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Abstract

Micro-total-analysis-system (uTAS), a technology branches from the broader
concept, microfluidics, has emerged as a powerful tool for many biological and chemical
applications. uTAS typically features sample-to-answer designs, minute sample
assumption and short processing time, which are highly desired in point-of-care
diagnostics or high-throughput chemical analysis. Despite a large number of microfluidic
devices reported with the uTAS concept, most designs were detection and sensitivity
focused, ignored the necessary sample preparation steps. In recent years, the increasing

demand for chip automation has boosted research efforts on sample preparation.

Electric force serves as one of the most applicable tools among on-chip sample
processing techniques due to its portable and easy-integrating nature. To date, research
has yielded a large number of designs utilizing electric field as a driving force, also
known as electrokinetics, for on-chip sample processing, such as sample purification,
enrichment, mixing and sorting. One biggest issue researchers countered using electric
field is undesired surface reactions that may cause Faradaic reactions, electrode corrosion,
and contaminations. While several microfluidic platforms have been developed to
address this issue, there are still growing efforts to create new micro-design that are
capable of providing sufficient electric field with improved stability, portability, and

robustness.

This thesis seeks to address the electrokinetic-based on-chip sample preparation
issue in two aspects, continuity and flow control, which represent two main challenges of

on-chip sample preparation: a limited capability to continuously process samples and
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lacking necessary modules for precise flow control under large extent chip integration.
We first developed a new electrokinetic platform with integrated conductive membranes
to effectively generate a uniform three-dimensional electric field inside microfluidic
channels. The new design also has proved superiorities in avoiding surface reactions,
improving portability, and reducing the fabrication cost. We then solved the continuity
issue with a free flow electrophoresis device created from the platform. The free flow
nature of the device allows for continuous sample throughput while adding electric field
perpendicularly offers additional manipulating factors. Utilizing the newly developed
free flow electrokinetic chip, we have successfully demonstrated two common on-chip
sample processing functions: parallel separation and sample enrichment. On the other
hand, the flow control issue is tackled by creating essential on-chip control modules
under microfluidic setting. We have designed several microfluidic units with the platform
to facilitate on-chip flow regulation, including micro-pumps, a sample injector, a local
flow meter and a potential automatic control panel. All the flow control modules can be
directly integrated into any soft lithography based sample processing modules without
affecting the original designs, which significantly eases the integration difficulty. The
ultimate goal of this research shall lead to a microfluidic platform that can perform
essential on-chip sample pretreatments in a continuous manner and allows need-based
customization. The platform shall be easily integrated with essential power functions and
feedback mechanisms for automatic flow control, which offer a possibility to real highly
integrated portable devices. Eventually, we can build the real uTAS by combining the

platform with our real-time biosensor and turning it into a sample-to-answer uTAS.
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In the first chapter of this thesis, a general background correlated to my research
work is provided. The introduction includes the uTAS concept and its related
technologies, explains the increasing demand for on-chip sample preparation techniques,
and discusses current sample process modules using electrokinetic force. It leads to
Chapter 2, where I summarize the current electrokinetic-based microfluidic platforms
developed to address the surface reaction issue. Then we propose the new platform along
with a theoretical model to characterize this design. An extensive comparison between
available designs follows to demonstrate the advantages of this new platform, including
the comparison specifically focusing on surface reactions. A detailed fabrication process
flow is demonstrated in the end, showing how to fabricate this new platform design using
one -step photolithography. Then the thesis splits into two parallel blocks, corresponding
to the two challenges of on-chip sample preparation. The continuity challenge is
addressed on the first block, chapter 3, where free flow electrophoresis device is
presented and followed by two demonstrations of on-chip sample pretreatment functions:
mixture separation and molecule enrichment. The second block of this thesis discusses
the importance of on-chip flow control and the main obstacles that current technologies
struggle with. Essential modules for on-chip flow control, such as electro-osmotic pumps,
fluid regulation, sample injection techniques, pressure and flow meters, will be
demonstrated in chapter 4-6, respectively. In conclusion, I will summarize all my
previous research work and how to sketch the big picture of on-chip sample preparation
with this platform. The results shall provide guidelines and inspirations for future on-chip

sample preparation research.
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Uncovered photoresist solidified and remained on silicon wafer to create a mold for
casting. The conductive PDMS composite gel was injected into each gap between the
electrode channel and the main flow channel. Excess gel was immediately removed
from the SU-8 mold using a razor blade. A 1:10 mixture of PDMS elastomer and curing

agent was poured atop the mold and allowed to cure for half hour at 80 C. The cured

PDMS with integrated composite membranes was peeled off the mold. The PDMS slab
and a glass coverslip were exposed to oxygen plasma, and immediately aligned and
sealed under an inverted microscope. The microfluidic chip was baked for 24 hours at
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experiment used to separate two different fluorescent dyes. (B) A stream of fluorescein
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FROAAIMNINEG Boeseevesstseesssestseesssststsssssestssssssssessassssssssssssssssensassssssssasssssssensassssssnsassssssssnsassssssnsasssssssenses 84

xvi



Figure 3-3. Comparison of the fluorescent intensity profile at the cross section of the

microfluidic channel with (A) the electric field off and (B) the electric field on. ............. 85

Figure 3-4. Concentration by microfluidic free-flow isotachophoresis. (A) Schematic of
the experiment used to concentrate fluorescent Alexa Fluor 488 dye at the interface
between the leading electrolyte (LE) and terminating electrolyte (TE). An electric field
is applied across the channel and fluorescent micrographs were taken at the TE/LE
interface at (B) 200V, (C) 300 V, and (D) 400 V. (E) Comparison of the fluorescent
intensity profile at the cross section of the microfluidic channel for each voltage

APPLICA. c.voveoveeresrrssrsirssrisssssssssssssssssissssssssssssssssssssssssssssssssssssssssssssssssssssssssssssssssssssssssssssssssssssssssnssassssssssses 87

Figure 3-5. Isotachophoretic separation of Alexa 591 and fluorescein dyes. (A) A
mixture of each dye in the TE flows adjacent to the LE. (B) An electric field is applied
across the two fluid streams and the two fluorescent dyes stack against the LE/TE
interface. (C) A micrograph of the interface with no electric field applied and (D) with
the electric field applied. The fluorescent intensity profile of the TE/LE interface taken

with the (E) field off and (F) tRe field ON. ..........eoceoneirissserssirsssesissesisssesssesisssssssesisssssansens 91

Figure 4-1. Schematic of a gallium metal contactless micropump. (a) A top view of a
single pumping device. Each micropump contains four gallium electrodes separated
from the microchannel by a thin PDMS membrane. (b) A micrograph of a pair of
electrodes surrounding a microchannel. Each electrode is 900 um wide, separated

from the main channel by a 45 um thick PDMS MeMDIANe. ..........ccoveeroveeeoneerreirisneernserens 107

Figure 4-2. Microfluidic devices used to quantify the pumping flowrate vs voltage. (a) A

microfluidic loop design with two integrated micropumps (1 and 2) is used to

Xvii



characterize pump performance under a fixed microchannel hydrodynamic resistance.
(b) A microfluidic T-junction device is used to measure pump pressure under zero net
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1. Introduction

1.1 History of micro-total-analysis-system (uTAS)

The concept of micro-total-analysis-system (uTAS) branched out from general
microfluidic technology. uTAS is also referred as Lab-on-a-chip, a set of devices can
miniaturize the entire sample analysis process in microliter scale. A completed uTAS
device typically has two main functions: one is sample preparation, like sample injection,
mixing, separation or enrichment; detection is the other part, where processed sample can
be analyzed by certain manners, for example, optical imaging or electric signal. However,

when we track back to the early days, uTAS was very simple and less functional.

A couple of decades ago, a gas chromatographic analyzer, which is considered as
the first miniaturized device fabricated on silicon, was reported by Stanford University
(1). It remarked a milestone of uTAS as the reported chromatography showed a fast
separation of samples, which represent the nature of uTAS. Later on, more research
works focusing on the fabrication of microstructures were reported, for instance,
micropumps(2, 3), valves(4, 5) and sensors(6). The actual concept of uTAS had not been
proposed until the early 1990s, when Manz et al.(7) presented a silicon chip integrated
with sample pretreatment and detector. The concept and chip composition laid a
foundation for nowadays uTAS devices. In the subsequent years, the number of reported
uTAS designs increased dramatically as this field drew more attentions from chemists

and biologists. Thanks to the advances in microfabrication techniques, uTAS devices



with smaller and much more complex structures can be fabricated. As a result, a wide
range of device functions was published during this period, for example mixing(8),
separation(9, 10) or cell manipulation(11) etc. This also led to the emergence of a new
commercial market for biotech products. Many uTAS devices became commercially
available at this time, thus further boost the growth of uTAS technology. In the later
years, serving as a miniaturization of bench scale process, the functionality of uTAS kept
expanding as new techniques were published. In the meantime, the complexity of the
miniaturized processes also increased abruptly. uTAS started to show the capability to
mimic complicated biological processes, like capillary electrophoresis with sample
injector(12), DNA polymer chain reaction on a silicon chip(13), or even immunological

assay that can analyze blood serum(14).

This trend becomes more obvious in current research: current uTAS typically has
multiple function units on a single chip to fit the sample-to-answer requirement. This type
of highly integrated designs became particularly advantageous for several reasons. The
integration of different modules not only can avoid human errors and contaminations
during sample transfer, also speed up the entire analysis process. However, full
integration of required modular components is not a trivial task. The connection designs,
the interactions between each module, proper setup of supporting units (including sample
injection, pumping, purification etc) all require numerous troubleshooting.

Consequentially, more research efforts have been spent on improving the capability of



the core function module to achieve better efficiency or sensitivity, rather than the

essentialness of the sample preparation modules.

1.2 Microfabrication techniques

One of the biggest factors that lead to uTAS growth is the development of
microfabrication. The past few decades have generated a wealth of new materials and
techniques for fabricating micro-scale devices. Here we introduce common
microfabrication techniques through two blocks, materials and patterning methods and

each block will be further explored in detail.
1.2.1 Fabrication materials

Taking advantage of existing micromachining and microelectronic techniques,
early microfluidic systems utilized silicon as the main substrate for fabrication. Standard
photolithography and etching techniques, which will be cover later in this chapter, were
frequently utilized to build microfluidic channels and other micro-structures at that time.
However, despite the technical convenience, one biggest drawback from using silicon is
the transparency issue. It is difficult to integrate optical detector or microscopic
observation when silicon wafer presents. Besides, silicon is fairly expensive for large

scale fabrication, which is contradictory to uTAS concept.

On the other hand, glass, another commonly used fabrication material, offers a

number of advantages over silicon. Most obviously, the good transparency allows better



visualization of the microfluidic channel and easy optical detection. In a fabrication
standpoint, the capability of glass to bond to other substrates like silicon and polymer
provides glass a wide range of potential applications. Besides, glass is more compatible
with electrokinetic applications ((15)), such as electro-osmosis. Overall, glass was

considered as most suitable fabrication material at that time.

Then the predomination of glass ended short after the appearance of
polydimethylsiloxane (PDMS) in 1990’s. PDMS is an elastomeric polymer can be used
in many applications, including fabricating microfluidic devices. It was first presented by
George M. Whitesides as an alternative material for constructing micro-structure(16, 17).
Once cured, PDMS becomes an elastic layer and replicates any mold structure. Compared
to silicon and glass, PDMS is preferable in several ways. The elastic nature makes it
more suitable for moving parts, for instance, micro-valves or flexible membranes. It is
biocompatible, which can be utilized in cell analysis or 3D cell culture. PDMS is also a
perfect option in rapid prototyping due to the low cost and fast fabrication. Other
polymers like polymethylmethacrylate (PMMA) and polycarbonate (PC) are also used for
fabrication through injection or 3D printing methods, but these materials only fit certain

circumstances due to lack of resolution.

Silicon has the best fabrication resolution and can easily go down to nano-scale.
The possibility to integrate microelectronics is highly desired in digital microfluidics.

Glass has better transparency and mechanical strength. The hydrophilic surface also



benefits many biological applications. Despite the low cost and fast prototyping
capability, PDMS has light scattering issue that affects fluorescence detection; extremely
high electric resistivity and thermal resistivity may be not suitable for certain applications.
Casting PDMS also has a limited resolution below micron scale. In brief, each fabrication
material has its unique advantages and disadvantages; there is no one-for-all solution. We

shall choose proper fabrication materials based on specific requirement.

1.2.2 Common fabrication techniques

Most microfabrication techniques originated from semiconductor industry in
order to construct the microelectronic structure. Similar strategies have been developed

and combined to build microfluidic devices.

1.2.2.1 Photolithography

Patterning substrates into 3D structures typically involves removing certain parts
of the given materials. Photolithography was originally created to pattern silicon wafer in
semiconductor industries but now has been widely applied to many microfabrication
techniques. This technique can selectively expose the substrate, a photosensitive material
called photoresist, through a printed mask to UV light. Based on the polarity of the
photoresist, substrates exposed to UV light will solidify or degrade upon heat. Then the
unstable photoresist is etched away by a solvent. Using photolithography, researchers are
able to transfer 2D patterns to substrates, and by controlling the substrate thickness, the

desired 3D structure will be built.



