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The promise of microfluidic artificial lungs
Joseph A. Potkay“

Microfluidic or microchannel artificial lungs promise to enable a new class of truly portable,
therapeutic artificial lungs through feature sizes and blood channel designs that closely mimic
those found in their natural counterpart. These new artificial lungs could potentially: 1) Have
surface areas and priming volumes that are a fraction of current technologies thereby
decreasing device size and reducing the foreign body response; 2) Contain blood flow
networks in which cells and platelets experience pressures, shear stresses, and branching
angles that copy those in the human lung thereby improving biocompatibility; 3) Operate
efficiently with room air, eliminating the need for gas cylinders and complications associated
with hyperoxemia; 4) Exhibit biomimetic hydraulic resistances, enabling operation with
natural pressures and eliminating the need for blood pumps; and, 5) Provide increased gas
exchange capacity enabling respiratory support for active patients. This manuscript reviews
recent research efforts in microfluidic artificial lungs targeted at achieving the advantages
above, investigates the ultimate performance and scaling limits of these devices using a proven
mathematical model, and discusses the future challenges that must be overcome in order for
microfluidic artificial lungs to be applied in the clinic. If all of these promising advantages are
realized and the remaining challenges are met, microfluidic artificial lungs could potentially

revolutionize the field of pulmonary rehabilitation.

A. Introduction

Lung disease afflicts more than 235 million people worldwide
and kills more than 3 million people annually [1]. In the United
States, more than 35 million Americans are living with chronic
lung disease; it is responsible for nearly 400,000 deaths every
year and is currently the only major disease with an increasing
death rate [2]. Acute respiratory distress syndrome (ARDS) has
a mortality rate between 25 and 40% and afflicts 200,000
Americans each year [2].

In the clinical setting, positive pressure ventilation has been
traditionally used to partially compensate for the pulmonary
insufficiency caused by lung disease. However, the high airway
pressures and oxygen concentrations can result in barotrauma,
volutrauma, and biotrauma, and can exacerbate the original
illness, even resulting in multi-organ failure [3]. Artificial lung
technologies have been developed to provide respiratory
support without the drawback of ventilator-induced injury. In
acute cases, artificial lung technologies enable the natural lung
to heal while the patient rehabilitates. In chronic cases, artificial
lungs may serve as a bridge to transplant or eventually as a
fully artificial replacement for the natural lung, increasing
survival and improving quality of life. The CESAR study
recently demonstrated that extracorporeal = membrane
oxygenation (ECMO — a procedure that uses an artificial lung
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and blood pump to achieve cardiopulmonary support) provided
a significantly improved survival rate (63% vs. 47%) for
patients with severe acute respiratory failure when compared to
patients treated with mechanical ventilation [4].

Artificial lung technologies can be grouped into four
categories: extracorporeal, paracorporeal, intrathoracic, and
Some of these devices have
[5, 6].
extracorporeal membrane-based artificial lungs are currently

intravenous artificial lungs.
undergone human clinical trials However, only
clinically used, predominantly during cardiopulmonary bypass
and less frequently for respiratory failure or as a bridge to lung
transplant [7, 8]. The Maquet Quadrox represents the state-of-
the-art in commercially-available artificial lung technologies
[9]. The Quadrox has a low pressure drop and is capable of
being driven by the natural heart in some clinical applications.
A single Quadrox has been used clinically for up to two months
with systemic anticoagulation [10]. The Quadrox has recently
been used for ambulatory ECMO in which the artificial lung,
blood pump, computer, battery, and oxygen cylinder can be
mounted to a wheeled pole to provide limited mobility in the
ICU setting [11, 12, 13].

Despite tremendous advancements, treatment and outcomes
with artificial lung systems remain less than optimal. Current
systems only permit minimal ambulation and their use is
typically limited to the ICU. Truly portable systems that enable
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Fig. 1 A conceptual drawing of an initial clinical application of microfluidic artificial lung technology — an ambulatory pumpless extracorporeal

lung assist system.

full
technologies. Further, device-mediated complications including

ambulation are simply not possible with current
inflammation, device clotting, and hemolysis are common
during treatment with current systems, especially in longer
cases. Most devices have clinical lifetimes measured in days
and require systemic anticoagulation. Finally, current systems
are only capable of supporting the respiratory needs of a patient
at rest. Thus, for artificial lungs to realize their potential for
both long term respiratory support and more effective short
term rehabilitation, significant improvements in
biocompatibility, gas exchange, and portability must be made
[8].

Microfluidic artificial lungs have the potential to provide
drastically improved pulmonary support through three means:
1) Improved gas transfer performance compared to current
devices to enable complete, ambulatory respiratory support of
active patients, 2) Increased biocompatibility to increase device
lifetime, decrease anticoagulation, enable long-term treatment,
and increase patient health, and 3) Increased portability to
enable truly ambulatory care and improved patient quality of
life. A conceptual drawing of one possible initial clinical
implementation of microfluidic artificial lung technology is
shown in Fig. 1. The device is mounted on the chest or back
and vascular access is achieved via the subclavian artery and
vein (AV) to permit ambulation. Blood flow is driven by the
natural heart and the supply gas (air) is delivered by a battery-
driven fan integrated into the system. Should more oxygen
exchange be required by the patient, a venovenous (VV)
configuration (i.e. a vein to vein connection) could be used with
blood flow driven by a small pump (e.g. the Abiomed Impella).

Section B of this manuscript describes advantages of
microfluidic artificial lungs (relative to current hollow fiber
technology) that should be achievable based on evidence in the
literature and current technology. Section C justifies these
potential claims by deriving the performance and scaling limits
of microfluidic artificial lungs using a verified mathematical
model. Section D discusses additional important design
considerations for microfluidic artificial lungs including blood
flow network design, hemocompatible coatings, pressure drop

and shear, and choice of supply gas. Section E describes the

2 | Lab on a Chip, 2014, 00, 1-3

current state of research in this growing field and details which
of the potential benefits of microfluidic artificial lungs
described in Section B have already been realized. Section F
concludes the manuscript by detailing current hurdles to

achieving microfluidic artificial lung systems for human use.

B. The Promise of Microfluidic Artificial Lungs

A microfluidic or microchannel artificial lung is an artificial
lung in which the smallest features, including blood channel
diameter and membrane thickness, are between 1 and 100 pm,
or similar in size to the smallest features in the natural lung.
Microfluidic artificial lungs are formed using microfabrication
techniques that allow the precise control of not only minimum
feature sizes, but also of the blood flow path. Microfabrication
and microtechnology can thus be used to create microfluidic
artificial lungs with feature sizes similar to those in the natural
lung as well as containing blood flow paths that closely mimic
those found in their natural counterpart. These two properties
have enormous implications in terms of the gas exchange,
portability, and biocompatibility of artificial lungs, as described
in more detail in the subsections below.

B.1. Current artificial lung technology

In order to understand the benefits of microfluidic artificial
lungs, it is first helpful to take a look at current artificial lung
technology. Artificial lungs mimic the function of natural lungs
by adding oxygen to and removing carbon dioxide from the
blood. Nearly all current commercially-available artificial lungs
use hollow-fiber technology. A representative device
implementing this technology, the Maquet Quadrox, is
displayed in Fig. 2. During operation, a blood pump drives
blood flow from the body and through the device (Fig. 2A).
Blood enters the base of the device, flows vertically up its side
and then transversely through a dense bundle of hollow fibers
(Fig. 2B). Each hollow fiber (typically made from
polypropylene or polymethylpentene) is microporous and
highly permeable to both carbon dioxide (CO,) and oxygen
(Oy). Blood flows along the outside of each hollow fiber and
the sweep gas (typically pure O,) flows inside of the fiber (Fig.
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Fig. 2 Current hollow-fiber artificial lung technology. A. Diagram of
the Maquet Quadrox [9]. B. Cross-section of the gas diffusion
interface in hollow-fiber artificial lungs (modified from [43]).

