CA-free sonoporation, by cytotoxic measurements pre- and post- sonication.  

 

A1.2  Materials and Methods 

CA-free sonoporation (Fig. A1.1) was investigated by either real-time single-cell analysis 

or retrospective post-sonication analysis, using low-, intermediate- and high- molecular 

weight therapeutic agents or fluorescent probes employed as a traceable model of 

bioactive molecules. A microfluidic approach, based on a cost-effective and easy-to-use 

experimental platform, was adopted to assess CA-free sonoporation of suspended 

cells.  

 

A1.2.1 General reagents 

Dimethylsulfoxide (DMSO), trypsin-EDTA, trypan-blue (0.4%), MTT (3-[4,5-

dimethylthiazol-2-yl]-2,5-diphenyltetrazolium bromide), FITC-dextran, doxorubicin, 

apigenin, luteolin, glycerol, foetal calf serum (FCS), DMEM and penicillin-streptomycin 

were purchased from Sigma-Aldrich (Dorset, UK). 5-chloromethylfluorescein diacetate 

(CMFDA, Cell Tracker Green) and propidium iodide (PI) were purchased from Invitrogen 
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(Paisley, UK). OptisonTM gaseous CA (3.0-4.5 μm diameter) was purchased from GE 

Healthcare (Hatfield, UK). H9c2 cardiac myoblast cells were obtained from 

Southampton General Hospital (Southampton, UK). 

 

 

 

 

Figure A1.1 Schematic representation of the phenomena under investigation. Under normal 

condition (no US) the cell membrane is either impermeable or selectively permeable to small- and 

macro-molecules (i.e., bio-active or probe molecules) (top-left). An USW was applied to cells 

suspended within the microfluidic environment in the absence of CA. The ultrasonic wave 

interacts with cell membrane (US-membrane interaction) through mechanisms that remain widely 

uninvestigated. Both thermal and non-thermal mechanisms may contribute to membrane 

permeabilisation (top-right). US exposure allows the transmembrane transfer of molecules, 

occurring through the formation of membrane pores (membrane poration) (bottom). Reprinted 

with permission from [274]. Copyright © 2011. American Institute of Physics. 

 

A1.2.2 Ultrasonic microfluidic device for CA-free cell sonoporation  

The ultrasonic microfluidic device used in this study consisted of a disposable glass 

micro-capillary (length: 30 mm, width: 6 mm, inside height: 300 μm, glass thickness: 

300 μm – VitroCom, UK) acoustically coupled to a piezoelectric transducer (PZT; PZ26 

Ferroperm, Denmark) by means of a thin film of glycerol. The transducer (length: 20 

mm, width: 6 mm and height: 1 mm) was held in place by a poly-methyl methacrylate 
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(PMMA) spring loaded clamp (Fig. A1.2a) and driven by an RF power amplifier (240L 

ENI, Italy) fed from a signal generator (TG103 TTI, UK). An USW was generated within 

the microfluidic device at a resonant frequency determined through electrical 

impedance measurements (C-60, impedance analyser, Cypher Instruments Ltd., UK). 

This configuration allowed cells to migrate towards a nodal plane equidistant from the 

top and bottom surfaces of the capillary (Fig. A1.2b) [275]. All cells flowing through 

the acoustic environment experience similar USW levels as the device design allows 

spatial averaging. The acoustic pressure (P) within the capillary was measured through 

a drop-voltage analysis, using 20 μm diameter fluorescent polystyrene beads [276]. 

Polyofelin heat shrink tubing was used to stabilize silicon inlet and outlet tubing (1.6 

mm OD, 1 mm ID) for fluid delivery and release (Fig. A1.2b). All tubing was used with a 

minimum length in order to minimize cell sedimentation.  

 

 

 

Figure A1.2 (a) Microdevice photograph. Cells were injected within the microfluidic device 

through silicon fluidic connections and collected in a sterile culture flask. The device was placed 

on the stage of an inverted microscope. (b) When actuation matched the resonance condition in 

the capillary (resonance frequency, f
R
 = 2.27 MHz) a localised standing wave was generated 

above the transducer. Acoustic radiation forces experienced by the cells move them reliably to 

an acoustic pressure node in a single focal plane suitable for microscope observation. Reprinted 

with permission from [274]. Copyright © 2011. American Institute of Physics. 
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A continuous-flow (Q
in
 = 0.1 mL/min; Reynolds number, Re = 0.53) was established 

within the microdevice by means of a syringe pump (KD100, KD Scientific Inc., US) 

allowing the processing of the relatively large numbers of cells (0.2×106 cells/min) 

required for the present study. The continuous-flow configuration is particularly 

advantageous for processing large numbers of cells compared with microinjection and 

laser configured systems, in which only single cells or low cell numbers can be 

processed [277]. 

 

A1.2.3 Preparation of cells for ultrasound assays 

H9c2 cardiomyoblasts were selected as a biological model to investigate CA-free 

sonoporation of suspended cells within the developed microdevice. H9c2 cells were 

routinely cultured in DMEM culture medium supplemented with 10% (v/v) foetal calf 

serum and 1% (v/v) penicillin-streptomycin. Cells were maintained at 37 °C, 5% CO
2
 in 

air with 95% humidity. 

At 70% confluence (passage range 8-15) H9c2 cells were harvested and cell viability 

was determined by trypan blue exclusion. Cell concentration was determined by means 

of a Neubauer haemocytometer (depth: 0.1 mm, area: 0.04 mm2).  

 

A1.2.4 Temperature monitoring during applied ultrasound 

Temperature was measured on the external surface of the PZT transducer by means of 

a digital thermometer while the microdevice was filled with cell culture medium.  

Recordings were taken over the range of 0-40 volts peak-to-peak (V
pp

) and at 1 min 

time intervals. Both temperature trend and maximum temperature variation were 

quantified. 

 

A1.2.5 Cell viability in the absence (CA-free) and presence of ultrasound contrast 

agent   

Harvested H9c2 cells in serum-free medium were placed in a 1 mL syringe at a 

concentration of 2x106 cells/mL. Cell viability was established under both static 

conditions (i.e., cells seeded directly onto a sterile microtitre well plate) and 

continuous-flow (inlet flow rate, Q
in
 = 0.1 mL/min) at 0, 10, 20, 30 and 40 peak-to-peak 

voltage (V
pp

), in both the presence and absence (CA-free) of contrast agent. For each 
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amplitude, 1 mL of cell suspension was collected in individual sterile flasks and 

dispensed (100 µL x 6 repeats) with a multichannel pipette into corresponding rows of 

the microtitre well plate and incubated at 37 °C. Cell viability was determined by 

propidium iodide (PI) assay. PI (10 μM) was added to the cell suspension and the 

fluorescence intensity (λ
exc

 = 485 nm, λ
em

 = 510 nm) was quantified using a FLUOstar 

Omega plate reader, and data processed using Omega v. 1.20 and Mars data analysis 

v. 2.00. For establishing cell viability in the presence of CA, an average concentration 

of 33 bubbles/cell was added to the cell suspension [278]. Additionally, acoustic 

pressure levels employed in the present study fall into the range of acoustic pressure 

to which CAs are exposed in-vivo [279]. 

 

A1.2.6. Single-cell analysis of CA-free cell sonoporation 

Single-cell analysis was performed in order to investigate CA-free cell sonoporation 

using CMFDA, an intracellular low-molecular size (464.86 MW) membrane-impermeable 

fluorescent probe. The reduction of intracellular fluorescence intensity was quantified 

as an indicator of in situ CMFDA efflux induced by cell sonoporation.  

