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Despite the promising potential of microfluidic artificial lungs, current designs suffer from 

short functional lifetimes due to surface chemistry and blood flow patterns that act to reduce 

hemocompatibility. Here, we present the first microfluidic artificial lung featuring a 

hemocompatible surface coating and a biomimetic blood path. The polyethylene-glycol (PEG) 

coated microfluidic lung exhibited a significantly improved in vitro lifetime compared to 

uncoated controls as well as consistent and significantly improved gas exchange over the entire 

testing period. Enabled by our hemocompatible PEG coating, we additionally describe the first 

extended (3 hr) in vivo demonstration of a microfluidic artificial lung. 

Introduction 

Artificial lungs, or blood oxygenators, have been used clinically 

since the 1970’s.1 These devices act to exchange oxygen and 

carbon dioxide from the blood, supporting the function of a 

patient’s natural lungs in cases of disease or trauma as well as 

during cardiopulmonary bypass procedures. Most current 

artificial lungs are comprised of bundles of porous hollow 

fibers, across which gases are exchanged via diffusion between 

oxygen flowing through the fiber lumens and blood flowing 

across the outside of the fibers. 

 Though effective in acute (days) settings, this technology 

suffers from a number of drawbacks that precludes truly 

portable systems and prevents their use in more chronic 

applications. First, current devices exhibit poor 

hemocompatibility in the long term, due in part to large priming 

volumes, surface hydrophobicity, and a tortuous blood flow 

path across the hollow fibers.2-4 These factors work together to 

accelerate the coagulatory response of the blood, resulting in 

premature device failure as well as thromboembolisms which 

can be returned to the bloodstream of the patient. Other 

drawbacks of the hollow fiber design include: 1) fiber porosity 

which results in plasma leakage into the fiber pores and 

decreased functionality, and 2) large blood side gas diffusion 

distances, decreasing efficiency and necessitating the use of 

pure oxygen as the supply gas.2, 4, 5 

 Microfluidic or microchannel-based designs aim to increase 

the efficiency and lifetime of artificial lungs by addressing 

many of these issues.2-8 Microfluidic lungs operate similarly in 

concept to hollow fiber devices, in that they separate gas and 

blood flow paths with a membrane across which gas exchange 

occurs. However, by utilizing micron scale feature sizes on the 

order of those found in the natural lung, microchannel devices 

are able to achieve very high surface area to volume ratios, thus 

decreasing diffusion distances and priming volumes and 

increasing gas transfer efficiency.4, 5, 9 Polymer 

microfabrication techniques such as soft lithography also allow 

for the microchannel networks to be custom built in almost any 

two-dimensional configuration.10 These custom flow networks 

can be designed to closely mimic the physiologic environment 

(in terms of pressure and shear stress) of the natural lung and 

allow designs that can operate with natural vascular pressures.4, 

8 Finally, the use of thin, nonporous polymer membranes can 

increase gas transfer efficiency while eliminating the threat of 

plasma leakage. Despite these advantages, microfluidic devices 

constructed from poly(dimethylsiloxane) (PDMS) still suffer 

from premature failure due in large part to the accelerated 

intrinsic coagulation response on the hydrophobic material 

surface.11 To combat this, researchers have investigated 

methods to improve the hemocompatibility of PDMS 

microchannels.12-15 

 Our group has developed a PDMS microchannel artificial 

lung that achieves a higher gas transfer efficiency than any 

artificial lung to date.5 In tandem, we have also developed a 

method of applying a durable, hemocompatible poly(ethylene 

glycol) (PEG) coating to the surfaces of intact microchannels.12 

Although achieving excellent gas exchange efficiency, our 

previous microfluidic design had two main drawbacks: 1) It had 

poor hemocompatibility due to lack of a surface 
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functionalization; and, 2) Its microfluidic channel structure had 

inefficiencies that created areas of high and low shear stress and 

inefficient blood delivery. In this work, we describe the design 

and fabrication of a new small-scale microfluidic artificial lung 

that is the first such device with a biomimetic flow path and a 

hemocompatible coating. We discuss these interrelated 

components as they relate to the successful design a complete 

microfluidic artificial lung and our microfabrication process 

which we use to simultaneously create the microfluidic network 

and provide functionalization of the blood contacting surfaces. 