2B). Oxygen is transferred into the blood and CO, out of the
blood by diffusion through the wall of the hollow fibers (the
membrane). Blood flows through the fiber bundle in a
circuitous path that creates mixing and enhances gas transfer
(Fig. 2B). An integrated heat exchanger can heat or cool the
blood, which is then returned to the body. This predominant
artificial lung design has a number of drawbacks which are
potentially addressed through microfluidic artificial lung
technology, as described in detail below.

B.2. Gas exchange

The performance of current artificial lungs is significantly
lower than that of their natural counterpart. The human lung
provides a maximum gas exchange rate for both O, and CO, of
2-6 L/min [8] utilizing air as the supply gas. In contrast, current
artificial lungs are only capable of a maximum gas exchange
rate of 250-400 ml/min [8] using pure oxygen (stored in gas
cylinders) as the supply gas. Current artificial lungs are thus
only suitable for the short-term respiratory support for patients
at rest. This gas exchange insufficiency is due to the smaller
surface area, smaller surface-area-to-volume ratio, greater
membrane thickness, and larger blood channel heights of
artificial lungs compared to the human lung [8].

Through the use of microfabrication techniques, it is
possible to create artificial lungs with feature sizes that are, for
the first time, similar to those in the natural lung. Figure 3
compares the size scale of the units of gas exchange in the
natural lung and a microfluidic artificial lung. For comparison,
Fig. 2B shows the unit of gas exchange in a conventional
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artificial lung. In microfluidic artificial lungs, smaller blood
channel diameters and membrane thicknesses result in
drastically reduced diffusion distances for O, and CO,
transferring between blood and the sweep gas. Reduced
diffusion distances result in an increase in gas exchange
efficiency. Larger gas exchange efficiencies will ultimately
result in larger gas exchange for a fixed membrane area,
thereby potentially enabling respiratory support for active
patients.

B.3. Priming volume

Priming volume is the amount of blood required (external to the
body) to fill or prime an artificial lung and its blood circuit. The
priming volume is thus the amount of blood that is being
exposed to an artificial surface at any given moment. Reducing
during
cardiopulmonary bypass procedures has been shown to reduce
post-operative  blood transfusions, advance  patient
hemodynamic recovery, and increase hematocrit values during
the procedure [14, 15, 16]. Although artificial lung
manufacturers have made significant progress toward reducing

the priming volume of artificial lung circuits

priming volume, adult devices still have priming volumes near
or in excess of 200 ml [9, 17, 18, 19].

Microfluidic  artificial
capillaries and thin gas exchange membranes in order to

lungs harness small artificial
achieve improved gas exchange efficiency and very high
surface-area-to-volume (SAV) ratios. The combination of large
gas exchange efficiency and high surface-area-to-volume ratio
can be used to produce an artificial lung with a very small
blood volume for a given gas exchange rate. Priming volumes
of microfluidic artificial lungs promise to be a fraction of that
in current devices, thereby potentially improving rehabilitation
from lung disease or after cardiopulmonary bypass procedures.
In general, the priming volume of microfluidic artificial lungs
should be minimized as much as possible in order to minimize
the foreign body response. However, at some point, the blood
circuit and the manifold that deliver blood to the microchannels
will dominate the total priming volume thus mitigating the
benefit of minimizing the priming volume of the artificial lung
further. Depending on the application and length of tubing in
the blood circuit, the blood circuit and manifold may have a
priming volume as small as 50 ml or up to or exceeding 500 ml.

carbon dioxide
out

Natural Lung

Gas channel

Microfluidic Artificial Lung

Fig. 3 A comparison of the size of the basic unit of gas exchange in the natural lung [80] and microfluidic artificial lungs. Red blood cells in each figure

serve as a size reference.

This journal is © The Royal Society of Chemistry 2014
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B.4. Hydraulic resistance

Most commercially-available artificial lungs have large blood-
side hydraulic resistances, or large pressure drop to blood flow
ratios. These large hydraulic resistances necessitate the use of a
blood pump and preclude operation using only naturally-
available pressures. A blood pump not only limits portability
due to its size and weight, but also adds pro-coagulatory effects
and can result in blood cell damage, including hemolysis [20].
Blood pumps should thus be avoided when the application
permits. There are commercially-available [18] and research
[21, 22] devices that have been designed to have a low blood-
side hydraulic resistance, thereby enabling pumpless
extracorporeal lung assist (PECLA) applications.

During the construction of microfluidic artificial lungs,
photolithography and microfabrication enable the creation and
design of virtually any desired two-dimensional blood flow
path. These custom blood flow paths can thus be designed to
have small hydraulic resistances, thereby enabling operation
with naturally available pressures and avoiding the use of blood
pumps that limit portability and blood compatibility.

Depending on the application, the required pressure drop
(and thus hydraulic resistance) for an artificial lung may vary.
Two examples are provided here. For a peripheral artery-to-
vein (arteriovenous) connection, the difference between the
mean arterial and venous pressures in a normal adult is
approximately 80 mmHg [23]. For an artificial lung connected
in parallel with the natural lungs, the pressure drop between the
pulmonary artery and left atrium is approximately 10 mmHg
[23]. These two values thus provide upper and lower bounds for
the working pressures of microfluidic artificial lungs systems,

depending on the application.

B.5. Biomimetic flow networks

Current artificial lungs consist of hundreds to thousands of
hollow fiber tubes that are bundled tightly together (Fig. 2).
Blood flows between the fibers in a tortuous path that enhances
mixing and, thus, gas exchange. However, as is apparent in Fig.
2b, the dimensions along this tortuous flow path are non-
uniform, resulting in areas of high flow and stasis. Areas of
high flow correspond to increased shear stress on cells and
platelets. Elevated shear stresses can activate platelets (as low
as 12 to 15 dyn/cm? in a few specific experiments) and large
shear stresses can lyse red blood cells [24, 25, 26]. Areas of low
flow and stasis promote thrombus initiation [27]. Flow non-
uniformity and stasis also create inefficiencies in the gas
exchange process.

As mentioned previously, microfluidic artificial lungs can
be designed with virtually any desired two-dimensional blood
flow path. Researchers have used this ability to create blood
flow networks that follow scaling and branching laws and shear
stresses in the natural lung [27, 28]. These microchannel
networks can be designed such that cells and platelets
experience pressures, shear stresses, and branching angles that
copy those in the body. It is believed that by mimicking the
physiological properties of real vessels, the blood flow paths in

4 | Lab on a Chip, 2014, 00, 1-3

microfluidic  artificial lungs will have  improved
biocompatibility and lifetime compared to their conventional

counterparts.

B.6. Membrane technology

Polypropylene (PP) hollow fiber membranes (Fig. 2) are the
core technology of today’s commercially-available artificial
lungs. These hollow fibers are highly permeable to oxygen and
carbon dioxide due to their micro-porosity. This porosity can
result in unwanted air leakage and can cause membrane
performance to degrade over time due to blood plasma leakage
into the pores [8]. In polymethylpentene (PMP) hollow fiber
devices, plasma leakage does not occur, but air leakage through
the membrane is still a potential danger [29].

Microfabrication enables the creation of extremely thin,
highly permeable non-porous polymer membranes. These thin,
non-porous membranes can achieve excellent gas transfer and
avoid the drawbacks of hollow fiber technologies. Specifically,
the lifetime and performance of non-porous membranes will not
degrade over time due to due to plasma leakage. In addition,
non-porous membranes eliminate the complication of gas
leakage that is possible in current technologies [8, 29].