1.2.2.2 Surface coating

Microfabrication generally includes some surface coating steps in order to build
thin layers of substrates atop the fabrication material. The coated layer can be a mold
layer, for example, SU-8 used for PDMS mold; it can be a protective layer to prevent
material from being etched, or it can serve as a sacrificing layer during multi-layer
fabrication. Spin coating is the most commonly used method for convenient surface
coating. There are a large number of coating solutions, like a spinner, that are
commercially available. Spinning materials with different viscosities at given speed can
produce a thickness varying from submicron up to hundreds micron. But uneven
thickness, trapped air bubble are common issues caused by human error and may lead to
fabrication defects. The spin coating also requires liquid form solution with certain
viscosity, which is inapplicable to solid materials. For solid metal, a method called vapor
deposition can coat a thin layer of metal onto substrates. Electron beam turns metal into
vapor in a sealed chamber and lets vapor form a metal layer once hit substrate surface.
However, this method requires special instruments to evaporate solid metal and takes a

long time to grow micron size layers.

1.2.2.3 Etching

Etching is the fabrication step used to remove the unwanted substrate. It can be
divided into two categories, dry etching and wet etching. Dry etching mainly uses gas

formed etchant to react with substrates, for example, SFs. For anisotropic etching, (means



only etch in certain directions), the high-speed electron beam can remove substrate in the
desired direction without etching the surroundings. Note that combining these two
methods can further accelerate the process. Laser etching is a relatively new technique for
fabricating microfluidic devices(18). The automated laser system directly etched the glass
or plastic materials into designed shape in minutes. But the resolution of devices is
limited by system setup. In summary, dry etching works great to create high-aspect-ratio
structures, like deep wells(19). On the other hand, wet etching uses reactive chemical
solutions to attack substrates. Commonly used wet etchants, for example, hydrofluoric
acid or KOH can penetrate the surface layer of a substrate and react. Note that many
commercial photoresist developers are etchant specifically designed for photoresist. In
general, compared to dry etching, wet etching has an easier setup and cheaper to process.
Nevertheless, the evenness largely depends on etchant local concentration. Lacking
anisotropic etching method may become an issue when high-aspect-ratio structure is

wanted.

1.2.2.4 Soft lithography

Soft lithography is actually a subject under photolithography. It gets its name
because it is a technique to fabricate elastic materials. There are a couple of ways to
fabricate elastic materials like PDMS. The most frequently used strategy is casting,
reported by Whitesides(20). Starting with master mold, which can be built by standard

photolithography, we pour liquid state polymer into the mold and let it cure. Then the



cured polymer is peeled off and bonded to glass, shown in Figure 1-1C. The benefit of
implying such method is that we can replicate many identical devices in a short time. It is
highly desirable for rapid prototyping and does not require expensive equipment setup.
Injection molding is the most popular method used under industrial setting for large scale
production. Similar to casting, injection molding also requires a cavity as master mold,
shown in Figure 1-1A. Melted polymer is injected into the mold under high pressure and
allowed to cool down to room temperature. The entire process is well established and
fully automated, allowing quick construction of microfluidic devices and reducing the
labor requirements on producing line. However, injecting such high viscosity liquid into
confined cavity does demand high pressure. As a result, injection molding is typically
applied to fabricate millimeter scale device and above. Micron-scale devices generate too
much resistance, thus become difficult to process. Another method for soft lithography is
stereo-lithography, a fabrication technique using focused lasers to cure polymer in a
certain place, Figure 1-1D. The process starts from the bottom and builds device layer by
layer. The entire process is computer controlled which eliminates the mold or mask
during fabrication. However, the equipment setup is too expensive for simple
microfluidic fabrication. A similar approach applies to 3D printing, another fast
prototyping tool for constructing microfluidic devices. But the preciseness largely

depends on the printer resolution and typically limited to millimeter scale.
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1.3 On-chip sample preparation

To date, many microfluidic designs reported that optimized design could enhance
the sensitivity of uTAS system or allow for faster operation. However, most published
works were only focusing on improving the detection method of uTAS while the tested
sample still required several pretreatments before loading in order to achieve such
sensitivity. Thus, despite the fully automated sensing device, samples for uTAS remain
low complexity and generally involve a series of benchtop process. The benchtop process
usually consumes a sample volume that orders of magnitude large than the actual loading
volume. It also takes longer time and requires more manual work that may introduce
errors or contaminations. As a result, uTAS loses its own advantages such as low sample

consumption and fast processing time.

A general strategy to overcome the sample preparation issue is integrating
multiple components to the core sensor, which serves many purposes, including easier
automation, shorter analyzing time, and fewer contaminations. Numerous sample

preparation functions have been designed for on-chip sample processing.
1.3.1 On-chip sample separation/ purification

On-chip sample separation is a broad concept that includes sample purification,
sorting, separation and clean up. The general purpose of on-chip separation is to remove
unwanted components from loading sample in order to minimize fake results and signal

interference. It is a necessary module for uTAS to achieve higher sensitivity and reliable
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result, especially for raw sample analysis, for instance, whole blood(21) or water
pollution sample(22). Many physic principles can be applied to sample separation. Most
commonly, mass or density difference utilizes gravity to split sample mixture (23). But
due to the low Reynolds number under uTAS setting, this separation technique typically
needs a rotary design and centrifugal force. Size based separation is another popular
strategy for uTAS. The parabolic flow profile in a micro channel can speed up large
particles separating from the small ones (24). Alternatively, pinched flow fractionation
works in a similar way to separate a mixture (25). Serving as a convenient tool, flow
assisted separation gains its unique niche because the capability to separate sample
mixture without additional force. However, the limitation is also obvious- separation
really depends on a huge size difference and loses its efficiency when deals with nano-

size particles or small molecules.

On the other hand, field based separation gains more attentions in favor of uTAS
customized design. For example, electric field is the most frequently used field separator
with huge potential to customize. The traditional electrophoresis separate sample mixture
by the charge to mass ratio, called electrophoretic mobility (26). An upgraded version of
on-chip electrophoresis is two-dimensional electrophoresis, which provides better
separating resolution (27). Isoelectric focusing (IEF) serves to separate protein mixture
based on their isoelectric point (28) and it is possible to further couple it with

polyacrylamide gel electrophoresis (PAGE) for high throughput protein separation.
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Isotachophoresis, a relatively new technique, drew huge attentions from biologist due to
the capability of simultaneously sample separation and enrichment. Dielectrophoresis
(DEP) is another powerful tool for manipulating samples because DEP incorporates
frequency as an additional parameter, which enables polarization of neutral particles (29).
But DEP force largely depends on dipole moment, thus can be rarely applied to proteins
or other small molecules. Other fields have been explored for on-chip sample separation
in the same time. Magnetic field is a very popular tool for separation with the possibility
to integrate magnetic nano beads (30). Acoustic field also has been reported for on-chip
separation, mainly restricted to large particles like silicon beads or cells (31).
Temperature gradient created thermal field offers another possibility for analyte
separation via thermal mobility difference(32). One issue associated with temperature
gradient is sample stability. Biomolecules may denature or degrade under sharp

temperature gradient if pursuing separation speed.

Meanwhile, traditional separation strategies have been scaled down for on-chip
sample preparation, for example, solid phase extraction(SPE) or aqueous two-phase
extraction(ATP). SPE originally serves as bench-top separation technique using bind-
elute model. But it can be integrated into micro devices in a smaller scale for sample
extraction, which is considered as sample clean up tools because only interested
molecules can bind to the solid phase. On-chip SPE has been approved a useful tool for

biological applications. Lander’s group has reported several microfluidic designs with
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integrated silicon beads for isolating DNA from protein inhibitors (33, 34). Harrisons
group had demonstrated the capability to extract target fragment from protein digestion
with on-chip SPE bed and coupled mass spectrum for detection (35, 36). ATP is an
alternative system for extraction and separation. Unlike SPE, ATP system employs two
immiscible fluids, typically polyethylene glycol (PEG) and dextran, and flow them next
to each other. Reports have shown a great potential of ATP in bioseparation and liquid-
liquid interface extraction (37, 38) due to the affinity difference for each molecule. With
proper setup, target molecule with higher affinity to one phase tends to migrate across the

interface while rest species remain in the original phase, thus achieve good separation.

Recent efforts have aimed at on-chip liquid chromatography with microfluidic
designs. On-chip high performance liquid chromatography (HPLC) holds great potential
to revolutionize many uTAS in several ways. While traditional HPLC features good
separating resolution and robustness, the batch operation model really slows down the
throughput. With parallel on-chip HPLC, multiple samples can be analyzed
simultaneously with minute sample assumption(39, 40). Additionally, small volume

allows easier integration with other detection methods, like mass spectrometry.

1.3.2 On-chip sample enrichment

During analysis of biological particles, as well as small molecules, under uTAS

setting, a key feature that serves to expand the possible detection methods is sample
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enrichment. All detection methods have their own detecting limits and many detecting
options are inaccessible to diluted samples. Thus, a module can selectively concentrate
target molecule is highly desired in order to achieve lower detection limits and allow

additional detecting options.

There many on-chip sample preconcentration techniques, but a big part of it falls
into the same category: electrophoresis. Field amplified sample stacking (FASS) is
possibly the simplest preconcentration method utilizing the conductive difference
between injected sample and background electrolyte. Lichtenberg et al reported a 65-fold
improvement of signal magnitude during amino acid enrichment (41). But FASS requires
injected sample must have a conductivity lower than the back ground electrolytes that
may lead to additional sample dilution. Moving boundary stacking is another method to
stack sample. It was first used to separate proteins from blood(42). The core physics
behind moving boundary stacking is the ion difference between two sides of the interface
that causes sample stacking and destacking when this interface migrates under the electric
field. Another well-known sample enrichment method is isotachophoresis (ITP). ITP has
been applied to both capillary and microfluidic based devices. Researchers reported that
concentration of a variety of samples, for instance, bacteria, DNA and amino acid, with
ITP technique (43-45). The reason that ITP is so popular for on-chip sample enrichment
is the capability to concentrate target ions by several thousand-fold: Koenka et al reported

10,000-fold enrichment when purifying fish sperm DNA from the background (46).
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During ITP, stacking is made possible by the presence of a leading and trailing
electrolyte, also called terminating (LE and TE, respectively) in the system. Compared to
target molecules, LE has higher electrophoretic mobility while TE has lower
electrophoretic mobility. These two electrolytes migrate at different speeds and stack
target molecules in the middle. Meanwhile, due to the conductivity difference, a
secondary electric field is generated to further stack molecules near the interface.
Isoelectric focusing is another powerful electrophoretic technique that serves both on-
chip separation and preconcentration, especially for protein mixture. The design involves
a pH gradient to adjust surface charge of target molecules. Each molecule in the sample
has a dual ionic state in which it bears a point of neutral charge (pl). Molecules migrate

under electric field until reach the neutral point and get stacked.

Meanwhile, non-electrophoretic enrichment strategies have been developed for
on-chip sample preparation, for example, solid phase extraction(SPE) also serves as a
sample enrichment tool due to a limited elute volume. Target molecule concentration can

increase several folds as background molecules are washed away.
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Figure 1-2. An example of isoelectric focusing of four different fluorophore-conjugated
proteins. Fluorescence images at zero electric field (a) and 390 V cm ™! (b) show that the
protein mixture focused into separated streamlines according to their pls under the
applied electric field. (c) and (d) present the corresponding fluorescence intensity profiles
of the sample streams before and after separation, respectively. The numbers labelled on
the separated peaks correspond to the fluorophore conjugated protein samples under test:
(1) ovalbumin-Alexa 594 (pl 4.5-4.8, red), (2) neutravidin-Alexa 350 (pI ~6.3, blue), (3)
wheat germ agglutinin-Alexa 488 (pl ~8.5, green) and (4) avidin-Alexa 488 (pI ~10,

green). (47) [Reprinted with permission]|

1.3.3  On-chip cell sorting

As whole samples are increasingly used in uTAS, on-chip cells sorting become
more common with an aim to clean up undesired cells that that may impede detecting
accuracy. Another main reason for cell sorting is to increase the concentration of a
particular cell-type of interest, thus leads to a better detecting sensitivity. However,
techniques that can process cell or bigger particles are quite different from those

processing small molecules like protein and DNA. Many techniques originated from
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small molecule area become inapplicable or less efficient due to the relatively large
particle size. In the meantime, inertial force, shear stress and dielectrophoretic force

become more effective when dealing with cell-based samples.

Cell and particles around micron size have a considerable volume and experience
inertial force like gravity. This leads to the emergence of a large number of morphology-
based sorting techniques that do not require external forces, also called passive sorting.
Deterministic lateral displacement (DLD) provides a convenient way for sorting cells.
The design contains arrays of micro-pillars such that cells smaller than a critical radius
move freely through the pillars while cells larger than a critical radius move in a direction
dictated by the arrays(48, 49). Similarly, micro-posts or other microarrays can work as
micro-filters to separate cell mixture by size- small cells pass the micro-posts but large
cells are trapped before entering the outlet(50, 51). Filtration can integrate cross flow or
flow focusing as the secondary hydrodynamic force to facilitate cell sorting. Yobas group
reported using cross flow and micro side arrays to separate small cells from the large
ones (52, 53). Yamada et al also published several cell sorting designs with a secondary
flow for hydrodynamic focusing(54, 55). In addition to the microstructures patterned
inside flow channel, the inertial force also plays a critical role in size-based cell sorting.
For example, Di Carlo et al reported a serpentine design that utilizes centrifugal force to
lift and rearrange cell position by size difference (56). Similar idea with a spiral channel

was also reported by and Russom et al(57). Meanwhile, pinched flow fractionation
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applies a similar strategy to reorder position cells with inertial force (58, 59). Pinched
flow fractionation occurs when a flow is pinched by a narrow channel such that all cells
are pushed against the side wall and subsequently, due to the size variation, experience
slightly different flow trajectory upon broadening of the channel. Thus, following the
laminar flow profile, smaller cells align further from the center stream and separate from

larger cells.