Our microfluidic lung was tested under whole blood flow in 

vitro and evaluated in terms of functional lifetime and gas 

exchange efficiency. Finally, we describe the first extended 

demonstration of a microfluidic artificial lung in an animal 

model, enabled by the applied hemocompatible coating. 

Materials and Methods 

Materials 

For silicon wafer mold fabrication, SU-8 2035 permanent 

epoxy negative photoresist and SU-8 developer were purchased 

from MicroChem (Newton, MA), and 2-isopropanol was 

purchased from Sigma Aldrich (St. Louis, MO). For device 

fabrication and testing, Sylgard 184 silicone elastomer base and 

curing agent were obtained from Dow Corning (Midland, MI). 

2-[methoxy(polyethyleneoxy)propyl]trimethoxysilane (PEG-

silane), tech-90, 6-9 C2H4O groups was purchased from Gelest 

(Morrisville, PA). Acetone, 99.8%, extra dry was obtained from 

Acros Organics (Geel, Belgium). Dulbecco's phosphate-

buffered saline (PBS) was purchased from Life Technologies 

(Grand Island, NY). CPD-anticoagulated (14% v/v) adult 

bovine whole blood was obtained from LAMPIRE Biological 

Laboratories (Pipersville, PA) and male Sprague-Dawley rats 

(326-350 g) were purchased from Charles River (Wilmington, 

MA). Heparin sodium injection, USP (1,000 U/mL) was 

obtained from Hospira. 

Microfluidic Lung Design 

Similar to previous work,5 the device was designed to have a 

three-layer structure (air layer / membrane / blood layer) in 

PDMS. As blood flows through the device on the blood side, 

oxygen diffuses from the air side, through the non-porous 

membrane, and into the blood enriching it. Carbon dioxide 

diffuses in the opposite direction and is removed from blood by 

the microfluidic lung. Highly-efficient gas exchange can be 

achieved due to the micron-scale diffusion distances and large 

surface-area-to-volume ratio.4, 5 Overall, this microfluidic 

artificial lung was designed to: 1) maximize gas exchange 

efficiency; 2) enable operation with natural pressures; and, 3) 

be biomimetic to provide a natural environment for blood cells 

and platelets. In pursuit of these goals, the blood flow network 

was divided into a blood distribution network and gas exchange 

network (artificial capillaries). Similar to in the native lung,16 

the blood distribution network was designed to efficiently 

deliver blood to the artificial capillaries with minimal work 

(small pressure drop) and the artificial capillaries were designed 

to maximize gas exchange. More details of the optimization of 

each design parameter are described below. 

 Gas Exchange: Gas exchange in the artificial capillaries 

was modeled using a previously-developed equation:4, 9 

 �� = �
��,�	∙��,�	∙����	�,����	���	�,����	��

 (1) 

where QR is the rated blood flow of the artificial capillaries and  

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%.17 Rated flow is thus a simple and direct 

measure of the both the gas exchange and blood flow capacity 

of an artificial lung. In Eqn. 1, A is the capillary area available 

for gas exchange, SB,O2 is the average effective solubility of 

oxygen in blood, PO2B,i and PO2B,o are the partial pressures of 

oxygen in blood at the inlet and outlet of the capillaries, 

respectively, PO2G is the partial pressure of oxygen in the 

supply gas, and RD,O2 is the resistance to diffusion of oxygen as 

given in Eqn. 2. 

 ��,�� = ��
��,�	

+ � ��
��,�	∙��,�	 (2) 

In Eqn. 2, δM is the membrane thickness, PM,O2 is the 

permeability of the membrane to oxygen, H is the artificial 

capillary height, and DB,O2 is the effective diffusivity of oxygen 

in blood. For normal human blood, as defined by the FDA 

Guidance for Cardiopulmonary Bypass Oxygenators 510(k) 

Submissions,18 SB,O2 and DB,O2 can be estimated to be 7.9x10-4 

mL-O2•mL-blood-1•mmHg-1 and 1.4x10-6 cm2•s-1, respectively.9 

Using the Hill equation,19 an inlet blood saturation of 70% 

corresponds to a PO2B,i of 36.4 mmHg and an outlet blood 

saturation of 95% corresponds to a PO2B,o of 79.2 mmHg.4 The 

theoretical model (Eqn. 1 and 2) predicts a maximum rated 

flow for minimum artificial capillary height (H) and minimum 

membrane thickness (δM). An artificial capillary height of 10 

µm was thus chosen to maximize gas exchange and permit 

passage of all components of blood. A membrane thickness of 

15 µm was chosen based on our previous experience5 to ensure 

a large gas exchange, a defect-free membrane, and adequate 

mechanical strength and durability. 

