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The development of microfluidic devices supporting phys-
iological blood flow has the potential to yield biomedical
technologies emulating human organ function. However,
advances in this area have been constrained by the fact
that artificial microchannels constructed for such devices
need to achieve maximum chemical diffusion as well as
hemocompatibility. To address this issue, we designed an
elastomeric microfluidic flow device composed of poly
(dimethylsiloxane) to emulate the geometry and flow prop-
erties of the pulmonary microcirculation. Our chip design
is characterized by high aspect ratio (width > height)
channels in an orthogonally interconnected configuration.
Finite element simulations of blood flow through the net-
work design chip demonstrated that the apparent pressure
drop varied in a linear manner with flow rate. For simu-
lated flow rates <250 �l min�1, the simulated pressure
drop was <2000 Pa, the flow was laminar, and hemolysis
was minimal. Hemolysis rate, assayed in terms of [total
plasma hemoglobin (TPH) (sample � control)/(TPH con-
trol)] during 6 and 12 hour perfusions at 250 �l/min, was
<5.0% through the entire period of device perfusion.
There was no evidence of microscopic thrombus at any
channel segment or junction under these perfusion condi-
tions. We conclude that a microfluidic blood flow device
possessing asymmetric and interconnected microchannels
exhibits uniform flow properties and preliminary hemo-
compatibility. Such technology should foster the develop-
ment of miniature oxygenators and similar biomedical devices
requiring both a microscale reaction volume and physiological
blood flow. ASAIO Journal 2007; 53:447–455.

Microfluidic devices, consisting of a network of channels with
diameters comparable to human arterioles (�90 �m), are ideal
platforms for the study of the transport dynamics and biochem-
istry of biologic fluids. Over the past 15 years, such devices have
been broadly applied in the fields of analytical chemistry,1–5

tissue engineering,6–9 and biomimetic devices.10–12 Due to the
explicit geometry and fluid driving pressures used in these micro-

devices, the Reynolds number (Re) for the operating fluid is
usually much less than 100, leading to characteristically laminar
conditions. The development of microfluidic devices designed to
emulate physiologic flow systems, such as the capillary microcir-
culation, has particularly stringent design requirements due to the
need to maintain the viability of rather fragile red and white blood
cells. Such microchannels need to incorporate a relatively small
diffusive boundary layer to allow chemical efficiency while main-
taining broad enough dimensions to minimize adverse flow con-
ditions. This design rule is evident, for example, in the case of
artificial lung technologies designed to deliver oxygen to red
blood cells either via oxygen transport across hollow fiber mem-
branes,13,14 or following oxygen generation by photolysis.15,16

Such systems require short diffusion distances in order to achieve
rapid oxyhemoglobin formation yet sufficiently large hydraulic
capillary diameters to minimize shear stress and flow irregulari-
ties. In this report, we describe the design, fabrication, and
functional validation of an elastomeric microfluidic net-
work, consisting of gas-permeable poly (dimethyl-siloxane)
(PDMS) that closely emulates the geometry of pulmonary
microcirculation beds.