B.7. Mechanical compliance

The hollow fibers in current artificial lungs (Fig. 2) are rigid
and do not deflect with changes in blood pressure. Microfluidic
artificial lungs can employ thin, flexible, polymer membranes
that are mechanically similar to the blood-gas membrane in the
natural lung. Just as pulmonary capillaries expand and contract
with changes in pulmonary blood pressure, the height of the
microchannels in microfluidic artificial lungs can vary with
changes in blood pressure if they contain thin, flexible
membranes. The mechanical compliance of microfluidic
artificial capillaries thus promises to more closely mimic that in
the natural lung (as compared to current artificial lung
technologies). This property is expected to result in a more
natural hydraulic resistance and a more natural environment for
cells and platelets. The drawbacks of compliant membranes are
that they could lead to occlusion, clotting, and transient
pressure changes. Devices implementing compliant membranes
will thus need to be designed carefully to mitigate these
potential issues.

B.8. Supply gas

Currently-available artificial lungs typically require pure
oxygen as the supply gas during normal use. The use of pure
oxygen has several drawbacks. First, pure oxygen is stored in
(bulky) gas cylinders, thereby limiting patient mobility and
quality of life. Next, in conventional artificially lungs using
pure oxygen, it has been shown that oxygen-derived free radical
generation may be increased, potentially resulting in oxygen
toxicity issues [30, 31]. Further, hyperoxemia (high oxygen
content in blood) has been associated with increased mortality
and can increase activation, and

platelet aggregation,

thrombosis through increased generation of reactive oxygen

This journal is © The Royal Society of Chemistry 2014
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species [32]. These factors can negatively impact clinical
outcomes and device lifetime.

Microfluidic artificial lungs can operate using air as the
supply gas due to their high gas exchange efficiency. Use of air
as the supply gas promises to provide more natural ventilation
to patients and eliminate the potential complications of using
pure oxygen. Finally, the use of air as the supply gas has large
implications in terms of portability. Instead of using pure O,
stored in bulky gas cylinders, microfluidic artificial lungs will
potentially operate using air supplied by light weight, battery
powered fans (for an extracorporeal system) or perhaps by
eventually by tapping into the natural air circulation (for future
implantable systems).

B.10. A potential disadvantage

One potential disadvantage of microfluidic artificial lungs is
related to the size of their blood channels. The diameter or
height of the artificial capillaries in microfluidic artificial lungs
is one design parameter that can be varied. In some cases, these
blood channels have been designed to be on a size scale similar
to those in the human lung and channels down to 10 um in
diameter have been demonstrated [33]. When the foreign body
response and clotting cascade are initiated, thrombus formation
can quickly block the miniature channels and reduce the
device’s operational lifetime. Uncoated microfluidic artificial
lungs with small diameter microchannels have been shown to
clot in less than one hour of operation with heparinized whole
blood [33, 34, 35]. However, with appropriate biomimetic
blood channel design, blood compatible surface coatings, and
other strategies (see D.2 and F.2, below), it is hoped that
activation of the clotting cascade can be minimized, resulting in
small diameter microchannel devices with lifetimes suitable for
clinical applications.

B.11. Summary of benefits

Microfluidic artificial lungs thus have the ability to: a) Increase
total gas exchange to enable respiratory support for active
patients; b) Improve portability by eliminating gas cylinders
and pumps and integrating heaters and sensors directly into the
device; and, c) Improve biocompatibility and lifetime by

A PO23
A —
| ——— *B520(x) /v
5MI Memb:ne )l( >
Air

POZG

7'
v

L
Fig. 4 A side-view drawing of an artificial capillary and gas exchange

membrane in a microfluidic artificial lung. Relevant parameters for
modelling of oxygen transfer are labelled.
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providing biomimetic blood flow paths, reducing priming
volume, eliminating air and plasma leakage, and reducing the
potential for complications due to hyperoxemia. These
advancements have the potential to vastly improve clinical
outcomes and patient quality of life. The next section
investigates the performance and scaling limits of microfluidic
artificial lungs.

C. Performance and Scaling Limits

The previous section described the potential advantages of
microfluidic artificial lungs. This section seeks to quantify
some of those benefits by investigating the scaling and
performance limits of the units of gas exchange (the artificial
capillaries) in microfluidic artificial lungs.

C.1. Mathematical model of gas exchange

According to the FDA Guidance for Cardiopulmonary Bypass
Oxygenators 510(k) Submissions, the oxygen gas transfer for
any artificial lung can be calculated as a function of the blood
flow rate (Q), blood oxygen content at the inlet (CvO2), and
blood oxygen content at the outlet (Ca0O2) of the device [36]:

A% = (Ca02 — Cv02) - Q (1)

Normal human blood has a hemoglobin concentration of 12
g/dl, an oxygen-hemoglobin binding capacity of 1.34 ml O, per
gram of hemoglobin, and a solubility of oxygen in blood
plasma of 0.00314 ml O, per deciliter of blood per mmHg [36].
Equation 1 can thus be written as:

AVoa

22 = [1.608 - (502, — S02,) +0.0314 - (P02, — PO2)] - Q

(2)
where SO2;; and SO2, are the blood oxygen saturation (in %) at
the device inlet and outlet, respectively, PO2; and PO2, are the
partial pressure of oxygen in blood (in mmHg) at the device
inlet and outlet, respectively, Q is blood flow (in L/min), and
AV /At is the oxygen gas transfer (in ml/min). Thus, if the
oxygen partial pressure and saturation at the inlet and outlet of
a device are known, gas exchange can be calculated.

A simple, first order mathematical model for the partial
pressure of oxygen in a microchannel artificial lung, PO2g, was
derived in [37]. A diagram showing the key parameters in the
model is shown in Fig. 4. The model in [37] was derived for a
an array of blood channels with a rectangular cross section and
for single sided diffusion, but can be applied to devices with
other cross sections and to double sided diffusion with simple
[37].
throughout the array of blood channels. The partial pressure of

modifications Flow was assumed to be uniform
oxygen in blood is assumed to only vary along the length of the
blood channel. In small diameter blood channels, variations in
partial pressure along the width and height of the channel
should be small and are neglected [37]. Here, we assume
rectangular cross section blood channels and single sided
diffusion. The equation for PO2g in [37] was a function of the

distance along the channel, x, and the average blood flow
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velocity, v. Since we are only interested in PO2y at the outlet of
the device, we can set x=L=A/Wrqor, where L is the blood
channel length and Wror is the sum of widths of all gas
exchange blood channels. Using Q=v-Wror-H, where Q is the
blood flow and H is the blood channel height, we can then write
the original equation as a function of A and Q:

A
P02y, = P02 + (PO25; — P02;)e @pozFpoz (3)

PO2g; and PO2g , are the partial pressure of oxygen in blood at
the inlet and outlet of the device, respectively, PO2g is the
partial pressure of oxygen in the supply gas, A is the surface
area available for gas exchange, Q is blood flow, and Sg g, is
the average effective solubility of oxygen in the blood sample
under test. Rp o, is the effective resistance to the diffusion of
oxygen and is approximated as:

Sm H/,
Pm,02

(4)

Rp,02 = $B,02'DB,02
where Jy; is the thickness of the gas diffusion membrane, Py o,
is the permeability of the membrane to oxygen, H is the average
height of the blood channel, and Dgg, is the effective
diffusivity of oxygen in the blood sample being tested [37]. The
term H/2 represents the average distance oxygen in blood must
diffuse to reach the membrane. For normal human blood, as
defined by the FDA Guidance for Cardiopulmonary Bypass
Oxygenators 510(k) Submissions [36], Sg o, and Dg o, can be
estimated to be 7.9x10®* ml O, » ml blood"' » mmHg"' and
1.4x10°° cm? o s'l,

pressure is calculated, oxygen saturation (SO2; and SO2,) can

respectively [37]. After oxygen partial

be determined using the Hill equation [38] and gas exchange
can be calculated using Equation 2.