 Biomimetic Blood Flow Path: The blood distribution 

network was designed to be biomimetic and to maximize area 

efficiency. For all portions of the design except the edge 

regions, a symmetric trifurcating network was implemented 

where two identical daughter vessels branch off from a parent 

vessel (Fig. 1). The relationship between parent and daughter 

channels in regard to branching angles and channel radii were 

designed using Murray’s law.16, 20, 21 In the equations below, 

two equal daughter channels (radii r1) branch off from the 

parent channel (radius r0) and the parent continues on its course 

with a reduced radius, r2.  

 � ! = 2�#! + ��! (3) 
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 cos'() = *+	,-*+.,�*/.0
	 .�

�*/	  (4) 

In Eqn. 4, α is the branching angle at which the daughter 

channels (radii r1) branch off from the parent channel. Since the 

channels have a rectangular cross-section, the hydraulic radii of 

the channels were determined as rH=H⋅W/(H+W), where H and 

W are the channel height and width, respectively. Where 

necessary, the change in the radius of the parent vessel was 

linearized and the branching angle was averaged among 

multiple daughter vessels in order to provide an area efficient 

layout. 

 Pressure Drop: Pressure drop (∆P) in the rectangular 

channels was calculated using: 

 ∆P = #�∙2∙3
�∙4.∙5#,+.7.∙8

9 :� (5) 

In Eqn. 5, µ is blood viscosity (~ 2 cP 5), L is the channel 

length, and Q is the blood flow through the channel. The 

difference between the mean arterial and venous pressures in a 

normal adult is approximately 80 mmHg.22 The pressure drop 

between the pulmonary artery and left atrium is approximately 

10 mmHg.22 These two values thus provide upper and lower 

bounds for the total pressure drop of the device at its maximum 

(rated) flow. 

 Shear Stress: Shear stress was estimated as τ=µ⋅v⋅H-1, 

where τ is shear stress and v is average flow velocity in the 

channel. In the human vascular system, shear stress ranges 

between 10 and 70 dyn/cm2 in arteries and between 1 and 6 

dyn/cm2 in veins.23 The human body naturally compensates to 

maintain a mean arterial shear stress between 15 and 20 

dyn/cm.23 These values provided upper and lower bounds for 

the shear stress in our blood flow network. 

 Air Side: The air side of the lung device was designed to 

allow for an even flow of the sweep gas across the entire 

network, while maximizing the total surface area available for 

gas exchange with the blood side capillaries. In order to ensure 

mechanical durability, 20% of the air network surface area is 

comprised of identical, evenly spaced, rectangular “posts” that 

form the bond to the membrane, leaving 80% of the total area 

available for blood gas exchange. The air side channel height 

was chosen so that the pressure drop was minimal (< 5 mmHg) 

at all target air flow rates (up to 20 mL/min). 

Fabrication and Assembly 

Lung devices were fabricated and assembled according to 

previously described microfabrication methods.5, 12 Briefly, 

Sylgard 184 silicone polymer (PDMS) was mixed and poured 

over Si wafer master molds for the blood and air sides of the 

device. A small amount of polymer was also poured onto a 4.5” 

diameter acrylic circle and spin-coated to 15 µm (5,500 rpm, 60 

sec). These device components were then cured at 80º C for 1 

hr. Once cured, the device halves were peeled off of the Si 

wafers, cut to shape, and inlet/outlet (I/O) holes were punched 

out using a biopsy punch. Short sections of tubing were then 

plasma bonded to the I/O holes of the blood side of the device. 

To begin device assembly, the air side and membrane were 

plasma treated and brought into contact to form an irreversible 

bond.24 The air side was then carefully peeled off of the acrylic 

circle, leaving the thin membrane bonded across the entire 

surface. To complete the device, the air side and membrane 

section was bonded to the blood side of the device in the same 

manner. Immediately following bonding, the PEG coating was 

applied to the blood side of the device as previously 

described.12 Finally, tubing sections were sealed to the I/O ports 

of the air side using Sylgard 184 and allowed to cure 

completely. 