Methods

Basic Design Elements for a Microfluidic Capillary Network

Microfluidic blood flow devices are generally limited by
large pressure drops and complex channel geometries, condi-
tions that may be associated with impaired hemocompatibility.
Scaling up of these networks to accommodate physiologically
relevant blood flow rates (l/min) is very challenging. We have
previously examined in detail the relationships between mi-
crochannel geometry and configuration, flow and oxygen dif-
fusion in a microcapillary device.17,18 Acknowledging the
presence of relatively large viscous forces in most microfluidic
devices, and the resulting effect on shear stress,19,20 it has been
previously suggested that blood flow microchannels embody-
ing a branching network require a minimum diameter of 100
�m.21 Although this channel diameter is considerably larger
than native pulmonary capillaries (�10 �m), this diameter is
analogous to that of the branching pulmonary arterial sys-
tem22–25 and thus may constitute a reasonable design tem-
plate. Such a design represents a pragmatic compromise as it
may itself introduce regions of flow instability not present in
native pulmonary capillaries. The mass transfer properties of
an array of microchannels with hydraulic diameters on the
order of 100 �m was previously characterized analytically
through a simple convective mass transfer model account-
ing for the diffusivity of oxygen in aqueous solution,17 and
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deriving the Peclet number as a measure of the ratio of the
convective to diffusive mass transport both analytically and
experimentally. However, preliminary hemocompatibility
experiments to assay thrombogenesis by microscopic visu-
alization for devices possessing a 100 �m � 100 �m chan-
nel diameters and a 90-degree branching configuration during
flow (0.1–0.64 ml/min) of anticoagulated blood (ACT �300
seconds) revealed thrombus at 25% of channel inlets/outlets
and bifurcations as early as 20 minutes.26 As a result, we
considered an open network of diamond-shaped posts with the
goal of minimizing reduced flow regions and thus reducing
the rate of thrombus.

As a basic, scalable building block to minimize damaging
tangential shear forces, we adopted an asymmetrically config-
ured microchannel network design (Figure 1). Our design was
similar to the computational model of the human pulmonary
capillary system described by Huang et al.27 and the network
model of endothelialized microcapillaries proposed by Shin et
al.28 The latter device embodied a microcapillary system with
variable channel widths (ranging from 35 �m to 5 mm) and
uniform channel depth (35 �m) and was designed to specifi-
cally emulate microvascular physiology and promote the via-
bility of attached cells. Similarly, Kaazempur-Mofrad et al.
proposed a variation on this design for the purpose of renal
filtration,29 based on prior fractal-based design concepts.30

Our microfluidic chip design incorporated the following spe-
cific physical properties. First, the individual channels possess
a high aspect ratio, exhibiting a width of 1.197 mm and a
channel height of 0.1 mm. The width of the inlet and outlet
channels is 3.38 mm, while the overall footprint of the mi-
crofluidic array is 2 � 2 cm. The channel height was derived
directly from prior computational and experimental results.17

The channel width was chosen empirically on the basis of
practical limitations of current microfabrication capabilities,

and was not systematically varied in the current study. Second,
the set of microchannels comprising the two-dimensional
aligned chip are each interconnected with four other channels
in a network configuration, thus allowing alternative flow
pathways in the event of single channel occlusion while min-
imizing the establishment of detrimental pressure gradients
that would be observed using a right-angle hierarchically
branching channel architecture.

Generation of a Finite Element Model to Simulate Flow
Fields and Hemocompatibility

To simulate flow fields and hemocompatibility for the pro-
posed microfluidic chip, a geometrical model was created and
meshed through CFD-GEOM (CFDRC, Huntsville, AL). Simu-
lations of blood flow were obtained for local velocity and
Reynolds number at varying flow rates (ranging from 25 �l to
1 ml/min). The Reynolds number, defined as the ratio between
inertial and viscous forces, may be represented as follows:

Re �
�UD

�
(1)

where � is the fluid density, U is the velocity, D is the char-
acteristic length, and � is the viscosity.

In the microfluidic realm, flow is generally laminar, with viscous
forces dominating over inertial forces. To account for the non-
Newtonian behavior of blood, viscosity was assumed to be vari-
able and the power law model proposed by Ballyk was used.31

� � ����n � 1 (2)
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 ����
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where � is the consistency parameter, � is the local shear rate,
�� is the limiting Newtonian viscosity, and a, b, c, d, 	�, and
n� are constant values.