C.1.A. REGARDING THE MEMBRANE MATERIAL

The membrane material for a microfluidic artificial lung

Lab on a Chip

should: 1) Have a high permeability to oxygen and carbon
dioxide; 2) Be able to be integrated into microfabrication
processes; 3) Have adequate mechanical durability; and, 4) Be
biocompatible. To  date, non-porous and  porous
polydimethylsiloxane (also known as PDMS or silicone
rubber), microporous polycarbonate (PC), and microporous
polypropylene (PP) have been used as the membrane material
in microfluidic artificial lungs (See E). For the calculations in
the current section, we assume that non-porous PDMS is the
membrane material. PDMS has a history of use in microfluidic
devices and medical implants, has a very high permeability to
O, and CO, (600 and 3250 Barrers, respectively), and has
excellent mechanical durability. However, it should be noted
that the general trends and scaling laws described below are
applicable to membranes of many materials.

C.2. Effect of scaling key feature sizes of artificial capillaries

In this section, the mathematical model presented above is used
to determine the impact that miniaturizing both the blood
channel height and membrane thickness of the artificial
capillaries have on the performance of microfluidic artificial
lungs. A common metric used to compare the performance of
artificial lungs is termed the device’s “rated flow”. The rated
flow of an artificial lung is defined as the maximum blood flow
rate at which an inlet blood saturation of 70% can be
oxygenated to an outlet oxygen saturation of 95% [8]. Rated
flow is thus a simple and direct measure of the both the gas
exchange and blood flow capacity of an artificial lung. To
determine rated flow, Equation 3 can be solved for flow to give:
A

s R } PO2g ;—P02; (5)
B,02'Kp,02 n(m)

Using the Hill equation [38] and assuming normal human
blood, the inlet and outlet partial pressure can be calculated that
correspond to oxygen saturations of 70% and 95% (PO2B,i =

N )
G B a o

-
o

Rated Flow (L/min)

50

Blogy 70
Heighfglam”je/ Lo
Fig. 5 A theoretical plot showing the impact of a microfluidic artificial
lung’s membrane thickness and blood channel height on its rated
blood flow. The vertical axis displays the rated blood flow of a
microfluidic artificial lung with a surface area of 1 m”> while using
pure O, as the supply gas. The plot was generated using the
mathematical model described in [37]. PDMS is assumed to be the
membrane material.
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Fig. 6 A theoretical plot showing the impact of a microfluidic artificial
lung’s membrane thickness and blood channel height on priming volume.
The vertical axis represents the priming volume of a microfluidic artificial
lung with the specified membrane thickness and blood channel height
and a rated blood flow of 4.5 L/min (using pure O, as the supply gas). The
plot was generated using the mathematical model described in [37]. The
membrane material is assumed to be PDMS.
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36.4 mmHg and PO25, = 79.2 mmHg). Equation 5 can then be
solved to determine the rated flow and plotted for varying
values of membrane thickness (8y) and artificial capillary
height (H) as shown in Fig. 5. Membrane thickness and
capillary height affect the rated flow through Rp o, as given in
Eqn. 4. As apparent in Fig. 5, both the membrane thickness and
artificial capillary height have a large impact on rated flow and
thus gas exchange. In fact, to maximize rated flow and gas
exchange (for a fixed gas exchange area), both parameters
should be minimized as much as is practically possible (see
C.2). It is notable that the model predicts that rated flow is a
function of the gas exchange area and is not dependent on the
ratio of the blood channel length to width.

In order to determine the impact of miniaturization on blood
priming volume, blood volume of the artificial capillaries can
be calculated as gas exchange area, A, multiplied by the blood
channel height, H. The gas exchange area can be determined
from Equation 5 for a fixed rated flow, Q. Figure 6 shows the
impact that scaling the blood channel height and membrane
thickness have on capillary priming volume for a fixed rated
blood flow of 4.5 L/min and pure oxygen as the supply gas.
This rated flow was chosen because it is comparable to the
state-of-the-art =~ commercially-available  artificial  lungs.
Capillary priming volume is proportional to the blood channel
height squared and to the first power of the membrane
thickness. Thus, once again, it is beneficial to minimize both
parameters. It should be noted that the blood volume calculated
in Fig. 6 consists only of the blood volume that is contributing
to gas exchange. Additional blood volume may be required in
microfluidic artificial lungs in order to route blood to the
D.1). Fig. 6 still
demonstrates that scaling the dimensions of artificial lungs can

artificial capillaries (see However,

result in dramatically reduced priming volumes.

C.2.A.DESIGN CONSTRAINTS FOR ARTIFICIAL CAPILLARIES

In order to maximize the performance of the units of gas
exchange (artificial capillaries) in microfluidic artificial lungs
and minimize their priming volume, it is beneficial to minimize
their blood channel heights and membrane thicknesses.
However, there are practical and physical aspects that limit the
design of microchannel artificial capillaries. First and foremost
is the physical size of the components of blood. Blood is
composed of blood plasma (water, electrolytes, and proteins)
and cells (red blood cells, platelets, and white blood cells). Red
blood cells (RBCs), or erythrocytes, have an approximate
diameter of 8 um and a concentration of approximately 5
million cells per microliter [39, 40]. White blood cells (WBCs),
or leukocytes, have a diameter between 5 and 20 um and a
concentration of 9 thousand cells per microliter [40]. Platelets,
or thrombocytes, are 2 to 3 pum in diameter and have a
concentration of 300 thousand cells per microliter [40, 41]. All
of these components of blood must be able to flow through the
microfluidic channels in a microfluidic artificial lung. To
complicate the issue, blood cells are mechanically compliant.
Red blood cells have been shown to flow through channels as
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small as 3 um in diameter [42]. However, it is plausible that
such extreme mechanical deformation of blood cells may have
a deleterious effect on biocompatibility. The pulmonary
capillaries in the natural lung, on the other hand, have a
minimum diameter of approximately 10 pum [43]. It is thus
likely that 10 pm is the minimum practical diameter for
artificial capillaries in a microfluidic artificial lung as well.
Next,
membrane will be limited by mechanical considerations. The

the minimum thickness of the gas diffusion
tensile strength (the maximum stress that a material can
withstand before failing) of the material must not be exceeded
when the membrane deflects under pressure. To avoid
permanent deformation of the membrane, the elastic limit of the
material should not be exceeded during operation. To further
ensure the durability of the membrane, its tear strength (how
well a material resists the growth of any cuts when under
tension) should not be exceeded during deflection. For each
specific membrane material and structure, stress and force per
length in the membrane will need to be calculated at for all
expected pressures to ensure that they don’t exceed the
material’s tensile or tear strength. For Sylgard 184 [44], a
silicone elastomer and a common microfluidic material, the
tensile strength and elastic limit are 6.7 MPa and the tear

strength is 2.6 kN/m.

C.3. Performance limits for microchannel artificial capillaries

Equation 5 can be used to calculate the performance limits of
microfluidic artificial lungs given the constraints enumerated
above. If it assumed that the artificial capillary has a
rectangular cross section with a height is 10 um, that pure O, is
used as the supply gas, and that the permeability of the
membrane does not limit performance, the rated blood flow for
a 1 m? microfluidic artificial lung can theoretically approach 27
L/min. In such a device, the blood volume of the artificial
capillaries will be minimal (< 10 ml) and total priming volume
will be dominated by the volume of channels required to route
blood to the artificial capillaries and by the blood circuit. For
comparison, the Novalung® iLA Membrane Ventilator has a
rated flow of 4.5 L/min for a gas exchange area of 1.3 m? using
oxygen as the supply gas and a priming volume of 175 ml [18].