In Vitro Testing 

The microfluidic lung devices were characterized in terms of: 

a) fluidic pressure vs. flow relationship; b) the effects of blood 

and sweep gas flow rates on gas exchange performance; and, c) 

device lifetime under whole blood flow, as previously 

described,12 with minor alterations. CPD-anticoagulated bovine 

blood was stored upon receipt in a refrigerator overnight prior 

to testing in order to equilibrate the oxygen saturation (SO2) 

and oxygen and carbon dioxide partial pressures (pO2 and 

pCO2) to normal venous levels.18 While priming the flow 

circuit with PBS, the blood was warmed to 37º C in a shaking 

water bath and gently agitated to ensure constant and even 

mixing. Once equilibrated to temperature, the blood was 

pumped into the circuit tubing, through the devices, and out 

into a waste reservoir in an open loop configuration. For the 

characterization experiments, only one device was tested at a 

time. In the device lifetime experiment, two devices (one 

uncoated and one PEG-coated) were tested simultaneously 

using the same blood reservoir in order to facilitate direct 

comparison of the resulting data. The blood flow rate was set at 

0.5 mL/min (slightly above the rated flow) so that changes in 

blood saturation would be more apparent. No blood filter was 

used. Devices were fed with compressed air regulated to the 
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desired level via an Omega FMA5502 mass flow controller 

(Stamford, CT). The SO2, pO2, and pCO2 in the blood as well 

as other parameters were measured from the blood reservoir 

and device outlets using an iStat handheld blood analyzer 

(Abbott, Abbott Park, IL) and CG8+ cartridges throughout the 

experiment.  

 The fluidic pressure drop across a device was measured 

with a Honeywell 26PCCFA6D pressure sensor as previously 

described.12 The inlet air pressure (Honeywell 26PCCFA6D) 

and outlet air flow (Honeywell AWM3100V gas flow sensor) 

were additionally measured throughout the experiments. For the 

characterization experiments, 1) the air flow rate was held 

constant while fluidic pressure and gas exchange were 

measured with varying blood flow rates, and 2) the blood flow 

rate was held constant while the gas exchange was measured 

over a range of air flow rates. Five minutes of equilibration 

time were given between sequential measurements for these 

characterization experiments, with the test ending after the final 

measurement was taken. The lifetime experiment was run until 

either the initial pressure drop across a device doubled in 

magnitude, or four hours elapsed. The experiment was not 

continued past four hours in order to ensure the integrity and 

functionality of the blood cells and proteins. The time until a 

doubling of the initial pressure drop was defined as the lifetime 

or time until failure for a device. Doubling time was chosen as 

an arbitrary threshold used in order to easily compare devices. 

Following the lifetime experiment, the devices were washed 

with PBS and imaged to observe surface-bound clots. 

In Vivo Testing 

An adult male Sprague-Dawley rat was anesthetized with 1-2% 

isoflurane gas and maintained under anesthesia on a heating 

pad for the duration of the experiment. The rat’s vital signs 

were monitored using a MouseOx Plus pulse oximeter (Starr 

Life Sciences, Oakmont, PA) with a foot pad sensor. Prior to 

the experiment, the lung device and external tubing were 

primed with 400 U/kg of 1,000 U/mL heparin in PBS in order 

to prevent clotting in the tubing circuit. Once anesthetized, the 

rat was given a 400U/kg dose of heparin via tail vein injection 

five minutes prior to the following surgical procedures. In this 

experiment run in parallel with the in vitro studies, a previously 

characterized lung device5 with an applied PEG coating was 

used. To connect the device, the rat’s femoral artery and vein 

were exposed, cannulated with short sections of PE-50 

polyethylene tubing, and gently clamped to temporarily impede 

blood flow. The tubing was then connected to the inlet and 

outlet of the lung device and the clamps were removed from the 

femoral vessels allowing blood to begin flowing through the 

extracorporeal tubing circuit. In this configuration, the blood 

was pumped by the natural pressure of the femoral artery into 

the lung device and returned to the venous circulation through 

the femoral vein. Thus, instead of operating as a true artificial 

lung, here the device acts more as an arteriovenous CO2 

removal system (AVCO2-R) removing CO2 from the arterial 

circulation.25 In this preliminary work, only one rat was tested. 