 

A1.2.6.1. Minimisation of CMFDA photobleaching 

In order to determine CMFDA efflux induced by CA-free sonoporation, quantification of 

superfluous intracellular CMFDA photobleaching was required.  

Prior to harvesting, H9c2 cells were incubated with 5 µM CMFDA (in fresh serum free 

medium) at 37 °C. After 45 min, the medium containing CMFDA was aspirated and 

replaced with fresh medium and cells were incubated for a further 30 min to allow cell 

recovery. Cells were then harvested and placed in a 5 mL plastic syringe and infused 

into the device. Cells were imaged in the absence of ultrasound but exposed to 

fluorescent light (λ
exc

 = 485 nm). A pulsed fluorescent light (∆t = 1 min, synchronised 

with the CCD camera) at varying exposure times (t
exp

 = 150, 200 and 300 ms) was 

applied in order to quantify the photobleaching. The fluorescence emitted by 

intracellular CMFDA was measured by sampling a minimum of 10 individual cells at 

each exposure time. Intracellular fluorescence intensity was quantified using an 

automated in-house MATLAB-based code (The MathWorks Inc., US). 
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Figure A1.3 (Left) Fluorescent microscope image of a single cardiac myoblast within the 

microfluidic device. (Right) Contours of fluorescence intensity on the cell surface, in which the 

fluorescence intensity is proportional to the concentration of intracellular CMFDA, as calculated 

by the MATLAB-based code. 

 

A1.2.6.2 CMFDA efflux by CA-free cell sonoporation 

CMFDA loaded cells were injected within the microfluidic device and allowed time to 

migrate towards the nodal plane (Fig. A1.2b) prior to imaging. Migration was estimated 

to be 1-3 sec, depending on the excitation voltage. Fluorescent images of single cells 

were captured at 1 min time intervals, at varying excitation voltages (3.2, 5.6 and 9.2 

V
pp

). Images at each voltage were obtained on different days in order to eliminate 

intracellular CMFDA degradation over the experimental duration, and voltages were not 

selected incrementally. After correcting for photobleaching, intracellular fluorescence 

intensity was quantified using an in-house MATLAB-based code (Fig. A1.3).  

 

A1.2.7 Retrospective analysis 

A1.2.7.1 Drug cytotoxicity comparison pre- and post- sonication 

The intracellular delivery of low- (apigenin 270.24 and luteolin 286.24) and 

intermediate- (doxorubicin 543.52) molecular weight therapeutic agents, induced by 

CA-free cell sonoporation, was investigated through retrospective post-sonication 

analysis. Therapeutic agents included doxorubicin which has known cardiotoxic 

activity [280], apigenin which has known cardioprotective activity [281] and luteolin 

which is a known active metabolite of apigenin [282]. The drug concentration (100 µM) 

was established from a short incubation (4 hours, minimum time to allow for cell 

adhesion) cytotoxicity curve (data not shown) for apigenin (the least active of the three 

compounds) in order to identify a concentration that would elicit marginal cell toxicity 

(IC
25

) pre-sonication. This concentration was then applied with luteolin and doxorubicin 
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in order to observe whether CA-free sonoporation was achievable for structurally 

diverse drug molecules, regardless of their initial or intrinsic toxicity. 

Harvested H9c2 cells were suspended at a density of 2x106 cells/mL and were placed 

on ice until just prior to the addition of either doxorubicin, apigenin or luteolin. 

Aliquots (1 mL) of the suspended cells were placed in separate 1 mL syringes 

immediately upon the addition of each drug, followed by infusion (Q
in
 = 0.1 mL/min) 

into the US device. Following infusion, samples (exposed to either, 0, 10, 20, 30 and 

40 V
pp

) were recaptured in sterile containers and dispensed into a microtitre well plate. 

Controls consisted of either cells seeded directly into the microtitre well plate, cells 

infused into the device in the absence of drug, or cells infused into the device in the 

absence of both drug and US. All cells were subsequently incubated for 4 hours to 

allow cell adhesion, followed by a further 1.5 hours incubation in the presence of MTT 

(50 µL of 1 mg/mL solution). All medium was then aspirated and the resulting MTT 

formazan product was solubilised in 150 µM of DMSO. MTT absorbance (λ
abs

 = 540 nm) 

was quantified using a FLUOstar Omega plate reader, and data processed using Omega 

v. 1.20 and Mars data analysis v. 2.00. 

 

A1.2.7.2 CA-free ultrasound-induced FITC-dextran uptake  

The intracellular delivery of high-molecular weight FITC-dextran fluorescent probe (40 

kDa), induced by CA-free cell sonoporation, was investigated through retrospective 

post-sonication analyses.  

Harvested H9c2 cells were placed in 1 mL syringes containing 0.5 mL cell serum-free 

medium and 0.5 mL of 0.25 mg/mL (final concentration) FITC-dextran, in sterile 

phosphate buffer and with a cell concentration of 2x106 cells/mL. Control cells were 

incubated at room temperature with FITC-dextran, in the absence of ultrasound. 

Experimental cells were infused into the device at Q
in
 = 0.1 mL/min. Intracellular FITC-

dextran was quantified by measuring sample absorbance at λ
abs

 = 490 nm, using a 

FLUOstar Omega plate reader. Data were processed using Omega v. 1.20 and Mars 

data analysis v. 2.00. 

 



Dario Carugo                            APPENDIX A1 – Microfluidic-based CA-free sonoporation 

205 

 

A1.3  Results and Discussion 

A1.3.1 Microfluidic device characterisation 

An USW was generated within the microfluidic device. Electrical impedance 

measurements showed a minimum in the impedance spectrum at the resonant 

frequency (f
R
) of 2.27 MHz, which was subsequently selected as the working frequency. 

Impedance measurements were repeated prior to each experiment to ensure consistent 

operating conditions, and only slight variations in resonant frequency (∆f
R
 = ± 0.03 

MHz) were observed over the course of the experiments described here.  

The acoustic pressure (P) within the capillary, measured through drop-voltage analysis, 

was calculated to be 3.47×104×V
pp
 Pa, with the excitation voltage, V

pp
, varying between 

3.2 and 40 V
pp

. This corresponded to pressures in the range 0.11 – 1.39 MPa.  

The US environmental temperature was monitored to ensure that biologically 

compatible temperatures were maintained. Figure A1.4a shows temperature recordings 

over 0-15 min. At 10 V
pp 

the temperature increased gradually from ambient, varying 

between 21-23 oC, up to 25 oC over the first 6 minutes then plateaued. Long-term (t
end

 = 

4 hours), this plateau was maintained until recording ceased. However, at 30 V
pp
 the 

temperature increased more steeply from ambient, reaching a plateau at ~38 oC (inset, 

Fig. A1.4a). Therefore, it is reasonable to assume that thermal mechanisms do not 

contribute to either cell sonoporation or reduced cell viability at the lower V
pp
 employed 

in the present study. However, the contribution of thermal mechanisms [283] on 

membrane poration or cell viability cannot be completely excluded at the higher 

voltages. 

Whilst US-induced increase of the local temperature has been already reported as a 

potential facilitating agent of cell membrane permeabilisation [284, 285], the 

contribution of temperature elevation on the formation of transmembrane pores 

remains unclear [286].  
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Figure A1.4 (a) Temperature trend measured over 15 min on the external surface of the PZT 

transducer operating at the resonant frequency, at 10 V
pp
. The maximum temperature variation 

(measured as the difference between the plateau value, at t
end

, and the initial value) is reported at 

four different V
pp
 (5, 10, 20 and 30; inset); N = 4 at each V

pp
. (b) CMFDA bleaching coefficient (β) 

at three different exposure times (100, 150 and 300 ms); N = 10 at each V
pp
. Reprinted with 

permission from [274]. Copyright © 2011. American Institute of Physics. 