On the other hand, non-passive sorting techniques typically require an external
force to initialize sorting. As described in the previous section, many external fields
utilized for on-chip separation also work for cell sorting. Takahashi et al. reported a rapid
electrostatic cell sorting device with integrated electrophoresis design (60). Puttaswamy
et al. sorted cells with AC electroosmosis coupled with negative DEP force(61). Acoustic
force also started to be employed in microfluidic designs as it offers a new strategy for
on-chip sample separation, including cells(62). Adams et al. developed a multiplexed cell
sorting device using magnetic field such that cells labeled with magnetic beads can be
isolated from cell mixture(63). DEP force, a technique may not be suitable for small
molecule separation, becomes a very powerful tool for cell or particle sorting because of
the large dipole moment. For example, Wang et al. published a microdevice with
embedded interdigitated electrodes that provide repulsive forces to organize cells by

negative DEP(64).
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1.4 Essential modules for on-chip sample preparation

Without modular integration, a completed on-chip analysis typically involves
several sample transfer operations from one module to another. These sample transfer
methods require conventional pipetting or manual collecting, which obviously degrades
most of the advantages associated with the microchip. The actual lab-on-a-chip idea will
not be fully realized without system integration. There are several reasons that researcher
particularly interested in uTAS modular system integration. First, a fully integrated
system can reduce necessary sample exposure to the environment such that preventing
possible contamination. Besides, taking advantages of automation, integrated uTAS can
collect reliable results by avoiding human operation errors. Another main reason for
modular integration is to speed up the overall analysis by streaming required functions on
a single chip. To further modular integration, Krisna et al. reported a polymer-based
design with discrete 3D modules that allows quick assemble of desired chip functions(65).
This stands for the new trend of modular integration: fast, simple and easy to use.
However, completed integration of different modules will further complicate chip design
and requires numerous troubleshooting, for example, micropumps that drive fluids, micro
injectors for creating sample plugs, sensors that monitor flow and pressure information

etc.
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1.4.1 Micropumps

In order to make fluid transportation possible in a micro device, a certain driving
force has to be implemented. Utilizing passive transportation mechanism that takes
advantage of surface tension may be a straightforward strategy(66, 67). However, for
uTAS with complex flow networks, the resulting hydrodynamic resistance requires more
powerful mechanisms to remain continues fluid motion, such as pumps, pressure or
vacuum. As traditional macro pumps are too bulky to be considered as portable, an on-

chip active micropump with adequate pumping capability is highly desirable for uTAS.

We can largely divide current micropumps into two categories, a displacement
pump and dynamic pump(68). Displacement pumps typically involve a moving part like
rotor, piston or diaphragm and operate in a periodic manner which results in net fluid
motion. Piston is widely employed in macro pumps rather than micropumps because
mechanically constructing piston inside microfluidic channel is very challenging. Thus,
instead of a mechanical piston, designs utilizing liquid phase piston, like ferrofluidic
pistons, offer an alternative for piston micropump(69, 70). Rotary pump, on the other
hand, applies a similar mechanism as piston pump by replacing piston with rotary gears.
Dopper et al and other groups reported a couple of rotary pump designs powered by
magnetic or electrostatic force(71). However, due to the large size of rotary gears, the
true nature of the microfluidic device is greatly impeded, thus only a few rotary pump

design have been actually implemented onto microchips. Most displacement pumps are

20



diaphragm-based reciprocating pumps, shown in Figure 1-3: a design features a
deformable surface or membrane, an actuator with different driving mechanisms and a
flow chamber with check valves. This serves as a basic design for diaphragm-based
reciprocating pumps, which was first demonstrated by Harald van Lintel and
coworkers((72). Later on, other micropump designs adapted from Lintel’s were reported.
Several groups have reported nozzle-diffuser structure to replace check valves and a
maximum flow rate of 16ml/min was achieved with water as working fluid(73, 74). The
driving mechanism also diversified from pure piezo-driven due to the extensively
implementing of the electric field and thermal field in microfluidic devices(75-78). Other
less common pump designs, like phase change pump(79), multiple-valve-based pump(80),

electromagnetic pump(81) have been reported as well.

The dynamic pump continuously adds kinetic energy to the working fluid through
external forces. The build-up of kinetic energy directly leads to momentum increases,
such as centrifugal pumps, or pressure increases, like electroosmotic pumps. Centrifugal
pump is a type of pump that developed long time ago utilizing centrifugal force to drive
work fluid. Although many miniature centrifugal pumps are developed for certain
biological applications (82), uTAS designs with such kind of pump are limited by its
scaling capability and low efficiency. Electro-hydrodynamic micropump can exert an
electrostatic force on ions in dielectric fluids. By sequentially activating electrodes arrays,

electrohydrodynamic pump generates space charge across dielectric fluids and result in
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net flow motion. The three mechanisms of charge generation are known as induction(11),
conduction(83) and injection(84). Electroosmotic (EO) pump is a well-known dynamic
pump with capability for high-pressure output. When the solid material is exposed to a
liquid, negative charges spontaneously build up at solid surface and attract counter-ions
from bulk fluid. This ions accumulation is described as the electrical double layer. The
counter-ions in bulk fluid experience electrostatic force under a parallel electric field and
set in motion such that dragging bulk fluid in the same direction. The simplest EO pump
is fabricated from capillary tubes with two electrodes submerged at both ends. It features
a significant pumping pressure and very limited flow rate(85, 86). To improve the
maximum flow output, a porous structure was fabricated into capillaries and each pore
serves as a small capillary(87). Chen and Santiago explored an alternative design with a
narrow slot and achieved a maximum flow rate of 15 ul/min at 1kV(88). EO pumps using
AC field was also reported (89) with the efforts to avoid the common issues in DC EO
pumps, such as Faradic reaction. A few designs with external forces other than electric
force were also published, for example, magnetic field(90), ultrasound(91) and thermal

transpiration(92) etc.
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Figure 1-3. (A) The 3-D schematic view of the pumping system (the top is covered with
cover glass); (B) Schematic diagram of alignment of photomask and UV radiation into
the PDMS platform; the monomer solution was injected, and the photomask was aligned
through use of an aligning key; (C) After, UV radiation, the unpolymerized monomer
solution was rinsed, and the polymerized region (dashed area) remained. (93) [reprinted

with permission]

1.4.2 On-chip sample injector

While most bench-top analytical equipment requires manual sample loading with
pipettes, uTAS typically involves a series of on-chip fluid manipulation to create sample
plugs for following separation or detection modules, such as capillary electrophoresis or
PCR. One big advantage of uTAS is the possibility to integrate sample injection module
and accomplish automatically injection. Due to the small channel dimension and short
analyzing time, sample plug variation will be significantly enlarged and causes unstable
results. Thus, reproducible sample introduction becomes a key factor to acquire reliable

analysis. In the meantime, short sample plugs are higher desired in order to speed up
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analysis and improve sensitivity. Although researchers presented many sample injection
designs, these techniques can be mainly divided into two categories: Electrokinetic

injection and pressure injection.

Electrokinetic injection is the most common used sample injection mechanism,
shown in Figure 1-4. It has the superiority in shaping sample plugs based on cross section
design while pressure injection cannot. Two fluid streams are electrokinetically
controlled and cut into each other to generated small sample plugs. Several channel
designs have been reported to facilitate plug generation. Harrison et al(94) reported a T
shape design for sample injection (Figure 1-4). Later, updated versions with double-T and
cross-T devices were published by Effenhauser et al and Jacobson et al (95, 96). In
Jacobson’s work, they also demonstrated the floating injection technique, a technique
taking advantage of the special flow profile of EO flow to minimize sample tailing,
which is a common issue in pressure injection. Other less common designs like pinched
injection and gate injection were also reported (97, 98). An issue associated with
electrokinetic injection is the injection bias. Anionic, neutral and cationic analytes have
different electrophoretic mobility. This difference may lead to changes of sample
composition and unreliable results. Another problem mentioned during electrokinetic
injection is sample leaking. Due to a purely EOF-driven mechanism, sample stream that
floats near the cross section may diffuse into the buffer channel and causes peak noise in

capillary electrophoresis.
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Pressure injection, on the contrary, does not experience these issues. Pressure
injection is based on the hydrophobicity and wettability of channel surface. Sample plug
is generated by alternatively pulsing two streams with the pressure source(99, 100).
Backofen et al also reported similar design with hydrodynamic injection(101). However,
the biggest issue for pressure injection is the tailing effect caused by parabolic flow.
Sample plugs created from pressure injection generally have long tails on both sides that
may interference with peak analysis. The pressure injection module also suffers

portability issue as external pressure source or pumps are required to operate periodically.
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Figure 1-4. Demonstration of sample injection models. A) Cross shape injection channel

and B) multiple-T channel injection. (102) [Reprinted with permission]
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1.4.3 Microsensors for flow monitoring

As a consequence of the increased demands of automation and precise control in
uTAS, microsensors that pick up a variety of physical signals and convert to readable
data draw great attentions in the past decades. When detection volume scales down to
microliters under uTAS setting, researchers expect much higher sensitivity and reliability
of microsensors compared to traditional sensors. In the meantime, other integrated uTAS
modules may impede microsensor performance by introducing additional interferences,
which makes integration of microsensors one of the most challenging fields in uTAS.
Based on the general purposes, microsensors can be classified as physical sensors,
chemical sensors and biological sensors. For flow monitoring modules in uTAS, most
modules fall into the physical sensor category, which is briefly introduced here. Chemical

and biological sensors are not covered here.

As a primary driving force of microfluidic devices, pressure serves a very
important role to deliver flow velocity and parabolic flow profile, a flow pattern required
for many hydrodynamic separation mechanisms. The earliest effort to monitoring
pressure information is the pressure gauge, but even the smallest gauge is orders of
magnitude larger than microfluidic channels and impossible to be embedded onto a
microchip. Currently, most on-chip pressure sensors utilize piezoresistive-based transistor,
a transistor that relies on pressure induced electric property changes. This type of sensors

typically involves an elastic structure such as a thin membrane(103), or soft beads(104).
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Pressure causes deformation of elastic materials and alters their resistance. This
resistance variation is linear related to pressure changes thus can measure local pressure
after calibration. Similar strategies can be applied to the elastic chamber filled with
conductive electrolyte(105). The pressure-induced distortion of the flexible chamber
leads to conductance difference and variation in the electrical signal. Yukimitsu et al.
reported a similar sensor design with separated diaphragms that converts pressure data to

capacitance information(106).

Correlated to pressure sensors, flow sensor plays an important role in monitoring
flow rate and providing feedback control. Flow sensors with sensitivity down to nanoliter
are already commercially available. However, the size of commercial flow meter is
typically much larger than microfluidic chips, which makes it impossible to measure
local flow rate inside a microfluidic network. Many types of microfluidic flow sensors
came into light in the past decades. Time-of-flight technique has a sensor with two
separated sets of electrodes that can detect conductivity difference inside flow channel.
The time gap between two conductivity changes can be used to calculate flow
velocity(107). Heat transfer is the most common technique utilized in flow sensor design
due to the capability to measure a flow rate down to nanoliter. Ferenc et al(108) report a
flow sensor contains a center heat source with two thermal meters on both sides. This
design takes advantage of heat convection caused by flow motion such that temperature

difference between two meters can be measured to calculate flow rate. Mechanical flow
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sensor is also available for microfluidic devices. For example, Wang et al. reported a
cantilever flow sensor that correlates flow rate to microbeam deflection. But mechanical
sensor quickly loses its accuracy when working fluid contains dust or other impurities
that may affect deflection. Particle tracing is another frequently used strategy for flow
measurement(109). Adding micro beads and tracking bead movement with high speed
camera allows to measure linear velocity of the working fluid. However, requiring optical
detection and post image processing clearly limits its portability and data acquiring speed.
Additionally, ultrasonic and optical also haven been integrated with flow sensing by other

groups and achieved good sensing accuracy(90, 110).

1.5 Thesis Overview

This thesis seeks to address the on-chip sample preparation issue in two aspects,
continuity and integration, which represent two main challenges of on-chip sample
preparation. Lacking of modular devices that can perform sample preparation in a
continuous manner is a big obstacle for realizing the uTAS concept because sample
collection or fractionation is required after each sample preparation module, thus, greatly
undermines the processing time. Additional sample collection may also introduce
contamination during sample transfer and risk the reliability of later detection. The
second challenge is lacking of necessary on-chip flow control modules that can facilitate
module connection and automation. In this thesis, the multifunctionality challenge is

solved by developing a new membrane-based electrokinetic platform with capability to
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realize multiple on-chip sample preparation techniques. This platform not only delivers
uniformed three-dimensional electric field into microfluidic channels in an effective
manner, also has superiorities in fabrication, portability and cost aspects. Meanwhile,
multifunctioning capability was demonstrated by realizing two common on-chip sample
processing techniques: parallel separation and enrichment. On the other hand, the second
challenge is tackled by creating on-chip flow control modules that are essential for flow
control. The new designed platform, once again, was transformed into several fluid
control modules, including micro-pump, sample injector, fluid controller and flow sensor.
More importantly, all these on-chip modules can be directly integrated into any sample
processing modules without changing the original designs. In other words, researchers
can easily integrate possible sample processing modules as needed while still allowed

customizing each module function.