 Throughout the experiment, the fluidic pressure drop across 

the lung device as well as the partial pressures of O2 and CO2 in 

the blood at the device I/O were measured over the three hour 

duration as described in the previous in vitro experiments. 

Following the experiment, the rat was sacrificed. All 

procedures were performed in accordance with institutional 

IACUC and IRB approved protocols. 

Statistics 

Three lung devices for both the PEG-coated and uncoated 

groups were tested for the blood lifetime experiment. Results 

were analyzed in Microsoft Excel using a student's t-test and 

ANOVA. Plotted data for pCO2, SO2, and blood side pressure 

drop are presented as mean values +/- standard deviation. 

Results 
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Device Design 

The finished blood flow path layout is displayed in Figure 2 

and Figure 3 depicts an assembled artificial lung with dyed 

water flowing through both the blood and air side of the device. 

Blood enters through large, 200 µm-high microfluidic channels 

and then branches into smaller 60 µm-tall channels (branching  

angle of 81°), then finally into the 10 µm-high artificial 

capillaries (branching angle of 83°). In total there are 8,897 

artificial capillaries, each with a width of 60 µm and length of 

370 µm. These dimensions result in a predicted rated flow of 

0.4 mL/min for the device (Eqn. 1), a pressure drop of 0.9 

mmHg (Eqn. 5) and shear stress of 2.5 dyn/cm2 for the artificial 

capillaries. The width of the 60 µm-tall channels varies from 

300 to 120 µm as an intentional design feature, a consequence 

of Murray’s law. The vertical segments of the 200 µm-tall 

channels vary in width from 4,000 to 600 µm and the width of 

the 200 µm-tall horizontal segments varies from 9,700 to 4,200 

µm. The predicted flow resistance of the entire blood flow 

network is 5.9 mmHg⋅mL-1⋅min, resulting in a predicted 

pressure drop of 2.4 mmHg at the device’s rated flow. 

Pressure and Gas Exchange Characterization 

Figure 4 displays the pressure-flow relationship in a PEG-

coated and uncoated device as whole bovine blood is pumped 

through each device. Here, the air flow rate through the devices 

was held constant at 5 mL/min. As expected, both devices 

exhibited a linear pressure-flow relationship. Figure 5 

highlights the effects of blood and air flow rates on the SO2 of 

the blood exiting the lung device. SO2 begins to decrease 

quickly as the blood flow rate increases past the device’s rated 

flow, but is unaffected by air flow rate. Similarly, the effect of 

air flow rate on blood pCO2 is shown in Figure 6, again 

observed to have negligible effects. In these initial 

characterization experiments, data points were gathered at 5 

minute intervals and the tests were ended after the last data 

point was collected. Only PEG-coated devices were used in 

Figures 5 and 6 to highlight the performance trends of the 

optimized design. 

In Vitro Performance 

Before each lifetime experiment, the bovine blood was 

measured to have baseline values of pH = 7.011 +/- 0.05, 

hematocrit = 24.3 +/- 4.5%, and hemoglobin = 8.3 +/- 1.5 g/dL. 

Throughout the duration of the test, the SO2 of the blood was 

measured at the outlet of the lung devices and compared to the 
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original oxygen saturation of the blood in the reservoir (Fig. 7). 

Both the uncoated and PEG-coated devices significantly 

increase the SO2 of the blood at all time points compared to 

blood in the reservoir. SO2 values for the PEG-coated lung 

device are not statistically different over the four hours, while 

those of the uncoated device significantly decrease compared to 

the coated group between 0-60 min. 

