
Integrated Disposable Microfluidic Tissue Chips

by

Duncan Allison O’Boyle

Submitted to the Department of Mechanical Engineering
in partial fulfillment of the requirements for the degree of

Master of Science in Mechanical Engineering

at the

MASSACHUSETTS INSTITUTE OF TECHNOLOGY

June 2021

© Massachusetts Institute of Technology 2021. All rights reserved.

Author . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .
Department of Mechanical Engineering

May 14, 2021

Certified by. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .
David L. Trumper

Professor, Mechanical Engineering
Thesis Supervisor

Certified by. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .
Linda Griffith

School of Engineering Professor of Teaching Innovation, Biological
Engineering, and Mechanical Engineering

Thesis Supervisor

Accepted by . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .
Nicolas G. Hadjiconstantinou

Chair, Graduate Program Committee



2



Integrated Disposable Microfluidic Tissue Chips

by

Duncan Allison O’Boyle

Submitted to the Department of Mechanical Engineering
on May 14, 2021, in partial fulfillment of the

requirements for the degree of
Master of Science in Mechanical Engineering

Abstract

This thesis presents the design, implementation, and testing of a new platform for
mimicking a wide range of physiological conditions using multi-layer thermoplastic mi-
crofluidic chips with integrated elastomeric membranes. The new platform is designed
for high-throughput experiments, using disposable thermoplastic chips, and enabling
precise control of channel pressures and flowrates. The platform can distribute up
to 7 pneumatic signals to 4 microfluidic chips for control of high-throughput experi-
ments in the incubator or on a microscope. The disposable chips are made entirely
of Cyclic Olefin Copolymers (COC) and utilize on-chip pumps, pressure regulators,
microfluidic accumulators, a novel hydrogel tissue compartment, and a standardized
pneumatic interconnect. Channel flowrates are adjustable between 0-3 µL/s and pres-
sures can be controlled up to 2 psi. The 5-layer chips are bonded together using a
thin film COC elastomer membrane. The top and bottom layers are laminated using
a co-extruded COC film with an easy-to-bond interface. Novel methods for reliable
fabrication of these devices are explored, including laser machining of frozen mem-
branes, and infrared bonding in a vacuum chamber. The chips are optically clear,
exhibit strong thermal bonds, and display significantly lower levels of hormone ab-
sorption than earlier polydimethylsiloxane (PDMS) based devices. The design and
analysis of the platform is described in detail, and the biological performance of the
system is validated in studies promoting vasculogenesis in a co-culture of endothelial
and stromal cells.
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Chapter 1

Introduction

This thesis describes the need for a new integrated platform for culturing human-

derived tissues with precise fluidic control of physiological conditions and processes.

The design, implementation, and testing of this new device are presented. This sys-

tem is able to simultaneously control 4 microfluidic chips with integrated pneumatic

pumps, pressure regulators, and a novel hydrogel tissue compartment for vascular-

ization of tissues in vitro. The significant contributions of this work include: (1)

new materials for reliable boding of multi-layer microfluidic chips with integrated

elastomeric features (2) the design of optimized pumps, valves, accumulators, and

on-chip pressure regulators for reliable fluidic control (3) a standardized chip format

and manifold for running experiments in the incubator and at the microscope (4)

and a system configuration adaptable for high-throughput by running many devices

simultaneously.

This chapter provides a background on the current state of microphysiological

systems developed in academic labs as well as commercially available platforms.

Platforms with active and passive fluidic controls will be discussed, and particular

attention to the materials of these platforms will be provided.
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1.1 Microphysiological Systems

Recent advances in the fields of cellular biology, microfabrication, and microfluidics

have enabled the development of advanced microphysiological systems that mimic the

behavior of human organs in an in vitro environment. These systems use precisely

controlled fluidics to culture human derived tissues under complex conditions. These

conditions include but are not limited to hormonal treatments, drug therapies, and

mechanical stimulation [1, 2]. MPS platforms have gathered widespread attention

in academic labs, pharmaceutical industries, and by government institutions such

as the NIH, NSF, and FDA. A microphysiological system (MPS) is a system that

recapitulates the core functions and cellular mechanics of an organ found in vivo. A

subset of these systems with smaller fluid volumes are called Organs-on-a-Chip, or

OOC, for short. The main advantage of these platforms is that they allow researchers

to answer fundamental research questions in a human-derived system. Although

mouse models can be used to study many biological processes, they are not always

an accurate analogue to a human tissue [3].

MPS systems can be used to study individual tissues such as liver, gut, and kidney

tissue, but may also be used to study the combined effects of multi-organ systems.

For example, the interactions of gut and liver tissues on an MPS platform has been

studied to gain insights into the function of cross-tissue communication pathways on

inflammatory response [4]. These types of studies are based on physiologically relevant

metabolic profiles and fluidic conditions and are intended to match the function of

real human organs [5]. The results of these advanced in vitro studies can be then be

scaled and translated into useful insights for pharmacological applications [6].

A subset of microphysiological studies involves replicating the microvascular struc-

tures of living tissues in a hydrogel based microfluidic system [7]. These microvessels

are generated in an in vitro system using from human-derived enothelial cells and

stromal cells. The most common combination of cell types is co-culture of Human

Umbilical Vein Endothelial Cells (HUVECs) and Normal Human Lung Fibroblasts

(NHLFs). Fibrin is typically used as an extracellular matrix for these models be-
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cause it is a soft, permeable, and human-derived scaffold that has been validated in

many microvasculature studies. Other materials, such as PEG-based hydrogels, are

being developed to promote vascular network formation using specifically engineered

polymers that can be customized for a given tissue or biological model [8].

Ideally, the microfluidic platform should closely match the pulsatility and shear

stress conditions of the fluidic conditions found in vivo. Many advances in Organ-

on-a-Chip technologies, such as new materials, fluidic interconnects, and integrated

sensors, help to build more advanced systems that can help to create these conditions

[9]. Despite these advances, generating the exact conditions for vasculogenesis can

be difficult due to hardware-related limitations. Providing predictable flowrates and

pressures to a reliable tissue compartment is a significant challenge and very few in-

tegrated platforms come close to replicating the optimal conditions for vasculogenesis

[10].

1.2 Platform Overview

The design of a user-friendly and mechanically robust platform for controlling and

interfacing with microfluidic chips is central to the aims of this thesis. This platform

could be used to accurately control physiological conditions in vitro and create a

path forward for high-throughput microvascular studies. The ideal Organ-on-a-Chip

platform should meet the following criteria:

1. Compact Form Factor

The platform should be small enough that it is easy to handle and carry around

the lab. A small footprint also enables a user to run more platforms at a time

due to the limited space claim, and helps to reduce the cost of materials.

2. Microscope Compatible

The device should be compatible with most standard lab microscopes. The

platform should be easy to mount on the microscope and should be able to

be controlled during imaging. The chips should be optically transmissive, and
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the platform should not generate optical noise for fluorescent imaging. The

platform should not get in the way of the microscope objectives or limit the

functionality of the microscope in any way.

3. High-Throughput

Multiple chips should be able to be controlled on an individual platform. This

enables high throughput experiments and the ability to design experiments with

proper control conditions.

4. Pneumatic Interconnects

Pneumatic interconnects should be provided so that chips may be controlled

using pneumatic signals. This is particularly true for chips featuring pneumatic

pumps, but may also be true for chips with pressure regulators, pressurized

reservoirs, gas exchangers, and heating or cooling systems. This criteria includes

the need for a pneumatic connection from the platform to the pneumatic controls

as well as a connection from the platform to the individual chips.

5. Sterile and Disposable Chips

The chips should be sterile and disposable so that experiments can be ran with-

out contamination issues from previous experiments. Ideally, the chips feature

integrated control features, such as pumps and valves, that can be thrown away

at the end of an experiment.

6. Accommodates New Chip Designs

The system should have a standardized interface for connecting to new chips

designs. This allows designers to focus on the chip without having to re-consider

the chip-to-world connections. This speeds up future chip development and adds

to the perceived value of the platform.

Based on this platform design criteria a 4-chip manifold was selected as the plat-

form form-factor. The platform features 7 pneumatic inputs, an aluminum base plate,

a low-profile manifold, and a standardized geometry for interfacing with microfluidic
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chips. Figure 1-1 highlights the size and layout of this platform with 4 chips con-

nected to the manifold.

Figure 1-1: A finalized prototype of a manifold that connects 4 microfluidic chips to
7 pneumatic signals.

1.3 Commercial Systems

Many commercially available MPS systems exist, but most of these systems are cost

prohibitive, difficult to use, or lack proper biological validation. For widespread adop-

tion, these types of plug-and-play experimental platforms need to be carefully studied

and rigorously validated so that they can offer translatable results across research labs.

One commercially available system that meets many of the key requirements for a

translatable MPS research platform is CNBio’s PhysioMimix (pictured in Figure 1-

2). The system features 3 individual platforms, onboard pumps, a pneumatic control

unit, and easy to use transwell inserts. The platforms can connect and disconnect

from the control unit for sampling and analysis and fit most 96-well plate adapters.
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The platforms are assembled using a Polysulfone fluidic layer and a PMMA pneumatic

manifold that is clamped to a biocompatible elastomeric membrane. The system does

have a few downsides. First, the system and its consumables are very expensive and

may be cost prohibitive for many academic labs. Second, the unit takes up significant

space in the incubator, limiting the device throughput. Lastly, the devices are not

image friendly and cannot be observed on a traditional lab microscope.

Figure 1-2: CN-Bio’s PhysioMimix microphysiological system (cn-bio.com).

Simpler systems may not have the ability to match exact physiological flow pro-

files, but may enable higher throughput experiments. The AIM Biotech Chip provides

a hydrogel-based 3D cell culture environment that is image friendly and can accom-

modate a wide variety of cell types. The chip works by pinning a hydrogel meniscus

between small posts in the tissue compartment. The meniscus then becomes an

interface with the media channels. Cell migration into hydrogel scaffolds and vascu-

larized co-cultures have been observed in the devices and have been used to create

relevant tissue models [11]. The chips have been used to study the mechanisms for

creating angiogenesis in a hydrogel environment, and the system has been used to

create microvascular models of the human blood-brain barrier [12, 13]. The chips

are useful for building small tissue models, but are not large enough for mimicking

multiple organs or larger systems. In addition, the posts limit nutrient transport into
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the hydrogel, prohibit the use of hydrogels with large swelling ratios, and prevent

microvascular structures from connecting to media channels. The AIM chip also suf-

fers from trapped bubbles under the surface the optical laminate, a quality control

issue that is common in off-the-shelf microfluidic chips. These bubbles are pictured

in Figure 1-3. A similar platform made by Mimetas allows for higher throughput

hydrogel-based experiments using a plate-based assay with as many as 96 hydrogel

channels per plate. The devices are bonded together using laser welding, feature

phaseguides for constraining the hydrogel, and utilize a rocker plate for generating

cyclical flow profiles in the media channels [14].

Figure 1-3: Bottom side of the AIM Biotech chip.

Emulate Bio is developing more advanced systems with integrated flow control in

PDMS-based chips with tissue specific scaffolds that can induce mechanical stimuli

such as tensile forces from the lung [15]. The chips can be imaged and operated for

extended periods of time [16]. For example, the lung specific chip has been used to

study therapeutic treatments for Intravascular Thrombosis [17]. Competitive systems,

such as those made by Cherry Biotech and Tissuse GmBH, have been used to create

pharmacological models of the liver, heart, and skin for use in drug development [18].
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1.3.1 Challenges with Organ-on-a-Chip Systems

Despite the availability of several commercial systems to choose from, researchers still

run into many challenges with Organ-on-a-Chip systems [19]. Namely, there are a

number of hardware and instrumentation related challenges with designing, fabricat-

ing, and measuring the performance of OOC platforms [20]. These challenges can be

organized into three main categories: replication of physiological fluidic conditions,

designing a sterile and multiplexed platform, and integrating tissues into well-designed

scaffolds.

Recirculation of culture media is one of the most important criteria for a successful

OOC platform because cells are responsive to shear stress, concentration gradients,

pressure differences, fluid convection, and other forms of mechanical stimuli [21].

Proper fluid flow can enhance biological processes such as vascularization of endothe-

lial cells [22]. Pump are usually used to generate fluid flow, but may not always be

required to generate appropriate fluidic conditions. For example, a pump-free system

has been developed that rotates a vertically oriented chip with two reservoirs to create

a gravitationally induced fluid flow between the two reservoirs [23]. Pumps tend to

be a favorable option for generating fluid flow because they make it easier to account

for media transport and scale fluid flow in a perfusable chip [24]. Many pumps exist

for cell culture applications, but are often external devices that require long lengths

of tubing, significant counter space, and limit the amount of chips that can be used

at a time [25, 26].

External devices also introduce a concern with sterility. Any additional connec-

tion, interface, sealing mechanism, or tube presents an opportunity for contaminants

to enter the chip or for fluid to leak out [27]. Maintaining sterility is one of the most

fundamental steps in building a reliable platform, but best practices are sometimes

overlooked [28]. Systems should be designed with easy to use connections that allow

the platform controls to be separate from the sterile device, and should be able to

integrate into lab automation equipment [29, 28].

Devices must also accommodate a wide variety of tissues, either with general
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purpose hydrogels or tissue specific chip designs with well-designed scaffolds. Cell

loading mechanisms should be easy to use and allow for different cell types and media

formulations [30]. A hydrogel-based device should allow for any hydrogel to be used

including PEG, fibrin, and Matrigel. New hydrogels are still being developed, so the

tissue compartment needs to accommodate future gel formulations that might swell

or restructure over time [31].

1.4 Material Considerations

Most microfluidic devices made in the lab, and some commercial systems, are made

using polydimethylsiloxane (PDMS). PDMS has been extremely important in advanc-

ing the field of microfluidic studies. The advantages of PDMS is that is is castable,

able to reproduce small features, optically clear, elastomeric and easy to seal, and

able to covalently bond to glass via UV-ozone treatment. Unfortunately, the mate-

rial is difficult to mass produce due to complexity of fabrication and quality control.

Further, it suffers from diffusion and absorption properties that make it unsuitable

for hormone or drug-sensitive cell culture applications. The primary alternative to

PDMS as a material for making microfluidic chips is the family of thermoplastic poly-

mers. Thermoplastics are easier to manufacture and more cost effective at scale and

offer some of the same benefits as PDMS. Traditionally used in standard cell culture

plates, thermoplastics have seen widespread adoption in the microfluidic industry.

Commercially available chips are made from a wide variety of materials. This section

will describe the advantages of using thermoplastic materials, and specifically cyclic

olefin copolymers, for use in advanced microfluidic systems.

1.4.1 Absorption of Small Molecules

One of the main reason to choose a thermoplastic material for microfluidic assays is

due to non-specific absorption (molecules diffusing into the bulk polymer material)

and adsorption (molecules binding to the surface of the polymer) of small molecules.

PDMS has been observed to absorb drugs, hormones, and other small molecules in
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microfluidic systems [32], and has been compared extensively to alternative materials

such as polycarbonate (PC), polystyrene (PS), poly-methyl-methacrylate (PMMA),

and cyclic olefin copolymers (COC) [33]. PDMS also has a propensity to later release

absorbed molecules back into solution, making it an unpredictable and unreliable

material for sensitive assays involving small molecules. This is particularly true for

studies, such as projects in our lab, which involve sex hormone cycles over a period of

weeks in an incubator. Thus, it it important to select a material that predominantly

experiences surface adsorption rather than bulk polymer absorption.

The effect of surface adsorption can be remedied or accounted for by priming the

polymer surface or by providing some sort of surface treatment. This can be done, for

example, by priming the surface with BSA so that that surface is initially saturated

with bound molecules. More advanced treatments may also be implemented, for

example, PDMS has been treated with a Parylene coating to protect proteins from

binding in PCR studies [34]. A conformal CVD coating such as Parylene provides a

best-case scenario for PDMS, but coatings are usually impermanent on PDMS and

unsuitable for long term studies. Like PDMS, thermoplastic materials also suffer

from non-specific surface adsorption, but the problem is more predictable, easier

to characterize, and well-studied [35]. By tailoring polymer formulations and surface

properties, thermoplastics can be optimized for reduced protein adhesion and binding.

For example, a custom grade of polyamine was developed to reduce the binding of

specific proteins and bacteria [36]. Thermoplastic elastomers should also be carefully

tailored to reduce absorption potential. The COC elastomer used in this thesis, SEBS

elastomers, TPU, EPDM, and Viton are all worth consideration [37, 38, 39].

Cyclic olefin copolymers make a great alternative to PDMS because they have a

less active surface for binding to free molecules and for this reason have been used to

develop sensitive oocyte culture platforms and high performance devices for protein

separation and biomolecule analysis [33, 40, 41]. When compared to other materials,

COC has low-leachable properties and does not release estrogenic compounds like

other BPA-free materials [42]. In general, COC shows limited protein adsorption de-

spite it’s hydrophobic properties, and these properties can be changed with surface
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modification [43]. Surface modification may include UV-ozone treatment, sequen-

tial photographting [44], coating with non-covalent DMA-alkyl copolymers [45], and

commercially via single-step application of PEG-like polymer solution [46]. Many

other techniques, such as treatment with Paryalene may be used depending on the

specific application, and cell adhesion may also be improved with the addition of

poly-L-lysine or similar tissue culture treatment if necessary [40]. When properly

implemented, these techniques make COC a predictable and reliable material for cell

culture and biomolecular assays.

1.4.2 Optical Properties

The ideal microfluidic material provides optical clarity across a wide range of wave-

lengths. The required range for most fluorescent assays falls between 400-700 nm,

but some applications require UV and near-IR imaging as well. For this reason it

is preferable to select a material that has 90-100% transmission from 280-1100 nm,

providing similar optical properties to glass. Autofluorescence should also be con-

sidered so that the bulk material and supporting components do not cause noise in

images generated on the device. Most commonly, an optical material is used just as

a transparent window into a microfluidic device and the rest of the device may be

made of materials with reduced optical clarity.

1.4.3 Manufacturing Methods

A successful microfluidic system must be able to meet mass-production demands.

PDMS takes time to cure, requires UV-ozone treatment for bonding, involves precise

mixing and casting of two-part curable polymers, and is generally easy to damage due

to its low modulus. These factors make it very difficult to produce at scale. Ther-

moplastics are much easier to mass produce because they can be injection molded,

roll extruded, hot embossed, or thermoformed. The most difficult step in creating a

microfluidic chip is sealing the device with a thin film. In some applications, the ad-

ditional challenge of joining the chip with a flexible membrane is also presented. For
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PDMS devices, this can be accomplished by using UV-ozone to bond glass coverslips

and PDMS membranes to the assembly.

The techniques for joining thermoplastics for microfluidic and medical device ap-

plications have been widely studied and well-categorized into widely-cited books and

review articles [47, 48]. There are many methods that can be used, but they gener-

ally fall into four main categories: plasma bonding, solvent bonding, thermal bonding,

and adhesive bonding. Thermal bonding may manifest in many different processes

including diffusion bonding, laser welding, friction welding, ultrasonic welding, and

heat stacking. Plasma bonding can be used to join elastomeric membranes to ther-

moplastic devices and has even been shown as a viable method for making doormat

valves in COC devices [49]. Unfortunately, these bonds are very weak and the ap-

plication of UV-ozone treatments is not easy to control or automate in an industrial

environment. Thus, the three other methods provide more realistic options for making

commercially viable devices.

The first alternative to plasma treatment is to join materials using solvent assisted

approaches. By prepping a surface with an appropriate solvent it becomes tacky and

the molecules become mobile. The surface can be joined to another substrate (treated

or not) and the materials will bond. The requirement for this to work is an overlap

in solubility between polymer and solvent; in advanced applications an overlap in

solubility parameters for different materials can be used to join dissimilar materials.

For example, COC can be joined to SEBS elastomers with an appropriate solvent

mixture [50]. Solvents should be evenly distributed onto a surface so that the amount

of solvent dissolved into the polymer is kept at a minimum and allowed to escape after

bonding [51]. To promote solvent evacuation, smaller exposed surfaces and grooves

may be used to evacuate solvent from the device [52]. Solvent may be applied by

vapor to generate strong bonds with the added benefit of vapor polishing to reduce

surface roughness [53, 39]. Less aggressive solvents should be used if possible to keep

the material from getting damaged. This enables solvent to be used more liberally or

avoid toxicity for biological assays [54, 55]. Most materials do not need to be broken

down chemically to generate a permanent solvent bond. To ensure the best bond
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strength UV curing and UV-ozone treatments can be used [56, 49].