D. Additional Design Considerations

The previous section looked at the performance limits of
microfluidic artificial lungs in terms of gas exchange and
priming volume of their artificial capillaries. This section will
look at other design considerations that are necessary to fully
design and optimize microfluidic artificial lungs.

D.1. Fluidic routing and branching

In Section B, it was noted that one of the main benefits of
microfluidic artificial lungs is that, through microfabrication, it
is possible to create virtually any two-dimensional blood flow
path. This is in direct contrast to commercially-available
artificial lungs that use a tortuous path through a hollow fiber

Lab on a Chip, 2014, 00, 1-3 | 7



Lab on a Chip

bundle in order to maximize mixing and thus gas exchange
(Fig. 2B).

In a microfluidic artificial lung, the blood flow network can
generally be divided into two components based on their
purpose: the blood distribution network and the gas exchange
channels (i.e. the artificial capillaries). In practice, the blood
distribution network and gas exchange channels in a
microfluidic artificial lung can either be combined into a single
structure or designed and implemented separately. In the first
approach, a single blood channel height is typically used to
implement a blood flow network that achieves both blood
distribution and gas exchange. This approach is simple, but can
result in large pressure drops if small channel diameters are
used. In the second approach, multiple blood channel diameters
are used to implement separate blood distribution channels and
gas exchange channels. This second approach can achieve
small pressure drops and excellent gas exchange efficiency via
small diameter artificial capillaries, but extra area is required
for the blood distribution network (which may not contribute to
gas exchange significantly).

Whether it is integrated with or separate from the gas
exchange channels, an ideal blood distribution network should:
1) Efficiently transport blood with minimal work; 2) Enable
operation with natural pressures; 3) Provide uniform (and
physiological) flow and shear stress; and, 4) Provide maximum
hemocompatibility. Using engineering principles, many designs
are possible which will meet these interrelated criteria. In fact,
an optimal design for long-term microfluidic blood networks
has not yet been experimentally determined. However, since
blood cells are used to operating within the natural vasculature,
an optimal microfluidic blood network will likely mimic its
natural counterpart in terms of the pressures and shear stresses
that cells experience.

In 1926, Murray described the branching nature of the
mammalian vasculature using the principle of minimum
biological work [45, 46]. The result that
mathematical equations can be used to describe the relationship

was simple
between parent and daughter vessels in terms of both radii and
branching angles. Since the original publications, Murray’s law
has been generalized and investigated in more detail [47, 48,
49]. In 1981, Sherman proved that systems following Murray’s
law use large vessels to minimize the work required to transport
blood across large distances and small vessels to minimize
diffusion distances and maximize area [48]. Sherman also
derived that that fluidic systems following Murray’s law will
also have a constant shear stress at the vessel wall in all vessels
in the system, thereby eliminating areas of high shear stress and
stasis [48].

In order to minimize work and maximize efficiency, one
possible solution is a blood transporting microfluidic network
that implements Murray’s law. Such a network would consist of
larger microfluidic channels that branch into smaller and
smaller channels and ultimately into artificial capillaries. The
goal of the large channels is to efficiently deliver blood to the
artificial capillaries. The goal of the artificial capillaries is to
maximize gas exchange. The relationship between the radii of
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parent and daughter channels as well as their branching angles
should follow Murray’s law to the greatest extent possible in
order to minimize work (minimize pressure for a given flow).
Adherence to Murray’s law will also ensure uniform blood flow
and shear stress throughout the flow network. However, even if
Murray’s law is strictly followed, a number of branching
configurations are possible.

D.2. Blood compatible materials and coatings

As discussed in Section C, the main disadvantage of
microfluidic artificial lungs is that, due to the small size of their
artificial capillaries, when the clotting cascade is initiated,
thrombus formation can quickly block the microchannels
resulting in device failure. For this reason, materials, coatings,
and other strategies to improve hemocompatibility will be
critical for the long-term operation of microfluidic artificial
lungs.

In current clinically-used hollow-fiber artificial lungs and
extracorporeal circuits, two main coatings — heparin and poly-
2-methoxyethylacrylate (PMEA) - have historically been used
to improve hemocompatibility. Both heparin and PMEA-coated
devices have exhibited reduced thrombogenicity, reduced
platelet adhesion and activation, and reduced inflammation
compared to uncoated controls [50]. Heparin-bonded devices
and circuits have further been shown to improved post-
operative lung function, reduce device failure, reduce the length
of hospital stays, reduce required anticoagulation, and reduce
bleeding and complications [51]. However, despite these
tremendous advancements, current devices are still far from a
natural, hemocompatible interface. Device lifetimes are
measured in days and device-mediated complications are
common during treatment with current artificial lung systems.

For microchannel devices, similar coating strategies will be
required to reduce surface protein adhesion and diminish
platelet activation. A full discussion of strategies to improve the
hemocompatibility of artificial materials has been discussed
previously [52, 53, 54]. Recent work on improving the
hemocompatibility of microchannel networks is described

below in Section E.1.

D.3. Pressure drop and shear stress of artificial capillaries

In Section C, gas exchange in microfluidic artificial lungs was
described as a function of the surface area of the artificial
capillaries. The equations in Section C can thus be used to
design a microfluidic artificial capillaries with specific artificial
capillary height, H, membrane thickness, M, and gas exchange
area, A, in order to achieve a targeted rated blood flow (or
corresponding oxygen exchange rate). Once the gas exchange
area is chosen to achieve a desired rated flow, the dimensions
of each artificial capillary can be designed to meet requirements
for pressure drop and shear stress. Figure 7 displays the general
relationship between the artificial capillary length and the
capillary pressure drop and shear stress for a fixed gas
exchange area in artificial capillaries with a rectangular cross
section. Pressure drop is typically a linear function of channel
length (AP=12-u-L-W.H?, where AP is the pressure drop, p is
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Fig. 7 Pressure drop and shear stress of the artificial capillaries in a
microfluidic artificial lung with a 5 pum-thick PDMS membrane, an
artificial capillary height of 10 um, a rated flow of 4.5 L/min, a total
gas exchange surface area of 0.25 m” and using pure oxygen as the
supply gas. The plot shows the trade-off between artificial capillary
length and the pressure drop and shear stress in the channels.

viscosity, L, W, and H are length, width and height of the
rectangular channel) when channel area is unconstrained. In
this case, however, due to the fact that the area is fixed, the total
capillary width must decrease as length is increased. This
causes the pressure drop to be proportional to the square of the
channel length.

In general, artificial capillary length should be chosen to
meet the pressure and shear stress requirements of the
application. In rectangular channels, shear stress can be
estimated as t=p-v-H™', where 7 is shear stress and v is average
flow velocity. For blood transport applications, shear stress
should likely be chosen to be similar to that in the natural
vasculature. In the human vascular system, shear stress ranges
between 10 and 70 dyn/cm?® in arteries and between 1 and 6
clyn/cm2 in veins [24]. Further, the human body naturally
compensates to maintain a mean arterial shear stress between
15 and 20 dyn/cm? [24].

D.4. Oxygen versus air as the supply gas

The use of oxygen versus air as the supply gas for future
microfluidic artificial lungs entails some interesting trade-offs
as shown in Table 1. In the table, two microfluidic artificial
lungs, one using pure oxygen and the other using air as the
supply gas, were designed using the analysis of Section C and
theory developed in [37]. In both cases, the capillary height was
fixed at 10 um (rectangular cross section) and the membrane
thickness was fixed at 5 um. These values were chosen as they
represent approximately the minimum practical capillary height
and membrane thickness (see C.2, above) and, thus, the best
case for maximum gas exchange. In each device, the rated
blood flow was set to 4.5 L/min and the capillary pressure drop
was fixed at 10 mmHg. A rated blood flow of 4.5 L/min is
comparable with current artificial lung technologies. A
capillary pressure drop of 10 mmHg is compatible with
operation with natural pressures in the peripheral vasculature
(see B.4). The capillary gas exchange area of each device was
then calculated using Equation 5. With the area known, the
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Table 1 Comparison of using air versus pure oxygen as the supply gas for a
microfluidic artificial lung. For the comparison, a 5 um-thick PDMS
membrane, 10 um-tall artificial capillaries were used in all calculations. In
addition, rated blood flow and capillary pressure drop were fixed at 4.5
L/min and 10 mmHg, respectively.