 The fluidic pressure drop across the tested devices was also 

measured (Fig. 8). At all time points where the full n=3 devices 

could be compared, the pressure across the uncoated artificial 

lung was significantly greater than the PEG-coated device (with 

the exception of 10 min). One of the three uncoated devices that 

was tested exhibited a higher initial pressure drop than the other 

two, but stabilized over time to a similar level thus increasing 

the calculated standard deviation at early time points. These 

differences in initial pressure drop (as well as device priming) 

may be related to innate compositional and viscosity 

differences between donor blood batches. The lifetime (time 

until pressure doubling) of the uncoated lung devices was 110.0 

+/- 37.7 min as compared to all PEG devices completing the 

full 240 minute experiment without failing. Because the 

variation in pressure measurements for the coated device was 

not statistically significant over 240 min, it is not possible to 

predict a failure time for this group. Figure 9 contains 

representative macro and microscopic images of PBS-washed 

artificial lungs following the lifetime experiment, highlighting 

the differences in clotting within the microchannel networks of 

each device. 

In Vivo Performance 

As in the in vitro experiments, the fluidic pressure drop across 

the rat-connected, PEG-coated lung device was measured over 

time. Once the device was fully filled with blood and the 

pressure equilibrated at approximately 30 min, the pressure was 

observed to remain relatively stable until the end of the three 

hour experiment (Fig. 10). 

Simultaneously, blood was sampled from the inlet and 

outlet of the lung device and the partial pressures of O2 and 

CO2 were measured (Fig. 11). The artificial lung’s ability to 

exchange oxygen and carbon dioxide from the blood is 

apparent in the large reduction in pO2 and pCO2 after moving 

through the device at all time points. Oxygen is being removed 

from the blood due to the experimental setup where the rat is 

ventilated with pure (100%) O2 under anesthesia, while the lung 

device is being fed with compressed air (21% O2). 

Discussion 

Device Design 

The main advantages of the biomimetic flow path as designed 

(compared to our previous design5, 12) are a more uniform 

distribution of shear stresses throughout the microchannel 

pathways and more efficient delivery of blood to the small 

diameter artificial capillaries. The bases for making these 

improvements have been well documented in previous 
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literature, particularly the benefits of channel branching 

according to Murray’s law.16, 20, 21 More uniform shear and 

efficient delivery of blood are achieved through two main 

means: 1) Microfluidic channels whose hydraulic diameter 

decreases as flow is diverted to smaller daughter vessels; and, 

2) Branching angles between parent and daughter vessels that 

are optimized to minimize the work required for blood flow. 

These concepts are demonstrated in Figure 1. Although the 

effects on shear stress were not experimentally investigated, 

improvements in blood delivery efficiency is apparent from a 

lower pressure drop compared to our previous design.5, 12 

Pressure and Gas Exchange Characterization 

It is important to note that in Figure 4 at the rated flow of 0.4 

mL/min, the device is operating under a fluidic pressure of only 

5-6 mmHg, well below the natural arterial pressure of a rat.26 

This feature makes it possible for blood to be driven through 

the device entirely from the animal’s natural arterio-venous 

(AV) pressure difference in vivo in peripheral AV (performed 

in this study) or pulmonary artery-left atrium configurations.27 

Other groups have also demonstrated the ability of properly 

designed artificial lungs to operate under natural pressure 

differences.8, 28-31  

 The inverse blood flow-SO2 relationship seen in Figure 5A 

is most likely seen because as red blood cells increase their 

residence time in the capillary networks (lower flow rates), 

there is more time for gas diffusion to occur, increasing the 

saturation of hemoglobin sites with oxygen. The device’s 

calculated rated flow fits well with the data in Figure 5A, as the 

SO2 remains at 100% before beginning to drop off between 0.4-

0.6 mL/min of blood flow. The data in Figures 5B and 6 are 

notable as they suggest that as long as our device is operated at 

or below the rated flow for blood, maximal gas exchange 

performance will be achieved for sweep gas flow rates greater 

than 1 mL/min (2X the rated blood flow). Maximal SO2 is not 

reached in Figure 5B due to the blood flow rate being slightly 

above the calculated rated flow; this was done to make changes 

in the blood saturation more apparent. 

In Vitro Performance 

Figure 7 highlights the strong gas exchange performance of the 

PEG-coated lung device throughout the entire four hour 

lifetime experiment, significantly increasing oxygen saturation 

levels. These data represent first extended test of gas exchange 

 

Fig. 9  Representative images of uncoated (A) and PEG-coated (B) lung 

devices following a PBS wash at the conclusion of the in vitro lifetime 

experiment. Image of an uncoated, washed lung device with old 

microchannel flow path from previous study
12

 for reference (C). 