In the first chapter, a general background correlated to my research work was
provided while addressing the two big challenges of on-chip sample preparation. This
leads to Chapter 2, where 1 summarized the current microfluidic designs for
electrokinetic applications and proposed new membrane structure. A simple
electrocurrent model followed to demonstrate its working mechanism and characterize
performance efficiency. An extensive comparison between this new platform and other
reported devices then reviewed the advantages and drawbacks of this platform. In the end,

I presented a detailed fabrication process for building this membrane structure. Then the
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thesis splits into two parallel blocks, the module integration block and multi-functional
block, which corresponding to the two obstacles mentioned previously. The first block is
chapter 3. Two sample processing modules, charged molecule separation and enrichment
are presented here. Chapters 3-5 stand for the second block, where micro electro-osmotic
pump, fluid control and sample injection, micro flow sensor, will be demonstrated,
respectively. In the last chapter, I will summarize all my previous research work and
sketch the big picture of on-chip sample preparation with this newly created platform.
The results shall provide guidelines and inspirations for future on-chip sample

preparation research.
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2 A New Platform Using Carbon Black Nano-
composite PDMS Sidewall Membranes for

Electrokinetic Applications

2.1 Overview

We present a new type of microfluidic device for on-chip electrokinetic
applications. The new design consists of metal gallium electrodes, which are isolated
from a main microfluidic channel using thin micron-scale polydimethylsiloxane/carbon
black (PDMS/CB) composite membranes integrated directly into the sidewalls of the
microfluidic channel. The thin membrane not only allows for better electric field
penetration and uniform 3D field, also serves to prevent electrode degradation and
electro-thermal flow near electrodes surface. Due to the small size and simple fabrication
procedure, this PDMS/CB platform could be used as part of an on-chip upstream sample
preparation toolkit for portable microfluidic diagnostic applications. We provide a
comprehensive review of current designs that are involved in on-chip electrokinetic
applications in order to demonstrate the benefits and drawbacks of this new proposed

design. A detailed step process is also presented to show the device fabrication.

2.2 Background

Many electrophoretic methods are capable of performing preparative sample
processing, such as preconcentration, mixing or separation. Among these techniques

using electric field, free flow electrophoresis (FFE) holds a unique niche due to its
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capability of continuously sample processing. In FFE, instead of applying an electric field
parallel to flow direction, electric field perpendicularly travels across the sample stream.
The field drives charged molecules in solution to electrophoretically migrate across the
channel at a velocity based on their size and electric charge, known as electrophoretic
separation. Separation and collection steps are performed continuously in FFE, making it
an attractive candidate for high throughput sample processing. FFE, for example, can
continuously isolate cellular components, proteins, peptides and enzymes from complex
mixtures. But applications of FFE concept are not limited to electrophoretic separation.
Many essential sample preparation techniques are evolved from basic FFE separation,
such as isotachophoresis(111), isoelectric focusing(112) and dielectrophoresis(113). All
these techniques are capable of manipulating small molecules or large particles by

inducing electric field into flow channels.

Despite significant research and development, current methods for delivering
electric field into microfluidic device still have several limitations. Because the electric
field can often produce a high current in the electrolyte solution, electrokinetic systems
often suffer from Joule heating, bubble generation, and unwanted electro-thermal flow,
which can lead to several issues, for example, low detecting resolution, protein unfolding
or flow distortion. Besides, current microfluidic devices employing electric field,
however, are bulky, difficult to fabricate and can suffer from stability issue, which can

limit their portability and molecular separation efficiency.
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2.3 On-chip electric field delivery

Approaches have been reported in literature seeking to introduce electric field into
microfluidic channels. To alleviate the challenges associated with using electric field, a
membrane-liked structure is fabricated into microfluidic devices. The membrane structure
serves to isolate electrodes from directly contacting with working fluid thus to prevent
electro-thermal flow, cross contamination, and bubble generation. For designing
membrane structures, generally, three aspects are thereby of main importance: a)
capability to minimize bubble formation or other undesired side products caused by
Faradic and other surface reactions; b) isolating electrodes from working fluid to avoid
electrode degradation as well as preventing sample cross contamination introduced by
electrode channels; ¢) delivering a stable electric field in an efficient manner, where
efficiency is defined as effective voltage across the channel over total voltage applied.
Different approaches have been published trying to fulfill the criteria mentioned above.
Based on the membrane structure, we can roughly classify current designs into the
following categories: 1) Micro side channel arrays serve as a membrane-like structure to
isolate electrode channels. 2) Conductive polymer seals electrodes from main flow
channels. 3) Mechanical insulator based membrane. 4) Directly integrated electrode
without membrane structures. 5) Channel depth isolation. For each category, researchers
developed additional electrode designs in order to further address some issues related to

applying the electric field.

33



2.3.1 Direct integrated electrode design

The easiest strategy for delivering electric field is integrating electrode directly
into the flow channel. Electrode utilized here is typically metal based, which allow easy
setup and does not require additional flow control(114). The biggest obstacle of using
such design is gas formation caused by direct contact between the metal surface and
working fluid. One method is to simply reduce the voltage applied to the electrodes
inside the flow channel to avoid buffer electrolysis. While effective, this places limits on
efficiency due to the low electric field strength. Besides, diffusion becomes more
significant under small flow rate, which adds additional time for sample processing. The
reported (115) residence time can go up to several minutes before a good separation is

achieved.

2.3.2 Micro side channel arrays

The earliest method trying to isolate electrode from working fluid is the micro
side channel design, shown in Figure 2-1. The side channel arrays contain a series of
micron size channels that can provide large flow resistance, such that samples in the flow
chamber turn to not entering the side channel. In the meantime, this hydrodynamic
resistance also serves to prevent air bubbles from entering the main flow channel. Micro
side channel array design commonly uses liquid electrodes with continuously refreshed
electrolyte to remove generated gas bubbles. Electrode channels in this design can either

be sealed or remain open. Zhang and Manz reported a micro side channel device with
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open electrode channels(116)) Open electrode channel allows for easy ventilation and
higher electrolyte refreshing rate. Raymond et al demonstrated a uTAS device with
closed liquid electrodes, which can be fabricated by a single etching step(117). However,
the micro side channels also possess a large electric resistance and significantly reduce
chip efficiency. According to the estimation, more than 95% of applied voltage is lost
across side channel arrays. Another significant issue associated with side channel is fluid
leakage. Although high flow resistance serves to prevent cross flow, electrolyte does leak
into main flow channel when a pressure gradient is built up, especially for closed
electrode channel. Besides, setting up a pH gradient under the presence of side channel is
very difficult, which makes it unlikely to be applied in IEF.
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Figure 2-1. A micro side channel array reported by Raymond. (117)[reprinted with

permission]
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2.3.3 Mechanical insulator membrane

Using insulator as membrane structure is a new angle to address electric field
delivery. The electric field is generated by electrostatic induction, proposed by Janasek
and co-workers(118). The idea of this device is similar to an ideal DC capacitor, shown
in Figure 2-2, where the charge is introduced by ion rearrangement. After sufficient
charging time, an electric field will present inside flow channel due to the accumulation
of opposite charges on sidewalls(119). The approximate efficiency reported by the author
is around 50%. However, the potential screening effect, a phenomenon caused by
attracting counter ions to the solid surface and neutralizing surface charge, is not clearly
explained. According to our experiment observation, most electrostatic induced surface
charges will be neutralized by counter ions in bulk fluid, thus the net electric field
becomes zero inside a flow channel. This charge balance only breaks when both a high
voltage and low conductive fluid are applied. In that case, bulk fluid does not have

enough counter ions to shield surface charge such that an electric field can be observed.
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Figure 2-2. A figure of electrostatic induction device illustrating the principle of charge
displacement and dipole orientation. Lower panel: equivalent circuit diagram. Copy right

from Royal Society of Chemistry.(118) [reprinted with permission]
2.3.4 Chanel depth isolation

Very similar to micro side channel design, Fonslow et al. and Kobayashi et al.
(120, 121) proposed to use channel depth variation to isolate electrode bed instead of
channel arrays. The idea utilizes high flow resistance created by shallow channel
dimension to prevent gas from getting into the main channel and then flushes bubble
away with electrolyte. This design successfully increases the chip efficiency to 90%,
which is much higher than micro side channel design. Channel depth variation can be
achieved by minimizing main flow chamber’s height or fabricating shallow banks
between electrode bed and main channel. Neither method reported buffer electrolysis

problem. However, the drawbacks for such type of design are obvious. Depth variation
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not only requires multiple fabrication steps, also a more complex buffer pump scheme,

which undermines its portability.
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Figure 2-3. Chip layout and cross-sectional diagram of the separation chamber with depth
isolation. Gas bubbles retention through electrode channel(122) [reprinted with

permission]

2.3.5 Conductive polymer membrane

Gels made from cross-linked acrylamide monomer can be integrated as
conductive membranes for delivering electric field, known as the salt bridge. Kohlheyer
et al.(123) presented a device with photopolymerized acrylamide membranes, offered
chip efficiency around 50%. Other materials like PDMS or laser printed glass have been
demonstrated with embedded acrylamide membranes as well(124, 125), however, one
issue associated it is the mechanical stability. Gel based membranes suffer from poor

mechanical stability under high pressure or dehydration. Photo patterning of selected
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region also leads to additional photolithography steps. Recently, Song et al. reported the
ability to tune the electrical conductivity of sidewall membranes using microbeads (126).
This method was successful in producing stable electric field while remain tunable, but
requires significant fabrication and is currently not capable of being mass produced for
wide scale use.

a) Borofloat glass b) HF wet-etching flow structure  ¢) powderblasting inlets, outlets d) direct glass wafer bonding
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Figure 2-4. Fabrication process of photo-patterned ion-exchange membranes designed by
Kohlheyer et al. Copy right the Royal Society of Chemistry.(123) [reprinted with
permission]

24 A new conductive PDMS membrane for electric field

delivery

In this thesis, we proposed a new microfluidic platform for performing on-chip
electrokinetic applications. Like conventional methods we introduced above, the strategy
described here uses electrodes integrated within a separation channel to deliver an electric
field into the flow channel. Unlike other methods, however, we uses electrically

conductive PDMS with mixed carbon power (PDMS/CB) as membranes to isolate
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electrodes from the analyte stream. The membranes are activated using adjoining
electrodes fabricated from gallium metal. The combined CB/PDMS-gallium system is
simple to fabricate and can deliver a stable and uniform direct current (DC) electric field

across the channel.

Gallium Electrode

CB Membrane’ Flow Channel

200pum

Gallium Electrode

Figure 2-5. A bright field image shows the platform design. Two gallium electrodes were
fabricated in parallel next to the main flow channel to deliver electric field into the flow
channel. The sidewalls of the main flow channel were replaced with carbon-PDMS
membrane and isolate metal gallium from contacting with working fluids. The membrane

thickness can vary from 20um to 100um, depending on the required mechanical strength.
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Note that increasing membrane thickness will lead to higher resistance and lower chip
efficiency.

In order to demonstrate the benefits and drawbacks of this new design, we first
performed experiments to determine if PDMS/CB membranes with adjacent gallium
electrodes improve the performance by compared to systems without these features.
Gallium is a low melting point metal that is capable of being injected into a microfluidic
channel in liquid form and solidified to create 3D electrode structures. A major issue
associated with solid metal electrodes is the surface reactions occurring at the electrode-
buffer interface can generate gas bubbles, disturb the flow streams, and lead to an
unstable electric field. Reactions can also lead to electrode corrosion and further sample
contamination. Thus, FFE devices with solid metal electrodes are typically limited to the

low conductive buffers and small voltages.