Supply Gas Pure oxygen Air
Rated Blood Flow (L/min) 4.5 4.5
Gas Exchange Area (m?) 0.2 14
Capillary Blood Volume (ml) 2 135
Capillary Pressure Drop (mmHg) 10 10
Capillary Shear Stress (dyn/cm?) 29 11
Capillary Length (um) 375 1000
Improved Portability - v
Hemocompatibility Advantage ? ?

capillary blood volume was calculated as the product of area
and capillary height. With the area and desired pressure drop
known, the required capillary length and associated shear stress
were then calculated.

The device which utilizes pure oxygen has a much smaller
gas exchange area and smaller capillary blood volume. The
device using air has a smaller capillary shear stress, a longer
capillary length, and would have improved portability due to
the elimination of gas cylinders. Which device would have
better hemocompatibility is not known. The pure oxygen device
provides a much smaller gas exchange surface area and thus
less foreign body exposure to the blood. The air device
provides more natural ventilation and eliminates the
hemocompatibility issues associated with using pure oxygen as
the supply gas (see Section B.). Both approaches have
advantages over commercially-available devices and may find
application in different clinical configurations.

E. History of Microfluidic Artificial Lungs

If a microfluidic artificial lung is defined as an artificial lung
with a blood channel height of less than or equal to
approximately 100 pum, the first microfluidic artificial lung was
developed by Kolobow and Bowman in 1963 [55]. The device
consisted of a 127 pum-thick silicone-coated screen membrane
that was wrapped around a central cylinder. Blood flowed
between the membrane layers in 80 um-thick “sheets”. The 1.2
m? device had a priming volume of 110 ml, an oxygen transfer
of 82 ml-m’2°min’1, and served as the foundation for current
commercial silicone-membrane artificial lungs. In the 1977,
Hung et al. developed flat-plate membrane oxygenators that
contained 110 um-tall blood channels etched into a stainless
steel plate and sandwiched against the same 127 pm-thick
silicone-based membrane used by Kolobow [56]. After this
early work, research in microfluidic artificial lungs was largely
stalled due to the large hydraulic resistance of small diameter
blood channels and the advent of hollow fiber membrane
technology. Due to their porosity, hollow fiber membranes have
very large gas permeabilities and can also be used to create
artificial lungs with low hydraulic resistances. For these
reasons, devices based on hollow fiber technology became the
dominant clinical artificial lung technology and still hold that
position today. Due to the large gas permeability of hollow
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fiber membranes, the gas exchange of artificial lungs became
limited mainly by the diffusional resistance of their blood
channels. Other drawbacks of current artificial lungs have
already been discussed above.

The explosion of microfluidics lab-on-a-chip
technologies and the promise of increased gas exchange at the
micro-scale recently led to increased research interest in
microfluidic artificial lungs. In 2004, Federspiel and Svitek
predicted that future artificial lung technologies will likely
contain “gas exchange units aimed at mimicking the scale and
function of the alveolar-capillary units of the natural lung” and
with “micron-scale blood channels” in “intimate contact” with
gas channels [57].

In 2008, Lee et al. compared various approaches to
construct microfluidic artificial lungs and implemented two
small-scale prototype designs [58, 59, 60]. One of the designs
featured an array of 15 um-tall blood channels and a 130 um-
thick PDMS gas exchange membrane and was capable of
partially oxygenating anticoagulated porcine blood [60]. They
predicted that a human-scale version of their design with a
blood flow of 4 L/min could have a priming volume as small as
13 ml [60]. This pioneering work was analysed using the
equations of Section C in [37]. Theoretical predictions agreed
well with experimental results and suggested that the gas
exchange of the device was limited by the thickness of the
PDMS membrane. The small, single height of the
microchannels (15 pm) could result in large pressure drop for a
larger area design without other modifications.

In 2009, Burgess et al. presented a small-scale, PDMS
artificial lung with 33 pum-tall, semi-circular blood channels and
a PDMS gas transfer membrane with a thickness as small as 64
um [61]. The research group measured gas permeance through
their membrane and proposed a method to stack many layers in
parallel, although they acknowledged that the process would be
labor intensive. They also demonstrated that endothelial cells
could be successfully grown in the PDMS microchannels.

In 2009, Potkay presented results for a small-scale, silicone
artificial lung with 30 pm-tall artificial capillaries and a 15 pm-
thick gas diffusion membrane [62]. The device contained the
thinnest silicone membrane to date and was used to oxygenate
deionized water. The design of the single-height blood channels
in this early work, however, did not take into account shear
stress or pressure drop.

In 2010, Hoganson et al. described small-scale microfluidic
artificial lungs with a branched vascular network with 200 pm-
tall blood microchannels and three different membranes: a 12
um-thick microporous polycarbonate membrane; a 15 pm-thick
silicone-coated polycarbonate membrane; and, and 63 pum-thick
non-porous silicone membrane (Fig. 8A) [63]. Their blood
channel network had a hydraulic resistance of 15.4 mmHgeml
'emin and exhibited shear stresses between 1 and 26.6 dynecm™
at a flow rate of 4 ml/min. Blood oxygenation for all three
membranes was similar, suggesting that gas transfer was
limited by diffusion in the blood channel, and was on the same
order as commercially-available alternatives (89.3 mlemin'em’
%). Pure oxygen was used as the supply gas. The equations in

and
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Fig. 8 A sample of the microfluidic artificial lung designs that have
been constructed and tested to date. A) Hoganson et al. 2010 [63]; B)
Hoganson et al. 2011 [63]; C) Potkay et al. 2011 [33]; D) Kniazeva et
al. 2011, 2012 [68, 64].

Section C were used to validate these experimental results in
[37]. Theory agreed with experimental results and confirmed
that gas exchange was limited by the large height of the blood
channels.

In 2011, Potkay et al. presented results for small-scale, all-
PDMS microfluidic artificial lungs with 15 pm-thick, non-
porous membranes and 20 and 10 pum-tall artificial capillaries
(Fig. 8B) [33]. The blood flow network featured blood channels
with heights of 140, 60 and 20 or 10 pum to simulate the
branching of the natural lung. Most notably, devices tested with
whole porcine blood and with air as the supply gas were able to
achieve gas exchange efficiencies comparable to commercially-
available blood oxygenators that utilize pure oxygen as the
supply gas. This result represented a major step toward making
truly-portable artificial lungs by eliminating the need for pure
oxygen stored in gas cylinders. These results were also the first
to verify that microfluidic artificial lungs can have gas
exchange efficiencies vastly exceeding those of current hollow-
fiber based devices. Finally, Potkay et al. demonstrated the
need for improving hemocompatibility of microchannel blood

This journal is © The Royal Society of Chemistry 2014
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Table 2 A summary of previous work in microfluidic artificial lungs. Only devices tested with blood are included in the table. Data for the Novalung iLA
Membrane Ventilator and the natural lung are given at the bottom of the table for comparison. Gas exchange data represent the maximum values
reported. Blood flow is the flow rate at which the maximum oxygen exchange was achieved. PC is nanoporous polycarbonate, puP is microporous, and PP is
polypropylene hollow fiber. SAV is surface area to volume ratio.