Surface-bound clots at the tips of the branching microchannels are 

highlighted with dashed boxes and 10x microscopic images of the 

capillaries are presented in the right insets. The dashed boxes are 

separate areas from the microscopic inset images, highlighting areas of 

low flow in the microchannel path. 
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over time for a microfluidic artificial lung. Because the devices 

are being operated slightly above the rated flow, maximal SO2 

will not be achieved. It is also important to note that SO2 levels 

at all time points for the PEG-coated artificial lung are not 

statistically different. In comparison, oxygen saturation exiting 

the uncoated device significantly decreases after 60 min, and 

further decreases for the one device that lasted 120 min. It is 

theorized that this decrease in gas exchange performance is due 

to coagulation in the microchannel network, particularly in the 

capillary beds.12 Clotting within the device would act to 

increase the effective oxygen diffusion distance between the 

blood and air or completely block blood flow within specific 

microchannels, thereby decreasing the effective area for gas 

exchange.   

 Evidence of the coagulatory response is also seen in Figure 

8. As blood clots accumulate within the microchannel network, 

they act to increase the fluidic resistance, and thus the pressure 

drop across the device.12, 13 At almost all time points the 

pressure across uncoated artificial lungs significantly exceeds 

that in PEG-coated devices. Furthermore, no uncoated device 

lasted longer than 150 minutes in this testing configuration, 

compared to every PEG-coated device completing the 240 

minute experiment without failing. The consistent pressure drop 

across the PEG-coated device suggests that the intrinsic 

coagulatory response has not progressed nearly to the extent 

seen in the uncoated control. This is likely due in large part to 

the increase in the PDMS surface hydrophilicity provided by 

the PEG coating, resisting initial protein adhesion and 

subsequent clot formation.32-34 Although the circuit tubing used 

in this experiment was also hydrophobic in nature, the smallest 

tubing diameter was nearly 8x larger than the largest lung 

device channels, causing little concern for the potential 

confounding effects of clotting within the external circuit. 

 Finally, after washing the devices following the lifetime 

experiment, the difference in the coagulatory response between 

the two devices becomes clear (Fig. 9A and B). The uncoated 

device displays more extensive clotting throughout the 

microchannel network, as well as increased surface-bound 

fibrin and blood cell accumulation in the microscopic images. It 

is worth noting that in both devices, clotting is apparent at the 

tips of the first channel branches (dashed boxed areas in Fig. 

9A and B). These areas were suspected to be “dead zones” in 

the channel design where stagnation of the blood could 

potentially take place, increasing the likelihood of clot 

formation.35 These design features are required due to the 

alignment tolerance between the main and smaller channels, 

and because they are located at the distal ends of the channels, 

the clotting observed would not occlude blood flow through the 

rest of the device. Comparing the images in Figure 9A and 9C, 

there appear to be more surface bound clots in the previous 

microchannel flow path (9C) that did not adhere to Murray’s 

law. This increase in clotting is especially apparent in the 

largest channels, where extensive yellowish-white fibrin 

deposits can be seen even where red blood cells are not present. 

It is in these largest channels that the first branches in the flow 

path occur, with high shear likely in this older design with 90º 

branching angles. However, definitive conclusions cannot be 

drawn between these two studies due to the different blood 

samples and anticoagulation protocols used.12 

 Taken together, these data present a clear link between 

coagulation as reflected in device lifetime and performance. 

This study represents the first extended in vitro blood 

evaluation of a microfluidic artificial lung, made possible 

through the application of a hemocompatible surface coating.  

In Vivo Performance 

The lifetime of the lung device attached to the rat’s circulatory 

system (Fig. 10) reflects the trend seen in in vitro testing (Fig. 