 

A1.3.2 Cell viability in the absence (CA-free) and presence of ultrasound contrast 

agent 

A comparison of cell viability in both the absence and presence of CA (Fig. A1.5) 

revealed that at lower amplitudes (V
pp 

≤ 20) no significant difference in viability 

between CA-free and CA-based US exposure was observed. However, at higher 

amplitudes (V
pp
 > 20) viability was significantly reduced in the presence of CA, in 

agreement with Chen et al. [287]. This is maybe due to the increased cavitation activity 
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associated with CAs [288, 289]. Cell viability following US-induced membrane poration 

in the absence of CA remains largely overlooked and as such, cell viability is generally 

reported in terms of the combined effect of US with CA rather than the effects of US 

“alone” [290]. Additionally, commercially available CAs appear to have varying 

threshold levels before inducing cell death [291]. Cell death mechanisms (apoptosis, 

necrosis, autolysis, autophagy and oncosis) display considerable overlap [292], adding 

further complexity. Therefore, further research is required in order to delineate the 

concomitant contribution of CA and US on cell viability and the way in which they bring 

about cell death. 

 

 

 

Figure A1.5 H9c2 cell % viability measured in the absence (blank circle) and in the presence 

(filled square) of CA. Data at 0, 10, 20, 30 and 40 V
pp
 are reported (N = 6 at each V

pp
). At V

pp
 ≤ 20 

CA-free and CA-based cell viability display similar values. At V
pp
 > 20 CA-free and CA-based cell 

viability diverge, with CA-free US exposure maintaining higher viability, compared with CA-based 

US exposure. Insets show PI uptake at three different V
pp
, in the presence of CA. Readapted from 

[274], with permission. Copyright © 2011. American Institute of Physics. 

 

A1.3.3 Single-cell analysis: real-time intracellular CMFDA efflux induced by CA-free 

cell sonoporation 

A1.3.3.1 Minimisation of CMFDA photobleaching 

In order to quantify sonoporation by efflux measurements of the fluorescent probe 

CMFDA from the intracellular to the extracellular environment, the fluorescence 
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photobleaching of CMFDA was firstly quantified. At three different fluorescent 

exposure times (t
exp

 = 150, 200 and 300 ms) photobleaching showed a linear-like trend 

(data not shown). Experimental data were averaged and linearly interpolated (R2 > 0.95 

in all cases). The absolute value of the interpolation slope (defined as a bleaching 

coefficient, β) was observed to linearly vary with t
exp

, with higher exposure times 

producing enhanced bleaching (Fig. A1.4b). Additionally, β showed that the rate of 

CMFDA photobleaching was slower than the rate of CMFDA efflux by sonoporation, 

thus quantitative sonoporation was possible.  

 

A1.3.3.2 CMFDA efflux by CA-free sonoporation  

 

 

 

Figure A1.6 Representative FI
n
-time for a single cell exposed to the USW within the microfluidic 

device. Fluorescence contour maps at 2min, 4min and 6min from the onset of the USW are 

reported.  

 

The dynamics of CA-free single-cell sonoporation was evaluated by measuring the real-

time reduction of intracellular fluorescent CMFDA at 3.2, 5.6 and 9.2 V
pp 

(Fig. A1.6). 

However, despite consistent US operating conditions, this reduction in fluorescence 

consistently showed two reproducible temporal trends (Fig. A1.7a) throughout the 

range of V
pp
 investigated. The trends were assigned as exponential-like (Group A) and 
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parabolic-like (Group B) (Fig. A1.7a). The average interpolation functions were 

determined as follows (R2 was > 0.9 in all cases examined): 

  

  )( AGroupetFI tK
norm

A                                                                             (A1.1) 

 

  )(11
2 BGrouptCtKtFI Bnorm                                                                (A1.2) 

 

where FI
norm

 is the intracellular fluorescence intensity normalised to the initial value, 

FI(0); t is the time (minutes); C
1
 is a numeric constant; K

A
 and K

B
 are parameters 

assumed here as indicators of sonoporation dynamics (i.e., CMFDA efflux) for cells 

located in Group A and Group B respectively. K
A 
was observed to increase significantly 

by increasing the applied V
pp
 from 3.2 to 5.6 (K

A
 = 0.164 min-1 and 0.212 min-1 at V

pp
 = 

3.2 and 5.6, respectively), however only a marginal increase was detected by further 

increasing the V
pp
 (K

A
 = 0.212 min-1 and 0.231 min-1 at V

pp
 = 5.6 and 9.2 respectively) 

(Fig A1.6a). K
B
 instead showed a significant increase only at V

pp
 = 9.2 (in respect to 

lower amplitudes) (Fig. A1.6b, blank circle). 

The reason for the emergence of these two trends is unknown, however, a theoretical 

model proposed by Krasovitski et al. may explain the experimental observations [293]. 

The exponential-like decay may correspond to an immediate short-term response of 

the cell membrane upon initial US exposure, potentially leading to sudden membrane 

permeabilisation. Krasovitski’s model suggests that large membrane strain thresholds 

are reached immediately after US exposure commences (at 0.2 and 0.8 MPa acoustic 

pressures), due to a vibrational mechanism described as intramembranous cavitation 

[293]. Notably, the acoustic pressure exerted on the cell membrane within the 

microdevice (in the range 0.11-1.39 MPa) whilst travelling towards the nodal plane 

[294] may be among the potential mechanisms leading to the observed short-term 

membrane poration resulting in the exponential-like efflux of CMFDA. 
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Figure A1.7 Fluorescent microscopy-based analysis of CMFDA efflux from H9c2 cells. (a) 

Intracellular normalized fluorescence intensity of CMFDA at time intervals of 1 min (USW 

exposure = 6 min). CA-free sonoporation induces the transfer of CMFDA from the intracellular to 

the extracellular milieu (inset). Reduction in intracellular fluorescence shows a bi-phasic cell 

response. The two characteristic trends are reported: Group A (exponential-like, filled square) 

and Group B (parabolic-like, blank circle), at 9.2 V
pp
 (N = 10 at each V

pp
). (b) Representative 

microscope fluorescent images (50x magnification) at 0, 3 and 6 min (V
pp
 = 9.2). Reprinted with 

permission from [274]. Copyright © 2011. American Institute of Physics. 

 

Our findings show that short-term CA-free membrane sonoporation occurs at relatively 

low V
pp
 (Fig. A1.8a) and that by increasing V

pp
 results in a non-linear increase of short-

term sonoporation rate (Fig. A1.8b, filled circle). In this respect it can be hypothesised 

that over a critical V
pp
 CA-free short-term sonoporation dynamics remains substantially 

unvaried, and CMFDA efflux is regulated by passive diffusion through transmembrane 

pores. 
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Conversely, an explanation for long-term membrane response has not been put 

forward so far. However, it can be hypothesised that the parabolic-like CMFDA efflux 

may be the result of such long-term membrane response to US. This hypothetical long-

term response may be induced by a fatigue condition generated by the periodic 

expansions and contractions of the membrane leaflets, which is in agreement with 

Krasovitski’s intramembranous cavitation concept. This cyclic intramembranous strain 

condition may be responsible for the formation of transmembrane pores that occurs 

only after the cell membrane is subjected to a critical number of strain cycles.  

 

 

 

Figure A1.8 Real time, single cell analysis of the dynamics of US-induced CMFDA efflux by H9c2 

cells, in the absence of CA. CMFDA transfer from the intracellular to the extracellular milieu 

showed two distinct reproducible trends. (a) Percentage of cells in Group A and Group B, at three 

different V
pp
. CA-free sonoporation dynamics is quantified by calculating K

A
 (min-1) and K

B
 (min-2) 

values, at different V
pp
 (b); N = 10 at each V

pp
. Both K

A
 and K

B
 increased with increasing V

pp
. 