To determine if PDMS/CB membrane can minimize undesired surface reactions,
we further characterized system performance using cyclic voltammetry (CV), a common
technique utilized in battery and other electrochemical systems study. During CV study,
electrochemical station applies an oscillating potential within the setting range meanwhile
records the corresponding current. Without surface reactions, applied potential and
current remain linear with constant system resistance. Any type of surface reactions can
change overall resistance and result in non-linear CV curves. Surface reactions can be

also detected by current variation under same voltage, showing a gap between two CV
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curves. Typical electrochemistry study requires three electrodes, a working electrode, a
counter electrode and a reference electrode. For current device design, we combined
counter, reference electrodes, and built a two electrodes system. We performed CV study
both on contact metal electrode design and the carbon membrane design in order to
determine if carbon membrane is able to minimize surface reactions. For contact metal
electrode design, both gold and gallium as electrode materials were tested. Applied
potential range is assigned from -1V to +1V with start point at 0V, which means the
applied voltage will ramp up to +1V from 0V, and decrease to -1V, then return to OV.
The corresponding CV curves of gallium and gold are shown in Figure 2-6(a), with
gallium electrode colored in green and gold electrode color in blue. For gallium
electrodes directly contact with working fluid, current scaled linearly within a voltage of
first 0.5V, then started an exponential growth with increasing voltage. During voltage
decreasing, significant current variations were observed, representing surface reaction has
changed electrode conditions. The second half cycle of gallium electrode CV showed
another type of surface reaction occurred when a negative voltage was applied because
the current increased logarithmically with voltage instead of exponentially and a much
lower current was reached. For gold electrodes with direct contact design, the non-linear
relation was once again observed from 0.5V to 1V, meaning surface reactions started to
occur around 0.5V. Unlike the gallium electrode system, the second half cycle of gold
electrode CV curve is symmetrical to the first half. One possible explanation for this

phenomenon is the reaction type happened near two gold electrodes surfaces are same.
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The overall current variations are smaller than gallium system, which means reactions
near the gold surface are not as strong as gallium surface. This observation also agrees
with the metal redox potential, a parameter characterizes metal’s tendency to lose
electrons. Figure 2-6(a) also plots the CV curve acquired with carbon-PDMS membrane
design, shown in red. In this case, carbon-PDMS membrane serves as a secondary
electrode next to gallium metal. It transfers electrons like other electrodes but possesses
much a higher resistance than metallic materials. Thus, the current level recorded in
Figure 2-6(a) is almost zero compared to gallium or gold electrodes. We need to increase
the current level to a similar range by applying a higher voltage to compare the actual
performance of carbon-PDMS membrane to other designs, shown in Figure 2-6(b). We
achieved a similar current range when 10V was applied to the carbon-PDMS system.
Two CV curves collapse to one demonstrating the resistance of the system remains
unchanged, in other words, no surface reactions have happened. We believe carbon-
PDMS membrane maintains the inert nature of carbon and PDMS, unlikely to react with
bulk fluid, thus reduce the possibility of surface reactions. One issue worth noting is the
non-linear relation observed in carbon-PDMS CV curve. Although no surface reactions
were detected, but the current pass through the carbon-PDMS membrane does not rise
linearly as we expected. We assume this nano-composite polymer material behaves slight
differently than normal conductive metal, which need further investigation to determine

the actual mechanism.
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Figure 2-6. Detect surface reactions with cyclic voltammetry. The left graph shows CV
studies of three electrode materials under a same potential range. All three electrodes
directly contact with 1X PBS, which serves as a working fluid. CV curves continuously
record current with given voltages. Current variations under the same potential indicate if
any surface reactions occur and how much the system is altered by surface reactions.
Green curve, represents gallium electrode, has the biggest current variation, meaning the
strongest surface reactions. Followed by blue curve (gold), and red curve (carbon-PDMS).
Current under carbon-PDMS setting was significantly reduced in this voltage range.
Right graph) A higher potential was applied to the carbon-PDMS system in order to raise
current to a comparable level. No current variation was detected under similar current

range, which proved the inert electrochemical property of the carbon-PDMS material.

We proved adding carbon-PDMS membrane does minimize undesired surface
reactions. To evaluate its actual performance during electrokinetic applications, we
performed the free flow electrophoresis experiments with three different types of
microfluidic devices: (1) a device without sidewall PDMS membranes, which represents

the direct integrated design (2) a device with PDMS sidewall membranes but no carbon

powders, representing the insulator-based design and (3) a device with PDMS sidewall
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membranes and carbon powder. We conducted basic free flow electrophoresis (FFE)
separation experiments here in order to determine the effective electric field. For each of
these experiments we flow-focused a fluorescent sample stream in the center of the
microchannel and then an electric field perpendicular to the flow stream was applied.
Fluorescent molecules experienced electrostatic force and start to separate. Thus, we
evaluated how electrode design can impact device stability and efficiency. Note that only
solid electrode designs were considered during this study for the sake of pursuing good

portability.

We first used a device with integrated gallium electrodes separated by micro
channel arrays, shown in Figure 2-7A. The microchannel arrays provide hydrodynamic
resistance in order to prevent gallium from flowing into the main chamber during
fabrication. To perform free flow electrophoresis separation, HEPES buffer with an
electrical conductivity of 120uS/cm and sample mixture of two fluorescent marker were
directed into the chip through device inlets. When a 30V was applied to the electrodes,
gallium began react with the buffer and electrode degradation was clearly observed
Figure 2-7(Al). Electro-thermal flow was also noticeable near electrodes, which lead to
non-linear flow profile. Meanwhile, another big issue associated was the Faradaic
reaction that produced gas bubbles. When we replaced HEPES with high conductivity
PBS buffer (16mS/cm) under the same voltage, a significant amount of gas bubbles were

generated and blocked the entire flow chamber Figure 2-7(A2). Next, we investigated the
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influence of a 100um wide PDMS membrane integrated between the gallium electrodes
and the main flow channel Figure 2-7(B). No electro-thermal flow or buffer electrolysis
was observed for voltages below 1800V Figure 2-7(B1). However, the fluorescent
sample stream remained at the same position when the electric field was on,
demonstrating that the field strength inside the separation channel was not strong enough
to produce effective FFE separation Figure 2-7(B2). We attribute this to the extremely
large resistivity of the PDMS membrane, which can go up to 10713 Qcm. To overcome
the high resistive nature of PDMS, we investigated the influence of carbon black nano-
powder patterned into PDMS Figure 2-7(C). A voltage of 80V was applied across the
electrodes and we observed effective separation of the two fluorescent dyes Figure 2-
7(C1) without any observable electro-thermal flow or bubble generation Figure 2-7(C2).
In comparing all three demonstrated designs, the PDMS/CBs membranes prevent
electrode surface reaction while delivering a sufficient electric field for FFE. Based on
our experiments, we can subject the current PDMS/CBs design up to 160V-200V without
producing Faradaic reactions, which is a significant improvement compared to the direct-
contact design. Furthermore, in case that stronger electric field is necessary, adding
quinhydrone, an oxidization-reduction chemical couple that can adsorb extra free
electrons, can bring the maximum applied voltage to 320V- 400V with a stable electric
field. The chip efficiency was calculated as we previously described. Briefly, we filled up
the main fluid channel with deionized water(DI), which conductivity was measured to be

IuS/cm with a conductivity meter. A high range ohmmeter(Alphalab, Inc, UT)

46



connected to both sides of the electrode channels can measure the total resistance
between two gallium electrode. We described a simple electro current model to
characterize the electric properties of this device. We established an analogue to
represents the electrical setup we used to determine the resistance of PDMS/CB
membrane. Resistance of gallium electrodes can be ignored because of the good
conductance. Rest parts, two PDMS/CB membranes and bulk fluid in flow chamber, are
treated as resistors in series. We can simply calculate the resistance of bulk fluid using

equation.1,
L
R=p- Eql

where p is the resistivity of deionized water, L is the width of fluid chamber and A is the
contact surface area of PDMS/CB and bulk fluid. We determined deionized water

resistivity by taking inverse of the measured conductivity (o).
1
pP= ; Eq2

Chip efficiency can be then calculated with Eq.3,

___Rp
Rmem*Rp

n Eq.3

where R, represents resistance of PDMS/CB membrane and Rj, is the resistance of
Deionized water or other potential working fluid. Note that compared to membrane
resistance, resistance of bulk fluid is relatively small, thus using high resistive fluid, such

as deionized water can significantly improving calculation accuracy by minimizing
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measurement errors. The measured chip efficiency with filled DI water is around 40-
50%, which is comparable to other reported designs. However, we do expect low chip

efficiency when using conductive buffer as working fluid due to a much smaller R, in

Eq.3.

A Micro-arrays B PDMS insulators c PDMS/CB membranes
Gallium Gallium Gallium

O e
Buffer Buffer Buffer

N - e
Gallium Gallium Gallium

- 2

Figure 2-7. PDMS/CB membranes improve the performance of microfluidic FFE devices

compared to systems without these features. (A) A device using micro side-channel
arrays to isolate metal gallium electrode. (A-1) Due to the direct contact between the
gallium electrode and the working buffer, electrode degradation and gas bubble were
noticed under 30 V. (A-2) A much stronger Faradaic reaction occurred when more
conductive buffer (PBS) was used under the same voltage. (B) 100um wide PDMS
membranes were placed between the gallium electrodes and the main flow channel. (B-1)
No noticeable electro-thermal flow or buffer electrolysis below 1800 V. (B-2) No FFE
was observed with PDMS insulators: the position of the fluorescent sample stream
remained in the same position when 1800 V was applied. (C) A device with carbon black
nano-powder patterned PDMS membranes. (C-1) No observable electro-thermal flow or
bubble generation at 80V. (C-2) Effective FFE separation of the two fluorescent dyes was

achieved under the same voltage. Reprinted with permission
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2.5 Fabrication of a new conductive polymer membrane

While liquid electrodes with continuously electrolyte refreshing are very popular
in designing on-chip field delivery system due to the superiorities in ventilation and
cooling, liquid electrodes can suffer from evaporation and require extra pumping units to
maintain stable electrical properties. On the contrary, metal electrodes such as gallium or
gold can easily integrate into microfluidic systems and alleviate these issues. For
portability purposes, we used gallium, a low melting point metal, and directly injected
into a microfluidic channel in liquid form and solidified. As such, they can create 3D
electrode structures with minimal fabrication costs. In this section, we describe how to
integrate these 3D gallium electrodes into PDMS microchannels with conductive

sidewalls for electric field delivery.
2.5.1 Gallium electrodes

Gallium has a low melting point and low viscosity, which makes it a good
candidate for micro electrode. To fabricate each metal electrode, solid gallium metal was
melted and injected into the electrode channels of the microdevice. Briefly, solid gallium
metal (Sigma-Aldrich, 263265) and the PDMS chip were heated on a hot plate at 40 °C.
With a melting temperature of 29.7 °C, the newly melted liquid gallium was loaded into a
I mL plastic syringe and immediately injected into the electrode side channels. Liquid

gallium has a low viscosity (1.37mPa-s) and therefore no PDMS surface treatment was
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required prior to injection. Gallium solidified once cools down to room temperature. In
case that air bubbles are trapped inside electrode channel and cause bad electrical
connections, simply reheat the chip and pressurize the side channel until bubbles
disappear. For circumstances that deadened electrodes are required, gallium filling can be
accomplished by continuously pressurizing the electrode channel with melted gallium.
Electrical connection was made using 0.75 mm diameter copper wire leads inserted into
each electrode injection hole. This method sealed the electrodes into each channel and

created an electrical connection for an external power source.

2.5.2 Prepare carbon blacks nano-composite PDMS

PDMS is an inert polymer that inherently lacks significant conductive properties.
However, conductivity can be increased by combining the elastomer with a conducting
powder, such as carbon black or silver nanoparticles, to create conductive polymer
composites ((127)). When combined with standard soft lithographic techniques,
composites can be patterned into specific structures that are suitable for on-chip
applications (128). For example, Landa et al. (129) created conductive elastomer using
PDMS/nickel powder composites to create a sensitive on-chip pressure sensor and Niu et
al. (130) utilized soft lithography and PDMS/silver nanoparticles to fabricate arrays of
conductive composite-based on-chip circuits. One benefit of this approach is that PDMS

composites inherit increased electrical conductivity, but still retain the elastomeric
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characteristics of PDMS, which allows them to be integrated into microfluidic systems

using soft lithography.

To create conductive PDMS composite membranes, carbon nanopowder (Sigma-
Aldrich, 633100) was combined with PDMS elastomer and mechanically mixed in a
centrifugal mixer (Thinky, ARM 310) at 2000 RPM for 2 minutes. The carbon powder
was added at different wt%, ranging between 5% - 20%, in order to study the influence of
PDMS composite resistivity on device performance. Note that adding carbon powder not
only enhances PDMS conductivity, it also influences physical properties of PDMS, such
as transparency and viscosity. We only added maximum of 20 wt% carbon powder
because PDMS starts to behave like solid material with more than 20% carbon powder

and becomes extremely hard to pattern.

2.5.3 Fabricate device

The electric field delivery design consists of a main flow channel and two
separate electrode-containing channels. The electrode channels are filled with gallium
metal, each of which is fabricated directly against a patterned region of micron-thick
PDMS/CB composite membrane as we previously described. To fabricate the composite
membranes at specific regions within a microfluidic channel sidewall, we employed a
novel multistage soft lithographic process, shown in the process flow diagram in Figure
2-8. First, a negative photoresist, SU-8 3050 (Microchip Corp.), was used to fabricate a

soft lithographic mold with a main flow channel and gallium electrode channels. The
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conductive PDMS composite are prepared following protocol in section 2.5.2. The nano-
composite PDMS gel with different weight percent (wt%) of carbon powder, ranging
between 5% - 20%, was injected into each gap between the electrode channel and the
main flow channel using a 1 mL plastic syringe. Excess gel was immediately removed
from the SU-8 mold using a razor blade and a 1:10 mixture of PDMS elastomer and
curing agent was poured atop the mold and allowed to cure for half hour at 80°C. The
cured PDMS with integrated composite membranes was peeled off the mold. Fluid ports
were punched into each channel inlet and outlet using a 0.75 mm biopsy punch (Ted
Pella, Inc). The microchannel and a glass coverslip (Fisher Scientific, 12-548-5R) were
exposed to oxygen plasma (Jelight, Model 42A), and immediately aligned and sealed
under an inverted microscope. The microfluidic chip was baked for 24 hours at 80°C.
This post-bond baking step improved the PDMS bond strength and prevented membrane

leakage and rupture during operation.
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Figure 2-8. A demonstration of fabricating the conductive membrane and microfluidic
chip. Negative photoresist, SU-8 3050 was spin-coated on a silicon wafer with 50um
height. Then a photo mask covered the SU-8 photoresist before UV exposure. Uncovered

photoresist solidified and remained on the silicon wafer to create a mold for casting. The
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conductive PDMS composite gel was injected into each gap between the electrode
channel and the main flow channel. The excess gel was immediately removed from the
SU-8 mold using a razor blade. A 1:10 mixture of PDMS elastomer and curing agent was
poured atop the mold and allowed to cure for half hour at 80°C. The cured PDMS with
integrated composite membranes was peeled off the mold. The PDMS slab and a glass
coverslip were exposed to oxygen plasma, and immediately aligned and sealed under an

inverted microscope. The microfluidic chip was baked for 24 hours at 80C.
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3 Microfluidic Free-Flow Zone Electrophoresis
And Isotachophoresis Using Carbon Black
Nano-Composite PDMS Sidewall Membranes?