8). Once blood has filled and equilibrated within the device 

(~10 to 30 min), the measured pressure drop across the device 

remains stable until just before the end of the three hour 

experiment. This suggests that there is very little intrinsic 

coagulation occurring within and occluding the microchannel 

pathways. Upon further evaluation, it was determined that the 

sharp decrease in pressure observed at 180 min was due to a 

large clot that had developed in the circuit tubing leading to the 

inlet of the device. Clotting in the upstream circuit tubing 

would occlude blood flow into the device, artificially lowering 

the measured blood side pressure. This experimental issue, 

though confined to the tubing and not the device itself, 

dramatically impacted the success of these experiments, 

causing us to end the protocol after n=1. The tubing priming 
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solution of heparin was the same 400 U/kg concentration as the 

injection, and was mixed directly into the blood volume of the 

rat. Although the combined total dose was larger than what is 

typical for patients undergoing cardiopulmonary bypass 

procedures,36 it was deemed appropriate as no additional 

continuous heparin infusion would be administered throughout 

the experiment. However, given the half-life of heparin in the 

body at 400 U/kg to be 150 min,37 it is possible that in the three 

hour duration of the experiment, the effects of this initial bolus 

dose may be wearing off near the conclusion when the tubing 

clotting was observed. Platelet counts were not measured in this 

experiment. However, we do not anticipate heparin-induced 

thrombocytopenia being a factor, as this condition is typically 

observed at least two days following heparin exposure, making 

it unlikely to play a significant role in this acute setting.38  

 Figure 11 displays consistent gas exchange performance of 

the artificial lung throughout the experiment, further supporting 

a lack of clots forming on the capillary surfaces. As seen 

previously in vitro in uncoated devices (Fig. 7), gas exchange 

performance begins to fall quickly once the coagulation process 

begins. At first glance, it may appear strange that the device is 

reducing the pO2 of the blood. However, due to the nature of 

the experimental setup, this is to be expected. Because the rat is 

ventilated with pure oxygen (98% after accounting for 

isoflurane) while under anesthesia, the partial pressure of the 

gas carried in the blood will be much higher than normal. As 

blood moves through the lung device, oxygen levels are 

equilibrated and lowered to those in the sweep gas (air), 

resulting in an outlet pO2 of approximately 160 mmHg (21% of 

an atmospheric 760 mmHg). Similarly, the arterial blood enters 

the device with an elevated pCO2 content of 60-80 mmHg due 

to the rat’s suppressed respiration under anesthesia. The device 

acts to remove a significant amount of this dissolved carbon 

dioxide due to the low partial pressure of CO2 in air. When the 

blood exits the artificial lung and is returned to the rat’s 

circulation, the pCO2 is slightly below the normal arterial range. 

These data suggest that the lung device is performing as 

expected as an AVCO2-R device given the experimental 

conditions and is able to successfully exchange blood gases to 

physiologically relevant levels without detriment to a living rat. 

It is important to note that the animal survived the surgical 

procedure and experiment and the measured vital signs39 

remained within normal ranges throughout the duration of the 

experiment. While one other group has performed in vivo 

testing of a microfluidic artificial lung,40 these data represent 

the results of the first extended in vivo test. 

 Despite the success of this preliminary work, it should be 

noted that performing the femoral cannulation surgery in a rat 

model presented difficulties. The trauma of the surgical 

procedure and cannulation necessitated the use of a heparin 

injection to the animal in an attempt to reduce 

thromboembolisms and upstream clotting. Despite this effort, 

the tissue damage still may have played a role in activating the 

extrinsic coagulation cascade, contributing to the thrombosis 

observed within the circuit tubing. The results presented here 

are intended only as a preliminary proof of concept 

demonstration highlighting the ability of our device to function 

effectively in a rat model, not as a means to assert any 

statistically significant conclusions. Additional experiments 

were not performed due to the difficulties that we encountered 

with the surgical procedure, namely the cannulation of the 

femoral vessels. Thus we did not believe that more experiments 

could be justified with the low experimental success rate. 

Conclusions 

By constructing a microfluidic artificial lung featuring a 

biomimetic blood flow path and hemocompatible surface 

coating, we have significantly extended the functional lifetime 

of the device in vitro. Additionally, this lung device was 

successfully operated in a rat model to exchange O2 and CO2 at 

physiologically relevant levels. In order to build upon these 

results, construction methods for scaling up the device in order 

to increase the rated flow and test in larger animal models 

(rabbits, sheep) will be investigated. The use of a larger animal 

model and improved experimental setup will additionally allow 

for a more thorough in vivo evaluation of our device. Overall, 

the combination of microfabrication and surface coating 

techniques described here show promise as methods to improve 

the lifetime and functionality of many additional microfluidic 

blood-contacting devices. 
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