The major tradeoffs are toxicity, flammability of the solvent, and the potential

for channel deformation if too much solvent is used. The solvent may also generate

bubbles in the device after bonding. An example of cyclohexane bubble formation in

a COC device is provided in Figure 1-4.

Figure 1-4: Cyclohexane solvent coming out of solution in a bonded COC device.

Adhesives can also be used to join the layers microfluidic devices. A variety of

adhesive techniques can be used, but the most common technique is to laser cut

thin film adhesives and align them to the layers of a device [47]. Many companies

(Takasago Fluidics, Aline Inc., etc.) specialize in this method to produce off-the-shelf

and custom microfluidic chips. The benefit to this method is that the adhesives only

contact the edges of microfluidic channels, but aligning the layers can be difficult and

not all geometries are possible. Further, most thin film adhesives are not solvent

resistant and their chemical interactions for biological assays are not well understood.

Thin film adhesives are not the only option, for example, a new UV curable adhesive

for bonding of optically clear and low toxicity PMMA microfluidic chips has been de-

veloped [57]. For prototype purposes, Scotch tape and PCR sealing tape can provide

a simple and effective option for sealing microfluidic devices [58].

Thermal bonding is the most common method for joining thermoplastics, and
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for good reason. A well-defined thermal process can generate a thermal bond that

approaches the strength of the bulk materials and without the need for an additional

treatment, solvent, or material interface. COC devices, for example, can be thermally

welded for applications that involve biological and/or chemical sensitivities [40, 59].

The factors that contribute to a strong thermal bond in COC devices include time,

temperature, and pressure or the thermal process, as well as the glass transition

temperature and molecular properties of a specific grade. It is worth noting that the

use of two different grades can be beneficial so that channel deformation is limited

to one material; typically this implies using a higher temperature grade for the bulk

material and a lower temperature grade for the laminate [60].

Thermal bonding can be accomplished in a variety of different ways; the process

just needs to involve compatible materials as well as the right time, temperature, and

pressure parameters. Devices might be sealed using a roll laminator, a thermal press,

or even submerged in boiling water [61]. Ultrasonic welding, friction welding, infrared

bonding, heat stacking, are all examples of thermal bonding techniques that might

be used depending on the given application. Thermal bonds may also be used to join

rigid substrates to elastomer films for applications requiring a flexible biocompatible

membrane [62, 38].

1.5 Physiological Fluidic Conditions

An effective microphysiological system must be able to mimic the fluidic conditions

found in vitro. Cells and organs are sensitive to the flowrates and pressures of of

media circulating through the device. The device must also meet specific geometric

criteria to allow for the convective and diffusive transport of nutrients and growth

factors found in the culture media. For example, the system must be able to supply

an appropriate oxygen tension, glucose concentration, and levels of growth factors and

hormones. From a mechanical design perspective, these criteria can be accomplished

by controlling system pressures and flowrates to match those found in vitro. Some

previously explored methods for controlling these fluidic properties are discussed be-
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low.

1.5.1 Pneumatic Micropumps and Membrane Valves

A significant contribution of the Griffith lab at MIT has been the design and mechani-

cal modelling of a pneumatic micropump that can be used to recirculate culture media

between wells of a microphysiological system [63]. The pumps have been employed

on a number of platforms and used to study processes such as the gut microbiome,

and is the inspiration for the pump designed in this thesis [64]. The pump design

is also central to the functionality of the LiverChip and PhysioMimix platforms (CN

Bio Innovations, Welwyn Garden City, UK). This is not the only kind of micropump

technology that could be employed for MPS systems, so it is worth comparing the

different types of pump designs for a given application [65, 66].

Pneumatic micropumps have been widely studied and many different designs exist.

These types of pumps have been used in a wide variety of BioMEMS devices and

biomedical applications as well [67, 68]. The functionality of these pumps generally

relies on a circular diaphragm and pump chamber sandwiched between two valves.

The pump chamber is designed to displace a fixed volume for a given stroke of the

membrane. The membrane is usually a flat elastomer film displaced by an applied

pressure, but this design could be modified. For example, a rolling diaphragm or

a dielectric elastomer diaphragm could be used [69, 70]. The membrane material

is also a key consideration, as the membrane stiffness, barrier properties, and creep

characteristics play a role in performance and reliability [71, 72].

The design of the pump chamber is usually more straightforward than valve de-

sign as it is deterministically defined by stroke volume. Valve design presents two

additional challenges: the valve must generate a strong seal against head pressure

and must be low-volume so that it does not displace additional volume. A valve

design made of PDMS may be as simple as a doormat valve [73]. Doormat valves are

the simplest valve design, but they do not have well-defined sealing characteristics

and can be difficult to produce using thermal or plasma assisted bonds (the mem-

brane bonds to the valve seat because it is contact with the flat surface during the
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bonding procedure) [39]. Thermoplastic elastomer valves are possible in a variety of

configurations if the correct design and approach are used [74]. Valve designs may be

optimized using core mechanical design principles and the fluid structure interactions

can be modeled using advanced FEA simulations [75, 76]. An optimized valve design

should feature a geometry that concentrates the applied force onto a defined sealing

surface [77].

1.5.2 On-Chip Pressure Control

Control of microfluidic channel pressures has traditionally been performed using grav-

itational head or with external pressure sources and has not been widely studied or

explored in different ways. Closed-loop feedback of reservoir height has been used for

controlling gravitational head pressure and flowrates, and a wide variety of on-chip

pressure sensors have been developed for biological studies [78, 79, 80]. A pressure

regulating mechanism has been designed to improve loading of cell-laden hydrogels,

but oddly no on-chip pressure regulators seem to exist [81]. Electromagnetic mi-

crovalves have been used to control fluid flow properties, and many different valve

designs do exist for different applications [82, 74]. External pressure supplies can

be used as a pressure pump, and pressure controls for microfluidic chips are getting

more refined [83]. Ideally, a flow determined pump could be used and connected to

resistive and capacitive elements to determine the channel pressure. Unfortunately

these systems are still in their infancy [84, 85]. It is possible that a jet-type regulator

or gas-pressure regulator might be considered for microfluidic applications [86, 87]

1.5.3 Control of Flow Stability

Limited work has been done to improve the stability of pneumatic micropumps. Pre-

vious work from our lab has used fluidic capacitors for damping fluid pulsations and

providing near continuous flow profiles [63]. A similar technique was used by collab-

orators in conjunction with an electronically controlled pressure regulator for smooth

pump chamber actuation [88]. Other researchers have used these techniques, and
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validate that compliant membranes can help to damp fluid flow [89]. Other forms

of fluid capacitors could be used to help to smooth out fluid flow, but require fur-

ther exploration [90]. Systems should also be evaluated in the presence of bubbles,

elastomers, soft tubing, and other types of compliance [91].
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Chapter 2

Platform Design

2.1 4-Chip Manifold

In this Chapter, extensive detail will be provided about the platform that was pre-

viously introduced in Figure 1-1. This section will describe the design process and

key features of the system including the manifold design, base plate geometry, and

standardized chip format. Another view of the platform with a different chip design

is shown in Figure 2-1.

Figure 2-1: A 4-chip platform featuring a low-cost manifold, an aluminum base plate,
and 5-layer chips with integrated elastomer membranes.
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2.1.1 Standardized Chip Format

To facilitate chip integration and accommodate future chip designs a standardized

5-layer chip format was developed. The chip format includes a fluidic layer and a

pneumatic layer separated by a bonded thermoplastic elastomer membrane. The top

and bottom of the chip are laminated with a co-extruded film that ensures reliable

bonding. Each layer is a well-defined thickness so that the final assembly is con-

trolled to a height of 2.50-2.55 mm. The chips also have a standardized pneumatic

interconnect that allows 7 pneumatic signals to be passed into the chip; the intercon-

nect is 7 hexagons that serve to support the compression force of the O-rings and to

concentrate pressure for reliable bonding. The bonded areas of the chip are raised

surfaces in the fluidic and pneumatic layers that serve to concentrate the pressure for

bonding and help to reduce bending loads between the bonded regions. These sur-

faces are raised 200 µm above open cavities which allow for gases to escape through

a series of vents in the sides of the chip. Gasses must be allowed to escape during the

bonding procedure and when the platform moves between environments of different

temperatures. An exploded view of this chip format is provided in Figure 2-2.

The bonded regions vary in size and shape, but are generally 0.8-1 mm in width.

The fluidic and pneumatic channels are typically 0.4 mm in width and depth. The

chips are 25 mm wide and 40 mm long; future designs will allow for larger chips

but the small size and golden aspect ratio make it easier to design chips that are

easy to fabricate and assemble. The small size is less sensitive to runout; features

are more tightly packed so there is reduced concern with machining tolerances and

variations in the stock thickness. The format also reduces the chance of the chip

breaking due to bending loads during manipulation of the chips when assembled into

a manifold. The chips are not very thick so they can flex quite easily. The aspect

ratio is beneficial because it makes it easy to align the layers of the chip by hand

and provides a compact form factor for connecting fluidic and pneumatic channels.

Larger chips with and high aspect ratios are harder to align and sometimes break or

delaminate due to bending.
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Figure 2-2: Exploded view of the standardized 5-layer chip format with a fluidic layer
and 7 pneumatic ports defined by a hexagon pattern at one end of the chip. The
culture tube cap allows pipette access to the reservoir. Vents allow for gas to escape
the chip during bonding. The material grades of the chip layers are provided but may
be changed in future chip designs.

2.1.2 A Low-Cost and Serviceable Pneumatic Manifold

The chips are connected to a pneumatic manifold with integrated O-rings. Typically,

pneumatic manifolds are diffusion bonded components and are made of acrylic, poly-

carbonate, or polyetherimide (PEI, Ultem) for medical and life science applications.

Bonded manifolds are used to connect gas and fluid lines to other components and

can provide a strategy for eliminating fittings, reducing assembly time, and improving

a system’s performance [92]. Prototype manifolds can be expensive and hard to pro-

duce due the time intensive process and need for layers that are flat and smooth. The

manifold designed for this platform is low profile with tightly packed channels so that

future iterations could be assembled quickly using a thermal press and a bondable

lamination material or by using an adhesive backed film. The manifolds are 9 mm

thick and prototypes can can be produced using 3D printing; SLA 3D printing is a

preferred method because a variety of medical grade and autoclavable resins exist.
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The underside of the manifold is shown in Figure 2-3. The bottom of the manifold

features a pocket for reduced material use, a hole and slot for alignment to the base

plate using dowel pins, and a 0.5 mm skirt that protects contaminates and liquids

from getting under the manifold. 14 #4-40 machine screws with low profile washers

are used to bolt the manifold to the base plate.

Figure 2-3: A low-cost manifold was 3D printed using a Carbon 3D SLA printer and
a proprietary medical grade resin.

2.1.3 O-Ring Gland

The bottom of the manifold includes 7 glands that are used to constrain 7 Viton

O-rings into the manifold. The glad uses a 56 degree taper to hold a -004 size O-ring

in place. The relevant dimensions of the O-ring gland and an image of their sealing

characteristics once compressed are provided in Figure 2-4.
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(a) O-ring gland dimensions (b) Visible compression of O-rings

(c) Cross-section of 3 tightly packed O-rings.

Figure 2-4: Retaining and sealing of Viton O-rings is demonstrated with a 3D printed
manifold. (a) O-ring gland in cross-section. (b) Sealing of a blank chip. (c) O-rings
can be tightly packed using the gland geometry. The O-rings are visibly compressed,
verifying their sealing characteristics.

2.1.4 Pneumatic Connections

The manifold is connected to a pneumatic control unit using 7 push-to-connect fittings

and 1/16" OD tubing. The 7 tubes are connected to a 10-way valved connector made

by Colder Products Company; the valved side of the connector is kept in the incubator

so that gasses do not escape when the platform is disconnected. The connectors are

shown in Figure 2-5. A long-term goal is to develop a manifold that has a quick-

release clamp for connecting the chips to the manifold. Additionally, the push-to-
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connect fittings will be replaced with a pneumatic coupling that does not require the

use of tubes on the platform.

Figure 2-5: 7 pneumatic push-to-connect-fittings are screwed into the side of the
manifold and connected to 1/16" OD tubing.

2.1.5 Microscope-Friendly Base Plate

The chips and manifold are connected to a machined aluminum base plate that is

anodized black. The plate uses blind taps so that the screws are only visible from

one side and so that the platform is easy to clean. The chips are suspended over

a rectangular hole in the plate that serves as a viewport for imaging the chips. A

taper was added to the underside of the plate to provide clearance for microscope

objectives. The plate dimensions are the same as a 96-well plate so that the platform

fits into a standard plate reader on most lab microscopes [93]. The platform is shown

mounted to a Thermo Fisher EVOS M5000 in Figure 2-6.

2.1.6 Incubator Compatibility and Sterilization

The platform and chip materials are ethylene-oxide (EtO) compatible and may be

routinely sprayed down with ethanol. The base plate can be wiped down and the
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(a) 4-chip platform prototype mounted in a
Thermo Fisher EVOS M5000 Imaging Sys-
tem.

(b) The underside of the platform has a ta-
per that provides clearance for microscope
objectives.

(c) Drawing of Base Plate. Units are in millimeters.

Figure 2-6: The platform fits a standard plate adapter and accommodates most lab
microscopes. This format can also accommodate plate rockers, plate holders, auto-
samplers, and other standard lab equipment.

chips are easily cleaned using a microfiber cloth. The chips are isolated from the

manifold, so sterility of the manifold is less important than sterility of the chips.

The chips are sterilized separately and assembled into the manifold afterwards. All
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materials are compatible with the incubator and feature low water absorption at the

elevated temperatures and humidity levels used for cell culture; this is typically 37°C

and 90-95% relative humidity for CO2 tissue culture incubators. This temperature is

the same as normal body temperature and the humidity helps to reduce evaporation

of culture media.

2.1.7 Lids and Caps

The platform ports exposed at one end of the chip are only used for pneumatic controls

so all fluid sampling is done using a pipette. The rationale for this choice is to use

standard lab techniques for the chip user. The chips designed in this thesis include

a 400 µL reservoir that accommodates a standard 2-position culture tube cap. 400

µL provides sufficient volume for most small-scale tissue samples, but other sizes of

reservoirs could of course be used. These reservoirs will become an injection-molded

feature in finalized chip designs, but are made of polystyrene and glued to the chip

for prototyping purposes. Future reservoirs will have a taper at the bottom so that

media will be directed to the inlet and sharp corners will be avoided so that fluid

does not get trapped in the corners of the reservoir. The reservoir and its associated

cap are shown in Figure 2-7.

2.2 Pneumatic Control Unit

Two pneumatic control units are used to drive the platforms in the incubator and at

the microscope. These control units were developed in previous lab projects and were

purchased from CNBio. The control units use an array of solenoid valves to switch

between pressure and vacuum to drive the pneumatic micropumps on the platform

[63]. The units connect to the platform via 1/16" OD tubing that is passed through

a port in the incubator. The pumps can be driven from 0-3 µL/s and are regulated

at ±9 psi. Other pressure sources may be connected to the platform to accommodate

different chip designs. A LabView interface is used to control the pumps from a

dedicated laptop. A portable unit with an integrated pressure and vacuum source is
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Figure 2-7: Injection-molded polystyrene reservoir that accommodates a two-position
culture tube cap and can hold up to 400 µL of culture media. These reservoirs will
eventually be a molded feature in future chip designs but are glued to the chips for
prototyping purposes.

also used to control the platform at the microscope or in a tissue culture hood.
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Chapter 3

Cyclic Olefin Copolymers

Cyclic Olefin Copolymers are a relatively new class of polymer with applications in,

for example, the medical, pharmaceutical, packaging, and optical industries. COC

polymers are high purity thermoplastics with optical properties similar to glass and

mechanical properties that can be tuned for specific applications and manufacturing

processes. Despite these traits COC polymers have been slow to gather widespread

use. Many part manufacturers are still relatively unfamiliar with the material, and

raw stock can be difficult to acquire. The first commercial COC resin grades debuted

in the year 2000 and only a few other manufacturers have started to produce compet-

itive products since. The lack of widespread adoption may be explained in part by

the lack of raw material suppliers and due to the high cost of COC when compared

to competitive polymers.

COC is a co-polymer chain produced from norbornene and ethylene in varying

proportions. Grades with a higher proportion of norbornene tend to be mechanically

stiff with higher glass transition temperatures. The polymers are typically amorphous

and their melt-flow characteristics can be tailored via molecular weight. Most grades

are good electrical insulators which can be metallized with no pre-treatment. COC

tends to exhibit low water absorption and excellent barrier properties making it an

ideal packaging material [94]. COC is resistant to most solvents and chemically inert

relative to other polymers. The main exceptions are solubility in non-polar organic

solvents (i.e. cyclohexane, toluene) and surface interaction with lipids and fats [95].
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Adjusting the thermal properties and molecular weight enables many produc-

tion capabilities as well. COC can be readily produced film extruded (including

co-extrusions), injection molded, hot embossed, thermoformed, blow molded, and

machined. Different grades from the same manufacturer can also be combined into

custom blends for advanced applications. These properties make it a suitable and de-

sirable alternative to competitive plastics such as poly-methyl-methacrylate (PMMA),

polystyrene (PS), and polycarbonate (PC).

The COC resins in this thesis were produced by TOPAS Advanced Polymers

GmbH. Any COC manufacturer could have been used, but many of the components

designed in this thesis were produced with an elastomeric grade of COC (TOPAS

E-140) that is only available from TOPAS. TOPAS polymers were used for the sake

of consistency and under the assumption that better bonding characteristics and

adhesion would be observed in devices made with grades from the same supplier.

Specific grades will be addressed in detail below.

3.1 Material Properties and Resin Grades

When compared to PDMS and alternative thermoplastics for microfluidic applications

COC offers a number of useful benefits. First, COC has similar optical properties to

glass and PMMA; it is non-fluorescing, with optical clarity aross the UV to near-IR

range. This property makes it suitable for advanced imaging techniques commonly

used in the microfluidic field. All resin grades produced by TOPAS exhibit these

properties with only a slight degree of variation, but some are better suited for medi-

cal and biological applications due to their purity and surface properties. Three resin

grades are commonly found in the industry: TOPAS 5013f04, 6015s04, and 8007s04.

TOPAS 5013 is commonly used in food and packaging applications and 8007s04 is of-

ten used for accurate feature reproduction and low temperature bonding applications.

TOPAS 6015s04 was selected as the bulk material for this project due to previously

studied optical properties as demonstrated in Figure 3-1 [96].

TOPAS 6015s04 is a unique grade in that it can be produced by both film extrusion
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Figure 3-1: Optical Transmission of TOPAS 6015s04 grade COC with varying thick-
ness, from [96].

and by injection molding. The material is also mechanically stiff as compared with

other grades, so assembled chips are less likely to deflect under load and delaminate.

The material is comparatively scratch resistant for its class, though this is not a major

selling point for COC polymers [97].

TOPAS 8007s04 was also considered as an alternative material for the fluidic lay-

ers of the microfluidic devices but the low glass transition temperature and ductility

caused significant challenges when machining prototypes, as well as issues with sur-

face finish and thermal instability during bonding procedures. The split personality

of different grades meant that the 8007s04 parts would deform during the bonding

process and residual stresses would cause the parts to warp after cooling. This grade

may be reconsidered for future projects where low-temperature bonding is required,

or when nano-scale feature reproduction is required.

An elastomeric grade of COC can also be produced by creating a semi-crystalline

structure in the polymer matrix, typically by increasing the fraction of ethylene and

by reducing the molecular weight. TOPAS produces an elastomeric grade, TOPAS

E-140, which can be produced using similar methods as the other grades. Further,
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E-140 can be blended with 8007s04 due to closely matched thermal properties and

used to modulate the stiffness of COC components. Most importantly, E-140 can be

produced using a roll extrusion process. The grade has no direct competitors, though

other materials, such as TPU and SEBS elastomers, could be used as alternatives.