Reprinted with permission from [274]. Copyright © 2011. American Institute of Physics. 

 

Experimental observations suggest that the dynamics of long-term CA-free 

sonoporation varied significantly only at V
pp
 higher than a critical value (i.e., V

pp
 > 5.6 in 

the microdevice) (Fig. A1.8b), thus implying the existence of interplay between the 

number of strain cycles and the absolute value of membrane strain (which will depend 

on the applied V
pp

). In addition, the onset of non-inertial streaming [295] at the nodal 

plane (experimentally observed at V
pp
 > 7) may contribute to additional fluid shear 

stress on the cell membrane, thus enhancing or facilitating long-term membrane 

response described above. Until further research is undertaken, the observed bi-phasic 

dynamics of membrane CA-free sonoporation can only be explained theoretically. 

Krasovitski’s intramembranous cavitation model provides good conceptual correlation 
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with the experimental observations presented here, but further experimental 

assessment is required. 

 

A1.3.3.3 Average CMFDA efflux dynamics 

The average reduction of intracellular CMFDA fluorescence intensity (ΔFI
norm

) with 

respect to the applied V
pp
, was measured at 2, 4 and 6 minutes from the onset of US 

exposure (Fig. A1.9). The results show that, at 3.2 V
pp

, longer US exposure times (t ≥ 2 

min) were required to initiate a measurable reduction of CMFDA by CA-free cell 

sonoporation (ΔFI
norm

 = 0.27 after 6 minutes). In contrast, at 5.6 and 9.2 V
pp

, a more 

significant reduction of intracellular CMFDA was observed, and over shorter US 

exposure times (ΔFI
norm

 = 0.35 and 0.41 respectively, after 4 minutes). Additionally, 

ΔFI
norm

 was observed to saturate with increasing V
pp
 (a non-linear relationship occurred 

between ΔFI
norm

 and V
pp

) (Fig. A1.9).  

 

 

 

Figure A1.9 Evaluation of CMFDA efflux by single-cell analysis. The average reduction of 

intracellular fluorescent intensity (ΔFI
norm

) at 3.2, 5.6 and 9.2 V
pp 

is shown. ΔFI
norm

 values at 2, 4 

and 6 minutes from the onset of the USW are reported. A representative intracellular 

fluorescence (FI
norm

) decay is also shown (inset), corresponding to V
pp
 = 5.6. N = 10 at each V

pp
. 

Reprinted with permission from [274]. Copyright © 2011. American Institute of Physics. 
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A representative average trend of the intracellular CMFDA fluorescence intensity (FI
norm

), 

at V
pp 

= 5.6, is shown in the inset of Figure A1.9. Fluorescence data are plotted 

together with the corresponding standard deviation and control trend (established 

from photobleaching measurements). An analytical formulation was established in 

order to describe the average FI
norm

-t relationship: 

 

01 ttforFInorm 
                                                                                        (A1.3) 

 

02 ttforCtKFI Tnorm 
                                                                      (A1.4) 

 

where t
0
 is equal to 0, 1 and 2 min for V

pp
 of 9.2, 5.6 and 3.2 respectively; C

2
 is a 

numeric constant; K
T
 is equal to 0.12, 0.11 and 0.08 min-1 for V

pp
 of 9.2, 5.6 and 3.2 

respectively, and represents a quantitative estimation of the average CMFDA efflux 

dynamics, depending on the mutual contribution of CA-free short-term sonoporation 

and CA-free long-term sonoporation  K
T
=K

T
(K

A
,K

B
). 

Results show that intracellular CMFDA fluorescence remained approximately constant 

(~1) until a critical time instant (t
0
), and decreased following a linear-like function (R2 > 

0.95) for t > t
0
; where t

0 
= t

0
(V

pp
)

. 
The average CMFDA efflux rate was observed to 

increase non-linearly with the applied voltage.
 
These observations are supported by the 

V
pp
-dependence of both long-term and short-term sonoporation dynamics, illustrated in 

(Fig. A1.8b), with higher voltages favouring short-term mechanisms (Fig. A1.8a).  

These results suggest that higher V
pp
 provide efficient ultrasonically induced efflux of 

CMFDA (Fig. A1.9). However, the efficiency of CMFDA efflux (∆FI) is subjected to 

saturation (and likely the mass transfer of similar molecules) and any further increase 

of V
pp
 over the saturation limit risks compromising cell viability.  

Notably, the efficiency of mass transfer will also vary according to the device design 

and physical ultrasonic parameters (i.e., working frequency), which require 

characterisation for a given device configuration.  
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A1.3.4 Retrospective analysis 

A1.3.4.1 Drug cytotoxicity comparison pre- and post- sonication  

The CA-free ultrasound induced uptake of doxorubicin, apigenin and luteolin was 

observed to be facilitated by measuring their respective cytotoxic action pre- and post-

sonication.  

 

 

 

Figure A1.10 The facilitated uptake of pharmaceutical agents, from the extracellular to the 

intracellular environment, was quantified through cytotoxicity measurement. Percentage of cell 

survival was quantified as an indicator of cell uptake of doxorubicin (a), luteolin (b) and apigenin 

(c); at 0, 10, 20, 30 and 40 V
pp
. Controls corresponded to 0 V

pp
 and no extracellular drug; N = 6 

at each V
pp
. (d) Cyt-V

pp
 relationship was plotted for each drug, showing that, although each drug 

displays different initial (no US) cytotoxicity, the toxicity in all cases increased with increasing 

V
pp
. Control cells in the absence of drug are shown by dotted line. Reprinted with permission 

from [274]. Copyright © 2011. American Institute of Physics. 
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Retrospective analysis of cell cytotoxicity (measured by traditional MTT assay) in the 

presence of doxorubicin both pre- and post-sonication (Fig. A1.10a) showed that 

doxorubicin cytotoxicity increased by 25%, 55%, 91% and 85% post-sonication at 10, 

20, 30 and 40 V
pp
 respectively, in respect to doxorubicin in the absence of US. In the 

presence of apigenin, cytotoxicity increased by 2%, 24%, 40% and 50% post-sonication 

at 10, 20, 30 and 40 V
pp
 respectively, in respect to apigenin in the absence of US (Fig. 

A1.8b). The cytotoxicity of luteolin, an active metabolite of apigenin, increased by 15%, 

83%, 89% and 90% post-sonication at 10, 20, 30 and 40 V
pp
 respectively, in respect to 

luteolin in the absence of US (Fig. A1.10c). 

Cytotoxicity-V
pp
 relationship was investigated by introducing a coefficient (cytotoxic 

coefficient, Cyt) defined as: 1-[cs(V
pp
)/cs(control)], where cs(V

pp
) corresponds to cell 

survival (in %) measured at a given V
pp

, and cs(control) corresponds to cell survival (in 

%) measured at 0 V
pp
 in the absence of both US and drugs. Figure A1.10d shows the 

experimental Cyt values at different V
pp
 together with the interpolation curve (spline 

interpolation). Results show that CA-free sonoporation induced an increase in the 

cytotoxic action of doxorubicin, apigenin and luteolin suggesting that the uptake was 

facilitated with respect to toxicity occurring through passive diffusion (Fig. A1.10a-c). 

Cyt showed a non-linear dependence on the applied voltage where cytotoxic action 

increased with increasing V
pp
 until a plateau level was reached, which is in agreement 

with single-cell analyses. The observed plateau could be attributed to either mass 

transfer saturation (as observed in single-cell experiments) or a biological effect such 

as enzyme inhibition due to active site saturation. 