Blood Channel Membrane SAV Membrane 0, Exchange CO, Exchange Blood Flow Supply

Source Height (um) Thickness (um) | (cm™) Material (mlemin™em?) (mlemin™em?) (Leminem?) Gas

15 130 476 PDMS 256 - 225 0,
(Y35 010: 1 (10) e A e R S A

15 130 476 PDMS 85 - 9.1 Air

200 12 50 PC 136 111 4.9 0O,
Hoganson 2010(63] | "~~~ 200 | '35 | 50 | POMS/PC_| ‘145 | 8 | a9 | 0 |

200 63 50 PDMS 151 40 4.9 0,
potkay2011(33]  |...... 20 |...B . 400 |1 POMS | B e s A

10 15 800 PDMS 225 492 9.0 Air
Hoganson 2011 [27] 100 9 100 PDMS 41 191 9.1 0O,

50 30 200 PDMS 329 - 11.7 0O,
Kniazeva 2012 (64] |~ 100 |~~~ - /30 __ ‘| ‘100 | ~_Powms | - 317 | -] 117 ] 0]

50 117 200 PDMS 223 - 11.7 0,

80 15 125 PDMS 12 108 2.6 Air
Wu 2013 [65] .80 ] 125 | _wPPOMS_ | - LN 92 |26 .. Alr__|

80 6 125 PC 13 90 2.6 Air

80 20 125 PDMS 104 101 2.6 0,
Rochow 2014 (6] |~~~ === === | 15 | poms T R I v R A TN nr ]
Novalung iLA [18] 200 30 74 PP 177 154 3.5 0,
Human lung [8] 10 2 300 Cell 100 100 0.7 Air

networks. Blood side pressure increased significantly over a
period of 1 to 3 hours despite the use of heavy anticoagulation.
The theoretical model presented in Section C was used to
analyze this device. Experimental results agreed very well with
theory [37]. Because the artificial capillary height is near the
practical minimum (10 pum), the gas exchange performance of
the device could only be improved through a thinner or porous
membrane or by moving from one to two-sided diffusion. The
fluidic could be
microchannels and branching angles that more closely follow

design improved through tapered
Murray’s law, thereby providing more constant flow and shear
stress throughout the device.

In 2011,

microfluidic lung assist device which contained 100 pm-tall,

Hoganson et al. presented a small-scale

rectangular blood channels, a 9 pm-thick gas transfer
membrane, and a blood channel network with physiological
blood flow (Fig. 8C) [27]. Particularly of note in this design is
that fact that the blood channel network was designed to follow
natural branching and scaling laws as described by Murray in
1926 [45, 46]. Microchannels were further designed to have
uniform flow at bifurcations, biomimetic vessel length, and

2

shear stress between 14 and 56 dynecm™, or within the

physiologic arterial range. Oxygen exchange efficiency was 41

lem? while using oxygen as the supply gas. The use of a

mlemin
single blood channel height simplifies device construction and
should reduce clotting (due to its large height relative to the
diameter of a blood cell). However, the modeling of Section C
demonstrates that the gas exchange efficiency could be
significantly increased if the blood channel height is reduced.
Also in 2011, the same research group published a paper
that investigated the impact of channel size, oxygen exposure
length and blood shear rate on gas exchange in a small-scale
In the artificial

microfluidic artificial lung [67]. study,

This journal is © The Royal Society of Chemistry 2014

capillaries with dimensions of 50 x 50, 100 x 100, and 150 x
150 pm were tested in conjunction with a 9.5 um-thick silicone
membrane. The researchers found that gas transfer increased
with flow rate blood oxygen saturation was found to be
inversely related to flow rate per channel. Tests were performed
at very high blood flow rates (up to 400 Lemin 'em™) compared
to current commercial blood oxygenators (up to 4 Lemin'em™)
thereby slightly decreasing the relevance of the experimental
data.

In 2011,
microfluidic artificial lung with a branching architecture with

Kniazeva et al. developed a small-scale
uniform shear, 100 pm-tall blood channels, and an 11 pm-thick
gas transfer membrane (Fig. 8D) [68]. They additionally
developed a method to stack multiple devices together in
parallel. In a later paper in 2012, they measured the impact of
combining up to ten of their devices in parallel through tests
with whole bovine blood [64]. Devices with blood channel
heights of 50 and 100 pm and membrane thicknesses (silicone)
of 30 and 117 pm were tested. In general, increasing the
number of layers, decreasing membrane thickness, and
decreasing blood channel height were found to increased gas
transfer. Furthermore, decreasing the blood channel height
resulted in a large decrease in blood priming volume. Similar to
other previous work, the choice of a constant, releatively large
blood channel height simplified device construction and likely
will help decrease thrombosis. However, decreasing the height
of their gas exchange, blood flow microchannels would
significantly increase gas exchange efficiency.

In 2011 and 2013, Wu et al. presented results for a small-
scale microfluidic blood oxygenator targeted at lung assist in
newborn infants [69, 65]. A silicone device containing 80 pum-
high blood channels and

was tested with non-porous

microporous 15 pm-thick silicone membranes and 6 pum-thick
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Fig. 9 A graphical summary of the gas exchange of microfluidic
artificial lungs to date from Table 2. Data points from the same
publication have the same shape and color. Open shapes represent
0O, exchange. Filled shapes represent CO, exchange. Data collected
using air as the sweep gas are marked with an asterisk (*).

porous polycarbonate membranes. The device structure was
unique in that the gas side of the membrane was directly
Although this the
construction of single-layer devices, it also increases the risk of

exposed to air. technique simplifies
a membrane rupture. Elevated blood side pressures due to
clotting could lead to significant membrane deflection and
possible failure. Devices with porous silicone membranes
exhibited an oxygen exchange efficiency approximately 15
mlemin'em? with oxygen as the supply gas. This oxygen
exchange is less than half of that predicted by the equations in
Section C. This may be due to difference between theoretical
and experimental parameters (no blood hematocrit was
reported) or due to the fact that oxygen must diffuse to the open
gas-side surface of the membrane.

In 2012 and 2014, the same research group led by Rochow
et al. stacked their small-scale microfluidic oxygenator in
parallel and tested them in vitro and in vivo [70, 66]. A custom-
designed 3D-printed manifold was used to combine up to 14
devices together. A 10 oxygenator manifold had a priming
volume of 4.8 ml and was designed to supplement the
For the

experiments, the 10-device stack was attached between the

respiratory function of a 1 kg infant. in vivo
umbilical artery and vein in two anesthetized newborn piglet.
Blood flow was driven by the natural pressure and in vivo
oxygen exchange was 30 mlemin 'em™ at a blood flow rate of

lem™. Details of clotting and lifetime during the

up to 1.6 Lemin
in vivo experiments were not reported.

To date, various small-scale microfluidic artificial lung
designs have been constructed and tested (Fig. 8). In summary,
microfluidic artificial lungs have been developed with gas
exchange efficiencies, surface-area-to-volume ratio, and blood
that

commercially-available alternatives as well as blood flow

priming volumes are vastly superior to current
networks with more uniform, physiologic flow and hydraulic
resistances compatible with natural pressures. Table 2 and Fig.
9 provide performance comparisons of microfluidic artificial

lung work to date.
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E.1. Previous work on improving the long-term
hemocompatibility of microchannels

Although there have been many works describing improving
the biocompatibility of materials including PDMS [52, 53, 54],
to date there are only several works that specifically have
looked at improving the long-term hemocompatibility of blood
transporting microchannel networks. As described previously,
this is a major issue for microchannels, where if the coagulation
process is started, it will take a relatively small number of cells
to block a micron-scale blood channel.