E-140 offers a unique advantage in that it has similar optical and barrier properties

to rigid COC grades. The resin is non-fluorescing, but has some haze when produced

in thicker layers. The grade has similar (often improved) solvent resistance to other

grades and also exhibits low water absorption. Due to the elastomeric nature, the

grade has increased free volume and higher gas permeability than rigid COC (similar

to other low density olefins) [98]. The material has been used in limited industrial

applications and is difficult to work with [49, 99]. It is notably sticky, quick to gather

static charge, and very easy to melt. When properly processed, the material holds

significant promise for the development of medical tubing, containers, and packaging

materials [100]. These same properties make it an ideal candidate for fabricating

advanced microfluidic devices.

3.2 Custom Thin Film Extrusions

A 2 mil (50 µm) thick film of E-140 was successfully extruded onto a controlled

thickness 10 mil PET carrier film using an external supplier. The film was produced

in an experimental facility, so it is worth noting that some impurities may be present

in the material including trace amounts of other polymers, dissolved gasses, and small

particles of dust and other contaminates. The produced film was cut into 2 rolls that

were each 0.5 meters wide and 100 meters long. Over time at room temperature the

rolls became self adherent; to avoid this, the rolls are cooled to 4°C to keep the low

molecular weight species from interacting. This prototype roll was produced on a

backing layer of standard PET material, but it would have been preferable to use a

higher temperature grade of PET for reasons that will be explained later.

The thickness of the film was selected as a good balance between flexibility and

toughness. A 1 mil thick film would be possible to produce, but more difficult to
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work with. Making the film slightly thicker makes it mechanically robust and easier

to handle. A thicker film would have reduced flexibility and membrane elements

would be more difficult to design and produce.

The roll of TOPAS E-140 is used to make thin elastomer membranes that are

optically transmissive in the UV to near IR spectrum with a small degree of haze

[101]. The optical clarity of a 50 µm thick laser cut membrane is shown in Figure

3-2. For some applications these membranes can be directly mechanically clamped

between 2 substrates, but a preferable method is to thermally weld the membrane

between substrates. The membranes were initially validated by installing them into

a previously developed pump that utilized a polyurethane membrane. The pump

flowrates were measured in both forward and backward pumping directions. The

pump flowrate was accurate and stable for several days showing that E-140 could

be used to design membrane-based pumps. The flowrate data is provided in Figure

A-1.

Figure 3-2: A laser cut elastomer membrane made with TOPAS E-140.

TOPAS E-140 has a melting point of 84°C and has very good adhesion to other

grades of COC. E-140 can be bonded to other COC materials using a UV-ozone

treatment or by thermally joining the material to other grades. For best results, a

thermal process should ensure that the E-140 grade reaches or exceeds its melting
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point. Bonding can occur in the glass transition region, but the bond is usually weak

and reversible without prior surface treatment. By melting the E-140 a bond strength

nearing the strength of E-140 can be achieved, creating a weld that can only be

broken by destroying the E-140 component in the process. The bond strength can be

further improved if the thermal process approaches the glass transition temperature of

target substrate. For example, bonding TOPAS E-140 to TOPAS 6015s04 should be

done above 84°C and below 158°C. This upper limit is just below the glass transition

temperature of TOPAS 6015s04 (Tg=158°C) and the lower limit is beyond the melting

point of E-140 (Tm=84°C).

One concern with this bonding approach is that the E-140 can easily deform in its

melted state. The material is observed to be stable up to 94°C for extended periods

of time, but begins to warp and deform at higher temperatures. If a disturbance

force is applied to the material it will conform by means of plastic deformation. This

disturbance could be a directly applied force, pressure from the expansion of a gas,

or even the weight of the membrane material. For this reason the E-140 should

be supported as much as possible during the bonding procedure and the bonding

process should be fast. A faster process ensures that the material does not displace

in the melted state; this helps to preserve channel and membrane integrity during the

bonding process.

An early experiment was conducted to see if the E-140 film could be laminated

onto a microfluidic chip to create a flat and unsupported surface. A set of 10 injection

molded COC chips with 1 mm wide channels were bonded to a laser cut 25x75 mm

sheet of the E-140 film using a thermal press. With a proper mechanical support,

in this case provided by the 10 mil PET, the material could be successfully joined

without warping into the COC chip. To further explore the thermal stability, a few

of the chips were placed in an oven at 94°C for a day and it was found that the

membranes could be preserved even at these high temperatures. A photograph of

one of these laminated chips is provided in Figure 3-3.

The thermal bonding characteristics of E-140 are so promising that it became our

main candidate for a novel and easy to bond optical film. An optical film comprising
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Figure 3-3: A COC chip laminated with a 50 µm thick film of TOPAS E-140 after
being held at 94°C. Small dust particles can be seen trapped under the surface of the
laminate, but no warping is observed in the E-140.

a clear and scratch resistant material on one side with a thin layer of E-140 on the

other side is easy to selectively melt and seal onto another surface. This concept

is similar to how a document laminator works; a higher temperature grade of PET

is coated with EVA on one side to use as a hot-melt adhesive for joining the PET

to a document. The EVA is very sticky and melts at a lower temperature than

the PET. When passed though a laminator, the EVA rapidly melts and thereby

creates a permanent bond between the PET and paper. A similar approach with

COC materials was performed by spin coating a lower temperature grade of TOPAS

polymer onto a higher temperature grade [102].

Based on this concept, a small section of a 240 µm thick TOPAS 6015s04 film was

aligned to the E-140 film by hand. The E-140 creates a tacky union with the TOPAS

6015s04, so many bubbles were created between the two films. The PET carrier

was then removed from the E-140 film and replaced with a red laminator sheet for

temperature resistance. The 3 layer assembly was then passed through a Scotch brand
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document laminator as shown in Figure 3-4a. The laminator generates enough heat

to melt the E-140 and permanently bond it to the 6015s04. Due to trapped bubbles

initially under the surface, the first laminate was hazy and full of bubbles (Figure

3-4a). By using a metal rod to roll one film onto another the films could be aligned

without any trapped bubbles; this method has proven to be repeatedly useful for

aligning one thin film to another. With this approach, and by varying the speed of

the laminator, a significant improvement to the film quality can be achieved. The

final film sample can be seen in Figure 3-4c

(a) Scotch Laminator (b) Original Laminate (c) Improved Laminate

Figure 3-4: A Scotch brand document laminator was used to create an optically clear
and easy to bond film by combining a 240 µm thick TOPAS 6015s04 film and a 50
µm thick TOPAS E-140 elastomer film. (a) A desktop document laminator is used
to melt layers of TOPAS 6015s04 and E-140 together. (b) The original laminate
was hazy due to trapped bubbles and too much applied heat. (c) The laminate is
improved by removing the bubbles prior to lamination using a roller.

This optical film design was then used to laminate many of the prototype chips in

this thesis. The film can be cut to size using a laser, CNC milling machine, or vinyl

cutter, and bonded using a variety of thermal processes. Although these handmade

films are good enough for prototyping purposes, they are time consuming to make

and the process has low yield. For this reason a co-extruded film of TOPAS 6015s04

and E-140 was produced by an external vendor. The material was specified to have

an 8 mil (200 µm) thickness layer of TOPAS 6015s04 and a 2 mil (50 µm) thickness
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layer of E-140. To protect the E-140 surface, a high temperature PET carrier film

was added to the extrusion. The same PET carrier film was wound on the 6015s04

side as well, but this was unsuccessful, as the PET film showed little adhesion to

the rigid 6015s04 COC substrate. A 100 meter long and 0.5 meter wide roll of the

co-extruded optical film was produced and split into 3 rolls for easy storage.

The mass-produced film is of high quality and contamination free. The carrier

film separates from the E-140 without much force, but stays on well enough to not

delaminate by accident. Some initial bonding trials were performed by laminating

the film onto a COC microscope slide using a thermal press for 120 seconds at 94°C.

In this process bubbles were produced under the surface of the bond as shown in

Figure 3-5a on a microscope slide and on a prototype microfluidic chip in Figure

3-5b. These bubbles form at the interface of the COC slide and the E-140 layer of

the optical laminate.

(a) Laminate on a COC microscope slide (b) Laminate on a COC chip

Figure 3-5: Bubbles form under the optical film after bonding at 94°C for 120 sec-
onds. (a) Dissolved gasses escape from the optical film during the thermal bonding
procedure and get trapped between the film and the bonded substrate. This is demon-
strated by bonding the film to a COC microscope slide for 120 seconds at 94°C. (b)
Bubbles also form when the optical film is laminated onto a microfluidic chip.

It was hypothesized that these bubbles were a byproduct of the manufacturing

process used to produce the film. No vacuum degassing step was performed at the

point of extrusion, so an experiment was performed to compare the degassing potential

of the films in a vacuum oven. 25x50mm samples of the film were cut with scissors

and placed in a vacuum oven at 65°C for 24 hours. A sample of the original optical
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film made at MIT was also included in the study. The PET carrier was removed on

one sample to see if the carrier film impedes gas from escaping. After degassing in

the vacuum oven, the samples were removed and bonded to a COC microscope slide

using a thermal press at 94°C for 120 seconds.

The bonded film samples are shown in Figure 3-6. The original optical film and

mass produced films show a similar degree of bubble formation. These samples are

essentially unusable. The degassed sample with a PET carrier film shows significant

improvement, and in most bonding procedures these bubble would not appear at all;

most bonding procedures will be shorter and the small landings on the chip help

to evacuate the gasses that form during the bonding process. The sample without

a carrier film performed even better, but it is likely better to leave the carrier on

for sterility and contamination purposes. A longer degassing procedure of 72 hours

(minimum) at 65°C with the PET carrier film combined with a less aggressive bonding

procedure of 94°C for 20 seconds yields excellent results as described later in the thesis.

(a) Original opti-
cal film with no
degassing step.

(b) Mass pro-
duced film with
no degassing step.

(c) Sample with
PET carrier and a
degassing step.

(d) Sample no
PET carrier and a
degassing step.

Figure 3-6: Degassing the optical film for 24 hours in a vacuum oven at 65°C in
vacuum oven shows promise for degassing the films and reducing bubble formation
during lamination. Images shown are cropped to 20x30mm. The PET carrier film
does inhibit gas from escaping, but longer periods (72 hours or more) of degassing
can compensate for this tradeoff.

The degassing procedure also helps to smooth out the E-140 surface of the optical

laminate. The original roll of material was slightly warped from the manufacturing

process and small ripples can be observed on the material surface. By annealing the
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material at 65°C the E-140 gradually levels out and creates a flat plane to match the

reference surface of the PET carrier film. This effect can be qualitatively observed in

Figure 3-7. The ripples in the surface go away and produce a surface that is clear

and smooth.

(a) Before Annealing (b) After Annealing

Figure 3-7: Annealing the optical film under vacuum at 65°C with a PET carrier film
provides a reference surface that smooths out the E-140 surface of optical film. Sam-
ples are shown with the carrier film removed after the vacuum degassing procedure.

The result of these procedures is an optical film that can readily melt to a COC

substrate and create an optical window for a microfluidic chip. It is worth noting

that these materials can also bond to PMMA, glass, and most olefinic polymers. For

example, a prototype PMMA chip bonded with the COC optical film can be seen in

Figure 3-8. The best bond strength is achieved by bonding to COC. With the right

thermal process, discussed in Chapter 4, the material can be used to bond features of

a variety of sizes and shapes. A laminated sample with excellent optical clarity and

no bubble formation is shown in 3-9.
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Figure 3-8: A PMMA chip laminated using the COC optical film bonded at 105°C.

Figure 3-9: The film can be used to laminate a wide variety of shapes and sizes while
preserving channel dimensions and optical clarity, as shown in this chip.
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Chapter 4

Manufacturing Methods

A wide variety of manufacturing processes and techniques have been employed to

develop the platform presented in this thesis. These fabrication methods are critical

for producing a functional multi-layer microfluidic device and the key aspects of each

process are described in detail in this chapter. This chapter also discusses the factors

for reliably bonding multi-layer COC chips and highlights the future steps required

to enable production at scale.

4.1 Micromachining

Moving away from PDMS presents a clear need for low cost prototyping of microfluidic

chips [103]. Without the ability to easily mold and bond devices, other methods of

fabrication must be employed. In most cases, CNC machining presents a low cost

method for making plastic chips of a variety of materials with good surface finishes

[104]. Desktop milling machines are even suitable for prototyping of small plastic

devices [105]. Even with a low quality CNC machine, proper setup and tool paths

can make for quick and accurate prototypes [106].

The majority of microfluidic chip prototypes developed in this thesis were first

produced by machining on a Bantam Tools Othermill V2, a 3-axis PCB milling ma-

chine. The machine has a small work volume of about 5x4x3 inches with a maximum

spindle speed of 26,000 rpm. The maximum resolution of the machine is 10um in all
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dimensions due to the stepper motor drives, and the smallest recommended channel

width is 300 µm based on the smallest tool diameter of 1/100". Channel depths as

small as 50 µm have been produced, but smaller channels may be possible. There

is no means to tram the head or spindle of the machine, so instead the machine’s

spoilboard was machined flat using a 1/32" flat endmill and a small stepover of 0.1

mm. This process takes several hours, but results in a surface that conforms to the

machine x-y axis, and is polished flat.

Individual chip layers were machined by mounting a 25.5x75.5 mm COC micro-

scope slide onto the machine using Nitto P-02 tape [107], a paper backed tape with

good lateral stiffness, reliable thickness, and strong yet reversible adhesion to COC.

For chips that need to be machined on both sides the chip perimeter is machined out

of the microscope slide in the first operation. This ensures that all machined features

are properly located with respect to the edges of the chip rather than a feature on

the machine or microscope slide.

Figure 4-1: A microscope slide fixtured to the Othermill V2 PCB milling machine
using Nitto tape.

There is some variation in the Nitto tape thickness, so as an alternative approach,

a vacuum chuck was developed to hold 4 microscope slides directly to the bed of the

machine. The vacuum chuck has precisely located pins for aligning the microscope

slides and 4 valves for choosing which chip holders are active. This prevents vacuum

leaks from the fixtures that are not in use.

58



Figure 4-2: A custom vacuum chuck for machining multiple chips.

COC is notoriously difficult to machine. The material is has a tendency to rub

against the tool and generate heat. Some grades, TOPAS 8007s04 in particular, have

low glass transition temperatures and melt almost immediately in the machining

process. This results in broken tools and damaged parts. Professional CNC machines

can use machining coolants, but these must be carefully evaluated for use in biological

applications. Using Dawn soap as a lubricant or using a vacuum port to draw air and

remove chips of material can help to reduce the heat load.

A set of general-use machining parameters are provided in Table 4.1 below. These

parameters generally provide good results, but may need to be adjusted depending

on part geometry and material grade. These feeds and speeds, as well as validated

toolpaths, have been embedded into the CAD files for the standardized chip templates

so that toolpaths can be generated quickly and with confidence that the materials

will not melt. Steep and shallow passes are recommended for best surface finishes

and dimensional accuracy. Drilling operations should done with small pecking depths

and at significantly lower spindle speeds.

The quality of machined parts using these strategies is consistent and it is possible

to produce duplicate parts. A picture of some identical machined chips is provided

in Figure 4-3.
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Tool Diameter Spindle Speed (RPM) Feedrate (in/min) Stepdown (in) Stepover (in)

1/100" 26,000 21 0.001 0.001
1/64" 26,000 31 0.003 0.003
1/32" 26,000 57 0.009 0.009
1/16" 26,000 100 0.021 0.021
1/8" 16,500 100 0.021 0.021

Table 4.1: General feeds and speeds for machining microfluidic devices made of
PMMA or COC on a desktop CNC machine. More aggressive feeds and speeds may
be used on professional machines with polished tools and coolants.

Figure 4-3: Duplicates of a prototype chip produced on the Othermill V2.

The CNC process was also employed to produce precise geometries for the optical

laminates. To produce these parts, the optical film was cut into 2"x2" squares using

a handheld passport photo punch and mounted onto a 3/16" thick acrylic spoilboard

using 3M 8211, a double backed 25 µm thick roll of acrylic based optical adhesive. The

parts are placed onto the adhesive with the TOPAS 6015s04 side down; this makes
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sure that the PET and E-140 layers are cut first. This adhesive bonds permanently to

the acrylic sheet but the COC parts can be easily removed without residue. A 1/64"

flat endmill was used to cut a the part using a 1 degree ramp angle and the feeds

and speeds provided in 4.1. A conventional cutting toolpath is used so that the PET

film does not delaminate; climb cutting produces cutting loads that push against the

part and lift it from the fixture. The contour toolpath is set to a cutting depth that

exceeds the part thickness and cuts into the acrylic fixture. Parts are lifted from

the acrylic adhesive using a razor. Any burrs remaining on the part can be removed

using a scalpel or razor. The acrylic spoilboard is single-use and thrown away after

machining. 4 parts were machined at once using this method. An example of one

of these films with the PET carrier film preserved can be seen in Figure 4-4. The

parts are washed with DI water after machining and degassed with the carrier film in

a vacuum oven.

Figure 4-4: A machined optical film.

The CNC process is adequate for making prototypes but not recommended for

production parts. A better production strategy would be die cutting or vinyl cutting

process. These processes avoid the use of adhesives and additional fixtures. They are

also better candidates for producing parts directly from the roll of material.
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4.2 Laser Cutting

Many of the chip designs in this thesis require the use of a flexible membrane layer.

Some microfluidic chip designs may require fluid to pass through a hole in the flexible

membrane layer, and future designs may even incorporate channels that are etched

or embossed into the membrane layer. To accomplish these designs, there needs to

be a method for cutting the elastomer film into precise geometries. Such geometries

may require sharp corners, small holes, as well as large aspect ratio slots. There are

a variety of ways that this can be accomplished, including die cutting, vinyl cutting,

or even micro-waterjet. Even the use of desktop tools, such as a digital craft cutter,

can be sufficiently accurate for chip prototypes [108]. For this project, a CO2 laser

cutter was employed as the primary method for making these parts. CO2 lasers do

not produce the ideal wavelength for thin elastomer materials as the materials do not

absorb sufficiently at this wavelength, but can still produce good results for making

micropump membranes when configured properly [109].

A Glowforge Pro laser cutter was selected as the main tool for cutting the elas-

tomer film. This machine is ideal because the tool has an office-friendly ventilation

system, easy to use software, and a relatively low power laser, making it more suitable

for cutting thin polymer films. To cut elastomer films on a laser the films must first

be secured into a stretch ring, a drum-like fixture that is used for holding flexible

materials taut. This fixture is functionally similar to an embroidery ring.

In these initial experiments, thin layers of the elastomer film were observed to

experience significant melting at the edges of the material. Further, the material

would move during and fly away when the cutting operation was complete, due to

air currents from the ventilation system. The material was next fixtured to a cookie

sheet made of medical grade stainless steel with a thin layer of water using capillary

action. This process is outlined in Figure 4-5. The layer of water acts as a heat sink

and as a workholding element for the material. This is not an entirely new concept as

some water-assisted laser cutting methods have been used before [110]. Although this

method yields promising results, the material still melts slightly and becomes hazy
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due to stray particle emission from the material during the laser machining process.

Some other samples fixtured to a pane of glass instead of the cookie sheet were also

evaluated and displayed in Figure 4-6. This method results in bubble formation

from water vapor as well as the production of small glass crystals that get embedded

into the edges of the film. It is suggested that medical grade stainless steel, which

does not reflect the laser beam, or germanium, which transmits long IR wavelengths,

should be used as a supporting material for this technique.

(a) Remove PET Carrier (b) Press Retaining Ring

(c) Trim excess material from the edges
of the stretch ring.

(d) Wick water under the film to hold it
in place.

Figure 4-5: Preparing the E-140 Film for laser cutting. Some contrast was added to
these images to better show the clear film and water.

To further improve the quality and accuracy of the laser cutting process the elas-

tomer films are frozen to the cookie sheet at -84°C. Once frozen, the material is re-

moved and a thin film of ice can be formed on the top of the elastomer by breathing

slowly and letting the condensation freeze. This seals the elastomer into a protective

sheet of ice that protects it from laser cutting byproducts. The ice also helps to

keep the material fixed in one place so the parts are much more accurate than those
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Figure 4-6: E-140 membrane suspended on a thin layer of water over a glass pane
and laser cut. The laser machining process results in vapor bubble formation and the
production of tiny glass shards.

suspended on water. A picture of the frozen sheet and a laser cut part using this

method is provided in Figure 4-7. Holes as small as 0.4 mm have been produced,

but the kerf of cut determined by the laser beam diameter must be considered for

most accurate results. One limitation of this configuration is that the laser machining

must happen quickly so that the material does not thaw. Since the laser adds heat

to the system, only a few parts can be machined at one time. This process might

be improved by using a thicker sheet of supporting material to add thermal mass,

reducing the temperature of the machining environment, or by replacing the water

with a phase change material so that the process is isothermal.