To generalize the above to multidimensional flows, � may be
is replaced by the stress tensor, �ij, � is replaced by the rate of
strain tensor, Dij � 1⁄2 (�ui/�xj 
 �uj/�xi), and the magnitude of �
is replaced by the second invariant of the rate of strain tensor,
DII.32 The momentum equation for the ith component of the
velocity vector, u, solved by the commercial code thus becomes:
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(5)

and the mass conservation equation becomes:

� � u� � 0 (6)

assuming the fluid is incompressible. The density of the blood
was set to 1.057 kg/m3, calculated considering a hematocrit
value of 0.45 through:

�blood � �plasma � (1 � Ht) 
 �cells � Ht (7)

with �plasma � 1.030 kg/m3, the density of the plasma, and
�cells � 1.090 kg/m3, the density of platelets and blood cells.33

No-slip boundary conditions were imposed on all solid sur-
faces, while for each numerical analysis a normal velocity to

Figure 1. Microfluidic device using a network construct. A novel
construct was used that combined low channel height for efficient
diffusion with relatively broad channel width to minimize shear
stress. Shown here are diagrammatic representations of the micro-
channel network from the perspective of (A) an individual micro-
channel illustrating the asymmetric geometry (height of channel is
relatively small compared with channel width). (B) Top-down view of
the overall microchannel network depicting the set of orthogonal
interconnections characteristic of the chip configuration.
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the inlet channel of the model was applied so that the flow rate
varied between 3�10�1 �l/min to 6�102 �l/min in eight simu-
lations. For each simulation, the convergence was guaranteed
by decreasing the relative values of the residuals (for the three
velocity components and the pressure) below the threshold of
1�10�6. Moreover, the mass flow balance was computed and
verified to be at least four orders of magnitude lower than the
inlet mass flow rate.

The exposure of the red blood cells (RBC) to shear stress for
varying periods of time causes determinable effects on the RBC
cell membrane.34 Hemolysis, expressed in terms of free hemo-
globin, may be explicitly associated with shear stress and
exposure time by the power law calculations of Blackshear.35

Giersiepen, furthermore, proposed a power-law formulation to
relate levels of turbulent shear stress with hemolysis.36 The
power-law model relating the concentration of free hemoglo-
bin (Hb), the shear stress acting on the blood cell and time of
exposure to the shear stress condition has the general form of:

	Hb/Hb% � Cta�b (8)

where C, a, and b are constant values and depend on the
species from which the blood was derived (e.g., human, bo-
vine). 	Hb represents the increase of free hemoglobin in the
blood, which is strictly related to RBC damage. A blood damage
index (BDI), analogous to the rate of hemolysis, may be com-
puted and expressed as percentage of total hemoglobin for a set
of RBCs moving in a generic pathline, adding the various sublytic
(i.e., elemental) contributions. A method to calculate the BDI,
based on the above relationships, has been proposed by Zimmer
et al.37 and Lim et al.38 The elemental contributions to hemolysis
rate are given by the differential quotient of the following:

d�BDI� � a � C � ta�1 � �(t)b dt (9)

which may also be written in discrete form as follows:

	BDI � a � C � ti
a�1 � �(t)i

b 	ti (10)

where �i is the shear stress acting during the ith observation
interval 	ti and ti is the time it takes the blood cell to reach the
ith observation point, i.e.,

ti � �
f � 1

i

	tf (11)

The damage summation along a pathline can be calculated as
the summation of the elemental contributions:

BDI � �
ta

t

aC�a�1 �(�)b d� (12)

whose discrete expression is:

BDI � �
f � 1

N

aCti
a�1 ��t�f

b 	tf (13)

where N is the total number of time intervals. The above
hemolysis prediction model was implemented in CFD-ACE


and hemolysis rates represented as a function of flow in the
range of 125 to 1000 �l/min.