These results indicate that by increasing V
pp
 above 30 V does not further facilitate drug 

uptake and may also potentially compromise cell viability.    

 

A1.3.4.2 CA-free ultrasound-induced FITC-dextran uptake 

The delivery of a high-molecular weight fluorescent probe (FITC-dextran, 40 kDa) 

induced by CA-free sonoporation was investigated. Figure A1.11 shows the percentage 

of intracellular FITC-dextran at different 0, 10, 20, 30 and 40 V
pp

. In order to quantify 

intracellular FITC-dextran only, absorbance of the extracellular FITC-dextran (in 

medium) was quantified and subtracted from the total absorbance of the sample. 

Controls in static conditions and continuous-flow were undertaken in order to assess 

the contribution of spontaneous diffusion and of flow shear stress on FITC-dextran 

mass transfer respectively (inset, Fig. A1.11). The results show that marginal diffusion 
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occurred due to the effect of flow shear stress on the cell membrane (inset, Fig. 

A1.11). 

An increase in intracellular FITC-dextran with increasing V
pp 

was also observed (Fig. 

A1.11). However, a significant increase was only evident at V
pp
 > 20, further 

corroborating the observed non-linear dependence of mass transfer efficiency on the 

applied V
pp

. Furthermore, results show that high-molecular weight FITC-dextran 

required higher V
pp
 to be delivered intracellularly by CA-free sonoporation, compared 

to the relatively smaller agents, apigenin, luteolin or doxorubicin, suggesting a 

complex interrelationship between the efficiency of mass transfer, pore size and the 

applied V
pp

. CA-free sonoporation within the developed microfluidic device allowed the 

transmembrane transfer of high-molecular weight molecules, having comparable size 

with bioactive macromolecules such as DNA fragments, siRNA and proteins.  

 

 

 

Figure A1.11 Transmembrane transfer of FITC-dextran (40kDa) induced by CA-free 

sonoporation. Intracellular FITC-dextran % at 0, 10, 20, 30 and 40 V
pp
 is shown. The comparison 

between static condition and continuous-flow condition (no US) (inset 1) shows that the 

contribution of fluid-shear stress on transmembrane transfer of FITC-dextran was observed was 

negligible. Representative microscope images (20× magnification) of a single suspended H9c2 

cardiomyoblast (inset 2a, bright field image; 2b, fluorescent image) are shown after CA-free 

sonoporation at 30 V
pp
; N = 4 at each V

pp
. Reprinted with permission from [274]. Copyright © 

2011. American Institute of Physics. 
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A1.4  Summary 

CA-free cell sonoporation was investigated by generating an USW within a microfluidic 

device. Both real time single-cell analysis and retrospective post-sonication analysis 

revealed successful transmembrane transport of differently sized molecules, without 

the need for expensive contrast agents and thus avoiding the associated cavitational 

effects which significantly compromise cell viability. This microfluidic-based strategy 

allowed fine control of the fluidic environment (i.e., low Reynolds number), whilst the 

USW allowed precise regulation of the US stimulus and in situ microscope-based 

monitoring of individual cells located at the nodal plane. In addition, the continuous-

flow condition allowed for the processing of relatively large numbers of cells without 

exerting significant additional stress on the cell membrane.  

Crucially, by combining these strategies the facilitated up-take of potentially beneficial 

pharmaceutical agents by cytotoxic measurements both pre- and post- sonication was 

demonstrated. In the current economical climate this low-cost US-microfluidic device 

provides an alternative to other more expensive techniques for transmembrane drug 

delivery, such as laser irradiation [277]. Additionally the strategy developed here 

provides an in-vitro alternative to expensive and controversial in-vivo models used for 

early stage drug discovery, drug delivery programs and toxicity measurements.  

Interestingly, single-cell analyses within the developed microfluidic device have 

suggested the existence of different biophysical mechanisms contributing to US-

induced membrane response in the absence of CA. In this regard, further studies are 

currently under investigation in order to gain a deeper understanding of the 

mechanisms regulating CA-free cell sonoporation; an area that has been largely 

overlooked since most sonoporation studies include CA. As such it has been difficult to 

precisely delineate US effects from CA effects on cell viability and membrane stress 

response. Ways of coupling the developed US microfluidic-based device with high 

throughput screening systems and high-resolution bio-analytical methodologies is 

under investigation. 
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APPENDIX A2 

 

 

Degradation dynamics of sclerosing 

foams 

A novel analysis system for the quantification of sclerosing foam properties under 

clinically-relevant conditions was developed with the purpose of establishing a robust 

methodology for comparative characterisation of different foam formulations and 

production strategies. The developed biomimetic-inspired model comprised of 4 mm or 10 

mm inner diameter (ID) polytetrafluoroethylene (PTFE) tubing, filled with a blood substitute 

and fixed to a platform with an adjustable inclination angle. Sclerosing foams were 

produced by mixing polidocanol (PD) with either atmospheric air or 100% CO
2
, using a 

Double-Syringe System (DSS) method. Individual foams were injected into the tube, while 

videos were captured simultaneously. Videos were then transferred to an in-house 

Computational Foam Analysis System (CFAS) which performed a sequence of semi-

automated operations, allowing quantitative characterisation of sclerosing foam dynamic 

behaviour. Using CFAS, degradation rates (DR) of different foams were measured and the 

effect of gas composition, liquid sclerosant concentration and time delay between foam 

production and injection were evaluated.  
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A2.1 Introduction 

Venous disorders such as varicosities, venous insufficiency, thrombosis and 

thrombophlebitis have a significant impact on health care systems [296]. Varicose 

veins originate from the failure of valves in superficial veins (valve incompetence), 

which result in venous reflux and abnormal dilation of the vein wall [297, 298]. 

Complications include leg ulcers, skin inflammation and hyper-pigmentation [299], 

severe pain [297, 300], together with serious aesthetic implications [296], all of which 

can seriously compromise patient’s life quality. 

A range of different therapies have been used for the treatment of varicose veins, 

including radiofrequency and laser ablation [301], venous stripping [302], surgery 

[303] and chemical sclerotherapy [304]. Chemical sclerotherapy is a minimally invasive 

technique which involves injection of a sclerosing agent into the target vasculature, 

either in liquid form (liquid sclerotherapy) or a foam obtained by mixing the liquid 

sclerosant with gases (foam sclerotherapy) [305]. This technique can be employed for 

treating patients with a clinical history rendering them unsuitable candidates for 

surgical interventions. 

The most popular sclerosing agents currently used in the clinic are sodium tetradecyl 

sulphate (STS) and polidocanol (POD) [306, 307]. Once injected into the target 

vasculature, sclerosing agents initiate concentration-dependent endothelial cell 

damage [296, 308] leading to parietal reaction and the conversion of the target vessel 

to a sclerosed connective tissue cord.  

With the introduction of vascular ultrasound, foam sclerotherapy has attracted 

considerable interest among clinicians due to the echogenic properties of sclerosing 

foams, allowing accurate monitoring of the injected foam and subsequent venous 

obliteration [306, 309, 310]. Additionally, a range of peculiarities make this technique 

an appealing strategy for achieving safe and effective treatment for venous disorders. 