The frozen membrane method enables the fabrication of accurate prototypes in the

lab, but may not be suitable for mass manufacturing. To explore the possibilities of

laser manufacturing in a commercial facility, 3 stretch rings with the E-140 elastomer

film were sent to a nearby laser manufacturing company to see whether the material

could be cut using an ultrafast laser machine. An alternative method is to use a 193

nm wavelength laser on a quartz substrate. A femtosecond laser system (made by

IPG Photonics) was used to cut a variety of slots and holes into the samples. The

results were evaluated on a Thermo Fisher EVOS M5000 microscope and it was found
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(a) Membrane frozen to a
cookie sheet.

(b) Mounted in the laser
cutter

(c) A tray of laser cut mem-
branes.

Figure 4-7: The frozen films are laser machined in a batch process to produce trays
of laser cut parts.

that features of 0.5mm could be achieved. Additionally, the lasering process does not

create fluorescent byproducts in any of the primary fluorescent channels as seen in

Figure 4-8. This is important because the membrane cannot contribute fluorescent

noise to the images of tissues in the chips. Further, fluorescent components in the

membrane would be an indicator of new species being produced by the machining

process. These byproducts might be toxic to cells or alter the bonding characteristics

of the material.

4.3 Thermal Bonding

Assembly of the 5-layer chips was performed primarily using thermal bonding tech-

niques. The materials developed for the thesis were designed to be easy to melt and

bond to COC substrates. The use of TOPAS E-140 (Tm=84°C) makes it easy to

design a bonding procedure that selectively melts the elastomer and does not deform

the rigid layers of the chip. In Figure 4-9 a TOPAS 8007s04 (Tg=78°C) chip is

shown to undergo significant warping after a bonding procedure with too much heat

and pressure; this implies that a higher temperature grade of COC, such as TOPAS

6015s04 (Tg=158°C) will be preferred.
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(a) TRANS (b) DAPI

(c) GFP (d) TX Red

Figure 4-8: Fluorescence evaluation of E-140 membranes fabricated using a femtosec-
ond laser. A sample with a 1 mm wide slot, a 0.5 mm diameter hole, and a 2 mm
diameter hole is shown and imaged with the excitation wavelengths of common bio-
logical assays: DAPI, GFP, and TX Red. There is some fluorescence at the edges of
the cut, but this does not affect the surrounding regions. (a) White light image at 10x
magnification. (b) Little to no fluorescence at 357 nm excitation. (c) Fluorescence at
the edges of the cuts at 470 nm excitation. (c) Fluorescence at the edges of the cuts
at 585 nm excitation.

Generally speaking, the E-140 films do not require much pressure to ensure a

reliable bond; gently pressing devices to a hot plate at 84-100°C by hand can provide

sufficient pressure for a bond. The bonding procedure should be hot (around 100°C)

and fast. This makes it possible to melt the elastomer so that it becomes tacky and

conforms to the bonding surface. The pressure should be applied uniformly so that

all regions of the device are bonded. The process must be fast so that the elastomer

material does not begin to flow in the melted state, which can cause migration of
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Figure 4-9: Warping of lower temperature grades of COC occurs if too much heat or
pressure is used.

the elastomer material into the channels of the device as well as warping of any

diaphragms in the device design.

The three main techniques for bonding these materials are (1) roll lamination, (2)

bonding on a heat press, and (3) infrared bonding. Each technique has advantages

and disadvantages that will be discussed below. It is worth noting that any other

thermal bonding process can work provided the COC substrates are in contact and

the E-140 layer reaches 84°C for a few seconds.

4.3.1 Roll Lamination

Roll lamination is the process of joining a thin film to another thin film or thicker

substrate using rollers as a means to provide pressure to the bonding interface. The

use of rollers creates a defined line of contact that forces bubbles out of the sealing

interface and creates a stress concentration that results in strong bonds. This pro-

cess can be used to join adhesive layers, and heat can be added to enable bonding

thermoplastic materials.

A thermal laminator can also be used for joining thermoplastic elastomers onto

a layer of a microfluidic device. For the lamination to work, the material must be
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supported in some way throughout the bonding process. In this project, an elastomer

membrane is used to create diaphragms for a microfluidic device. These diaphragms

are ultimately freely supported members in the chip, and thus some sort of external

support must be provided. In addition, a releasable carrier film should be used to

prevent the material from sticking to the laminator or to the supporting materials.

The laminated membranes should be flat and of uniform thickness, so a silicon wafer

is suggested as a support material. A silicon wafer is uniform in thickness, adds

minimal thermal mass to the system, and is thin enough to pass through a laminator.

For the chips in this thesis the laser cut E-140 membranes are first washed using

7X detergent (or Windex for mechanical prototypes) and DI water. They are then

placed on a sheet of Parafilm and left to dry. Once the membranes are dry, they are

transferred to 2 mil thick PET carrier film on top of a silicon wafer. Any trapped

bubbles can be removed with a rubber roller as demonstrated in Figure 4-10. The

membrane is then placed into a plastic dish and left to degas in a vacuum oven for a

minimum of 72 hours at 65°C for reasons explained in Chapter 3.

(a) Membrane transferred to an oversized
high-temperature PET carrier film.

(b) Bubbles are removed with a handheld
rubber roller.

Figure 4-10: Membrane is prepped for lamination by transferring the material onto a
PET carrier on top of a silicon wafer. Parafilm may be placed between the membrane
and roller to protect the membrane. The wafer is upside down in this demonstration
to remove unwanted reflections and to better demonstrate the process; typically the
polished side of the wafer is used to provide the smoothest surface for supporting the
membrane.

After 72 hours the membranes can be removed from the oven. The pneumatic

side of the chip is placed onto the membrane and visually aligned; this process is
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made easier by looking at the reflections on the wafer. The pneumatic side of the

chip is then passed through a GBC thermal laminator (Figure 4-11) 4 times; twice

using the 3 mil setting and twice using the 7 mil setting. This setting does not

change the temperature or pressure of the rollers, but rather the speed that the

device passes through the machine. These settings will be similar for all brands of

document laminators.

Figure 4-11: A chip getting sent through the thermal laminator.

Once the chip has been laminated, the part is left to cool. This only takes a

few seconds and the part can then be lifted off of the wafer. The PET carrier film

should remain on the chip until the next bonding procedure to protect the chip

from collecting dust or getting contaminated. This process is very reliable, but the

operator should take care to properly align the membrane. If the membrane is not

aligned properly there will be loose fringes that could become a point of failure in

subsequent manufacturing steps. An example of these fringes can be seen in Figure

4-12.

When assembled properly, these membranes are bonded with a strength near the

tensile modulus of TOPAS E-140. To get an idea of the bond strength a laminated

chip was connected to an air pressure regulator. The pneumatic line was connected

to a 5 mm diameter diaphragm on the chip and pressure was gradually increased
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Figure 4-12: A TOPAS E-140 membrane laminated to a TOPASE 6015s04 chip. The
gray fringing is caused by poor alignment of the membrane.

from 0 psi until the membrane burst. At 28 psi the membrane started to plastically

deform, but the membrane did not delaminate. At 29 psi the membrane ballooned

up and finally delaminated from the chip. This test was recorded on video and

some individual frames are shown in Figure 4-13. It is likely that these membranes

could hold even more pressure if supported on both sides, but pressures exceeding

15 psi for microfluidic applications are very unusual. For all practical purposes this

bond strength is more than sufficient for making reliable pumps, valves, and other

diaphragm-based on-chip components.

4.3.2 Thermal Press

The optical film described in Chapter 3 was designed for fast and reliable bonding

using a heat press. This material is designed to allow bonding at moderate tem-

peratures and with a quick assembly process. More detail is provided in Chapter 3,

but generally the material requires direct pressure from a heat press at 94°C for 22

seconds. The applied pressure should be around 5-10 MPa to avoid significant defor-

mation of the elastomeric layer of the optical film. This pressure was determined by

adjusting the applied torque on the #4-40 screws in the clamping fixture introduced
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(a) 5 mm diameter membrane
stable at 15psi.

(b) 5 mm diameter mem-
brane deforms at 28 psi.

(c) 5 mm diameter membrane
delaminates at 29 psi.

Figure 4-13: Pressure burst test for an unsupported 5 mm diameter E-140 diaphragm
laminated to a COC chip.

in the section below and approximating the resulting clamping force. These values

were also used to design the vacuum bonding fixture developed in Section 4.3.3. More

testing should be conducted to identify the exact pressure, but this bonding pressure

is far less important than the temperature.

A variety of heat press methods were used to bond the COC chips in this thesis,

but the majority of early prototypes were assembled in a toolmaker’s vise or in a

custom metal clamp shown in Figure 4-14. The metal clamping system consists of

a precision ground stainless steel plate with an array of #4-40 tapped holes. These

holes are used to mount a 1.5 mm thick acrylic alignment bracket to the plate and the

remaining holes are used to clamp another stainless steel plate onto the top of the chip.

The alignment bracket also has room for high temperature magnets that can be used

to push the chips into the corner of the alignment bracket. Tightening the 6 screws on

each top plate clamps the layers of the chips together. Using a torque wrench and a

washer under each screw helps to provide a uniformly distributed load onto the top of

the chip. Up to 6 plates can be used at once to bond 6 chips at a time; an assembled

clamp is shown in Figure 4-14 with all 6 plates and the alignment bracket in use.

The best bonded chips produced using this device were made by holding the chips at

84°C for 45 minutes in a convection oven. This allowed the system enough time to

reach the melting point of TOPAS E-140 and then the parts were removed and left
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to cool to room temperature.

Figure 4-14: A fixture used for clamping and bonding 6 chips in an oven. The chips
are aligned to an acrylic bracket with 3 magnets and then clamped between 2 stainless
steel plates using 6 #4-40 screws.

Although this clamping mechanism was used to create a number of reliably bonded

prototypes, it suffers from a number of flaws. First, getting the torque on the screws

right is not an easy or consistent process. Usually one or more screws will end up

at a higher torque than the others. Second, the fixture does not resist bending loads

induced by the clamping force; as the screws are tightened down they cause a small

deflection of the top plate that results in less pressure at the center of the chip. This

effect is exaggerated as shown in Figure 4-15 by using an acrylic top plate instead

of tool steel. The lower modulus material deforms significantly and leads to bonding

at only the edges of the chip. This effect occurs to a smaller degree in the steel plate.

This style of clamp is also high in thermal mass, and thus slow to reach an elevated

temperature and takes a long time to cool down. This prolongs the heat exposure to
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(a) The clamp is subject to bending loads and
uneven pressure distribution. This produces
higher pressure on the outside of the chip.

(b) Poor stress distribution
causes bond failure at the
center of the chip.

Figure 4-15: Uneven pressure distribution provided by the clamp results in poor
bond strength and inconsistent results. (a) The effect of bending loads is amplified
for illustration purposes by using an acrylic plate instead of steel. This bending leads
to stresses. concentrated at the edge of the chip. (b) Bonding chips using this fixture
results in weak or unbonded regions in the center of the chip.

the chip and can cause excessive displacement of the elastomeric layers. An example

of this issue is shown in Figure 4-16 where the deformation of the E-140 material

can be observed. This can be avoided by using a faster heating and cooling process

or by applying less pressure.

One of the biggest issues in thermally bonding chips with internal membranes is

that any gasses trapped in the chip will expand when heated and produce a pressure

that acts on the surface of the diaphragm. This pressure can cause the membrane to

bond undesirably to other regions of the chip. For example, the diaphragm may get

pressed up against a valve seat and create a permanent bond on the sealing surface.

To eliminate this problem the gas can be allowed to escape through the venting system

or through a porous part of the clamp such as a foam pad. The chip may also be

bonded in vacuum so that no gasses are present in the chip.

Once some of these issues were identified it was decided that a thermal sublimation

press might provide a good alternative to the steel clamping system. A thermal
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Figure 4-16: An E-140 membrane separated from a bonded chip shows significant
displacement of the E-140 material in the bonded regions and warping of the di-
aphragms.

sublimation press is simply a compliant heating pad that presses down onto a foam

pad. The heating element is stiffer than the foam pad and is mounted to a series of

springs that help to level the clamp. The height of the heating element is adjustable

to accommodate different thicknesses of materials and to change the clamping force.

A thermal sublimation press was purchased for around $200 and used to laminate

all of the finalized chip designs produced in the later parts of the thesis. The press is

set to 94°C and it takes a few minutes to heat up. The optical window is manually

aligned to the top of the chip so that the edges of the window are slightly offset from

the edges of the chip. The window is slightly tacky and temporarily holds to the chip.

A close-up of this alignment procedure is shown in Figure 4-17a. The chip is then

placed onto the foam pad of the sublimation press and centered under the heating

pad with the optical film on top. The heating pad is then pressed down onto the chip

via a toggle clamp mechanism (Figure 4-17b) and a timer is set for 22 seconds. The

pressure from the mechanism is set to very light but higher pressures may be used be

adjusting the press.

When bonding a membrane between 1mm thick layers of a chip the timer is set

to 91 seconds; this is roughly 300% increase in bonding time to account for the 300%

74



increase in distance that that heat needs to travel to reach the bonding surface.

These values may change slightly for future device designs but have been shown to

work well for all of the finalized chip designs in this thesis. The sublimation press

does a satisfactory job at allowing gasses to escape during the bonding procedure but

occasionally the membranes will stick to unwanted surfaces in the chip. Typically, to

solve this problem, the membrane is bonded first and then subsequent laminations of

the optical film are fast enough to not heat the center of the chip.

(a) Manual alignment of the optical film to
a layer of the chip.

(b) Bonding the chip at 94°C for 22 seconds
using a gentle amount of pressure.

Figure 4-17: Alignment of the optical film and bonding the chips on a sublimation
heat press.

4.3.3 IR Bonding

A sublimation heat press works well for bonding the optical laminate to the top

and bottom of the chips but a better process is desirable for improved reliability

and yield. In particular, a more controlled process would allow for higher quality

membranes as well as diaphragms of larger sizes due to better thermal control. An

ideal manufacturing process would selectively deliver heat to the rigid substrate of

a chip and the membrane would melt to it without excessive heating. Further, the

bonding process should occur in vacuum so that no gasses are present in the bonding

procedure.

One option for selectively delivering heat to the bonding surfaces is to use IR light

as a heat source. The COC materials used in this thesis are IR transmissive up to
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Figure 4-18: An image of a 1 mm wide channel with the bonded plane in focus.
Optimal bonding parameters produce clear channels and preserve the channel edges.

1100-1200 nm wavelengths and thus do not heat up when exposed to IR wavelengths.

To make one of the layers absorb IR, carbon black or Clearweld (an IR absorbing

additive) can be added to the bulk polymer composition. This allows for one layer of

the chip to absorb IR and heat up via radiation. By projecting IR through the clear

layers the black layer will get hot and thereby melt the elastomer interface.

An initial experiment was conducted to see if this technique could be used to bond

the COC optical laminate to a chip impregnated with carbon black. A black acrylic

part was machined to have 2 thru-hole pockets with an 800µm wide and 200µm deep

groove that is used as a datum for a 0.5" diameter COC optical film window. The

optical windows were then aligned to the groove with the elastomer side down. The

chip is then placed with the windows facing up into a vacuum press made of an

aluminum vacuum chuck, a foam gasket, and a quartz window placed on top. When

vacuum is applied to the chuck, the quartz window seals onto the gasket and presses

down onto the chip as seen in Figure 4-19a. This proves a clamping force that puts

the elastomer material into contact with the acrylic chip. An R40 IR heat lamp was

then placed above the assembly for 45 seconds. At this point the acrylic/elastomer
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interface appeared black, indicating a weld between the two materials. The part was

then left to cool for several minutes before the vacuum was released. The bonded

chip is shown in Figure 4-19b and 4-19c.

(a) Quartz vacuum press
with a foam gasket.

(b) Top view of finished
chip.

(c) Bottom view of finished
chip.

Figure 4-19: COC windows bonded to a black PMMA chip using and IR heat lamp
for selective heating through a vacuum clamped quartz disc.

This bonding process creates a clear and strong weld between the two dissimilar

materials. This technique could be used to weld COC optical windows to a variety

of materials, for example, to bond an E-140 membrane between two thick polymer

substrates. Further, with the process done in vacuum unwanted pressurization of

internal diaphragms is much easier to avoid. As a demonstration, a 10mm diameter

E-140 membrane was welded between black and clear rings machined out of TOPAS

6015s04 wafers. The same bonding process was used to create this weld, and the

result is pictured in Figure 4-20. This sets a foundation for being able to bond

larger diameter membranes, as well as membranes with thermoformed geometries

without risking damage to the membrane material. This may be desirable for larger

pump chambers, fluidic capacitors, and for bonded elastomeric scaffolds.

The IR bonding fixture was then modified to have a larger quartz window and an

acrylic bracket that the window fits into. This generates a partial seal around the

window and removes the need for a gasket that undesirably resists the clamping force.
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Figure 4-20: A 10mm diameter E-140 membrane bonded between 2 COC rings.

In addition, a 1/16" thick IR transmissive silicone sheet was added under the quartz

window to distribute the applied pressure onto the chip. A diagram of this setup is

provided in Figure 4-21. The setup was then used to bond a few COC chip designs

with integrated pumps and valves. The bonding procedure is fast, and consistently

delivers bubble-free bonds in the middle of the chip without deforming the top and

bottom layers. A view through the quartz window and an example of a chip bonded

using IR are provided in Figure 4-22

This bonding process is not yet perfected and the IR heat lamp often generates

too much heat for a well-controlled bonding process. The silicone sheet and flatness of

the vacuum chuck also prevent gasses from escaping the chip and sometimes results in

warped or welded diaphragms. A more controlled process will likely use a wavelength

of 980nm and leverage a photomask for protecting the diaphragms. Eventually the

IR bonding process is a promising candidate for joining a laminated pneumatic layer

of a chip to the fluidic side of the chip. With more refined equipment and more

trials these bonding parameters can be optimized and should lead to more consistent
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Figure 4-21: Setup for bonding chips using an IR heat lamp. A quartz disc is pulled
down using vacuum to preload the bonding process.

results.

Many commercial IR systems exist for bonding devices using IR lasers, but a ma-

chine that uses a scan laser (Ex. Leister Laser Systems) is a preferred choice. This

allows for light to be spread out more evenly across a chip and and for one region of

the chip to be welded at a time. This is important because regions with pumps and

valves may need less exposure time than regions with larger bonding surfaces. The

prototypes produced using this method had the strongest bonds and least amount of

bubbles. They are of extremely high quality and show the most promise for manufac-

turing parts at scale. The infrared welding process can be automated so that partially

assembled chips are welded together quickly in a clean and controlled environment.
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(a) A chip in vacuum press under IR illumination. (b) A chip bonded using IR.

Figure 4-22: A 3 layer prototype of a chip with an integrated pump bonded using IR
illumination.

4.4 UV Curable Adhesive

For most of the chips in this thesis a fluid reservoir is required for media storage.

These reservoirs will eventually be injection molded directly on the chip, but for

present prototypes can be joined using a UV curable adhesive for prototypes. Dymax

1072-M was selected as a good adhesive for joining external parts to COC due to its

low autofluorescence, low water absorption, as well as solvent resistance. A 400 µL

reservoir bonded to a microscope slide is shown in Figure 4-23. This technique could

be used to join a variety of components and materials to the chips, but ultimately

adhesive bonding should be avoided. Adhesive bonding is best suited for attaching

additional components, such as sensors, to a chip for a prototype or measurement.

Dymax 1072-M, for example, has unknown biological interactions and sometimes

dissolves when exposed to ethanol and other organic solvents for extended periods of

time. Application of the adhesive can also be hard to control and the bond strength

between different materials is not fully defined. This adhesive is elastomeric in nature

and might also contribute to the absorption and adsorption of small molecules in the

chips.
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(a) Top View (b) Side View (c) Bottom View

Figure 4-23: UV curable adhesive (Dymax 1072-M) can be used to reliably bond
liquid tight features to a microfluidic chip.
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Chapter 5

Fluidic Control Elements

The integration of membrane-based fluid control elements into microfluidic chips

opens up a wide range of fluid control possibilities. The most important building

block features for a comprehensive microfluidic control system include: pumps to dis-

place fluid, valves to gate fluid flow, pressure regulators to control system pressure,

and accumulators to add fluid capacitance. By combining these elements in series

and parallel, a circuit may be designed to meet a wide range of fluidic conditions.