Fabrication of Microfluidic Capillary Network

The two-dimensional microchannel pattern was generated
using AUTOCAD, after which the pattern was transferred to a
transparency mask via a high resolution printer (3550 dpi). A
master for replica molding was prepared from negative pho-
toresist (SU-8, Microchem) on a 3-inch silicon wafer using
standard photolithography. A microfluidic device was then
fabricated from PDMS by replica molding from the previously
constructed master using the technique of soft lithogra-
phy.39–41 PDMS (Sylgard 184, two-part elastomer) was chosen
for as the device material due to its biocompatibility with
blood, low cost, and ease of fabrication.42 A 5:1 monomer/
catalyst mixture was mixed, degassed, and poured on the SU-8
mold to an approximate 5 mm thickness. Subsequently, a 20:1
mixture of PDMS was prepared and poured onto a blank
silicon wafer to a 5 mm thickness, constituting a substrate for
the fluid channel. Both molds were again degassed under
vacuum to remove air bubbles generated, while PDMS was
poured onto the molds and baked at 80°C for 20 minutes.
Once the PDMS was cured, the patterned structure was cut
and peeled off from the master, which was previously treated
with trichlorotrimethylsilane for seven minutes to minimize
adhesion of the PDMS to the SU-8 mold. Holes for the inlets
and outlets of the fluid channels were generated with a 20G
Luer stub. This flow layer of PDMS was placed onto the
substrate layer of PDMS and baked at 80°C for an additional
three hours to form a covalent bond between the two layers.
This assembly was then cut and peeled from the wafer, yield-
ing the completed device.

Assessment of Hemocompatibility

Five sets of blood tests were performed to assay the rate of
hemolysis and thrombosis generation in the microfluidic de-
vice. Bovine blood obtained from a slaughterhouse (Lemay,
Goftstown, NH) with a normalized hematocrit of 29 to 30 was
used (Autocrit Ultra 3) for each experiment. The age range of
the blood was 24 to 120 hours. No difference was observed in
regard to results as a function of age of the blood. Blood
acquired from the slaughterhouse was treated as follows: A
solution of 50,000 units heparin in 1 l sterile Dextrose (5%)
was combined with approximately 4 gallons of blood obtained
from an individual animal. The blood was then gently stirred to
distribute the heparin into the fresh blood. The activated clot-
ting time (ACT) was determined by conventional clinical meth-
ods and was found to be approximately 400 seconds at room
temperature, an accepted value for during clinical cardiopul-
monary bypass.42–46 For assay of hemolysis, 10 ml samples of
blood were collected from the device outlets at each time
point (every 40 minutes for a total duration of 6 or 12 hours)
and compared with a control blood sample that was flowed at
the same rate but not through the microfluidic device. Both
control and sample were collected and were centrifuged for 10
minutes at 3400 rpm to isolate the plasma. After centrifugation,
2 ml of the plasma was mixed with 1 ml cyanmethemoglobin,
and the absorption rate was measured by a spectrophotometer
(Thermo Spectronic) to calculate the total plasma hemoglobin
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(TPH) (mg/dl) in terms of absorption � 242.65 
 3.07.47

Hemolysis was represented as the [TPH (sample � control)/
TPH (control)] during 6 and 12 hour infusions performed at
room temperature, at a flow rate of 250 �l/min as predicted by
prior simulation. Because the flow rate and sampling interval
did not vary, further normalization procedures48 were
judged to be unwarranted. Thrombus formation was as-
sessed by microscopic visualization of the channels with an
upright light microscope (Industrial Products Group, Inc) at
5 and 10� magnification during and following flow through
the microfluidic chip for 6 and 12 hours at 0.25 ml/min.
Since early platelet activation events associated with acti-
vation are likely to be undetected by this method,49,50 this
assay should properly be regarded as a preliminary assess-
ment of in vivo thrombogenesis.