In 2013, Zhang et al. modified the surface of 350 x 600 pum
rectangular PDMS microchannels with polybetaine and
investigated its effect on thrombus formation [34]. In this work,
polybetaine was deposited on the surface of PDMS to a
thickness of 1 to 2 um using surface-initiated polymerization of
sulfobetaine monomer. The coating reduced the contact angle
of the surface from 114.9° (uncoated PDMS) to 20.8° (coated
PDMS) and reduced fibrinogen adsorption by 96% compared to
uncoated controls. Devices were then tested with heparinized
(0.5 U/ml) whole bovine blood at a flow rate of 1.7 ml/min
(shear rate of 400 s™' or approximately 8 dyn/cm?) for up to one
hour. All uncoated devices formed occlusive thrombi in less
than one hour. Polybetaine modified devices, on the other hand,
exhibited a 5 to 10 fold decrease in thrombus formation in the
microchannels and exhibited minimal pressure increase over
the one hour testing duration. Longer time frames and
application to smaller microchannels were not tested in this
study.

In 2014, Kovach et al. modified the surface of microchannel
networks with polyethylene glycol (PEG) and investigated its
effect on hemocompatibility [35]. In this work, PEG was
grafted to the surface of the PDMS microchannels using
plasma-assisted surface modification. The surface modification
immediately reduced the contact angle of PDMS from 105° to
5°. Over time, the contact angle of the PEG-modified surface
gradually increased and stabilized at 25° (~10 days). PEG-
grafted surfaces significantly decreased fibrinogen adsorption
up to 28 days after coating, highlighting the stability and
functionality of the coating over time, and decreased platelet
adhesion by a factor of 50. Complex microchannel networks
containing 225, 60, and 20 pm-tall blood channels were then
modified with PEG and tested with heparinized (6.7 U/ml)
whole porcine blood at 0.7 ml/min (shear stress of 5 dyn/cm?)
for up to 19 hours. The pressure across coated microchannel
networks took over 16 times longer to double than the uncoated
controls and exhibited significantly less surface-bound clots
despite being tested under blood flow for 25 times longer.

Other researchers have attempted to line the walls of
microchannels with endothelial cells in order to mimic the
natural vasculature [71, 72, 73, 74]. In 2002, Borenstein et al.
pioneered this area by seeding a confluent monolayer of
endothelial cells into microfluidic channels down to 30 um in
diameter [71, 72]. Specifically related to microfluidic artificial
lungs, in 2009, Burgess et al. lined the surface of blood
channels in a microfluidic artificial lung with endothelial cells
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in an effort to provide a non-thrombogenic surface and reduce
the need for systemic anticoagulation during treatment with
artificial lungs [61]. They successfully cultured confluent and
viable monolayers of endothelial cells in the microchannels
after 10 days of perfusion. However, no blood compatibility or
lifetime studies were presented. In 2010, Polk et al. coated the
outer surface of a hollow-fiber membrane artificial lung with a
confluent layer of endothelial cells and tested for thrombotic
deposition and gas exchange [75]. Endothelialized membranes
displayed significantly less thrombosis area (more than a factor
of two less) than uncoated controls in acute tests, but also
displayed a decreased gas exchange rate. More recent studies
have demonstrated that endothelial cells can survive for up to
37 days in a microchannel environment [76].

F. Future Challenges for Microfluidic Artificial Lungs

In order for microfluidic artificial lungs to become a clinical
reality, two main hurdles will have to be overcome related to:
and 2)
hemocompatibility. These two challenges are discussed below.

1) large-scale manufacturing, long-term

F.1. Large scale integration and manufacturing

Small-scale microfluidic artificial lungs have exhibited gas
those of their
conventional counterparts [33, 64]. Each of these small-scale

exchange efficiencies vastly exceeding
microfluidic artificial lungs has thus far been formed from a
single blood and single gas layer separated by a gas diffusion
membrane. Despite their efficiency, hundreds to thousands of
these small-scale, single-layer microfluidic artificial lungs
would be required to provide pulmonary support at a level
comparable to current clinical artificial lungs [33, 58, 61, 63].
Researchers have combined up to 14 single layer devices
together using custom manifolds [64, 70, 66]. However, the
feasibility of extending this technique to hundreds or thousands
of devices is unknown and challenging.

It is thus likely that new manufacturing technologies will
need to be developed that can create a large, multi-layer array
of tightly packed microchannels. Figure 1 demonstrates this
concept. These next generation, large-scale microfluidic
artificial lungs will likely need to have many closely-packed
blood and gas layers separated by gas diffusion membranes
(right in Fig. 1).

manufacturing techniques will likely need to be both simple

To be cost effective, the developed
and automated.

Although a manufacturing technology capable of creating
the structure in Fig. 1 does not yet exist, past approaches may
provide ideas for possible solutions. In 1963, Kolobow and
Bowman presented an artificial lung in which a 127 pm-thick
silicone membrane was wrapped around a central cylinder [55].
This idea could be leveraged to wrap a large-area, single-layer,
microfluidic artificial lung around a cylindrical substrate. This
approach would potentially be compact and simple to
manufacture, but vertical feedthroughs would be required to
reduce pressure drops.

This journal is © The Royal Society of Chemistry 2014
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Other previous work [77, 78] described a membrane
oxygenator that was formed from a silicone sheet that was
folded back and forth around spacers, resulting in an accordion-
like final structure. This folding technique could potentially be
applied to generate a multi-layer, stacked, and compact large-
scale microfluidic artificial lung.

Finally, the techniques already developed by research
groups [64, 70, 66] to stack single layer devices (Fig. 8D) may
provide a solution through further development. With continued
advancement, it is possible that this approach could result in a
compact, large-area device.

F.2. Long-term hemocompatibility

that the surface of

microchannels can modified in order to provide improved

Researchers have demonstrated
hemocompatibility [34, 35]. However, device lifetimes greater
than one day have not yet been demonstrated. Others have
demonstrated microchannel geometries and networks that
closely mimic their natural counterparts in terms of branching
and shear stress [27, 33]. However, their impact on blood
compatibility has not yet been quantified. Microfluidic artificial
lungs, in their current form, are likely only applicable for
clinical applications requiring a lifetime measured in hours (e.g.
cardiopulmonary bypass procedures). However, most clinical
applications require artificial lung lifetimes between one day
(i.e. acute lung disease) to several months (i.e. chronic lung
disease or lung failure). To date, microfluidic artificial lungs
have not demonstrated this level of hemocompatibility.
Microfluidic artificial lungs for long-term application will
need to contain blood flow networks that minimize the foreign
body response. Cells and platelets in these flow networks
should experience shear stresses in physiologic range in order
to avoid platelet activation and thrombus initiation [24, 25, 26,
27, 79]. One potential approach is thus to design blood flow
networks that closely mimic their natural counterpart [27, 68].
Such microchannel networks would follow natural scaling and
branching laws [45, 46], exhibit flow velocities and shear stress
similar to those in the natural vasculature, and provide
additional strategies to reduce protein adhesion, platelet
activation, inflammation, and thrombosis. These additional
strategies may include surface modifications, careful blood
channel design, and potentially the use of endothelial cells to
the the the

hemocompatibility and gas exchange of large area microfluidic

line wall of microchannels.  Finally,
artificial lungs will need to be validated in animal models and

clinical trials.

G. Conclusions

Artificial with micron-scale blood channels and

membranes potentially offer significant advantages in terms of

lungs

gas exchange, portability, and biocompatibility compared to
current alternatives. Microfluidic artificial lungs promise to
drastically reduce surface area and priming volume (to improve
patient outcomes and reduce device size), provide more natural
blood flow paths (to improve hemocompatibility), and enable

Lab on a Chip, 2014, 00, 1-3 | 13
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more natural ventilation (through the use of air instead of pure
oxygen). Although significant challenges remain before they
can be used clinically, microfluidic artificial lungs thus have the
potential to revolutionize the treatment and rehabilitation of
lung-disease patients through the development of the first truly-
portable, hemocompatible blood oxygenators.
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