In this chapter, a process for designing and optimizing thin elastomer membrane

elements is presented and used to design a pump chamber, a valve, and a pressure

regulator. In addition, a novel fluidic accumulator is introduced that uses trapped gas

bubbles as an energy storage element for a microfluidic channel. These components

are integrated into a functional pump design which is then combined with a pressure

control system to provide a more stable flowrate.

5.1 Design of Elastomeric Membrane Elements

A 2D FEA model was built to study the motion and performance of E-140 diaphragm

elements. The model was used to optimize the geometry of a valve seat and to design

a reliable pump chamber with a displacement volume of approximately 1 µL. These

designs were then implemented in hardware prototypes and tested using pressure and

flow sensors. A finalized pump configuration was selected using the optimal pump
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chamber and valve design.

5.1.1 Membrane Simulations

To accurately predict the motion of elastomeric diaphragms an appropriate material

model must be selected. The E-140 membrane is a semi-crystalline thermoplastic

elastomer and behaves similarly to a rubber or urethane material. For this reason

a Yeoh model [111] was selected to describe the shape of the E-140 stress-strain

response. The material manufacturer did not agree to share the raw test data for

the E-140 grade, so an approximation of the stress strain response was generated

by linearly scaling a Yeoh model for polyurethane provided in ANSYS to match

the spec sheet modulus of E-140. To do this, the raw data provided in ANSYS for

polyurethane was normalized at the listed tensile stress at break and then multiplied

by the modulus of E-140; spec sheet values predict a stress of approximately 46 MPa

at 500% strain with an initial tensile modulus of 68.9 MPa based on the ISO 527-

2/1A/1 test standard [101]. This data was implemented accordingly for the uniaxial

test data and the resulting approximate stress-strain curve is provided in Figure

5-1. The tensile modulus defines the initial slope of the curve and the data past the

modulus predicts the plastic deformation of the material. Ideally, the stress-strain

curves should be generated using ASTM standards for elastomeric materials, but

this would have required more time and expense than the project allowed. Further,

these studies took place during the 2020 COVID-19 lockdown when generating actual

test data was not possible. Future testing should be conducted at 37°C to better

characterize the material for use in an incubator.

The ANSYS model was set up as a 2D axisymmetric structural simulation. The

membrane was modeled as a 50 µm thick material with a minimum of 3 finite elements

along the thickness of the membrane; without 3 or more elements the bending modes

and stiffness of the membrane cannot be properly simulated. The bodies of the chip

are assigned as a rigid material, because deformations in the bulk material will be

very small compared to deformations in the membrane. Joints between the membrane

and chip are set as bonded elements. The amount of mesh elements was maximized
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Figure 5-1: A Yeoh material model used for simulating the stress-strain response of
TOPAS E-140. This model provides a relationship between the stresses (in Pascals)
experienced by the material to an applied strain (meters/meter). The only known
parameters for TOPAS E-140 are the uniaxial stress of 46 MPa at approximately
500% strain (5 m/m in this graph) and the tensile modulus of 68.9 MPa, which
defines the initial slope of the uniaxial stress curve. The biaxial and shear data are
proportional to the data for polyurethane and are automatically scaled in ANSYS.
The resulting Yeoh model (solid lines) is used to predict the actual deformations of
the E-140 material to an applied load.

to provide the best results.

The goal of these studies was to design a new pump chamber and an improved valve

geometry. The pump chamber should evenly distribute stresses across the diaphragm

as it deflects, and also make sure that no fluid volume is trapped in the chamber

when fully deflected, so as to create an accurate volumetric flowrate. In previous

pump designs there was a stress concentration at the edge of the diaphragm that

caused fatigue of the membrane and a small amount of fluid would get trapped in the

edges of the pump chamber.

A variety of pump chamber geometries of equal displacement volume were com-

pared. Specifically, a 2 mm diameter bore with no supporting structure, a spherical
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cap with a 1mm radius and 0.31 mm thickness, and two chambers with continuously

varying geometry were compared. The designs were all normalized to have roughly

the same displacement volume, and a simulation was performed to see how the mem-

brane would respond to an applied pressure of 5 psi. The displacement volume of

each fluidic chamber is 0.5 µL in the simulation but in operation would be twice that

volume in an actual pumps due to symmetry of the pneumatic and fluidic layers.

That is, the net displacement of the chamber is 1 µL.

The spherical cap geometry provides a good baseline because it is easy to deter-

mine the displacement volume mathematically and to design the geometry in CAD.

Unfortunately, the simulation validates the concern that fluid gets trapped in the

edges of the chamber. A 2 mm diameter chamber with a depth of 0.31 mm depth is

shown in Figure 5-2.

Figure 5-2: A spherical cap geometry does not provide relief for the membrane and
results in trapped volume at the edges of the diaphragm, as highlighed in pink.

The proposed alternative pump chamber design consists of two continuous arcs

that are tangent to the membrane surface. These arcs perform 2 key functions: first,

they provide support to the edges of the diaphragm; as the pressure is applied the

membrane it will first contact the edges of the pump chamber and then move to the

center of the chamber. This pushes fluid volume from the outside of the chamber

to the center so that no volume gets trapped in the chamber. Second, the shape

provides support to the membrane so that the stress concentration at the edges is

distributed across the membrane. In an optimized geometry this implies that the

membrane is under uniform tension and is not resisting bending loads. A simulation

of a tangent-arc pump chamber is shown in Figure 5-3. The geometry can also be
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scaled so that larger or smaller pump chambers can be designed into future chips.

Figure 5-3: Simulation of the new pump chamber demonstrates fluid displacement
from the outside of the chamber to the center. The geometry also helps to distribute
stress concentrations in the membrane.

The tangent arc pump chamber is a low-stress design featuring a maximum strain

of only 4% across the membrane surface. This should help to reduce fatigue on the

membrane and lead to a more reliable pump design. Long term reliability studies are

of lower priority since the chips are intended to be disposable, but this may be worth

studying in future systems.

The model was then used to optimize the valve design. In a doormat valve [67]

the sealing pressure does not exceed the applied pressure to the membrane. This is

undesirable because this requires relatively high pressures to be used for actuating

the valves. Higher pressures can be harmful to cells and imply slower switching times

when vacuum is applied. It is also unclear where a doormat valve is sealing, and thus

they can have unpredictable performance.

To improve the valve design, a defined sealing feature was evaluated. The selected

geometry was a 0.2 mm radius ring-shaped feature that is as small as possible under

our machining process. The valve volume is a parasitic pumping mechanism that we

would like to minimize. The ring creates a stress concentration in the membrane at

the valve outlet and makes sure that fluid cannot pass under the ring due to the high

contact pressure at the ring. Additionally, the tension in the surrounding membrane
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acts as a mechanical amplifier to provide more stress on the ring. The valve geometry

was made as small as possible in the model; the overall diameter is only 3.0 mm

and the chamber is only 150 µm in depth. In future simulations the overall diameter

was reduced to 1.5 mm. This was originally predicted as the smallest possible valve,

but actual prototypes were able to be machined at a smaller diameter of only 1 mm.

In Figure 5-4 the valve seat is shown with a stress concentration on the sealing

interface. The model predicts that the stress at the sealing interface will be amplified

by a factor of 32 with an applied pressure of 10 kPa and a factor of 54 with an

applied pressure of 50 kPa. Note that this is not the predicted sealing pressure, but

does suggest better sealing characteristics.

Figure 5-4: Simulating the valve sealing characteristics using a 2D model in AN-
SYS. The tension in the membrane acts as a mechanical amplifier to create a stress
concentration on the valve seat.

5.1.2 An Integrated COC Micropump

The pump chamber and valve designs were then integrated into a pump prototype.

The pump chip consists of 5 pump bodies connected to PTFE tubing using NOA81

UV adhesive. The chip was bonded using the clamp described in Chapter 4 in an

oven at 84°C. The bonded chip is shown in Figure 5-5. The chip is made out of

machined COC layers and uses a laser-cut membrane. The pneumatic connections

are push-to-connect fittings that are screwed into the top of the chip and connected

to 1/16" OD tubing.

A photo of the internal geometry of the chip is provided in Figure 5-6. This
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Figure 5-5: A microfluidic chip with 5 integrated micropumps made entirely out of
COC.

image helps to show the size of the valves relative to the pump chamber and the

intended flow direction. There are a few burrs in the machined part but these burrs

were removed using a tiny drill bit prior to bonding.

Figure 5-6: Internal geometry of the original COC micropump.
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After assembly, the pump was connected to a Sensirion LPG10-1000 flow meter

[112]. This flow meter is a thermal flow meter designed specifically for microfluidic

applications. The sensor is fast enough to capture some of the higher frequency

components of the flow from the pump, and the nature of the sensor makes it good

at calculating the average flowrate by means of a moving average. The raw data

from the sensor, provided in Figure 5-7, shows that the pump is able to provide

an average flow-rate of 60 µL/min. The pump is pulsatile in nature and does not

provide a consistent flowrate. With each stroke of the pump chamber an instantaneous

flowrate of approximately 400 µL/min peak is observed. Further, the valves create

instantaneous flowrates of around 200 µL/min peak and displace a significant volume

of fluid. This valve displacement does not contribute to the average flowrate because

each displacement of volume from the valve is associated with an aspiration of fluid

back into the valve. The exact behavior of the valves is hard to visualize due to

the low sampling rate of the sensor. With a higher sampling rate the shape of these

curves would be easier to capture. Much faster sampling times are possible with the

LPG10-1000, but this comes with a tradeoff for resolution. This feature of the sensor

was not discovered until after most of the fluidic testing was finished.

Figure 5-7: Flow characteristics of the original COC micropump. The valves produce
a significant amount of fluid displacement but the average flowrate is not affected.

Although the pump was able to provide the desired average flowrate of 60 µL/min

it is desirable to have a pump that provides more constant flow and and which also

has reduced valve volumes. A smoother flow will provide a more gentle velocity, so
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as not to stress cells in culture. The pump chamber appeared to work very well,

and was used for the remainder of the project. The control of the pump could also

be improved by using an electronic pressure regulator to control the pressure on the

diaphragms to transition more gradually. The pump works with an applied pressure

of only ±4 psi, but a higher pressure of ±7 psi ensures that the pump can push against

a greater head pressure. Based on the FEA simulations the pump only requires ±1

psi to actuate, but such a low actuation pressure remains untested.

5.1.3 Valve Geometry Optimization

One of the ways to improve the pump design is to use a different valve. A lower

volume valve would lead to more stable flow. Although the 2D ANSYS simulations

help to get an idea of what types of valve geometries make a good seal, they do not

accurately predict the leak characteristics of a valve. Further, the 2D simulation does

not allow for designs with more complicated 3D geometries. A valve’s performance

needs to be measured experimentally by applying a pressure and recording the leak

flowrate.

A variety of valves were designed as a design performance study. The original

doormat valve [63] was used as a baseline and compared to: (1) the 1.5mm diameter

ring valve, (2) a teardrop shaped valve with the same ring-shaped feature as the

1.5mm ring valve, (3) a figure 8 shaped valve with two sealing rings, and (4) a weir

valve that features a small flat surface between the inlet and outlet.

These valve designs were CNC machined and assembled into a chip with a single

pneumatic port which actuates the valves. The fluidic side of each valve was connected

to PTFE tubing using NOA81 UV adhesive. The tubes were also connected to an

acrylic bracket to help with sealing and to provide a strain relief. The assembly of

this chip highlighted in Figure 5-8. Water with food coloring is used to show that

the valves permit fluid flow and are not bonded shut.

The chip was then connected to an upside-down Falcon tube filled with DI water.

The Falcon tube is converted into a pressurize fluid source by adding a tube through

the bottom of the cap and connecting it to an external pressure source. The fluid
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(a) Valve profiles. (b) Tubing connections. (c) Final test setup.

Figure 5-8: Test chip featuring 5 valve designs and sealed using scotch tape and
connected to 1/32" OD PTFE tubing.

pressure was monitored using a 0-10 psi pressure sensor. The pneumatic port was

connected to an external 0-10 psi pressure regulator; this acts as the applied sealing

pressure to all 5 valves at once. The outlet of the valve chip is connected to a Sensirion

LPG10-1000 flowmeter and then connected to another upside down Falcon tube with

a vent. Both tubes are elevated by about 12" above the chip so that the hydrostatic

pressure is balanced. Note that the flow sensor is placed at the outlet of the chip so

that any leak at the chip-tube interface do not corrupt the outcome of the test. This

works because the fluid pressure on the valve is the same regardless of whether there

is a leak upstream or not. If the flow sensor were upstream, it would be recording

the leak flowrate of the valve as well as the leak flowrate of the tube interface. Leaks

downstream are less likely because this part of the chip is at a lower pressure. A

diagram of this setup is provided in Figure 5-7.

First, the setup was used to test the sealing characteristics of the original doormat

valve as compared with the new ring valve over a range of applied pressures. This

was done connecting the PTFE tubing to an old pump design and to the pump in

Figure 5-5. The pump chamber and one valve were held open using vacuum so as to

isolate one valve for the test. This helps to get an idea for the best applied pressures

to use for further testing. In both cases only a few actuation pressures are used to get

a sense of the required actuation pressure. The sealing characteristics of the doormat
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Figure 5-9: Test setup for comparing the proposed valve designs.

valve are presented in Figure 5-10a and the sealing characteristics of the ring valve

are presented in Figure 5-10b. The key results from this test are that the ring valve

appears to seal better than the doormat valve and even seals at pressures higher than

the actuation pressure. The doormat valve only seals up to the applied pressure, but

appears to leak at all applied pressures.

The test was difficult to run at higher head pressures and lower valve actuation

pressures for a number of reasons. First, the pressure regulator used to actuate the

valve does not open until approximately 0.25 psi which limits the lower range of

possible test conditions. Second, the flow meter tends to have a bias of 1-2 µL/min

so an actuation pressure of 0 psi might read anywhere from 0-2 µL/min even if no

flow is present. With low actuation pressures, the valves are also sensitive to the

hydrostatic pressure generated by the difference in liquid height between the two

reservoirs. This is exemplified in Figure 5-10b where 0 psi of applied head pressure

results in approximately 300 µL/min of flow. At higher head pressures, the valves do

not seal very well and significant amount of fluid leak through the valve. In many

cases, this resulted in enough fluid transferred between the reservoirs that the test

needed to be reset. Additionally, the higher head pressures caused a few leaks in both

pumping platforms. For these reasons, 5 psi was selected as the actuation pressure

93



for further testing to compare different valve designs.

(a) Sealing characteristics of the original doormat valve.

(b) Sealing characteristics of the ring valve.

Figure 5-10: Sealing characteristics of the original valve design and the new ring valve
design. Data was generated by isolating a valve in a pump platform and applying
a head pressure. The leak flowrate of the valve is recorded using a flowmeter. The
doormat valve leaks more at lower head pressures as compared to the ring valve and
opens when the head pressure equals the actuation pressure. The ring valve is able
to generate a strong seal up to the actuation pressure and continues to seal beyond
the actuation pressure.

Next, the 5 valve designs were compared using an actuation pressure of 5 psi and

a range of upstream pressures in increments of 0.5 psi starting at 0.5 psi and ending

when the flow sensor saturated at approximately 1000 µL/min. This data is presented

in Figure 5-11. The figure 8 and weir valves leaked immediately and may have been

too small for the bonding procedure. It is probable that the membrane bonded to

the pneumatic side of the chip and thus the valves were essentially open for this test.

The doormat valve and ring valve exhibit a similar response as before. The ring
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valve does a better job at sealing for lower pressures and the doormat valve tends to

leak well below the actuation pressure. The teardrop valve was shown to seal very

well at lower upstream pressures and only begins to leak when the upstream pressure

exceeds the actuation pressure. This result may be different from the previous study

for two reasons. First, the doormat valve is made of a different material in this test.

The original evaluation used polyurethane and the valve test chip was made of COC,

a thicker and stiffer membrane material. Second, the ring valve was pressurized in

the opposite direction. All of these valves seal in both directions but the ring and

teardrop valves perform best when the head pressure is applied in the center of the

valve. It is also worth noting that this ring valve is a slightly different geometry, 2

mm in diameter instead of 1 mm in the COC pump.

Figure 5-11: Leak flowrates of the 5 valve designs with an actuation pressure of 5 psi.
Log-scale vertical axis.

The teardrop valve meets all of the requirements for a good valve design. It

reliably seals up to the actuation pressure, generates a good seal at 5 psi, and is

easy to machine. When compared to the doormat valve and ring valve, the teardrop

valve also has significantly lower volume. The volumes of the three candidate valves

can be compared in Table 5.1. For these reasons, the teardrop valve was selected
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as the base valve geometry for all future platforms. It is worth noting that despite

it’s asymmetric design, the valve is actively controlled and it can be used for bi-

directional flow. When configured with a pump chamber, the narrow edge of the

valve is preferably oriented away from the pump chamber. This makes sure that the

membrane can properly stretch over the valve seat and create a seal; when placed

in the other direction the membrane cannot flex around the valve seat because it

is pushing against an incompressible fluid in the pump chamber. A diagram of a

complete pneumatic micropump is presented in Figure 5-12.

Valve Chamber Volume (µL)

Doormat 0.320
Ring 0.503

Teardrop 0.188

Table 5.1: The chamber volume of three candidate valve designs.

The fluid can flow in either direction but is limited by the pneumatic control

unit to 0-3 µL/s. Slow flowrates are possible, but are not recommended because the

instantaneous flowrate of each pump stroke will greatly exceed the average flowrate.

Lower flowrates may be acceptable when the instantaneous flowrate is less important

than the average flowrate. These flowrates should be validated before being used

experimentally. The flowrate of the pump at 30, 60, and 120 µL/min is shown in

Figure 5-13. The measured average of these flowrates are 28.81, 58.07, and 110.21

µL/min. The slightly lower flowrates might be explained by the sensor saturation at

1,500 µL/min. Doubling the pump flowrate is accomplished by doubling the pump

stroke frequency. An individual pump stroke is shown in Figure 5-14 to highlight

the flow induced by the pump chamber and valves.

The pump design was implemented as a CAD geometry template that can be

dragged and dropped into any chip design. This makes designing new chips easy and

fast. The final pump design has be observed to work at actuation pressures as low

as ±4 psi and with a variety of fluids such as DI Water, IPA, 200 proof ethanol,

and even Pepto Bismol. The pump is self-wetting and clog resistant. Different pump
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(a) Pump Cross Section

(b) Teardrop Valve Profile

Figure 5-12: A cross section of the redesigned COC micropump with a tangent arc
pump chamber and two teardrop valves.

flowrates may be achieved by using larger or smaller diameter pump chambers and

by implementing changes to the control scheme.

5.2 Fluidic Accumulators

The biggest issue with the existing pneumatic pump design is that it creates a pul-

satile flow profile. This type of flow profile is undesirable, because some biological
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(a) COC pump flowrate at 30 µL/min.

(b) COC pump flowrate at 60 µL/min.

(c) COC pump flowrate at 120 µL/min.

Figure 5-13: The flowrate of the final COC micropump is measured using a Sensirion
LPG10-1000 flowmeter connected to a chip via PTFE tubing. The measured average
flowrates are 28.81, 58.07, and 110.21 µL/min when set to 30, 60, and 120 µL/min.

applications are sensitive to shear stress and thus to the stability of the fluid flow. To

smooth out the fluid flow, an energy storage element is frequently used. In large-scale

hydraulic circuits, this is accomplished by using a fluidic accumulator to store fluid
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Figure 5-14: An individual stroke of the COC micropump. The valve openings and
pump chamber displacement are highlighted in pink. The sensor saturates at 1,500
µL/min. Some oscillations in the flowrate at the end of the pump stroke may be
caused by compliance in the system due to bubbles, tubes, and fittings.

under pressure. These components are usually a compressed piston or rubberized

diaphragm that hold excess fluid volume at elevated pressure. In microfluidic appli-

cations, these elements are often called fluidic capacitors because their main purpose

is to add compliance and damp out fluid pulsations. The term "capacitor" is appro-

priate for describing the energy storage potential of these devices and may be used

interchangeably with the term "accumulator".