Results

Model Results

The goal of the present modeling effort was to simulate the
flow conditions existing within a model microfluidic chip and

its impact on hemocompatibility of flowing blood. We specif-
ically hypothesized that a microfluidic chip incorporating a
decidedly asymmetric channel geometry (width �� height)
and interacting microcapillaries would improve hemocompat-
ibility while minimizing the diffusion distance from a hypo-
thetical “active” surface. Because the pressure drop across
such a device is considered a predictor of hemolysis risk, we
modeled this property as an explicit function of the flow (10
�l–1 ml/min), considering flow through the grid alone and
flow through the grid and inlet/outlet. A linear regression was
computed for each of the two sets of data, using the following
relationship, 	p � 
V 
 po, where the values of the constants

 and po in the “grid-only case” are 5.7094 Pa�min/�l and
56.768 Pa, respectively. As shown in Figure 2, the modeled
pressure drop varied in a linear manner with flow rate, with
increased pressure drop evident for the whole chip vs. the grid
alone for the higher range of flow rates (�500 �l/min). In the
figure, two different linear regression curves were computed:
the diamond symbols indicate the pressure drop across the
central part of the device (the grid with the obstacles) while the
square symbols indicate the pressure drop across the entire
model (thus including the inlet and outlet channels). For rela-
tively low flow rates (�250 �l/min), our simulations yielded a
maximum value of pressure drop of about 2 kPa (about 15 mm
Hg), conceptually similar to previous reports.51 Accordingly,
we used this flow as a reference value in subsequent simula-
tions and functional testing. We provide in Figure 3 the results
of a finite element simulation of local velocity and viscosity in
association with the above flow rate. The simulation predicted
a fairly uniform velocity within the microfluidic construct with
the exception of a few singular regions of high velocity near
the inlet and outlet regions. Hemolysis was computed accord-
ing to the Giersiepen model (Figure 4), which represented the
relationship between the percent free hemoglobin in the
blood and the imposed flow rate. The model predicted, for
a flow rate of 250 �l/min, an associated hemolysis percent-
age of 6.89.

Figure 2. Relationship of pressure drop across the microfluidic
chip to flow rate. A linear regression was computed in the case of
the pressure drop over the entire chip, considering the grid alone,
while excluding the entrance and exit ducts. Observe that the pres-
sure drop increases linearly with flow rate. The two different lines
represent the pressure drop of the central part (the grid with obsta-
cles) and the entire chip (with entrance and exit ducts), in blue and
red, respectively.

Figure 3. Computational simulation of local blood flow in microfluidic constructs. To determine local flow properties, and thus infer
hemolysis risk, a geometrical model of the chip was created and meshed through CFD-GEOM software. Simulations were run at varying flow
rates to ascertain both (A) local flow velocity and (B) local dynamic viscosity. Data were obtained at specific flow rate of 250 �l/min. The
velocity images display a high degree of uniformity as a function of location in the chip. Local viscosity is directly correlated to the local shear
rates and, consequently, to hemolysis risk.
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Although the overall non-Newtonian behavior of the blood
was taken into account, our numerical model did not consider
a well-known phenomenon occurring in small dimensional
flow fields, the plasma skimming effect. Fahraeus and
Lindquist noticed that, in small diameter tubes (�500 �m), the
viscosity decreases because of the platelets, and the blood
cells travel in the middle of the tube rather than close to its
walls.52 Even in the absence of a cylindrical geometry, this
effect is conceivable, as Reinke et al. observed that, for a
hematocrit of 0.45 and for tubes of about 100 �m diameter,
the apparent viscosity is about 15 to 20% less than that mea-
sured at the macroscopic scale.53 In our model, in which the
smallest microchannels in the center of the device are 1197
�m (w) � 0.1 �m (h), the hydraulic diameter of the channel,
defined by [4 A (area)/wetted perimeter], is �180 �m; there-
fore, clearly the inclusion of additional terms to account for
plasma skimming has the potential to improve the model.
Moreover, the likelihood that we are overestimating the true
viscosity implies that the results with respect to the pressure
drop and hemolicity are “worse”, rendering the model more
conservative.