Notably, displacement of blood initiated by foam injection into the target vascular 

segment intensifies the contact between the sclerosing agent and the vascular 

endothelium [306, 311]. This results in an increased local concentration of sclerosant 

within the target vein, increasing sclerosing effect and vasospasm, and also reduces 

the haematic level of sclerosant. Moreover, the foamed sclerosant cannot be 

deactivated easily by blood serum proteins, one of the most critical limitations of liquid 

sclerotherapy [310, 312]. Thus relatively lower concentrations of sclerosing agent can 

be used in foam sclerotherapy [307, 311, 313], reducing undesired extravasations of 

liquid sclerosants [307]. Furthermore, sclerotherapy offers reduced treatment duration, 
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and patients do not require anaesthetisation compared to surgical interventions [309], 

making sclerotherapy a safer and cost-effective alternative treatment for varicose veins 

[314, 315]. However, minor side-effects have occasionally been associated with foam 

sclerotherapy treatments [316], including neurological symptoms, sclera-resistance, 

recurrence and recanalisation in the treated vessels [306, 307], phlebitis [307], skin 

pigmentation disorders [309, 317] and ulcerations [304].  

A range of different methods have been used to produce sclerosing foams, which are 

extensively reviewed by Jan-Christoph G.R. Wolmann [311]. Among these, the most 

popular methods currently employed in the clinic are the so-called Tessari’s method 

[307, 317] and the Double-Syringe System (DSS) method [299]. In the Tessari’s 

method, two plastic syringes are connected by a three-way stopcock, and the 

sclerosing solution and gas are manually drawn back and forth by pump movements 

[306]. The size of the bubbles in the foam can be regulated by adjusting the aperture 

of the stopcock and introducing flow perturbations [311]. In the DSS method the two 

syringes are instead connected directly by an adapter, allowing simple and 

reproducible foam production [311, 313]. The effectiveness and safety of foamed 

sclerosants produced using these methods has been widely demonstrated in clinical 

studies [306, 307, 309, 313, 318-320] and in in-vitro models [321, 322]. However, 

considerable inconsistency across studies [304], and the lack of a general code of 

practise, make it difficult to directly compare the effectiveness and safety of different 

methods, which ultimately compromises treatment optimisation [304].  

The functional characteristics of sclerosing foams can depend on a wide range of 

parameters. For example, foam stability can vary significantly depending on the type of 

gas employed and the gas proportion (GP, defined as the volume ratio between the 

gaseous and the liquid phases in the mixture), with dry foams (also called polyhedral 

foams) characterised by GP > 0.74 and wet foams (also called spherical foams) 

characterised by  0.52 < GP < 0.74 [311, 317, 323]. Foam stability is also influenced 

by the bubble size distribution. A narrow size spectrum is associated with a more 

stable foam by reducing gas diffusion driven by pressure differences between bubbles 

of different size [311]. Other factors influencing foam stability are the type and 

concentration of sclerosant in the liquid phase [324], and the time delay between foam 

production and its injection into the target vein [315, 323]. Importantly, the manual 

component of foam production, i.e., operator-dependent techniques, can lead to 

significantly varied foam quality. 

The optimal liquid:gas ratio is obtained when there is sufficient liquid for the bubbles 

to be spherical but without introducing excess liquid sclerosant, which is described as 
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Kugelschaum [325]. At this ratio foams demonstrate cohesive properties, i.e., the foam 

tends to create a continuous plug within the vein which tends to stay together, thus 

effectively displacing blood and permitting durable contact between the sclerosant and 

the endothelial lining of the vein. Notably, the displacement of blood by the foam 

isolates the sclerosant from blood, thus minimising sclerosant deactivation by red cells 

and plasma proteins [310, 312]. 

Whilst in-vitro studies have been performed in order to investigate the effect of varying 

foam composition and production technique on foam stability [323], there is no 

current standardised method capable of quantifying and comparing foam cohesiveness 

and its capacity for displacing liquids.   

Foams are intrinsically unstable in nature and their structure changes over time due to 

a range of mechanisms including drainage, surfactant film rupture and gas diffusion 

across the film separating neighbouring bubbles [326]. Furthermore, gravitational 

effects resulting from elevation of the patient’s leg during sclerotherapy procedures 

may affect the dynamics of foam degradation within veins [316].  

A range of experimental and theoretical studies have been performed in order to 

investigate the mechanical and rheological properties of foams [326, 327]. However, 

studying the dynamic behaviour of foams represents a challenging theoretical problem 

[327], due to the complex interplay between physical phenomena occurring at different 

length scales (i.e., from molecular to macroscopic) [326]. Additionally, a range of 

physico-chemical and bio-physical parameters likely contribute to the cohesiveness of 

sclerosing foams in-vivo, thus making it difficult to get an all-encompassing theoretical 

understanding of the governing mechanisms. For this reason, experimental test 

methods are required in order to fully understand the dynamic behaviour of sclerosing 

foams under clinically-relevant physical conditions.  

In the present Chapter, an in-vitro method was developed to measure the interrelated 

properties of foam-induced liquid displacement and foam cohesiveness. The 

experimental model was based on a biomimetic-inspired design [176] and was coupled 

with an in-house high-resolution computational video analysis system which allowed 

accurate quantification of foam dynamic behaviour, including the determination of 

foam plug expansion rate, residence time, volume and degradation rate. In particular, 

the foam plug degradation rate was evaluated for comparing the cohesiveness of 

different sclerosing foam formulations and different production strategies.  
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A2.2 Materials and Methods 

A2.2.1 Experimental set-up 

 

 

 

Figure A2.1 (a) Photograph of the experimental set-up. PTFE tubing in a platform (1) stabilised 

within a manifold (2). Platform angle was adjustable and measured by a digital inclinometer (3). 

A ruler was attached for image rotation and calibration purposes. A 3-way stopcock at the lower 

end of the tube allowed sequential tube filling, foam injection and tube flushing (4). (b) Double-

Syringe System (DSS). Plastic syringes were connected by a Combidyn adapter and foam was 

produced by mixing liquid PD with gas. 

 

The experimental set-up (Fig. A2.1a) consisted of a segment of polytetrafluoroethylene 

(PTFE) tubing (either 4 mm or 10 mm ID) (Thermo Scientific Inc., US) lodged in a 

straight etching within a rigid bespoke platform. The platform was stabilised within a 

manifold, which had an adjustable inclination angle measured by a digital LCD 
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inclinometer (RS Components Ltd., UK). Inclination angles of 25 and 5 were used for 

the 4 mm and 10 mm ID tubing, respectively. A 3-way stopcock (Baxter, US) was placed 

at the lower end of the tube (Fig. A2.1a), allowing sequential tube filling, foam 

injection and tube flushing. All fluids/foams were introduced into the tubing using a 

plastic syringe (BD, US), with capacity of either 5, 10 or 20 mL. A ruler was attached to 

the platform for image calibration. A 1412×1059 pixels×pixels high speed CCD camera 

was used to capture real time videos (30 ms interframe time interval) of foam 

expansion and degradation. Videos were processed using an in-house computational 

analysis system described in detail below. 

 

A2.2.2 Experimental procedure 

The tube was filled with a blood substitute (30% v/v glycerol in purified water), with a 

fluid dynamic viscosity, μ
s
, of 0.003 Pa·sec [328] and density, ρ

s
, of 1078 kg/m3, 

simulating the bulk physical properties of blood [22, 25]. Sclerosing foams, comprising 

polidocanol (1% or 0.125% v/v in purified water) with either atmospheric air or 100% 

CO
2
, were produced using a Double-Syringe System (DSS) [323]. The two syringes were 

interconnected via a Combidyn adapter (Fig. A2.1b), allowing effective mixing of the 

two components by pump movements (total of 10 passes). The sclerosant:gas volume 

ratio was 1:7, resulting in the production of dry foams (density, ρ
f
, of ~ 125 kg/m3). 

The volumes of foam injected were 1-2 mL and 3-4 mL for the 4 mm and 10 mm ID 

tubing, respectively, which were comparable to volumes used in clinical practice [306, 

319].   