Very little work has gone into developing accumulators for microfluidic applica-

tions but they should be a standard element in many fluidic circuits. They are able

to stabilize system flowrates, store fluid volume, protect the chip from overpressure

events, and even potentially sense system pressures. Most microfluidic accumulators

that have been studied use an elastomeric diaphragm that uses strain energy to hold

fluid under pressure [63, 113, 89]. As the membrane is pressurized by the fluid it

deforms and increases the system volume. A larger diameter increases the chamber

volume and reduces the stiffness. If a large volume and high stiffness accumulator is

required a higher modulus material or thicker membrane could be used. The main

downside to this type of accumulator is that it requires an elastomer membrane,
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which is not a feature of all microfluidic chips. Another proposed design uses cap-

illary forces as a means for storing energy [90]. As fluid moves into a constricting

channel the capillary force increases to store energy in the gas/liquid interface. This

design is best suited for very small systems because the effect of capillary action only

works at small scales.

An improved microfluidic accumulator should be able to store relatively large

amounts of fluid under pressure and not require an elastomeric material to do so.

This would allow the design to translate to all kinds of microfluidic devices, including

2-layer chips that are controlled using external pumps.

5.2.1 Trapped Gas Accumulator

One concept for a scalable and low-profile microfluidic accumulator is one that com-

presses trapped gas bubbles to store energy. The gas bubbles essentially act like

springs in the device. One benefit to this concept is that the process of energy stor-

age is linear and depends on the adiabatic expansion of the trapped gas. At constant

temperature, the product of pressure and volume will remain constant between two

states. This relation is expressed below:

P1V1 = P2V2 = C

The shape of the bubble determines the sensitivity of the accumulator; larger

bubbles make the component more compliant and more bubbles add to the overall

fluidic capacitance. One geometry for incorporating trapped bubbles into a chip is

to have a series of dead-end channels that are configured into a tightly packed array.

These finger-like channels are then connected to a fluidic channel so that there is a

gas-liquid interface. As the pressure of the fluid increases, the gas will compress and

some fluid will enter the fingers. The total volume of fluid that enters the fingers will

be linearly proportional to the pressure of the fluid.

There are two main downsides to this design. First, some amount of pressure is

required to get fluid into the accumulator in the first place. The fluid resists entering
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the fingers because of surface tension forces. Once the surface tension is overcome,

the accumulator becomes linear. The second issue is that any trapped gas in the

accumulator may dissolve into the liquid. This would happen over several days, but

may make this accumulator unsuitable for longer term studies. A photo of the first

trapped gas accumulator prototype is shown in Figure 5-15. This accumulator has

12 mm long channels that are 300 µm wide and 150 µm in depth.

Figure 5-15: Prototype of a trapped gas accumulator.

The trapped gas accumulator was tested by connecting the device with PTFE

tubing and wetting the channel with DI water and food coloring. The outlet was

plugged and the inlet was connected to a syringe. The syringe was then used to

compress the bubbles and a video recording of the accumulator was captured. Two

frames from this video are presented in Figure 5-16 to show the accumulator at

low and high pressure states. The exact fluid pressure was not measured, but should

equate to approximately 2 psi and 6 psi based on the length of the bubbles shown.

The device could also be used as a pressure sensor because the length of the bubble

is inversely proportional to the channel pressure.

Further testing of the trapped gas accumulator is suggested to better understand

the effects of surface tension, size and shape of the fingers, and whether the trapped

gas dissolves into the liquid over time. Further, the adiabatic model should be vali-
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(a) Low Pressure (b) High Pressure

Figure 5-16: A trapped gas accumulator under high and low pressure conditions. The
exact pressure was not measured but should be approximately 2 psi and 6 psi.

dated against the actual response of the accumulator.

5.3 Back-Pressure Regulator

The pneumatic pump is good at providing a consistent average flowrate, but does not

set a defined pressure in the channel. Typically, the channel pressure is determined by

the downstream fluid circuit when using a flow-determined pump. Similarly, systems

that use a pressure-based pump design usually need to measure or model the flowrate

generated by a given pressure. In most applications it would be desirable to control

both the flowrate and pressure inside a given channel. Unfortunately, there has been

little to no research on controlling the channel pressure in a microfluidic device when

using a flow-determined pump.

One way to control the channel pressure in a system with a flow-determined pump

is to use a pressure regulator. Three different types of pressure regulators for large

scale hydraulic and pneumatic systems exist: a downstream-pressure regulator, a
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back-pressure regulator, and a differential pressure regulator. A down-pressure reg-

ulator controls the pressure downstream of the regulating element, a back-pressure

regulator controls the pressure upstream of the regulating element, and a differential

pressure regulator controls the difference in pressure between two nodes of a fluidic

circuit. Each have benefits and tradeoffs, but all kinds of regulators could be useful

when implemented in a microfluidic chip.

The simplest type of pressure regulator for us to build is a back-pressure regulator.

Typically, a back-pressure regulator consists of a diaphragm or valve-like element that

can be biased to a set pressure. The fluid pressure pushes up against this element and

begins to flow when the upstream pressure exceeds the setpoint of the back-pressure

regulator. This configuration is useful for a microfluidic circuit because it enables

a designer to control the pressure in a channel. Further, the lifting and closing of

the regulating element can help to stabilize fluid flow. This is because the regulator

is both a resistive and compliant element. The diaphragm flexes when the channel

pressure increases above the applied pressure and the shearing of fluid through the

regulator provides a resistance to flow. This behaves like an RC fluid circuit and

helps to stabilize pulsatile flow. This is mechanism is explored further by combining

the regulator with an accumulator in the sections below.

A back-pressure regulator was developed for microfluidic systems by using a 5

mm diaphragm and a similar internal geometry to the valves designed previously; a

cross-section is provided in Figure 5-17. A 5 mm diaphragm was selected because

it is has relatively low stiffness. Also, tension in the membrane has little influence

on the sealing pressure because the geometry only allows a maximum of 4% strain

in the membrane. A smaller diaphragm experiences more strain and would act as

a mechanical amplifier; the sealing pressure would be significantly greater than the

externally applied pressure. This is similar to the findings of the valve simulations

presented in Section 5.1.1. With a 5 mm diaphragm, a pressure balance between

the fluid pressure and applied external pressure dominates the mechanics and move-

ment of the membrane. If the upstream fluid pressure exceeds the externally applied

pressure, liquid will begin to flow. If the channel pressure is less than the external
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regulator pressure, the on-chip regulator operates like a closed valve.

Figure 5-17: Cross-section of the back-pressure regulator.

Although there is some associated compliance with the back-pressure regulator,

an accumulator helps to store energy and stabilize the system. A prototype of a

back-pressure regulator and accumulator connected in series is presented in Figure

5-18. Fluid first flows into the accumulator and then pushes up against the back-

pressure regulator. A later version of the chip was modified to have an additional

port for monitoring the channel pressure between the on-chip regulator and trapped

gas accumulator. This additional port can be seen in Figure 5-18b. The size of the

accumulator was also increased from the size of the original chip.

The back-pressure regulator and accumulator were then configured in a test setup

to see how well the pressure regulator would work when driven by a pneumatic pump.

A vented reservoir was connected via PTFE tubing to an external pneumatic pump

between two Sensirion LPG10-1000 flow sensors. This configuration allows for moni-

toring the flowrate on the suction side of the pump as well as the pressure regulated

discharge side. Next, the tubing is connected to the accumulator and back-pressure

regulator. The outlet of the pressure regulator is connected to another vented reser-

voir. The back-pressure regulator is controlled using a conventional 0-10 psi pneu-

matic pressure regulator, and the on-chip liquid pressure is monitored using a 0-10 psi
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(a) Original prototype of an on-chip pres-
sure regulator.

(b) Additional port added for measuring
fluid pressure.

Figure 5-18: Prototype of a microfluidic back pressure regulator with an integrated
trapped gas accumulator.

Elveflow pressure sensor. The external pneumatic pressure was also measured using

a 0-10 psi Elveflow pressure sensor. This pressure sensor was wetted with fluid and

then capped on the outlet; this makes sure that there is no added compliance due to

bubbles in the pressure sensor or tubing. A diagram of this test setup is provided in

Figure 5-19.

The pump was set to flow at 120 µL/min and the pressure on the pneumatic

regulator was varied from 0-4 psi. The measured input pressure and corresponding

channel pressure are presented in Figure 5-20. The pressure regulator behaves

linearly, and the channel pressure is almost identical to the applied pressure. The

test had to start at 0.25 psi because the 0-10 psi pressure regulator does not open

until this pressure. Another test with a different external pressure regulator would

be required to validate the back-pressure regulator performance at lower pressures.

The error is also reported in Figure 5-20b as the difference in applied pressure and

channel pressure. The channel pressure will always be greater that the externally

applied pressure regulator due to viscous forces in the chip, tension in the membrane,

and sealing characteristics of the back-pressure regulator. In general, the pressure

regulator will only need to be operated between 0-2 psi and and is assumed to be

accurate within approximately 0.05 psi in that range.

At higher pressures, the regulator begins to reduce the pump flowrate and behaves
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Figure 5-19: Test setup for evaluating the on-chip pressure regulator and trapped gas
accumulator. The setup features a flow sensor at the inlet and outlet of the pump,
pressure sensors for monitoring the externally applied pressure and channel pressure,
and two vented reservoirs.

less predictably. The added pressure resistance from the regulator decreases the pump

flowrate as shown in Figure 5-21. Note that this data was generated using the

original micropump design and that the new pump design can overcome significantly

greater head pressures. It is possible that the improved pump provides more stable

flow and may be able to drive the back pressure regulator at higher pressures but this

has not been tested.

At higher pressures the external regulator and on-chip pressure regulator become

less stable. The pulsations of the pump start to appear in the pressure profile and the

on-chip pressure is no longer uniform. The on-chip pressure and externally applied

pressures can be compared in Figure 5-22a and the error between on-chip pressure

and external pressure is presented in Figure 5-22b. There are a variety of factors

that could contribute to this pressure variation. First, the on-chip regulator is not

really designed to work at higher pressures; at these pressures the diaphragm closes

entirely and behaves more like a valve than a regulator. Second, it appears that the

external regulator is not providing a constant pressure. Ideally, the external regulator

should remain at a fixed pressure and not get influenced by the micropump or on-chip
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(a) The regulated channel pressure is almost
identical to the externally applied pressure,
especially at low pressures.

(b) The absolute error is the measured
difference in applied pressure and channel
pressure.

Figure 5-20: The the pressure regulator behaves linearly despite irregularities in the
system flowrate. The error of the regulator depends on the applied pressure and the
system is more stable at lower pressures.

pressure regulator. It is possible that this pressure variation is due to the external

pressure regulator being coupled to the same air line as the pneumatic pump. More

testing with a better external pressure regulator connected to an independent line is

recommended.

To get a better sense of the pressure regulator stability, the external regulator

was set to 6psi and manually adjusted to relieve the pressure for 6psi down to 0 psi.

The pump was set to drive a flowrate of 120 µL/min. As the pressure was decreased

the regulator first behaves erratically and then stabilizes as observed in Figure 5-

23. At about 4 psi the regulator becomes stable and is much easier to control. The

system works best between 0-2 psi and should not be used outside this range until

the pressure variation is studied further. It is likely that the pneumatic pressure

regulator’s feedback system is not stable at the high frequency switching of the pump

platform. This is not uncommon for gas pressure regulators [87].

Another benefit to the pressure regulator and accumulator combination is that

they help to damp out fluid pulsations. The flowrates on the suction side of the

pump and pressure regulated discharge side of the pump are shown in Figure 5-

24. The regulator and accumulator act like an RC circuit and smooth out the flow

profile from the pump. This effect was measured right at the discharge of the pump
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Figure 5-21: At pressures above 3psi flowrate starts to decrease. The pump is unable
to overcome the added resistance of the regulator and the flow begins to slow down.

but would be more stable if measured between the capacitor and accumulator. This

pressure regulating system sets a precedent for being able to provide stable fluid flow

using a displacement-based pump and still be able to control the channel pressure.

The back-pressure regulator alone helps to improve flow stability, but the addition of

an accumulator provides the best results.

108



(a) The external regulator and on-chip reg-
ulator begin to fluctuate with the pulsations
from the pump at higher pressures.

(b) The pressure regulator is more stable
and predictable up to pressures of approxi-
mately 2 psi.

Figure 5-22: The pressure regulator does not provide a uniform pressure when set at
a higher pressure. This may be attributed to the faster opening and closing of the
on-chip diaphragm as well as coupling of the pressure system used to to drive the
pump and external pressure regulator.

Figure 5-23: The external regulator was gradually adjusted to see the pressure regula-
tor response over a wide pressure range. At 4 psi the regulator stabilizes and becomes
much easier to control. At about 0.25 psi the external regulator shuts off.
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Figure 5-24: Improved micropump flow stability with the use of a microfluidic back-
pressure regulator and an integrated trapped gas accumulator.
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Chapter 6

Tissue Integration

Integrating tissues into a microfluidic device is one of the biggest challenges in 3D

cell culture experiments. For a tissue to properly integrate into a microfluidic device

it needs to have some sort of Extracellular Matrix (ECM). An ECM in vivo may

consist of a scaffold composed of collagen, elastin, bone, other connective tissues, or

even liquids such as blood plasma. The ECM provides a space for cells to migrate,

divide, and proliferate. It can influence cell-adhesion characteristics and even change

cell phenotypes. Variations in the stiffness and composition of the matrix can have a

large influence on cell behavior and viability. Every organ has an ECM with defining

characteristics that help to structure the tissue [114]. Within an ECM there are

numerous growth factors, integrins, enzymes, proteins, and other biomolecules that

help the tissue to function.

These same principles hold true for in vitro systems. Cells in 2D or 3D cultures

require a matrix to grow and proliferate. This can be as simple as a petri dish

with agar, a plastic scaffold or membrane, or as complicated as Matrigel, a gelatinous

emulsion of proteins and growth factors secreted from malignant mouse tumors. These

materials may be combined with other matrix materials such as collagen, or can be

used stand alone. Similar to the ECM’s found in vivo, a matrix for a cell culture

experiment should be tailored to a specific tissue.

One of the most common methods to mimic the ECM found in vivo is to syn-

thesize a hydrogel biomaterial that replicates the mechanical structure and chemical
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profile of the matrix found in the model organ. A hydrogel is a biocompatible (and

usually biodegradable) material with relatively high water content and mechanical

properties that closely match living tissues. Such gels can be composed of a material

such as fibrin, PEG, or a variety of other polymeric materials. The stiffness of the

material can be tuned using varying amounts of crosslinking agents, and the cell-

adhesion characteristics can be controlled by incorporating different receptors and

growth factors. For example, a hydrogel scaffold has been developed to closely match

the shape, structure, and biochemical profile of the human intestinal epithelium [115].

Most hydrogels are installed into an open-well device such as a 96-well plate or

injected into a microfluidic chip. Hydrogels are usually installed as a liquid and then

polymerize once incorporated into the device [116] . The most common method for

integrating a hydrogel into a tissue chip is via a surface-tension based technology

called a phase guide. A phase guide is a geometric feature in a chip that pins the

meniscus of a hydrogel material during installation and helps to shape the hydrogel

into a constrained geometry [117]. Phase guides have become the most common

means for integrating hydrogels into a chip because they are simple and easy to

use. Other types of capillary pinning techniques have been explored and may be

used depending on the specific application’s requirements. For example, a platform

may require arrays of hydrogels rather than a single channel [118]. A wide range of

hydrogels and installation methods are now available for researchers to design and

fabricate a system to suit their experimental needs [119].

Despite the widespread adoption of hydrogels in the cell culture field, there are

a number of challenges associated with using phase guides in a microfluidic chip.

Phase guides are sensitive to the wetting properties of the material, the height of the

channel, the shape of the phase guide feature, the bulk polymer material, and the

properties of the hydrogel, as well as any surface treatments applied to the chip. If

these factors are not properly accounted for, hydrogels can spill over or burst into

neighboring channels during installation. Further, the shape of a phase guide may

cause the hydrogel to bulge into an undesirable shape when it swells. Lastly, the

phase guide structure is only useful when the hydrogel is installed into the device.
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Once the hydrogel has polymerized, the phase guide is a vestigial structure that

blocks convective and diffusive transport through the hydrogel and essentially results

in wasted biomaterial. This part of the chip is sometimes called a "dead zone" to

describe the lack of cell proliferation and viability found in these areas.

Some research has gone into designing pressure regulators for controlling the in-

stallation process, but this technique wastes a significant amount of material and

demands a specific shape of hydrogel compartment [120]. Others have tried to create

sacrificial templates that dissolve to create internal geometries in the hydrogel that

act as fluidic channels or the foundation of a vascular bed [121, 122]. Channels with

cell-laded gels can even be 3D printed into precise geometries [123].

6.1 Concept Selection for Hydrogel Installation

In this thesis we explored alternative methods for installing hydrogels into a device,

so that a wider range of geometries can be designed into a chip. These approaches are

alternatives to phase guides, which limit the amount of material that can be used and

are not reliable enough for larger scale experiments. An ideal hydrogel installation

method should have the following features:

1. Accommodates All Hydrogels

The device should allow for any kind of hydrogel material to be installed. It

should avoid any dependance on the density, viscosity, or wetability of the

hydrogel. The design should also be able to be scaled to different volumes

and aspect ratios and reconfigured for a specific tissue. This would allow for

chips to be designed with no built-in constraint on tissue size.

2. Easy to Use

The installation method should be easy to use and reliable. A user should

not have to worry about the hydrogel bursting into another channel or have to

control the pressure of the gel during installation. The hydrogel should also be

able to be installed via pipette so as to use a familiar tool for the operator. This
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process should be fast and intuitive so that the gel does not polymerize before

it is installed into the chip.

3. Allows for Direct Tissue Access

The compartment should allow for sampling of the tissue and enable a biologist

to directly probe, add cells, or otherwise interact with the tissue. Media should

be able to be sampled directly at the tissue and the tissue should be able to be

removed from the chip after an experiment.

4. Imaging Friendly Design

The compartment must be imaging friendly for use with a microscope and thus

allow for cells to be imaged without other structures or materials getting in the

way of the image.

5. No "Dead Zone"

The geometry should be free of any "dead zones" or areas where the hydrogel

goes to waste. All parts of the hydrogel should be able to receive nutrients by

both diffusive and convective transport.

The tissue compartment might be in a variety of different sizes and shapes depend-

ing on the experimental requirements and type of tissue. Cross sections of different

hydrogel geometries and tissue compartment features are presented in Figure 6-1.

Variations in the tissue compartment will influence factors such as how media is per-

fused into the tissue, where cells are loaded into the device, how media can be sampled

in the device, how the gel is allowed to swell, and what is able to be imaged.

For this project, a perfusable hydrogel tissue compartment with two fluidic chan-

nels on opposing faces at different pressures is the ideal configuration. This will allow

for media to be perfused through the gel and for cells to connect to the lumen-like

structure of the media channels. This type of geometry could be produced in a variety

of different ways as discussed in the sections below.
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Figure 6-1: Different configurations for a vascularized hydrogel tissue compartment.
All of these configurations feature two or more media channels that can be used to
perfuse a central hydrogel channel. Here the gel is shown in blue, and the media is
shown in red.

6.1.1 Laser Cut Micro-Porous Membranes

The hydrogel could be installed on top of a micro-porous membrane. If the membrane

is made of a hydrophobic material, the liquid gel will remain on top of the membrane

due to surface tension. This could work with tightly spaced pores as big as 1mm in

diameter. The E-140 membrane could even be used as a material since it is image

friendly, able to be laser cut, and hydrophobic. A CAD model of this type of scaffold

is shown in Figure 6-2 and a laser cut membrane prototype is shown in Figure 6-3.

6.1.2 Dissolvable Materials

An open channel in the device could also be made using dissolvable materials. One

method would be to use dissolvable structures that are pre-installed or 3D printed into

to device. The hydrogel would be cast over the dissolvable structures and the resulting
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Figure 6-2: Concept for a hydrogel scaffold made using a laser cut membrane bonded
in the middle of a chip.