Experimental Hemocompatibility

Flow irregularities related to the geometry of the proposed
microfluidic chip may result in enhanced shear stress condi-
tions leading to increased hemolysis or significant variations of
flow rate resulting in enhanced thrombogenesis. To address
the former, the rate of hemolysis was obtained in 4 separate
experiments and represented as the total plasma hemoglobin
(TPH) (sample � control)/TPH (control) obtained over a 6 hour
perfusion at a flow rate of 0.250 ml/min (Figure 5), a flow
condition predicted by the above simulation to entail mini-
mum hemolysis. Hemolysis rate assayed in this manner was
�5.0% throughout the entire period of device perfusion. The
microfluidic chips were further observed for possible thrombus
deposition following these 6 hour perfusion experiments fol-
lowed by a washout period. Figure 6 represents a set of rep-
resentative microfluidic chip images (n � 4 experiments).
There was no visible evidence of thrombus deposition at any
location in the chip. Additionally, in a single long-term (12
hour) experiment, we observed that the total plasma hemoglo-
bin remained stable and not significantly different from the
control for the entire infusion period (Figure 7), and there was
no visible thrombus deposition.

Discussion

Microfluidic device development provides a basis for pre-
cise fluid mechanical and chemical control. However, the
adaptation of such technology to blood flow devices intro-
duces several risks, including high shear stress and flow insta-
bility, and thus may be associated with high rates of RBC
fragility and hemolysis as well as platelet activation leading
to thrombosis. Indeed, in an earlier generation of a two-
dimensional microfluidic oxygenation device consisting of
100 �m2 channels arborizing at right angles to each other, we
observed a relatively high rate of hemolysis and significant
thrombogenesis.17,26 These results specifically implied the need
to vary channel diameter and channel relationships at the
points of channel bifurcation. Furthermore, in considering the
channel shape necessary to achieve optimal convective mass
transport of oxygen in a microfluidic channel,17 the need for
minimization of the diffusion distance exists between the gas
permeable PDMS channel boundaries and the flowing RBCs.
In the current work, we have addressed hemocompatibility
issues through the design of a microchannel network, modeled
in many aspects after the pulmonary capillary system.17,54

Such network models contain an open microchannel geometry
with distributed posts to minimize hemolysis and thrombosis,
while emphasizing a high surface-to-volume ratio for potential
gas exchange. Similarly, we have fabricated a geometrically
interconnected system of channels, whose structure allows us
to specifically maintain low channel height while maximizing
flow rate. Our goal in this study was to demonstrate, through
simulation and experimentation, the flow dynamics and
hemocompatibility of such a system. Our results demon-
strate the following: 1) simulations indicate that at a flow
rate of 0.250 ml/min, a moderate pressure drop can be
achieved with a minimal hemolysis rate; and 2) hemocom-
patibility assays, obtained during perfusions of 6 and 12
hours at a flow rate predicted by the above simulations,
demonstrated no significant hemolysis or microscopically
visible thrombogenesis.

Figure 5. Determination of hemolysis during 6-hour perfusion
through microfluidic device. Hemolysis was determined as a func-
tion of flow through the microfluidic construct (sample) compared
with flow outside of the microfluidic construct (control) in four sep-
arate experiments Samples were obtained every 40 minutes over
course of a 6-hour perfusion at a constant flow rate of 250 �l/min
and total plasma hemoglobin derived by spectrophotometry. He-
molysis was represented as the TPH (sample � control)/TPH control
for each time point and displayed as mean 
 SD. The hemolysis
percentage was consistently �5.0% and did not increase signifi-
cantly with the time of perfusion.

Figure 4. Computational simulation of the rate of hemolysis as a
function of blood flow through microfluidic constructs. Hemolysis
rates were simulated during flow through the microfluidic construct
using a power law formulation (see Methods) and implemented in
CFD-ACE
. Hemolysis rates are presented as a function of flow in
the range of 125 �l to 1 ml/min.