3.1 Overview

We present a new type of free-flow electrophoresis (FFE) device for performing
on-chip microfluidic isotachophoresis (ITP) and zone electrophoresis (ZE). FFE is
performed using metal gallium electrodes, which are isolated from a main microfluidic
flow channel using thin micron-scale polydimethylsiloxane/carbon black (PDMS/CB)
composite membranes integrated directly into the sidewalls of the microfluidic channel.
The thin membrane allows for field penetration and effective electrophoresis, but serves
to prevent bubble generation at the electrodes from electrolysis. We experimentally
demonstrate the ability to use this platform to perform on-chip free-flow electrophoretic
separation and isotachophoretic concentration. Due to the small size and simple
fabrication procedure, this PDMS/CB platform could be used as part of an on-chip

upstream sample preparation toolkit for portable microfluidic diagnostic applications.

iReprinted with permission from Fu, X; Fu, X., Mavrogiannis, N., Ibo, M., Crivellari, F. and Gagnon, Z. R.
(2016), ELECTROPHORESIS. doi:10.1002/elps.201600104

72



3.2 Introduction

Micro-total analysis (LWTAS) platforms that can perform complex fluidic routing,
sample processing and conventional laboratory assays have attracted significant interest
as automated solutions for use in biomolecular and chemical analysis applications. Due to
small scale fluid flows, short residence times and rapid sample processing, uTAS systems
are used in a broad range of applications, including point of care diagnostics [1-3],
metabolic profiling [4,5], cell analysis [6], drug screening [7,8], and environmental
monitoring [9]. Despite significant advances in downstream sample detection technology,
few lab-on-a-chip devices exist that can perform analysis on a raw unprepared sample
[10]. The lack of methods available for on-chip upstream processing and sample
preparation places a large bottleneck to the successful development of fully automated

UTAS systems.

Free flow electrophoresis (FFE) methods are capable of performing preparative
sample preconcentration and separation. In FFE, an electric field is applied across a
flowing sample stream. The field drives charged molecules in solution to
electrophoretically migrate across the channel at a velocity based on their size and
electric charge. Molecules are then continuously collected in distinct separation streams
at downstream microchannel outlets. Unlike classical capillary electrophoresis, which
batch processes discrete plugs of analyte, the sample injection, separation and collection

steps are performed continuously in FFE, making it an attractive candidate for high
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throughput sample processing. FFE, for example, can continuously isolate cellular
components, proteins, peptides and enzymes from complex mixtures [11-13]. Current
microfluidic devices employing FFE, however, are bulky, difficult to fabricate and can
suffer from Joule heating and bubble generation, which can limit their portability and

molecular separation efficiency.

In this work, we demonstrate a new microfluidic platform for performing
microfluidic FFE. Like conventional methods for producing FFE, the strategy described
here uses electrodes integrated within a separation channel to deliver an electric field
perpendicular to the direction of flow. Unlike other methods, however, we use
electrically conductive PDMS/CB composite membranes to isolate electrodes from the
analyte stream. The membranes are activated using adjoining electrodes fabricated from
gallium metal. The combined CB/PDMS-gallium system is simple to fabricate and can
deliver a stable and uniform direct current (DC) electric field across the channel. Using
our proof of concept device we demonstrate the ability to perform on-chip molecular
separation with free-flow zone electrophoresis (FFZE) and preparative sample separation

and concentration using free-flow isotachophoresis (FFITP).

In the first part of this paper, we describe the fundamental electric field and
electrolyte conditions required to produce FFZE and FFITP. We then demonstrate the
benefits of our PDMS/CB membrane and gallium metal electrode design by comparing

FFE performance to designs without insulating membranes and without PDMS integrated
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with carbon black. Finally, we illustrate the capability to drive FFE by presenting

experimental results for manipulating charged fluorescent dyes using FFZE and FFITP.

3.3 Background

Free-flow zone electrophoresis is an FFE method that combines fluid flow with
DC electric fields in order to drive separation of proteins and charged biomolecules in
flowing solution. In FFE, a sample is driven continuously into a separation channel and
an electric field is applied perpendicular to the direction of flow. The combination of
hydrodynamic molecular advection and perpendicular electrical fields produces a
combined force vector that drives charged molecules to migrate at an angle dependent on
both the magnitude of the flow velocity and the molecule electrophoretic mobility. When
two molecular species have different mobilities, the resulting analyte vectors are at
different angles and each species is separated continuously at the outlet of the separation

channel.

Isotachophoresis is another well-established electrophoresis technique that serves
as a method for charged molecular separation and concentration. In ITP, a sample
containing one or more species of charged molecules is placed within a terminating
electrolyte (TE) solution, which has a low electrophoretic mobility relative to the species
in the sample. Separation is performed by placing the sample solution adjacent to a
leading electrolyte (LE), which has ions with greater mobility than the TE and the sample

molecules. When an electric field is applied, target molecules with an intermediate
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mobility between the LE and TE electrophoretically migrate and stack into concentrated
bands in the order of their mobility at the TE/LE interface. ITP has been used both as a
batch method in capillary electrophoresis and continuously [14] using FFE to drive the
separation of many types of charged molecules including nucleic acids from whole blood

[15, 16], protein separation [17], and analysis of pathogenic bacteria [18, 19].

Despite significant research and development, current FFE methods still have
several limitations. Because the electric field can often produce a high current in the
electrolyte solution, FFE systems often suffer from Joule heating, bubble generation and
unwanted electro-osmotic flow, which can lead to band broadening and reduced
separation resolution. Several approaches have been reported in literature seeking to
alleviate these challenges. One method is to simply reduce the voltage applied to the
electrodes inside the separation channel to avoid buffer electrolysis. While effective, this
places limits on separation efficiency [20]. Others have used chemical additives such as
quinhydrone to alleviate electrolysis and gas bubble generation [31]. Another method is
to use conductive liquid electrodes. To allow for large voltages, but prevent bubbles from
entering the main flow channel, liquid electrodes are isolated using a large series of
microscale channels [21-23] or acrylamide gel membranes [24-26]. However, gel
membranes have poor mechanical strength and drying problems, while microchannel
networks require precise flow control to prevent the electrode solution from leaking into

the main flow channel.
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Another strategy is to use solid electrical insulators, such as thin glass sidewall
membranes, to separate electrodes from the main separation channel [27]. When a
voltage is applied, a stable electric field forms inside the channel without producing
bubble generation or Joule heating. However, a significant portion of the applied voltage
is dropped across the insulating membranes, and limits the efficiency of the device.
Recently, Song et al. reported the ability to tune the electrical conductivity of sidewall
membranes using microbeads [28]. This method was successful in producing stable FFE,
but requires significant fabrication and is currently not capable of being mass produced

for wide scale use.

While many FFE designs use liquid electrodes with mechanical isolation to
prevent electrolytic products and Joule heating from impacting device performance,
liquid electrodes can suffer from evaporation and require extra pumping units to maintain
stable electrical properties. On the contrary, metal electrodes such as gallium or gold can
easily integrate into microfluidic systems and alleviate these issues. Gallium, a low
melting point metal, is capable of being injected into a microfluidic channel in liquid
form and solidified. As such, they can create 3D electrode structures with minimal
fabrication costs [29]. In the next section we describe how to integrate these 3D gallium
electrodes into PDMS microchannels with conductive sidewalls for use as FFE

electrodes.
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3.4 Materials and Methods

3.4.1 Device Fabrication

Here, we show the fabrication and operation of our conductive membrane-based
FFE microfluidic platform. Each microfluidic FFE device, as shown in Figure 3-1a,
consists of a main flow channel and two separate electrode-containing channels. The
electrode channels are fabricated directly against patterned regions of PDMS/CB
membranes. To locally pattern each membrane, we used a multistage soft lithographic
process we have reported previously [30]. Briefly, we fabricated a soft lithographic
microchannel mold using a negative photoresist, SU-8 3050 (Microchem Corp). Each
device consisted of a main flow channel 1 mm in width and two gallium electrode
channels separated from the main flow channel by a 100 micron-thick gap (Figure 3-1b).
To create local conductive CB membranes within these gaps, carbon nano-powder
(Sigma-Aldrich, 633100) was combined at a 1:5 weight ratio with PDMS elastomer and
mechanically mixed in a centrifugal mixer (Thinky, ARM 310) at 2000 rpm for 3 min.
The resulting nano-composite gel was then injected into each gap using a 1ml syringe.
After removing the excess gel using a razor blade, a 1:10 mixture of PDMS elastomer
and curing agent was poured atop the mold and allowed to cure for an hour at 85°C. The
cured PDMS slab was gently peeled off the mold and fluid ports at each channel inlet and
outlet were punched using a 0.75 mm biopsy punch (Ted Pella, Inc.). The device and a

glass coverslip were exposed to oxygen plasma (Jetlight, Model 42A) and immediately
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aligned and sealed under an inverted microscope. Finally, the chip was baked for 24
hours at 85°C to improve PDMS bond strength and prevent membrane leakage during
use. The resulting chip consisted of a main flow chamber 1 mm wide and 1 cm long
integrated with CB sidewall membranes on each side. Each flow channel has five fluid
inlets, five outlets and two side electrode channels. Fluid flow was driven into each inlet

using a custom built constant pressure flow controller.
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Figure 3-1. Microfluidic device used to perform microfluidic free-flow electrophoresis.
(A) The FFE device contains five fluidic inlets and five outlets used to perform on-chip
zone electrophoresis and isotachophoresis. Electrodes on each side of the separation
channel are used to apply an electric field perpendicular to the flow direction. (B) A
micrograph of the electrodes surrounding the microchannel. Each gallium electrode is

isolated from the flow channel by a 100 micron-thick PDMS/CB composite membrane.
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3.4.2 Chemicals and Reagents

All chemicals used in this work were purchased from Sigma-Aldrich unless
otherwise stated. For the FFZE experiment, the working buffer solution contained 10 mM
4-(2-hydroxyethyl)-1-piperazineethanesulfonic acid (HEPES) with 20mM Bis-Tris, 1%
Tween 20 and 0.1% hydroxypropylmethylcellulose (HPMC) (pH 6.8). HPMC is a soluble
polymer that is added to the electrolyte to suppress electro-osmotic flow and Tween 20
serves as a surfactant to reduce adsorption of molecules to the microchannel surface. For
the FFITP experiments, the leading electrolyte (LE) solution contained 10 mM HCI,
20mM Bis-Tris, 1% Tween 20 and 0.1% HPMC. The terminating electrolyte (TE)
solution was comprised of 10mM HEPES, 20mM Bis-Tris, 1% Tween 20 and 0.1%
HPMC. FFE experiments were performed using charged fluorescent dyes - fluorescein,
Alexa Fluor 591, Alexa Fluor 488 (Lifescience technology) and rhodamine B. Stock
solutions (1 mg/mL) were prepared in advance and working buffers were prepared
immediately prior to experiments by adding fluorescent dyes to the electrolyte solutions.
I mg/mL p-benzoquinone and 1 mg/mL hydroquinone were added to the buffer solutions
right before experiment to avoid bubble formation when large voltage (>200 V) was

applied.

3.4.3 Free-Flow Zone Electrophoresis

To perform FFZE, the working electrolyte was driven into both inlet 2 and inlet 4

at a flow rate of 2 pl/min. The sample stream containing fluorescein and rhodamine B
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was introduced between these two fluid streams using inlet 3, which was
hydrodynamically focused at a flow rate of 0.5 puL/min (Figure 3-3a). The quinhydrone
was introduced into inlets 1 and 5 at 2 pL/min. A high voltage power supply (PS325,
Stanford Research System, CA) was wired to the electrode pair to create the necessary
electric field in the main flow channel. When the power supply was turned on, the
resulting potential difference created an electric field perpendicular to the direction of
flow and forced fluorescent dye in solution to electrophoretically migrate across the

microchannel.