Figure 6-3: Prototype of a laser cut cell scaffold with 1 mm diameter holes. This
scaffold was shown to support several microliters of DI water.

cavity would be used as an open lumen for media to pass through. Alternatively, the

gel could be installed into a dissolvable packet similar to the dissolvable pods used
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to load dishwashing detergent. The gel would be injected into the dissolvable packet,

polymerized, and then loaded into the chip. The media channels would then be

used to dissolve the packet. Alternatively, the gel could be installed into a chip with

a dissolvable scaffold or membrane. This would create a smooth interface between

the gel and media channels and potentially limit the amount of dissolved material.

Finally, micropillars or phase guides could be made of a dissolvable material. This

would allow them to shape the hydrogel during installation and then get removed

after their intended use.

Many dissolvable materials could be used to design these structures. For example,

the structures might be made of salts or other crystalline materials. The features could

be made of glucose so that they can be dissolved into the media and later digested

by the cells. Other polysaccharides might be considered, including pullulan, which

can be extruded as a thin film (Ex. Listerine breath strips). Proteins may also be

used since many can be broken down enzymatically. The right material will depend

on the biological sensitivity and solubility of the material.

6.1.3 Hanging Hydrogel Drops

Another surface pinning technology comes in the form of a hanging drop. Hanging

drops have been used to develop a wide variety of plate-based assays, and could serve

a similar function in hydrogel-based experiments. Typically, a hanging drop device

uses a liquid media in a drop form to aggregate cells and components in the media into

the bottom of the drop. This technique has frequently been used to grow spheroids,

a type of spherical organoid.

For implementation in this type of microfluidic device, the hydrogel drop would

need to form under a slot-shaped feature in the chip to create an elongated drop. This

feature would enable more gel volume to be used than possible in a semi-spherical

drop. The benefit to this feature is that the hanging drop would allow for the gel to

swell after polymerization and grow into a near rectangular geometry. The swelling

of the gel could then be used to create a seal between two media channels. A sketch

of this concept is found in Figure 6-4.
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Figure 6-4: Concept for a hydrogel tissue compartment with a slot-shaped hydrogel
drop constrained by surface tension.

6.1.4 On-Chip Transwell Insert

Similar to a membrane-based tissue compartment, a gel might be loaded directly onto

a transwell insert on a chip. This insert could occupy the same space as the media

reservoir. Media could be drawn from the top of the reservoir and the fluid outlet

could be placed under the scaffold. This geometry would require new inserts to be

made of an image friendly material and joined to the chip. Significant effort would

be required to make sure that the reservoir and scaffold can be imaged properly.

6.1.5 Removable Components

The hydrogel geometry could also be made using removable structures. These struc-

tures cannot be allowed to bind to the gel, so it would be recommended that PTFE,

PFA, or some other non-adherent polymer would be used. A few concepts that lever-

age this technique are presented in Figure 6-5, Figure 6-6, and Figure 6-7. This

118



concept was further refined into the final tissue compartment presented in Section 6.2

Figure 6-5: Concept for a hydrogel compartment with open-lumen structures formed
with removable PFTE pins.

Figure 6-6: Concept for a hydrogel compartment with a gel wall that is created using
a rotating flap made of a non-adherent material.
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Figure 6-7: Gel geometry defined with removable PTFE walls.

6.2 PTFE Gel Guide Tissue Compartment

The concept for using removable structures was selected as the best method for con-

taining a hydrogel in our microfluidic device. This method is preferable because it can

be designed to generate a flat gel-media interface. This is desirable because the gel

media interface is a key factor in creating vascular structures that are fully perfusable.

An early experiment was conducted to see what materials would stick to a PEG-

based hydrogel. PEG drops were placed onto sheets of HDPE, PMMA, Ultem, COC,

and PTFE. All of the drops adhered except for those on the PFTE substrate. This

was the expected result, and PTFE was confirmed as the material choice for the

removable structures.

Next, a prototype was made to show that fluids including gels could be constrained

by PTFE walls that would then slide away into the chip or be removed from the top

of the chip. In Figure 6-8 a 12 mm long and 1 mm wide channel is blocked by

PTFE walls on either side and filled with DI water. The PTFE walls do not allow

the water to spill into the neighboring channels because the liquid is pinned at the

corners using surface tension. This demonstrates that a liquid can be formed into a

rectangular prism using PTFE walls.
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Figure 6-8: Gel geometry defined with removable PTFE walls.

The prototype was further refined to use PTFE plugs that protrude from the

top of the chip. The plugs are slot-shaped components that define a rectangular

compartment inside of the chip. Gel is installed into the compartment via a 0.8 mm

diameter hole in the top of the chip. The gel is allowed to polymerize before the

PTFE plugs, hereafter called gel guides, are removed; this polymerization process

requires about 20 minutes at 37°C in the incubator. The gel guides are disposable

and removed using a pair of specialty tweezers as shown in Figure 6-9. Loading of a

PEG-based hydrogel into a chip with an integrated tissue compartment is also shown

in Figure 6-10

(a) Specialty tweezers. (b) Grab PTFE gel guide. (c) Pull to remove.

Figure 6-9: Removal of PTFE gel guides after hydrogel polymerization.

Once the gel guides are removed, the compartment is sealed by inserting a small

cap made of an elastomeric material. The original prototype caps are made using
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(a) PEG-based gel installed using a pipette.
The liquid gel fills the compartment from
the center to the edges.

(b) Gel guides are removed once the gel has
polymerized. The gel guides are disposed of
and treated as biohazardous waste.

Figure 6-10: A fluorescent dyed PEG-based gel getting installed into the tissue com-
partment using a 200µL pipette tip.

PDMS, but a final part should be made using TOPAS E-140 to give better inertness

properties. A photo of the cap installed into a prototype chip is shown in Figure

6-11, and a close-up photo of the cap’s sealing feature is shown in Figure 6-12. The

cap seals the tissue compartment by means of a small bump that presses against the

walls of the slot-shaped hole in the chip. This cap geometry works well when placed

properly, but can leak if the cap is misaligned to the slots. One problem is that PDMS

is too soft for the cap to properly orient with the slots when it gets pressed in place.

PDMS was used for prototyping purposes because the required mold could be readliy

machined using an undercut ball endmill and because we can cast PDMS in our lab

at room temperature.

The cap has an added benefit in that it can be removed to sample media next to

the tissue or to add other components to the gel. Future designs should further take

sterility into consideration and improve upon the sealing characteristics of the bump.

Additionally, ports in the top of the tissue compartment might allow for other cells

to be added into the compartment or for media to be added directly to the gel.

The gel guides create a molded hydrogel structure that is in the shape of a

1x3x12mm rectangular prism. The gel walls are flat and smooth to create the best

surface for vascular networks to open up to the media channels. More surface area

also implies that no region will be cut off from nutrient supply.
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Figure 6-11: The compartment is sealed using an elastomeric cap. A cap prototype
was made using PDMS but the part is designed to be made of TOPAS E-140.

Figure 6-12: The caps have two slot-shaped plugs with a small bump on the lower
outer periphery that helps to create a defined seal.

The gel compartment has an added benefit in that it does not allow gels to swell

inside the chip. PEG based gels were installed into a chip with this tissue com-

partment and left to swell in PBS media. As seen in Figure 6-13, the gel did not

expand significantly into the media channels after several hours of exposure to the

PBS. Later devices loaded with PEG gels exhibited similar good behavior. Although
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it is beneficial that the gels do not swell and block the media channels, it may pre-

vent them from reaching their intended final volume. Future iterations of this tissue

compartment design could consider using an elastomeric diaphragm behind the gel

so that the hydrogel has a degree of freedom to expand into. The current geometry

constrains the top and bottom of the gel and prevents the material from expanding

isotropically.

(a) PEG-based gel after installation. (b) Gel allowed to swell in PBS for 1 hour.

Figure 6-13: The PEG-based gel does not swell in this tissue compartment design.

This hydrogel tissue compartment is very easy to use and allows for a wide range

of hydrogel materials to be used. As long as a gel can be installed as a liquid via

pipette, it should work with this device. The compartment allows for imaging of the

tissue and access to the media channels. The size of the compartment can be easily

adjusted by using different PTFE gel guides and longer slot-shaped media channels.

This system is further evaluated in a biological study presented in Chapter 7.
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Chapter 7

Biological Validation

The proposed Organ-on-a-Chip platform was evaluated using two chip designs that

help to validate the biological performance of the new platform. First, the adsorption

and absorption of progesterone is compared to a PDMS device. Second, a chip is used

to vascularize a co-culture of Human Umbilical Vein Endothelial Cells (HUVEC) and

Normal Human Lung Fibroblast (NHLF) cells in fibrin and PEG-based hydrogels.

The design of the two chips is described in the sections below and the results of the

experiments are presented in detail.

7.1 Media Recirculation Chip

The first chip design includes a 400 µL reservoir, a pneumatic micropump, and a back

pressure regulator. A top-down view of this chip with blue dyed fluid showing the

channels and other components is provided in Figure 7-1. The single-inlet, single-

outlet design enables a user to recirculate media at a flowrate between 0-3 µL/s at

elevated pressure of up to 2 psi. This fluid loop can be used to evaluate the absorption

characteristics of the COC materials to specific molecules and may later serve as a

platform for comparing different surface treatments for improved chemical inertness.

The chip may also be used to evaluate the viability of monocytes and T-cells that

are passed through the pumps, for the purposes of studying immune cell recruitment

and extravasation in various physiological and pathological conditions.
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(a) A top-down view of the Media Recircu-
lation Chip.

(b) The chip features a 400µL reservoir, a
pump, and a back pressure regulator.

Figure 7-1: Photo and schematic for the Media Recirculation Chip design. (a) Photo
of an initial prototype of the chip. The pressure regulator diaphragm is partially
bonded to the fluidic side of the chamber, a defect that was avoided in later assemblies.
(b) Diagram of the fluid circuit with a reservoir, pump, and pressure regulator.

The recirculating media chip can also be used to evaluate the valve sealing char-

acteristics and pump performance. The chip has been used to pump a wide variety

of fluids such as Pepto Bismol, milk, and a rheoscopic fluid comprised of glitter and

food coloring. Pepto Bismol is not a typical fluid but was used to show pumping of

a relatively high viscosity liquid. These fluids were used to demonstrate that media

formulations of high density and viscosity can be used, as well as the ability to pump

particles. The successful movement of glitter particles through the device offers an

indication that monocytes and other small cells could be passed though the pumps

without getting stuck to the membrane surface or clogging the pump. Future studies

will involve passing cells through the pumps and looking at the viability of different

cells.

7.1.1 Analysis of Hormone Absorption

The media recirculation chip was used to evaluate protein adsorption and absorption

to the COC materials. This was done in the incubator as shown in Figure 7-2. The

chip was set to flow at 60 µL/min, and no external pressure was applied to the pressure

regulator. A media formulation containing 500 nM (0.157 µg/mL) of progesterone

(P4) was created using Endometrial Epithelial Organoid (EEO) based media. 350
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µL of the media was then added to two chips and another formulation of Phosphate

Buffered Saline (PBS) based media was created. The PBS media has a significantly

lower concentration of progesterone due to losses to plates, tubes, and other transfer

materials. 350 µL of the PBS based media was then added to the remaining 2 COC

pump chips. Both media formulations were also added to PDMS devices of similar

volume in static conditions. The devices were kept in the incubator for 3 days and

media was sampled each day. The media was analyzed using a progesterone ELISA

test to measure the concentration of progesterone on each day.

Figure 7-2: 4 pump chips recirculating progesterone containing media in the incuba-
tor.

As shown in Figure 7-3, the COC chips undergo an initial loss of P4 concentra-

tion to the surfaces of the channels but then do not experience a significant loss in

concentration beyond the initial adsorption. The PDMS devices experience a signif-

icant loss of progesterone due to both absorption and adsorption, so the measured

progesterone levels are undetectable on Day 1. This highlights the importance of

avoiding PDMS as a material for hormone-sensitive studies. Further, it shows that

the adsorption of small molecules to the COC devices is consistent and predictable.

It is hypothesized that the loss of progesterone in the COC devices can be pre-

dicted and controlled by using media changes. Once the surfaces in the chip are
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Figure 7-3: Initial results for progesterone (P4) absorption was evaluated in COC
and PDMS chips of similar volume. The COC pump chips were recirculated at 60
µL/min and compared to a PDMS chip in static conditions. Progesterone containing
media at 500 nM was formulated using EEO and PBS media; N=2 chips for each
condition. The COC chips lose a fixed concentration of progesterone due to surface
adsorption and the PDMS chips appear to absorb all of the progesterone on Day 1.

saturated with a hormone, drug, or other sticky molecule, they are unlikely to adsorb

any more of the saturated compounds. Further testing should be conducted to un-

derstand whether progesterone can be adsorbed to the surfaces of the COC devices

initially, and then a media change can be performed to replenish the progesterone

concentration. We hypothesize that if the surfaces are fully saturated, there will be

no further reduction in the progesterone concentration after a media change. Per-

forming future media changes would then allow for complex hormone cycles to be

mimicked on the chip. The devices should also be primed with serum or albumin

containing media to minimize the initial adsorption. Additionally, the potential for

adsorbed molecules to dissolve back into the media should be explored.

7.2 Vascularized Hydrogel Perfusion Chip

A second chip was developed to evaluate whether a chip with integrated micropumps

and a controlled pressure drop would help to promote vasculogenesis in a chip. Vas-

culogenesis is the process of vascular network formation in an embryo or developing

tissue and should be distinguished from angiogenesis, the development of new vessels

from a pre-existing vascular network. A vascular network can be used to model a
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wide variety of metabolic tissues including the blood-brain barrier, skin, lung, and

gut. For a project in our lab, a model of the endometrium is of particular interest.

This will allow us to study the causes and potential therapies for Endometriosis, a

condition defined by ectopic growth of lesions outside of the uterus. In this project,

a vascular bed will be used to support fibrotic clusters of cells that mimic the fibrotic

lesions found outside of the endometrium. A vascular bed will be created as part of a

3D endometriotic lesion model, to investigate the role of microvasculature in disease

establishment and progression.

Creating the conditions for vasculogenesis on a microfluidic device has been pre-

viously studied, and the optimal conditions for vascularization of hydrogel materials

is similar to those found in vivo. The optimal conditions depend on the appropriate

levels of Vascular Endothelial Growth Factor (VEGF), as well as physiologically rel-

evant fluidic conditions [124]. Previous studies have shown that fibrin-based gels are

most likely to develop a fully perfusable vascular network when there is an average

flow velocity of approximately 10 µm/s through the gel [125, 126, 127]. Based on the

permeability of fibrin gels, this equates to approximately 2-10 mmH2O of hydrostatic

pressure across the 3mm wide hydrogel channel in the EndoChip [128].

After a healthy vascular network has formed in the hydrogel compartment, the flow

through the gel should be increased by adjusting the pressure drop across the hydrogel

mmH2O [129]. This higher flowrate provides the necessary shear stress and nutrient

supply to promote angiogenesis from the existing vessels. Eventually, this flow regime

could also be used to traffic immune cells through the vessels to simulate an immune

response. As the tissue continues to grow, the convective transport of recirculating

media should help to replenish the glucose and oxygen metabolized by the tissue.

More experimentation will be required to determine the appropriate pressures and

flowrates.

To create an interstitial pressure drop across the hydrogel, a chip must be con-

figured with some sort of pressure control system. The first proposed chip design

featured a chip with 3 integrated pumps and two elevated reservoirs as shown in

Figure 7-4. The height of tubing exits in the reservoirs sets the pressure in the two
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channels and thus the pressure drop across the hydrogel. Media is recirculated by

two pumps connected separately to each channel. A third pump is added to com-

pensate for the media that is passed through the gel; instead of accumulating in the

other reservoir it would be returned to the original reservoir. Other methods might

be used to redirect the fluid passed through the gel such as a dedicated spillway or

Pythagorean siphon [130, 131, 132].

Figure 7-4: The original concept for a perfusable microfluidic device with recirculating
media. The chip features a pump for each channel and another pump to maintain a
fixed hydrostatic pressure difference between each channel.

This design could meet the fluidic requirements, but a few major challenges led

to an alternate design. First, this design would require 3 pumps to provide flow

for only two media channels. Second, the height of the fluid in the reservoirs may

need to be sensed to provide feedback to control the compensating pump. Third,

the pulsatility of the pumps creates a dynamic pressure profile that makes setting a

constant hydrostatic pressure profile nearly impossible without an additional pressure

regulating element. Finally, the use of two reservoirs would make media sampling

more difficult.

As an intermediate step, an initial platform was developed using external pumps
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and reservoirs connected to a COC chip with phase guides, but the platform was

determined to be too difficult to use for actual testing. This early chip design and

pumping platform are shown in Figure 7-5.

(a) An early EndoChip prototype with exter-
nal tubes and pumps.

(b) Cumbersome tube connections to the orig-
inal EndoChip platform.

Figure 7-5: An early prototype of the EndoChip (a) is connected to an external 96-
well plate using PTFE tubing (b). The platform is very cumbersome and difficult to
use.
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These shortcomings led to a final chip design that has a similar behavior to the

originally proposed chip design, but with reduced complexity and more control config-

urations. The proposed chip, which we call the EndoChip, features two synchronized

pumps that are each connected to a tissue compartment like the one presented in

Section 6. Each channel in the tissue compartment is connected to a back-pressure

regulator to set the channel pressure. No accumulator was added to the circuit because

the pressure drops in this device are very small and there is significant compliance

added by the PDMS cap. At lower pressures the trapped gas accumulator does not

provide much fluidic capacitance, so the system’s compliance would have still been

dominated by the regulator diaphragms. In addition, the trapped gas accumulator

has not been validated for longer-term studies and could have caused unforeseen issues

in the initial chip validation. Future chips may include a trapped gas accumulator

or other capacitive element once these components have been studied further. A di-

agram of the EndoChip is presented in Figure 7-6a and a top-down photo is shown

in Figure 7-6b.

The chip includes two pumps that are connected to the same pneumatic control

signal and thus pump in synchrony. It is important that the two pumps are connected

in parallel because this means that any pressure variation due to flow pulsatility will

be synchronized as well. Based on previous testing, the pressure should be nearly

constant in the channel; synchronizing the pumps just provides an added level of

confidence in the pressure control system. Video footage was captured to demonstrate

that the motion of the two pumps and pressure regulator diaphragms is synchronous.

The reservoir is connected to the fluidic circuit using a single inlet and single outlet.

The chip can be driven in two configurations. In a first configuration, the pumps

are driven at a constant flowrate that meets or exceeds the metabolic demand of the

tissues by diffusion alone. A pressure difference across the hydrogel can be applied

to perfuse media through the gel. The flow through the gel will generally be small

compared to the flow through the media channels. This configuration requires the

permeability of the gel to be known so that the flowrate through the gel can be

accurately predicted. The pressure drop should be increased once the hydrogel is
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(a) Diagram of the EndoChip fluidic circuit.

(b) A top-down view of the EndoChip.

Figure 7-6: Two pumps are used to drive a pressure difference across a hydrogel tissue
compartment. The pumps are driven at the same flowrate and the pressure regulators
are adjustable from 0-2 psi. The 400 µL reservoir is connected to the circuit via a
single inlet and single outlet.

vascularized and perfusable.

The second configuration uses a control scheme driving the pumps at a lower
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flowrate and blocking one of the pressure regulators. With a pressure drop of around

2 psi across the hydrogel, most of the media from one channel will be directed through

the gel. This is particularly true when the gel is fully vascularized and perfusable.

This configuration should only be used when convective transport in the gel dominates

the intended flow regime (Pe > 10) [133, 134].

7.2.1 Vascularized Co-Culture of HUVEC and NHLF Cells

Vascularization of endothelial cells was explored using previously built models for

phase-guide based devices and translated to the new tissue compartment presented

in Chapter 6. A total of 4 chips were used in the pilot study. Fibrin gel was used for

3 of the tissue compartments and one chip was loaded with a PEG-based gel. It was

hypothesized that too high of a pressure drop might lead to collapsed microvessels in

the fibrin gel, despite providing a better chance for vascularization in the PEG-based

gel. For this reason, the selected pressure drops were determined using models built

for fibrin gels.