Upon initial foam injection a foam plug was formed, which displaced the blood 

substitute as it travelled upwards along the tubing (plug expansion phase, Fig. A2.2a), 

and real time video images were captured simultaneously. Individual foam plugs were 

transiently stable, followed by degradation during which the plug interface receded 

towards the initial injection site (plug degradation phase, Fig. A2.2b), until complete 

plug degradation (Fig. A2.2c). Videos obtained from both plug expansion and 

degradation phases were transferred to a personal computer (PC) and analysed as 

described below. 
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Figure A2.2 Sequential image frames recorded by CCD high-speed camera. Frames correspond 

to different phases of foam dynamics that were quantified: (a) foam plug expansion, (b) foam 

plug degradation (red arrow in a and b indicates direction of foam dynamics) and (c) complete 

foam plug degradation (bubbles floating in proximity to the upper tube surface only). 
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A2.2.3 Computational foam analysis system  

An in-house Computational Foam Analysis System (CFAS v1.0) was designed for the 

characterisation of foam at varying experimental conditions (tube size and inclination 

angle, gas composition and liquid sclerosant concentration). The analysis system was 

developed using MATLAB R2011a software (The MathWorks Inc., US) with a flexible 

user-intended interface for parameter setting. The software read the experimental 

videos and performed a sequence of semi-automated operations, allowing parameter 

selection and rapid processing. These operations are described below and also 

depicted in Fig. A2.3. 

 

Video loading and frame extraction. A single video in Audio Video Interleave (AVI) 

format was loaded by manually selecting the file of interest within the working 

directory. Each individual frame was automatically extracted from the video file as a 

matrix of 1412×1059 elements, where each element corresponded to a grey level 

intensity value. The initial and final frames for analysis were user-defined, allowing 

exclusion of undesired frames, reducing the computational cost but without 

compromising quality of data. An individual frame was selected for defining a 

sequence of operations, which were subsequently performed on each frame by ‘for 

loop’ iteration.  

 

Image rotation and calibration. Two reference points on the ruler were manually 

selected by graphical input function, which allowed precise determination of tube 

inclination angle and image rotation. The calibration step converted pixel units into 

physical units (i.e., millimetres) and was required for quantification of foam 

degradation dynamics. 

 

Selection of a region of interest (ROI) for analysis. A limited ROI of the image was 

selected for processing, which contained only the segment of the tube where plug 

formation occurred, further reducing the computational cost.  

 

 

 



Dario Carugo                      APPENDIX A2 – Degradation dynamics of schlerosing foams 

227 

 

 

 

Figure A2.3 Schematic of the sequential operations performed by the Computational 

Foam Analysis System (CFAS v1.0).  
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Linear mapping and image conversion. Linear mapping adjusted the grey level 

intensity values and optimised  image contrast [329]. Subsequently, the image was 

converted to black and white (B/W) binary format using a threshold value of 0.5 (i.e., a 

grey level intensity value > 0.5 was set equal to 1, while a grey level intensity value < 

0.5 was set equal to 0). The resulting foam plug then appeared as a white surface in a 

black background. 

 

Definition of the analysis line. An analysis line was manually defined for the detection 

of the plug-fluid interface. This was located between the tube centreline and tube base. 

The code automatically read pixel intensity values along the analysis line and located 

the foam-fluid interface at the point of intensity discontinuity (i.e., pixel value varied 

from 1 to 0 at the interface). This step allowed accurate determination of plug length 

(L
p
, mm) and the calculation of plug volume (V

p
, mm3) by 

 

  )(2)( 2 tLDtV pp                                                                                            (A2.1)                                                                                    

 

where D is tube inner diameter (mm) and t is time (sec).   

 

Automated processing. The operations described above were performed on each 

individual frame, in an automated fashion. The total processing time depended on the 

size of the recorded video (total number of frames) and varied from approximately 30 

seconds (least cohesive foams) to 4 minutes (maximally cohesive foams) per video.  

 

Curve plotting and calculation of the relevant parameters. The plug length-time trend 

was plotted automatically after completion of the video processing (Figs. A2.3 and 

A2.4). By manually selecting two points on either the expansion curve or the 

degradation curve, the code calculated the plug expansion rate (ER, mm/sec) or the 

degradation rate (DR, mm/sec) by linear interpolation of the experimental data points 

located within the selected interval. The interpolating function for the degradation 

phase was determined by least square method [330] and corresponded to:  
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kxDRxy )(                                                                                             (A2.2)                             

 

where x and y are the time and plug length data points located within the selected 

interval (i.e., degradation phase), k (mm) is a numerical constant depending on the 

amount of foam injected (k = k(L
p,MAX

)). Other relevant parameters, such as plug 

maximum length (L
p,MAX

, mm) and plug residence time (t
R
, sec) can be calculated by 

CFAS.  

 

A2.3 Results  
 

 

 

Figure A2.4 Representative CFAS output data. The expansion phase (blue area) was measured 

from the time at which the injected foam formed a plug (t
0
) until the foam migrated to its 

maximum distance away from the injection site (t
1
). At t = t

1
 plug length reached its maximum 

value (L
p
(t

1
) = L

p,MAX
). The degradation phase (pink area) was measured from t

1
 to complete 

degradation of foam plug (t = t
2
; L

p
(t

2
) = 0). 
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The CFAS developed specifically for the analysis of sclerosing foam was shown to be a 

highly practical analysis system for capturing dynamic foam behaviour by converting 

video images to quantitative data. This quantitative data is presented graphically in 

Fig. A2.4, and includes the following measured parameters: plug expansion phase 

(blue area), measured from the time at which the injected foam formed a plug (t
0
) until 

the foam migrated to its maximum distance away from the injection site (t
1
); and plug 

degradation phase (pink area) measured from t
1
 to the time at which foam plug 

completely degraded (t
2
; L

p
(t

2
) = 0). 

With the developed method, the effects of different production and administration 

strategies on foam cohesiveness were evaluated (Table A2.1). All foams were produced 

using the DSS method, where PD concentration, gas composition, tube ID and injection 

delay times were varied. 

 

 

Table A2.1 DR values (mm/sec) measured by CFAS, for the range of different experimental 

conditions investigated here. 

 

  DR (mm/sec) 

 Tube ID AIR 100% CO
2 

Immediate 

injection 

(1% PD) 

4 mm 6.05 ± 1.79 18.65 ± 4.48 

10 mm 0.34 ± 0.11 1.87 ± 0.32 

Immediate 

injection 

(0.125% PD) 

4 mm 17.80 ± 5.79 29.78 ± 5.14 

Delayed injection 

(1% PD) 
4 mm 14.01 ± 2.81 35.91 ± 4.23 
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Degradation rates (DR) of sclerosing foams produced using 1% PD and injected within 4 

mm and 10 mm ID tubing are reported in Fig. A2.5a. Foams were injected within 3-5 

sec from production with either atmospheric air or 100% CO
2
. DR values of foams 

injected into 4 mm ID tubing were 6.05 ± 1.79 mm/sec (air) and 18.65 ± 4.48 mm/sec 

(100% CO
2
), while DR values of foams injected into 10 mm ID tubing were 0.34 ± 0.11 

mm/sec (air) and 1.87 ± 0.32 mm/sec (100% CO
2
). Representative L

p
-t trends are 

reported in Fig. A2.5b for foams produced using either air or 100% CO
2
.  

Fig. A2.6 shows the effect of PD concentration on foam cohesiveness. DR values of 

foams produced using 0.125% PD were 17.80 ± 5.79 mm/sec (air) and 29.78 ± 5.14 

mm/sec (100% CO
2
).     