3.4.4 Free-flow Isotachophoresis

FFITP concentrating experiments were conducted by adding Alexa 488 into the
TE and co-flowing this solution with the LE. All fluids were driven into device inlets at 2
puL/min. The LE was directed into inlet 2 and the dyed TE was driven into the main flow
chamber using inlet 4. The quinhydrone was mixed with the LE and TE and pumping
continuously into inlet 1 and 5, respectively. The unused inlet 3 was blocked during
experiment. Again, a positive voltage was applied to the electrode adjacent to the LE and
the electrode near the TE was grounded. The electric field was used to drive the charged
Alexa 488 to rearrange and stack at the interface between the LE and TE (Figure 3-5a).
To demonstrate FFITP separation capability, a similar experimental procedure was

performed by replacing Alexa Fluor 488 with Alexa Fluor 591 and fluorescein.
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3.5 Results and Discussions

3.5.1 Free flow zone electrophoresis

We next used our PDMS/CB design to perform on-chip FFZE to separate
fluorescein and rhodamine B (Figure 3-3a). The separation chamber was primed with
HEPES buffer to purge air from the device. Sample mixture was flow-focused into a thin
stream in the channel center (Figure 3-3b). When we applied a potential of 80V across
the channel, fluorescein separated from the sample stream. Because fluorescein is
negatively charged at a pH of 6.8, shown in green, it was driven towards the positively
charged anode while rhodamine B, in red, was neutral at pH 6.8 and remained unaffected
by the electrical field (Figure 3-3c). The separation distance between the two dyes
increased as the solution flowed down the separation device. Due to a high
electrophoretic mobility, the time required for fluorescein to reach a steady free-flow
separation took less than one second. We reversed the field direction and observed the
same result except with fluorescein migrating in the opposite direction. In both cases, no
noticeable EO flow was observed. A plot of fluorescent intensity as a function of channel
width is shown in Figure 3-4. When the field was applied, the green fluorescent peak
(fluorescein) shifted to the right while the red peak (thodamine B) remained fixed in its

original position.
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Figure 3-2. Microfluidic free-flow zone electrophoresis. (A) Schematic of the experiment
used to separate two different fluorescent dyes. (B) A stream of fluorescein and
rhodamine B are flow-focused in the center of the microfluidic separation channel. (C)
An electric field is applied across the channel and negatively charged fluorescein
electrophoretically migrates across the channel width, separating from the neutral

rhodamine B.
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Figure 3-3. Comparison of the fluorescent intensity profile at the cross section of the

microfluidic channel with (A) the electric field off and (B) the electric field on.

3.5.2 Free flow isotachophoresis

We also used our PDMS/CB platform to perform free flow isotachophoresis. FFITP is an
effective FFE technique for the separation and concentration of charged molecules. We

performed experiments using the negatively charged fluorescent molecule Alexa Flour
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488. To perform ITP, the LE, TE and quinhydrone solutions were driven through the
device. When an electric field was applied across the microchannel from the LE to the
TE, Alexa Fluor 488 concentrated at the LE-TE interface (Figure 3-4). The width of the
concentrated band decreased as the applied voltage was increased. A micrograph
illustrating ITP concentration at 200, 300 and 400V is shown in Figure 3-4(b-d) with
corresponding intensity plots in Figure 3-4e. As a control experiment, we replaced the LE
and TE with deionized water. Under these conditions, Alexa Fluor 488 was observed to
migrate across the entire channel to the opposite sidewall and no concentration was
observed, demonstrating the mechanism responsible for interfacial concentration was

ITP.
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Figure 3-4. Concentration by microfluidic free-flow isotachophoresis. (A) Schematic of

the experiment used to concentrate fluorescent Alexa Fluor 488 dye at the interface

between the leading electrolyte (LE) and terminating electrolyte (TE). An electric field is

applied across the channel and fluorescent micrographs were taken at the TE/LE interface

at (B) 200 V, (C) 300 V, and (D) 400 V. (E) Comparison of the fluorescent intensity

profile at the cross section of the microfluidic channel for each voltage applied.

87



We next investigated the ability to perform ITP separation using two different
fluorescent molecules - Alexa Fluor 591 and fluorescein — to simulate two different
charged biomolecules. Both markers were mixed into the TE, as previously described,
and introduced into the separation chamber. Before an electric field was applied, the
stream appeared orange under confocal microscopy, with a uniform mixture of Alexa
Fluor 591 (red) and fluorescein (green) across the flow channel (Figure 3-5a). When 300
V was applied across the channel, both the fluorescein and Alexa Fluor 591 migrated
towards the LE-TE interface (Figure 3-5b). Alexa Fluor 591 has a higher electrophoretic
mobility than fluorescein, and was observed to migrate faster in the applied field. Thus,
we observed two focused fluorescent bands formed in the center of the channel, with the
red Alexa Fluor 591 forming against the interface and fluorescein stacking directly
behind. Micrographs of the interface and the ITP stacking are shown in Figure 3-5¢ and
5d, respectively. The fluorescent intensity profiles before (Figure 3-5¢) and after the field
is applied (Figure 3-5f) illustrate the ability to use this device to perform ITP separations.
Concentration enrichment was observed during separation, where the peak intensity of
Alexa Fluor 591 and fluorescein were increased by 2 and 1.5 fold, respectively. The
enrichment of FFITP may be limited due to the total amount of ions available inside
separation chamber and the separation residence time. However, FFITP separation offers
a means to perform molecule separation and enrichment simultaneously with a much
higher sample processing rate, which makes it a potential candidate for on-chip sample

pretreatment.
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Figure 3-5. Isotachophoretic separation of Alexa 591 and fluorescein dyes. (A) A mixture
of each dye in the TE flows adjacent to the LE. (B) An electric field is applied across the
two fluid streams and the two fluorescent dyes stack against the LE/TE interface. (C) A
micrograph of the interface with no electric field applied and (D) with the electric field
applied. The fluorescent intensity profile of the TE/LE interface taken with the (E) field
off and (F) the field on.

3.6 Conclusions

In this work, we have demonstrated an approach for using PDMS/CB membranes
for performing free-flow electrophoresis in microfluidic channels. Typical microfluidic
FFE methods use networks of resistive side-channels, conductive acrylamide gels,
mechanical resistors, or shallow-deep channel banks, to improve separation efficiency
and prevent bubble electrolysis from impacting separation performance. However, these
designs can be bulky, suffer from electrode evaporation, and require significant
fabrication steps to produce. Our FFE design uses metal gallium electrodes and patterned
carbon black PDMS membranes to produce local, three dimensional DC electric fields
without Faradaic reactions or electrothermal flow. We demonstrated this device’s
capability to suppress common FFE issues without inhibiting FFE separation efficiency,
and used this electrode system to perform FFZE separation, FFITP concentration, and
FFITP separation. This new platform has potential to provide a low-cost and portable
method for on-chip sample preparation for portable diagnostics and environmental

monitoring applications. Compared to previously reported FFE devices for on-chip
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separation and concentration, the gallium-PDMS/CB membrane design offers an
inexpensive and portable solution for performing microfluidic FFE. The devices are easy
to fabricate compared to traditional methods that use resistive gels or glass membranes
and the PDMS membrane can be tuned to a desired electrical and/or mechanical
properties according to specific experimental requirements by adding different nano-
materials to the elastomer. Future work will focus on using this platform for performing

on-chip sample preparations in real-world samples including blood serum and urine.
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4 Microfluidic Pumping, Routing And Metering

By Contactless Metal-Based Electro-Osmosis®

4.1 Overview

Over the past decade, many microfluidic platforms for fluid processing have been
developed in order to perform on-chip fluidic manipulations. Many of these methods,
however, require expensive and bulky external supporting equipment, which are not
typically applicable for microsystems requiring portability. We have developed a new
type of portable contactless metal electro-osmotic micropump capable of on-chip fluid
pumping, routing and metering. The pump operates using two pairs of gallium metal
electrodes, which are activated using an external voltage source, and separated from a
main flow channel by a thin micron-scale PDMS membrane. The thin contactless
membrane allows for field penetration and electro-osmotic (EO) flow within the
microchannel, but eliminates electrode damage and sample contamination commonly
associated with traditional DC electro-osmostic pumps that utilize electrodes in direct
contact with the working fluid. The maximum flow rates and pressures generated by the
pump using DI water as a working buffer are 10nL/min and 30 Pa, respectively. With our
current design, the maximum operational conductivity where fluid flow is observed is
0.ImS/cm. We experimentally demonstrated the ability to quantify micropump electro-

osmotic flow rate and pressure as a function of applied voltage, and developed a

b Reprinted with permission from Fu, X; Fu, X., Mavrogiannis N., Gagnon, Z., ” Microfluidic Pumping,
Routing, and Metering by Contactless Metal-Based Electro-osmosis”, Lab on a Chip, (2015), 15, 3600-
3608
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mathematical model capable of predicting the performance of a micropump for a given
external load and internal hydrodynamic microchannel resistance. Finally, we showed
that by activating specific pumps within a microchannel network, our micropumps are

capable of routing microchannel fluid flow and generating plugs of solute.
4.2 Introduction

The development of robust and portable microfluidic platforms capable of
complex fluidic routing and handling operations without requiring external laboratory
equipment is an important requirement for the next generation of portable micro total
analysis systems (TAS, or lab-on-a-chip)!. Many microfluidic platforms have been
developed that are capable of performing on-chip fluidic pumping?, valving®, mixing* and
routing’. A popular method, known as microfluidic large-scale integration (LSI)®, for
example, utilizes thousands of integrated pressure-actuated elastomeric pumps and valves
to handle fluidic operations. Another platform uses centrifugal forces to drive fluid flow
within a network of microchannels valves situated atop a rotating microfluidic disk’.
Others have used on-chip surface acoustic waves® and electrical forces’ to perform on-
chip fluidic operations. The past two decades in particular have demonstrated the
effectiveness of these and other microfluidic platforms as enabling systems for
performing fluid routing, mixing, and pumping for applications including nucleic acid
extraction'’, protein crystallization'!, immunoassays'?, single cell analysis'®, and high
throughput genetic screening'*. The majority of these platforms, however, require large
supporting equipment, which confine their usefulness to the laboratory, and are typically
too large and expensive for use in portable environments, rural areas, and for general use

by consumers. Applications suited for use in more portable settings (e.g. point-of-care
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diagnostics) are limited due to the lack of robust and portable microfluidic platforms. The
development of microfluidic lab-on-a-chip (LOC) systems that are portable, but still
capable of performing a robust set of fluidic-based unit operations, is therefore an
important aspect of microfluidic research. Progress in this area is largely limited due to
inherent difficulties in performing desired tasks, such as fluid pumping and metering,
without the need for large external driving systems. In terms of developing portable
microfluidic systems for diagnostics, personalized medicine, and environmental

monitoring, fluid manipulation technology is a central bottleneck in reaching this goal.

Micro-pumps can be generally divided into two categories: displacement pumps
and kinetic pumps!®>. Displacement pumps, also known as mechanical pumps, utilize
moving part such as membranes and valves to induce fluid flow. At the microscale,
however, they often suffer from mechanical failure due to fouling or loss in membrane
elasticity'®. Kinetic pumps convert kinetic sources such as electromagnetic, thermal or
chemical energy into fluid momentum to drive flow. Common types of kinetic pumps
include electrohydrodynamic'’, electrokinetic?, magnetohydrodynamic!'®,

thermomagnetic'®, electro wetting?® and electrochemical®'.

Electrokinetic pumps in particular use electrical forces to induce electro-osmotic
(EO) fluid flow and offer a popular alternative to mechanical displacement micropumps.
Typically, however, EO pumps require direct contact between electric field-generating
electrodes and a working fluid. When a direct current (DC) voltage is applied, Faradaic
reactions occur at each electrode surface, which can lead to uncontrolled electrothermal
fluid flow?, electrode damage, and sample damage®® from pH generation** and Joule

heating®.
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Recently, a new type of contactless electrode device was developed for use in
dielectrophoresis (DEP) by Sano et al?®. In contactless DEP (cDEP), two conductive
electrolyte channels serve as liquid electrodes, which are physically isolated from the
main flow channel by a thin PDMS membrane. The application of an alternating current
(AC) or DC voltage source across the liquid electrodes allows for electric field
penetration through the membrane and into the main flow channel. This contactless
approach eliminates Faradaic reactions and buffer contamination issues associated with
traditional metal electrode systems, and has been successfully used for dielectrophoretic
particle and cell sorting, and very recently demonstrated for microchannel electro-
osmosis. Currently, however, these contactless devices have been based on external
liquid electrodes. While effective, liquid electrodes lack the required features necessary
for creating a portable microfluidic platform. First, liquid can suffer from liquid
evaporation and cannot be reliably transported. Second, they require fluid injection ports
and pipette tips to maintain electrical contact, and inherently possess a large operational
footprint on-chip, which currently limits the number of active devices that can be

effectively fabricated on a single chip.

Here, we present a new type of contactless direct current (DC) micropump for on-
chip liquid pumping, routing, and metering that has the potential of being developed into
a portable microfluidic fluid-handling platform. Instead of using liquid electrodes, our
micropump design is based on 3D gallium metal electrodes fabricated directly into the
sidewalls of microfluidic flow channels, and separated from the active flow region by a
thin micron-scale PDMS polymer membrane (Figure 4-1a). To create an electric field

within the main microchannel, two difference voltages are applied to each electrode pairs
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(V1 and V2). The resulting electric field drives an electro-osmotic flow within the flow
channel in the direction of the field applied. In terms of more portable fluid pumping and
routing, the presented metal-based electrode design is a significant improvement over
existing contactless electrokinetic devices that utilize liquid electrolyte electrodes. Most
importantly, unlike liquid-based electrode designs, our metal-based contactless approach
is scalable. Specifically, we demonstrate the ability to fabricate and independently
operate multiple micropumps on a single microfluidic device for fluid pumping, routing,
and metering. With the ability to activate and route fluid flow at different pumping
locations on-chip independently over a microfluidic network, it is important to
understand how to characterize and measure the contactless pump working capacity.
With this in mind, we present two different microfluidic channel designs — a closed
microfluidic circulating “loop” and a “T-shape” channel — with supporting theoretical
pumping models to quantify the contactless pump working capacity under varying
hydrodynamic loads. The closed circuit “Loop” is used to measure the flow rate in a fluid
network with a known hydrodynamic resistance, which simulates microchannel systems
solely driven by internal micropumps. Alternatively, the “T-shape” channel design is
used to measure the pump working capability under pump maximum pressure, which

characterizes the full pump working capability.