Based on previous lab experiments and a comprehensive literature review, an

interstitial pressure drop of 0.014 psi across the 3 mm wide fibrin compartment should

provide the best conditions for vascular network formation [125, 124, 126, 128, 127,

135]. The system had not yet been validated such a small pressure drop, so a pressure

calibration was performed for the pilot study. To perform this calibration, the gel

compartment on a chip was filled with NOA81 UV curable adhesive to isolate each

media channel. Two PTFE tubes were glued to the top of the EndoChip using Dymax

1072-M UV adhesive and an acrylic alignment bracket. These tubes are joined to the

tissue compartment media channels and act like a water column for precise pressure

measurement. This system does not capture instantaneous spikes in pressure from the

pumps, but does a good job at showing the steady-state pressure bias of the system.

The pumps were set to flow at 60 µL/min and the pressure regulator was adjusted

from 0-1 psi gas pressure. The change in hydrostatic pressure in the media channel

was measured using a ruler. This pressure calibration is presented in Figure 7-7. A

cross-channel pressure drop of 0.09 psi was set using the external pressure regulators;
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0.40 psi for the low pressure channel and 0.49 psi for the high pressure channel. This

externally applied pressure difference equates to approximately 10 mmH2O across the

hydrogel. In the future, further pressure calibration is recommended to enable more

accurately controlled pressure differences.

Figure 7-7: Pressure calibration for the EndoChip design. Plot shows channel liquid
pressure versus externally applied pneumatic pressure.

HUVEC cells were seeded at a density of 10 M/mL and NHLF cells were at 1

M/mL to meet a 10:1 ratio of endothelial and fibroblast cell concentrations. The fibrin

gel formulation was 50% fibrinogen and 50% thrombin. The PEG gel formulation was

3 wt% PEGVS, 35% XL, 1.5 mM SYNKRGD, 1.5 mM GFOGER, 0.5 mM BM Binder,

and 0.5 mM FN Binder. Vasculife culture media with added supplements was used.

Media changes were performed daily to maintain high glucose levels in the device. The

same protocol was used to seed cells in an AIM Biotech chip [11, 13] for comparison.

Loading of hydrogels into the new platform was done by pipetting 36 µL of gel into

each tissue compartment; 38 µL is initially aspirated into the pipette to provide some

room for error. After loading, the gels were left to polymerize at 37°C in the incubator

for 20 minutes. Once the gels were polymerized, the device was removed from the
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incubator and the PTFE gel guides were removed with tweezers. An image of cells

loaded into EndoChip on Day 0 is provided in Figure 7-8. The PDMS caps were

installed into the device and 350 µL of media was added to the reservoirs. The pumps

were turned on using our controller and a portable pressure/vacuum supply. When

performing this step two major issues were encountered. First, the back pressure

regulator diaphragms were sealed shut from the bonding process and resisted the

flow from the pumps. This resulted in an overpressure event that caused a leak from

the PDMS caps in all 4 chips. The diaphragms were eventually opened by applying

vacuum for a few minutes. The second issue was that the PDMS caps were soft

and sticky after being sterilized using ethylene oxide (EtO). These softer caps were

difficult to seal properly and leaked on all but one chip. A cap redesign with a tighter

fit was implemented for future studies, and EtO was not used for sterilization of the

caps going forward. The caps were instead sterilized with 70% ethanol.

Figure 7-8: Day 0: A fibrin gel with a 10:1 ratio of HUVEC and NHLF cells loaded
into the EndoChip. The media channels are observable on the left and right of the
gel channel. The channel is cloudy due to the cell loading.

By the end of Day 1, all 3 of the leaking devices were dried up and all of the media

was lost. These chips were retired from the test, leaving only one fibrin chip for further
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analysis. Despite the initial sealing issues, the one remaining chip was fully functional

with operable pumps and pressure regulators. The cap was left undisturbed and the

gel channel was imaged daily. By the end of Day 1, cell migration was observed and

small clusters of endothelial cells began to form. The fibroblasts began to elongate and

connect the endothelial clusters. These formations are an early sign of vasculogenesis

and are observable in Figure 7-9. By Day 2, the networks were more pronounced in

both the EndoChips and AIM chips, and can be seen in Figure 7-10. Unfortunately,

the network density was too low to support further growth and the network formation

stagnated on Day 4. At this point, some dead endothelial cells began to appear as

small black dots in the vessels as shown in Figure A-2.

Figure 7-9: Endothelial cells begin forming small clusters and fibroblasts begin to
restructure on Day 1. This behavior indicates that the cells survived the installation
process and are undergoing the beginning stages of vasculogenesis.

Once networks were mostly formed, a 1 M/mL concentration of HUVEC cells were

seeded onto the sides of the gel as described below. These additional cells help to

open up the vascular networks to the media channel. This procedure was performed

in the AIM chips by emptying the existing media in one channel and replacing it

with the cell-laden media. The device was then tilted sideways for 10 minutes and
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(a) Network formation in the EndoChip on
Day 2.

(b) Network formation in the AIM chip on
Day 2.

Figure 7-10: Similar vascular network formations are observed in both EndoChip and
AIM devices by the end of Day 2.

Figure 7-11: No additional network formation in the EndoChip by Day 4. Some dead
cells appear as darker spots in the network.

the process was repeated for the other side. An image of cells loaded in the AIM

chip is presented in Figure A-3. Cells were loaded in the EndoChip by removing

all existing media and then loading the reservoir with 150 µL of the cell-laden media.

The pressure regulators were disengaged by applying pneumatic vacuum to lift the

regulator diaphragms, and the pumps were driven at 30 µL/min. The cells were
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successfully loaded into the media channels using this technique and are pictured in

Figure 7-12. The platform was tilted sideways by 45° for 10 minutes on each side

in the incubator to encourage the cells to settle and adhere to the gel wall. Some of

the added cells appear to bind to the gel channel as expected. After the cells had a

chance to settle the pumps were turned back on at 60 µL/min.

Figure 7-12: Additional cells were seeded onto the hydrogel walls of the EndoChip on
Day 5. Cells were loaded into the channels using the onboard pumps.

No further network formation in the EndoChip was observed for the remainder

of the test, but cells remained alive in the device for 10 days. At this point the test

was ended and equipment was reconfigured for a second trial. The second trial used

the same fluidic conditions with redesigned PDMS caps for improved sealing. This

new cap is pictured in Figure A-4. The same chips were used in this study, and the

pumps were validated prior to hydrogel installation. The remaining gel was removed

from the chips by pumping 1% trypsin through the device to break down the hydrogel

components. The chips were then cleaned using 7X detergent in an ultrasonic bath

for 45 minutes, followed by a rinsing step with DI water, and then washed with 70%

ethanol for sterilization. New culture tube caps and PTFE gel guides were installed

into the chips, and the entire platform was sprayed down with ethanol and left to
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evaporate in an EtO pouch for 2 days.

The second trial went significantly better than the first. The gels were easy to

install, and the new PDMS caps were able to seal the devices without any leaks. The

new caps also appear to reduce the amount of trapped bubbles in the fluid in the

media channels. The cells are observed at 10x magnification from Day 0 to Day 3

for early signs of vascularization, andd all 4 of the chips show consistent and similar

results. Images taken daily of each chip are shown in Figure 7-13. By Day 3, some of

the vascular networks are able to be perfused. Small particles of cellular debris were

observed traveling through the networks and recorded on video. The direction of the

particle movement is consistent with the direction of the applied pressure difference.

Figure 7-13: 4 EndoChips experience similar levels of vascularization in the devices.
By Day 3 some of the networks are fully perfusable and able to traffic small particles.

The only major flaw in the test was that several of the hydrogels had a small cavity

at the gel installation port. It is likely that this was caused by the liquid ejection
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function of the pipette, which may have injected some air into the gel channel. These

cavities had a tendency to grow over time, and created an opening in the center of the

hydrogel channel in 2 of the chips. Further damage to the hydrogel from this original

defect can be observed in Figure 7-14. It is also possible that the contracted shape

of the hydrogel is due in part to cellular forces acting on the ECM. This issue will be

explored further in future studies, but is not currently a major concern. Use of the

pipette liquid ejection function should be avoided in future studies to prevent this

extra bubble from forming in the gel channel.

Figure 7-14: A bubble at the gel installation port creates an initial defect in the
fibrin hydrogel that grows over time. This is exemplified by the tapered shape of the
hydrogel and an opening at the center of the tissue compartment. This shape may be
caused by damage to the hydrogel due to flow as well as contraction of the hydrogel
due to cellular forces acting on the ECM.

Most of the tissue compartments were perfusable by Day 5. To demonstrate the

perfusability of the vascular network, 40kDa fluorescent Dextran is added into the

reservoir of the chip and its distribution throughout the device is observed under a

fluorescent microscope. The pumps were driven at 30 µL/min during imaging. An

image of a vascular network perfused with Dextran media is presented in Figure 7.

The vascular structures are 3D in nature and are fully perfusable in the hydrogel
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channel. The process is relatively fast, but can be observed live on the microscope.

(a) Dextran is gradually perfused into the
vascular network using the onboard pumps.

(b) A fully perfusable region in the hydrogel
compartment.

Figure 7-15: An EndoChip was perfused with 40 kDa Dextran added to the media
and imaged using GFP. The fluorescent media reveals the internal structures in the
channel and confirms the perfusability of the device.

The cells were then fixed with 4% paraformaldehyde (PFA) for 30 minutes prior

to staining. The cells were stained with actin, DAPI, and Ulex europaeus agglutinin

1 (UEA-I) peroxidase and left pumping overnight on a rocker plate so that the stains

would have more time to bind onto the cells. Actin is used to mark the cytoskele-

ton of both the endothelial and fibroblast cells, DAPI targets the cell nuclei, and

UEA-I selectively stains the endothelial cells. The next morning the staining media

was replaced with PBS to eliminate background noise during subsequent imaging

procedures.

The EndoChips were imaged using the GFP, DAPI, and TX Red channels on

an EVOS M5000 microscope as well as a Keyence BZ-X700. Multiple wavelength

channels can be imaged at once and stacked on top of each other to get a clear view

of the vascular structures. One example of this overlay process is presented in Figure

7-16. An additional view of the endothelial cell networks is provided in Figure 7-17.

Overall, the EndoChip shows consistent and reliable formation of vascular net-

works. Different cell concentrations, flowrates, and interstitial pressure differences

should be explored for a variety of hydrogel biomaterials to fully characterize the

parameter space for forming physiological microvasculature.
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(a) DAPI (b) GFP

(c) TX Red (d) Overlay of all 3 images

Figure 7-16: The vascular structures are fixed with PFA and stained using DAPI for
the cell nuclei, actin for the cytoskeleton, and UEA-I for the endothelial cells. The
images were taken near the center of the EndoChip at 4x magnification with the media
channels observable on the top and bottom of each image. (a) The cell nuclei appear
as blue dots on the DAPI channel. (b) The cell cytoskeleton, and particularly the
elongated fibroblasts, appear in green on the GFP channel. Many of the fibroblasts
bind to the bottom of the media channels where a thin layer of fibrin gel is present
on the E-140 interface. (c) The endothelial cell networks appear red on the TX Red
channel. These structures are 3D in nature and are perfusable across the channel.
(d) The fluorescent channels can be stacked on top of each other to see all of the
structures at once.
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Figure 7-17: Well-defined fluorescent images of vascular networks can be captured on
the EndoChip. These types of images help to provide qualitative insights into the
physiological relevance of tissue models developed in the chip.
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Chapter 8

Conclusions and Suggestions for

Future Work

8.1 Summary

We have designed, fabricated, and validated a high-throughput Organ-on-a-Chip plat-

form for control of physiological processes. The platform enables precise control of

channel pressures and flowrates using disposable multi-layer thermoplastic microflu-

idic chips with integrated elastomeric membranes. The device uses a 3D printed

manifold that connects 4 microfluidic chips to 7 pneumatic signals via a standardized

pneumatic interconnect. These signals are used to control the onboard pumps, valves,

and pressure regulators. The 5-layer chips are made of Cyclic Olefin Copolymers and

assembled using primarily thermal bonding techniques. A custom COC elastomer

membrane and co-extruded COC optical film were developed to facilitate fast and

reliable bonding of the chips. Techniques for manufacturing the chips at scale are

explored.

A pneumatic valve, a micropump chamber, a fluidic accumulator, and an on-chip

pressure regulator were developed to provide precise control of channel flowrates and

pressures. The membrane-based elements were designed using a hyperelastic FEA

model and their performance was evaluated using pressure and flow sensors connected

to a test chip. The valve and pump chamber were integrated into a pneumatic mi-

145



cropump design and used in several chip designs. The pumps can be driven from 0-3

µL/s using solenoid valves. The on-chip pressure regulator is able to regulate channel

pressures from 0-2 psi using an externally applied pressure source. A microfluidic

accumulator is used to store liquid under pressure and was shown to smooth out fluid

flow.

The platform was validated in two biological studies. First, a chip with a single

pump and pressure regulator was used to recirculate a media formulation containing

progesterone. Some progesterone was lost due to adsorption to the surfaces of the

chips, but far less than the absorption observed in PDMS-based devices. The effect of

surface adsorption can possibly be avoided in future studies by using proper surface

treatments and priming procedures, or accounted for by using routine media changes.

A second chip was developed to vascularize a co-culture of endothelial and stromal

cells. A novel tissue compartment was developed to constrain 36 µL of hydrogel in a

rectangular geometry. The tissue compartment includes PTFE components that are

used to constrain the gel while polymerizing and are removed after gel polymerization.

The device is then sealed using an elastomeric cap. The compartment was integrated

into the final chip design, named the EndoChip, and used to contain a 10:1 ratio

of HUVEC and NHLF cells in a fibrin gel. Channel flowrates of 60 µL/min and

an applied interstitial pressure difference of 10 mmH2O and were used to promote

vasculogenesis.

The platform sets a foundation for building advanced tissue models and running

high-throughput experiments with recirculating media. Future studies will be con-

ducted to explore the optimal device parameters for long-term culture with a variety

of hydrogel biomaterials. Future iterations of the EndoChip design will be used to

build physiologically relevant fibrotic lesion models for studies of Endometriosis.

8.2 Suggestions for Future Work

The 4 main directions for future work on this platform include: determining the

feasibility of manufacturing multi-layer COC chips at scale, improving the sterility
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and ease-of-use of the platform, improving the pumping system to provide smooth

fluid flow, and designing chips to accommodate new tissues.

8.2.1 Infrared Bonding

Feasibility of scale manufacturing of multi-layer COC chips with integrated elastomer

membranes will be determined by the ability to join the elastomer membrane in the

middle of the chip. During this process, the membrane is mechanically unsupported

and is prone to warping or bonding undesirably to other regions in the chip. One

proposed method for avoiding this is to bond the chips using infrared laser welding

techniques. Ideally, a scan laser system would be used to reduce the heat load on

the part and allow for more selective welding. An alternative method is to use an

array of fiberoptic laser beams projected at the seam lines. The exact light intensity,

exposure time, and bonding pressure should be fully explored. The preservation of the

diaphragms should be validated by measuring pump chamber displacement volumes,

sealing pressure of the valves, and by delaminating and inspecting the chips. A bond

strength nearing the tensile strength of TOPAS E-140 should be possible using this

method. This project may require the use of photomasks for protecting the membrane

material and should be done in vacuum if possible. The process should also be made

fast and sterile.

8.2.2 Sterility and Media Exchange

The platform currently suffers from a few sterility concerns. First, the reservoir caps

are not tight sealing and should have a better seal in future chip designs. This could

be accomplished using a screw-on cap or simply by changing the dimensions of the

reservoir. The elastomeric tissue compartment caps should also be improved to have

better sealing characteristics and to be more sterile. Currently, the bottom of the cap

is exposed and does not trap incoming contaminants. The addition of an overhanging

perimeter, similar to the that on a Petri dish, could be used to prevent contaminants

from entering the tissue compartment.
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8.2.3 Manifold Connections

The existing pneumatic manifold is simply bolted to the aluminum base plate be-

cause it was easier to develop and was sufficiently easy to use for early testing. A

better mechanism would use a quick clamp that compresses the O-rings and locks the

manifold in place. This mechanism will make loading chips into the device easier and

reduce the chance of user error during assembly.

Additionally, the manifold should be designed to include a quick connect to the

pneumatic control unit. The use of push-to-connect fittings and tubing that is con-

nected to a 10-port connector is cumbersome and results in too much clutter in the

incubator. A better solution is to get rid of the tubing and have the platforms con-

nect directly to the pneumatic control unit. This connection should be valved on the

control unit so that one platform can be removed while the other platforms are run-

ning. Eventually, the control unit should exist outside of the incubator and provide

the proper temperature and humidity for tissue culture.

8.2.4 Pump Characterization

Although the pump has been evaluated extensively in this thesis, more work is re-

quired to better characterize and improve the final pump design. The pump should be

evaluated over a range of head pressures and configured with valves that operate at a

higher actuation pressure than the pump chamber. This will help to ensure that the

valves seal properly and allow for lower pressures to be used on the pump chamber.

Further, the displacement volume of the pumps and valves should be verified using an

analytical scale and a beaker. This type of flow totalizer will allow for more precise

measurement of the average flowrate than is possible with the Sensirion flowmeters

used in this project. The teardrop valve performance should also be evaluated in both

directions and over a wider range of actuation and head pressures. Existing data only

describes the sealing characteristics of the valve in one direction with an actuation

pressure of 5 psi.
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8.2.5 Pump Control

The pumps can also be improved using a new control scheme. In a preferred configu-

ration, two pumps chambers will be driven out of phase with each other and dispense

fluid into the same channel. This will allow for one pump to be dispensing fluid

while the other pump is aspirating fluid. Further, the actuation of the pump chamber

should be controlled using an electronically controlled pneumatic pressure regulator

so that pressures can be applied more gradually. This will help to smooth out the

flow pulsations from the pump chamber. This pump configuration should be tested

against a range of head pressures and it is possible that the pump could be controlled

using feedback from a pressure or flow sensor.

8.2.6 Tissue Integration

New methods for tissue integration in these types of COC devices should be explored.

Several examples of these tissue integration methods are presented in Chapter 6, but

other tissue scaffolds and installation methods should be explored. The chips should

be optimized for liver, skin, kidney, brain, and gut tissue. Other organs are also

possible, but these are the most critical organs for drug and disease modeling.

8.2.7 On-Chip Oxygenator

The integration of new tissues may require the design, testing, and implementation of

an on-chip oxygenator. Most thermoplastics have significantly lower gas permeability

than PDMS, which may result in reduced oxygenen levels in microfluidic devices for

cell culture [136]. Some tissues, including hepatocytes found in the liver, have a

relatively high metabolic rate, and demand more oxygen than the cells used in this

thesis [137]. In other tissues, such as the gut microbiome, hypoxic conditions may

be required [64, 138, 139]. The diffusion characteristics of polymer films have been

studied extensively, and many polymers with high gas permeability, such as PTFE,

could be used as a membrane material [140, 141]. The oxygenator may be configured

with closed loop feedback using on-chip sensors or imaging based monitoring of oxygen
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levels on the chip [142, 143].

8.3 Conclusions

The platform described in this thesis is designed to provide correct fluidic conditions

for vascularization of endothelial and stomal cells in vitro. We conclude that this

device is able to provide an interstitial pressure and channel flowrate that promotes

vasculogenesis in a fibrin hydrogel. Further experimentation with the device will help

to verify the consistency and performance of the EndoChip and inform future chip

designs.

The COC chips have strong bonds, are optically clear, and demonstrate sufficiently

low levels of hormone adsorption for most experiments that are sensitive to hormone

concentrations. The on-chip pumps, valves, and pressure regulators provide consistent

flowrates and pressures in the chips. The new tissue compartment is able to contain

a relatively large amount of hydrogel without the use of phase guides and is relatively

easy to use. The platform enables a wide range of hydrogel biomaterials and is

reconfigurable for different testing conditions. This system sets a foundation for long-

term culture of metabolically active tissues and is a promising new technology for

advanced microphysiological models.
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Appendix A

Figures

(a) Pump performance in the forward di-
rection.

(b) Pump performance in the forward di-
rection.

Figure A-1: An E-140 membrane was used in an old pump design to see if it could be
used for future pumping platforms. The membrane material required more actuation
pressure, but was able to maintain accurate and consistent flowrates.

Figure A-2: The E-140 membrane is evaluated for use in a previously developed
micropump [78].
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Figure A-3: Additional cells were loaded into the AIM chip on Day 4.

Figure A-4: The redesigned PDMS cap has an additional plug for sealing the gel
installation port and a larger bump for a tighter seal. The new cap design has worked
on multiple chips without any sealing issues.
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