451MICROFLUIDIC BLOOD FLOW



Despite the advantages of short diffusion distance and
laminar conditions at the microfluidic scale, the possibility
of hemolysis due to high shear stress remains a critical
limitation. Potential contributions to shear stress include not
only geometrical factors, such as channel aspect ratio and
sharp corners, but also the choice of device material itself in
the fabrication of microfluidic conduits. Silicone rubbers,
while used as medical device components and as instru-
mentation coatings, have the potential to exhibit some de-

gree of thrombogenicity.55,56 Of the silicone rubbers, PDMS
is one of the most biocompatible, with low cytotoxicity and
platelet activation in comparison to other siloxane blends.55

PDMS is easy to mold and has superior optical clarity.
However, its inherently hydrophobic surface makes it sus-
ceptible to nonspecific protein adhesion. While serum pro-
teins in contact with PDMS microconduits act as potential
blocking agents, the potential for more serious biofouling
with long-term blood flow exists. Several approaches to
surface modification exist to address this problem.57–59 Both
chemical and physical modifications of the PDMS surface
can increase its biocompatibility by rendering the surface
hydrophilic or entropically unfavorable for protein adhe-
sion. These procedures include oxygen plasma treatment,39

polymer coating or grafting,60 and chemical treatment with
strong acids.1

The RBC membrane consists of a lipid bilayer supported by
a structural spectrin network.61 Potential conditions under
which membrane failure may occur include local and global
strain and impaired spectrin formation, the formation of non-
resealing pores, constitution of tethering effects, and actual
membrane disruption.62 The exposure of RBCs to low stress for
short periods results in elastic deformation, which is reversible
with removal of the stress (viscoelastic solid behavior). The
same stress applied for longer periods results in a nonreversible
shape change. Moreover, under conditions of high shear stress,
the membrane yields and begins to flow resulting in a large
degree of permanent deformation.63 In this manner, it is evi-
dent that shear stress contributes to red cell damage, and
importantly, may induce membrane effects which precede
end-stage structural changes, or hemolysis. In the current
study, we considered this important variable from the perspec-
tive of pressure drop across the device, and the simulated and
direct assessments of hemolysis rate. Similar low rates of he-
molysis were observed in recent demonstrations of PDMS-
derived microfluidic devices employing low angle bifurcating
channel configurations to separate plasma from whole
blood.64,65 One may predict that the simple minimization of
shear stress in a system in which channel walls are cell-free

Figure 6. Determination of microscopic
thrombus formation in the microfluidic
device following 6-hour perfusion. The
possibility of thrombus formation was
studied by microscopy after a 6-hour per-
fusion at a constant flow rate of 0.250
ml/min. Images are displayed of various
locations in the microchip at approxi-
mate magnifications ranging from 5� to
10�. Images are displayed immediately
after the perfusion period (left) and after
a flush with saline followed by ethanol/
saline to detect residual microscopic
thrombus formation (right). No throm-
bus was observed at any point of the
device. For size reference, the width of
single channels in the center of the de-
vice 1.197 mm while the inlet/outlet
width is 3.38 mm.

Figure 7. Assessment of hemocompatibility after 12-hour perfu-
sion. (A) Hemolysis displayed as TPH as a function of flow through
the microfluidic construct (sample) compared with flow outside of
the microfluidic construct (control). Samples were obtained every 40
minutes over course of a 12-hour blood perfusion at a constant flow
rate of 250 �l/min and TPH was assayed by spectrophotometry. (B)
Hemolysis percentage represented as the [TPH (sample � control)/
TPH (control)] during the course of the 12-hour blood infusion.
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will result in a reduction of the probability that hemolysis will
occur. However, a system more closely emulating a physio-
logic capillary which incorporates adherent endothelial cells
would require a more comprehensive approach to the optimi-
zation of shear stress in the system, because the complex set of
biologic response exhibited by the cells themselves must be
considered.66 Such design questions are beyond the scope of
the present work, but will be considered in future iterations.