 

 

 

Figure A2.5 Average DR values (mm/sec) of sclerosing foams injected within the 4 mm (a) and 

the 10 mm ID (b) tubes. DR values are reported for foams produced using 1% polidocanol mixed 

with either atmospheric air or 100% CO
2 
(N = 4). (c) Representative L

p
-t trends of sclerosing foams 

injected within the 4 mm ID tube using 100% CO
2
 (blue circles) or atmospheric air (red squares). 

Data points are obtained from CFAS. 

 



Dario Carugo                      APPENDIX A2 – Degradation dynamics of schlerosing foams 

232 

 

 

 

Figure A2.6 Average DR values (mm/sec) of sclerosing foams injected within the 4 mm ID tube. 

Polidocanol, 1% v/v (light grey bars) and 0.125% v/v (dark grey bars), was mixed with either air 

or 100% CO
2
 (N = 4). 

 

 

 

Figure A2.7 Average DR values (mm/sec) of sclerosing foams injected within the 4 mm ID tube. 

Time delays, corresponding to 2-5 sec (light grey bars) and 75 sec (dark grey bars), between 

foam production and injection were considered for comparative analysis using air or 100% CO
2
. 

Foam was produced using polidocanol 1% v/v (N = 4). 
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Figure A2.7 shows the effect of a time delay between foam production and its injection 

on foam cohesiveness. Foams injected within 3-5 sec from production (e.g., immediate 

injection) are compared with foams injected after 75 sec from production (e.g., delayed 

injection). DR values of foams injected after 75 sec from production were 14.01 ± 2.81 

mm/sec (air) and 35.91 ± 4.23 mm/sec (100% CO
2
).     

 

A2.4 Discussions 

The dynamics of foam degradation is governed by well-known mechanisms [310] 

including gravitation, surface tension forces and pressure differences between 

bubbles, which result in separation of the liquid and gaseous phases and bubble fusion 

(coalescence) [316].  

However, the dynamics of sclerosing foam cohesiveness under clinically-relevant 

conditions has not previously been quantified, limiting functional characterisation and 

comparison of existing foams. A variety of methods are used to produce the foams 

[296, 304, 323], resulting in variable foam properties [315], thus potentially varying 

treatment efficiency and the occurrence of undesired side-effects. 

In the present study a first generation in-vitro model has been developed. The model 

has been coupled with a computational-based analysis system (CFAS v.1.0) for 

characterising the dynamic behaviour of foams within a biomimetic environment. The 

CFAS enabled determination of sclerosing foam expansion injection and degradation 

dynamics, with accuracy. It clearly revealed that the degradation phase was 

characterised by steady reduction in foam plug length (L
p
), which made it possible to 

measure a single degradation rate from linear interpolation of the data.   

Foam degradation rates (DR) were quantified in order to investigate how foam 

cohesiveness was affected by (i) type of gas, (ii) concentration of liquid sclerosant, and 

(iii) time delay between foam production and injection. Lower degradation rates 

indicate greater foam cohesiveness and therefore better and clinically-desirable foam 

characteristics. 

Atmospheric air produced more cohesive foam compared to 100% CO
2
, in both the 4 

mm (smaller veins model) and 10 mm (larger veins model) ID tubing. Significantly 

decreased DR for foam produced with air implies increased contact time between 

sclerosant and vein endothelium in-vivo, and thus results in improved sclerosing effect 
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[306]. This finding is in agreement with previous clinical [331] and in-vitro studies 

[323], and is likely to be due to the lower solubility and diffusibility of atmospheric air 

compared to pure CO
2
 [315]. However, the increased solubility of CO

2
-based foams 

may be beneficial for lowering the occurrence of side effects of air-based foams [4, 29] 

and an optimal balance between foam characteristics and safety requirements need to 

be determined. It is worth mentioning that an initial foam plug was formed within 

tubes of different ID calibre, which further corroborates the effectiveness of foam 

sclerotherapy for treating either small superficial or main trunk veins, as reported by 

previous authors but only qualitatively [304, 307]. Notably, foam plug DR in the 10 mm 

ID tubing was lower than DR in the 4 mm ID tubing, due to the increased cross-

sectional area for the larger tubing and the lower gravitational effects associated with 

the reduced inclination angle.  

Reducing the concentration of liquid sclerosant resulted in less cohesive foam, which 

was reflected in a marked increase in DR. This validates qualitative clinical 

observations [307, 310, 324]. However, higher concentrations of liquid sclerosant can 

cause side effects on the treated patients (i.e., skin necrosis, inflammation), thus a 

careful selection of foam composition is required in order to identify the optimal 

sclerosing foam.  

It has also been found that the time between foam production and its injection is of 

crucial importance regarding foam cohesiveness. Delayed injections, only 75 sec from 

foam production, were characterised by marked reduction of foam cohesiveness, 

corresponding to a significant increase in degradation rate for foams produced using 

either air or 100% CO
2
. This quantitative measurement obtained by CFAS corroborates 

with previous qualitative observations [315], confirming that delayed injection, 

following manufacture, will significantly reduce foam sclerosing effect and treatment 

efficacy. 

 

A2.5 Summary  

The characteristics of sclerosing foams used for the treatment of varicose veins 

represent a major determinant of sclerotherapy efficacy and safety. Despite the need, 

limited efforts have been devoted to the design of standardised methods capable of 

capturing the dynamics of foam expansion and degradation within veins.  
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In the present Chapter it has been described the development of an in-vitro biomimetic 

model for the characterisation of sclerosing foam’s behaviour under clinically-relevant 

conditions, including vein ID, vein inclination angle and blood physical properties. 

Importantly, model optical accessibility allowed for the recording and analysis of foam 

behaviour via a newly developed high-resolution computational analysis system (CFAS). 

The dynamics of foam degradation were captured and the effect of foam composition, 

tube ID and time delay between foam production and administration were evaluated. 

Results showed that foams produced using air were more cohesive (i.e., lower DR) than 

foam produced using 100% CO
2
, in both 4 mm and 10 mm ID tubes, which 

corresponds to a greater contact time between the foam and the endothelial cell layer 

in the clinical scenario. Furthermore, the concentration of liquid sclerosant was 

observed to significantly influence foam performance, with higher concentrations 

associated with more cohesive foams and, consequently, increased sclerosing effect. In 

addition, the time delay between foam production and administration was also 

demonstrated to play a substantial role in the degradation rate of the injected foam, 

with delayed injections resulting in marked increase of DR.  

Results reported here show the capability of the developed system to measure the 

effect of different foam formulations and clinical practices on their performance. This 

method, whether manually performed or with the aid of computerised image analysis 

could open the way for the new parameter Degradation Rate to be adopted as a 

standard to quantify the cohesiveness of sclerosing foams. Moreover, the developed 

analysis system may be of value to researchers and clinicians in gaining a deeper 

understanding of the physical parameters governing foam performance, ultimately 

leading to the determination of the optimal foam for differing vein diameters and 

venous disorders.  
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APPENDIX A3 

 

 

List of publications 

During the course of the PhD studies there have been a number of scientific publications 

produced. They are listed in this Section and they have been divided into two main 

categories, namely Journal Articles and Conference Abstracts.  

Journal Articles include,  

(i) papers which have been published or accepted for publication in scientific 

journals (PUBLISHED),  

(ii) papers which have been submitted and are under consideration for publication 

in scientific journals (SUBMITTED), and  

(iii) papers which are under preparation or have been completed but  which have 

not been submitted yet (PENDING).  

Conference Abstracts list instead refers to conference contributions, in the form of either 

oral presentation or poster presentation. It includes also conference papers or extended 

abstracts. Notably, journal or scientific publications which have been produced during the 

course of the PhD studies but which content is not part of the present thesis have been 

highlighted in grey. 

In addition, two Awards have been received as a result of the studies. 
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