The underlying biologic, physical, and chemical processes
underlying thrombogenesis in both native and artificial capil-
lary systems have been extensively studied over the past sev-
eral decades. This literature has emphasized the early biologic
events underlying platelet activation,67,68 as well as the com-
plex interactions involving circulating platelets and endothe-
lial surfaces,69 intravascular fluid dynamics and transport,49,70

and variations in capillary geometry.71 The latter concept has
particular relevance to the current work in that the capillary
walls of our microfabricated system do not possess biorespon-
sive endothelial cells, and thus the critical determinants of
platelet activation are variations in flow patterns induced by
individual capillary structure and capillary network configura-
tion. As previously hypothesized in the setting of model vas-
cular stenosis,72 platelet activation and surface attachment
should be enhanced in regions of nonuniform flow possessing
reduced flow velocity and patterns of recirculation. Such be-
havior may be associated with a greater propensity for flow
streamlines perpendicular to the capillary wall and the result-
ing increase of convective platelet transport and platelet at-
tachment.73 In this context, several aspects of our system may
be beneficial in reducing the likelihood of platelet aggregation
and potential thrombus formation. Flow velocity simulation
displays a high degree of uniformity as a function of location in
the chip, in particular, in relation to posts, bifurcations, and
level of channel intersections. Additionally, the microscopic
demonstration of a lack of thrombus formation at 6 and 12
hours, although limited in capacity to detect early events
associated with platelet activation and thus preliminary in
nature, should thus be regarded as significant.

It is useful to consider to what extent the current microfluidic
chip design in fact emulates the structure and function of the
local pulmonary microcirculation, a network of geometrically
interconnected and distensible capillary structures capable of
transporting blood cells and of mediating physiologic gas ex-
change. The geometric properties exhibited by the pulmonary
capillary network has been described in prior anatomical stud-
ies74–77 and more recently by combined anatomical and phys-
iologic simulations, based on realistic capillary number,
length, diameter, and the degree of vessel interconnected-
ness.17 Pulmonary blood flow is considered to be based on the
presence of a complex array of short capillary segments, with
apparent teleological benefits for regulating flow of red and
white blood cells relative to lung expansion, phases of the
cardiac cycle, and in response to local injury. Several proper-
ties of the naturally occurring network are present in the
simplified network of microchannels presented in this report.
For example, physiologic capillary networks are composed of
arrays of functional segments of prescribed length (approx-
imately 70 �m) and diameters (approximately 10 �m) and
multiple three-way or four-way junctions.38 Furthermore,
there is considerable variability in the way in which capil-
lary cross-sectional area and shape vary as a function of

lung volume and transcapillary pressure.17,78 This highly
dynamic property of the pulmonary microcirculation is es-
sential for maximizing gas exchange efficiency, while min-
imizing pressure drops and the resulting physical damage to
flowing cells. Our artificial system emulated the intercon-
nectedness of the naturally occurring capillary network, the
functional length of the microcapillaries, and the relatively
short diffusion distance. It should be noted that although
PDMS has inherent mechanical elasticity,79,80 fabrication of
thin-wall devices emulating the dynamic of the biologic
responsiveness of the pulmonary capillary remains a man-
ufacturing challenge. Consequently, it was necessary to
scale up the dimensions of the height and width of the
microchannels (to �0.1 and 1.1 mm, respectively) to allow
uniform, laminar flow conditions and thus minimize dam-
age to flowing cells. Our computational and experimental
results confirm that the fabrication of a network of asym-
metric PDMS-comprised microcapillaries is able to sustain
uniform flow while maintaining hemocompatible conditions.

In summary, we have simulated and experimentally vali-
dated a microfluidic blood flow device, modeled generally
after the pulmonary microcirculation and characterized by
channels with a relatively high aspect ratio to maximize diffu-
sivity and hemocompatibility and a network-type channel con-
figuration to eliminate local flow irregularities. We predict that
such as device will be applicable for artificial respiratory de-
vices or in any instance where high rates of chemical diffusion
must be balanced with biocompatibility.
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