The first part of this chapter is an analysis of contactless electro-osmotic flow
within a microchannel. The governing fluid transport equations are formulated and used
to derive relations describing electro-osmotic flow rate in the presence of an arbitrary
hydrodynamic resistance within a microfluidic network. These equations are then

combined with an electrostatic model for our contactless electrode design, and utilized to
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describe the relation between the applied voltage and the resulting induced electro-
osmotic pressure. In the second part of this work, electro-osmotic flow rate experiments
for two different microfluidic geometries are presented and combined with our
contactless micropump model to quantitatively characterize the on-chip micropump.
Finally, we demonstrate the usefulness of our gallium contactless micropumps by using

them to perform microfluidic fluid routing and solute plug generation.
4.3 Theory

4.3.1 Electro-osmosis pump

In this section, we derive the theoretical formulation for electro-osmotic flow
within a microfluidic channel and develop equations to relate the applied micropump
voltage drop across a set of microchannel electrodes to that of the pressure gradient and

flow rate produced by the electro-osmotic pump.

Electro-osmosis is an electrokinetic technique for pumping fluids in microfluidic
channels.31 Solid-liquid surfaces tend to develop surface charge when in contact with
aqueous liquids. This surface charge attracts counter-ions of opposite charge and repels
co-ions of similar charge, and an electrical double layer (EDL) is formed. The resulting
ionic double layer possesses a non-zero charge density and screens the solid surface
charge over a characteristic Debye length. When an external electric potential, , is
dropped parallel to the EDL, the ions suffer a Coulombic force and move towards the
electrode of opposite polarity. This creates motion of the fluid near the wall and transfers

momentum into the bulk fluid. Assuming the applied electric field is uniform inside the

101



EDL, the flow is unidirectional, and there is no external applied pressure gradient, the

Stokes equations can be written as ,

where e, and Ewan are the fluid viscosity and electrolyte permittivity, and applied
tangential electric field at the channel wall, respectively. In the absence of any external
pressure gradient, the flow field within the EDL is adequately described though a balance
between viscous stress and electric body force, and Eq. (1) can be integrated with a no

slip condition at the wall (y=0) and a far-field condition that ¢ —> 0 as y — oo to give:

E
uslip = - Iuwall (¢_ ¢wall) (2)

Here, the wall potential, ¢Wa” =( g V' , varies across the Debye length, A, , which

exponentially approaches a Smoluchowski’s slip velocity outside the diffuse layer,

— gEWaII§ (3)

u =
EO
U

where ¢ is the zeta potential at the channel surface. For a channel of width, w, and height,

d, the total electro-osmotic flow rate, QEO, is calculated by integrating Eq. (3) over the

channel cross-section area:

E
Q. = -2wd = (4)
u

For the case where a micropump must drive fluid flow against a hydrodynamic

load (e.g. within a network of microchannels), a backpressure is generated and the fluid
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flow is reduced. A combination of EO flow and this counter backpressure is known as
“frustrated” flow’, and for a slot-shaped microchannel (i.e. the channel width is much
larger than the height, w >> 2d) the total frustrated flow rate is a linear combination of

EO and pressure driven back flow,

E
_j| —2wd & Wallé/ (5)
oX Y7,

2wd® | 6P

Q-2
3u

Mlustrated in Figure 4-1a, for a given applied voltage drop, AV , dropped over an

electrode separation length, Lg, the electric field at the wall is AV/L_. The back
pressure gradient varies linearly along the micropump length, and can be written as
AP [ L_. The maximum pump pressure can be derived using Eq. (5). Setting Q=0, which

is the case for a closed microchannel®?, the maximum EO-induced pump pressure can be

written as:

3
AP = Meo py (6)

max d2

In contrast, the maximum flow rate can be calculated by setting :
AV
Q . =2wdu_,— .(7)
LE
Microfluidic channel designs that either of these two extreme cases are rare; neither the

pressure nor net flow rate are zero. Combining Egs. (5-7), a relation linking pumping

flow rate and pressure is obtained:

£+i=1 . (8)
AP Q

max max
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The induced flow rate, Q, is related to the pressure drop, AP, through the flow channel

hydrodynamic resistance, Rh,
AP =QR, .(9)

For a channel with a rectangular cross-section of height, h, width, w, and the condition
that h > w, the hydrodynamic resistance over the total channel pumping length L is given

by 33,34

3 12,ul
" wh’(1-0.63h/w)

(10)
Egs. (6-9) can be combined to derive the linear pump curve for the net flow rate and
applied voltage of an EO pump,

B 6wduu,,
2wd3Rh —3ul,

AV. (11)

4.3.2 Voltage Drop Across a PDMS Membrane

Contactless micro pumps share similar electro-osmotic principles with traditional

EO pumps, however, the high resistive PDMS membrane serves to reduce the potential

drop within the microchannel (AV') from that of the total potential applied (AV,

otal

). We

apply a simple electro-current model to determine the relationship between the potential
applied and the potential within the microchannel. The electrical resistance, R, of the

PDMS membrane is related to the material resistivity (o), the membrane length (L),

and cross-section area (A), as R = (me / A) . In the absence of counter ion screening at

the PDMS membrane surface, the electrical resistance of each PDMS membrane (R, )
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and bulk fluid (R

g ) are calculated based on the equation above. By Ohm’s law, the

effective voltage drop across the working fluid is

R
AV=AV_—mid  (]2)

total
total

where Riota=RprpMms + Riuid.

When a DC voltage is dropped across the PDMS membrane, however, counter

ions in the working electrolyte will accumulate at the PDMS-liquid interface, create an
induced screening potential (¢, ) and reduce the magnitude of the electrostatic field in the

main channel. The magnitude of this screening effect is a function to the applied electric
field and counter ion concentration in the electrolyte solution. If the ion concentration is
large enough, the applied field will be completely screened from the microchannel, and
no electro-osmotic flow will be observed. If the applied voltage is large enough and able
to exceed the screening potential, however, an electric field will penetrate into the bulk

and impart an electro-osmotic slip velocity at the PDMS membrane surface.

A more general expression must take into account this screening potential, and
link the total applied voltage to the voltage generated within the working flow channel,

R
AV:A\/totalﬁ_¢s' (13)

total

Eq. (13) can be combined with Egs. (6) and (11) to give relationships between the applied
voltage, the maximum pump pressure, and the net flow rate. We will use these

expressions to quantify pump performance for each given microfluidic geometry. In this
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work, we experimentally determine the screening potential from our experimental pump

curves.

4.4 Materials and Methods

In this section, we describe the methods used to fabricate the microfluidic devices
with integrated gallium metal electrodes, and how to operate these pumps with a high

voltage external DC power supply.
4.4.1 Microfluidic Chip Fabrication

Each microfluidic pump consists of a flow channel, which is electrically isolated
from four separate electrode channels by a thin PDMS membrane (Figure 4-1a). The
entire device was fabricated using common soft lithographic techniques. Briefly,
microchannels were fabricated in PDMS (Momentive, RTV 615A). A 1:10 mixture of
PDMS elastomer and curing agent was poured atop a lithographically fabricated SU-8
3050 (Microchem Corp.) polymer mold, cured and gently peeled off. Fluid ports were
punched into the PDMS using a 0.75 mm biopsy punch (Ted Pella, Inc.). The
microchannel and coverslip were exposed to oxygen plasma (Jelight, Model 42A),
immediately aligned and sealed under an inverted microscope, and baked for 24 hours at

80 °C. This post-bond baking step improved the PDMS bond strength and prevented

PDMS membrane leakage and rupture during pump operation. The completed device
consisted of a main flow channel 300 m wide and 50 um high with four galium electrode
channels 900um wide, each separated by a thin PDMS membrane, 45um in thickness

(Figure 4-1b).
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To fabricate each metal electrode, solid gallium metal was melted and injected
into the side channels of the microdevice. Briefly, solid gallium metal (Sigma-Aldrich,
263265) and the PDMS chip were heated to 40 ‘Con a hot plate. With a melting
temperature of 29.7°C, the newly melted liquid gallium was loaded into a 1 mL plastic

syringe and immediately injected into the electrode side channels. Liquid gallium has a
low viscosity (1.37mPa-s)35 and therefore no PDMS surface treatment was required prior
to injection. Electrical connection was made using 0.75 mm diameter copper wire leads
inserted into each electrode injection hole. This method sealed the electrodes into each
channel, and created an electrical connection for an external power source. With this

fabrication process, multiple micropumps could be fabricated and utilized on a single
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Figure 4-1. Schematic of a gallium metal contactless micropump. (a) A top view of a

microfluidic chip.
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single pumping device. Each micropump contains four gallium electrodes separated from
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the microchannel by a thin PDMS membrane. (b) A micrograph of a pair of electrodes
surrounding a microchannel. Each electrode is 900 um wide, separated from the main

channel by a 45 pm thick PDMS membrane.
4.4.2 Reagents and Electrical Parameters

The pumping experiments were conducted using deionized water (DI). Silica
particles and fluorescent dyes were used to image the induced electro-osmotic flow field
and to quantify the fluid velocity. When using particles as flow tracers, 1.7 um silica
microparticles (Corpuscular Inc.) were diluted to 0.005% (w/v) in DI water. Zeta
potential of the silica particles were measured to be -29.6 mV (Zetasizer , Malvern
Instruments Ltd). Red and green fluorescent solutions were made by combining 100 pl
stock solutions of Alexa Fluor 488 (green) and 594 (red) with 4 mL DI water. Both ionic
fluorescent dyes and charged particle tracers can influence the electrical conductivity of
the fluid, which could influence the accuracy of our theoretical calculations. Both ionic
fluorescent dyes and charged particle tracers can influence the electrical conductivity of
the fluid, which could influence the accuracy of our theoretical calculations. To take this
into account, we based our pumping theory on the electrical conductivity of the
fluorescent solutions and particle suspension used in this work. The electrical
conductivity of fluorescent solutions and particle suspension used were 1uS/cm and -
2uS/cm, respectively. The PDMS zeta potential used in our calculations was based on a

low conductivity buffer at neutral pH: -30 mV.3!
4.4.3 PDMS Membrane Resistivity

The electrical resistivity of PDMS is needed to calculate the effective voltage

drop across the main flow channel (Eq. 13) and is an important parameter in determining
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pump capability. The electrical resistivity of PDMS has been previously reported to be on
the order of 10'* Q-cm.?’ However, there is a wide range in reported values, and the
electrical resistivity of a polymer can vary with temperature and mechanical stress.*®
After plasma bonding PDMS to a glass substrate and baking for 24 hours, we measured
the resistivity of the PDMS membrane for each device using a high resistance ohmmeter
(Alpha Labs Inc, Model HR2). The PDMS membrane resistivity in our loop device was
5.1x10'® Q-cm and in the T-channel device it was 5.6x10'". It is important to note,
however, that we observed that PDMS post-bond baking time influences the PDMS
resistivity. As baking time increases from 1 hour to more than 48 hours, the resistivity of

PDMS membrane ascends from 10° Q-cm to 10'* Q-cm, and approaches the reported

value of PDMS resistivity.

Based on the measured fluid and PDMS resistivity, the resistance ratio given in

Eq. (13), Rﬂ“’d/ Rioa , for the microfluidic loop and the T-channel used in this work were

1.2x1073 and 2.2x1073, respectively.
4.4.4 Pump Operation

Each individual micropump was composed of four gallium electrodes, as shown
in Figure 4-1a. To operate the pump, a high voltage power supply (PS325, Stanford
Research System, CA) was wired to two separate electrode pairs — a high positive voltage
(V1) was delivered to one pair, while the other two electrodes were connected to ground
(V2). When the power supply was activated the two pairs of electrodes served to create a

uniform electric field down the flow channel, which induced electro-osmotic flow in the
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direction of the applied field. Reversing the polarity of the electrode array can therefore

reverse the flow direction.

4.4.5 On-chip pump control

To automate the activation and operation of each micropump, a LabVIEW based
interface was established to achieve independent control of each pumping module. A 24
channel DIO USB controller (24R Elexol, Australia) was used to send user-controlled 5V
digital signals to a customized 12 volt PCB driver board. Each 12V signal was then used
to activate a series of high voltage relays (Cynergy, DAT70510) that were connected to
the high voltage DC power supply (PS325, Stanford Research System, CA). When a 12
volt signal was delivered to the relay, a DC high voltage (0.4 — 2.0 kV) was then

delivered to a specific on-chip micropump.

4.5 Results and Discussions

4.5.1 Pump Characterization in a Closed Microfluidic Loop

First, experiments were performed on single pump within the microfluidic-closed
loop with sealed inlet and outlet ports. In this microfluidic geometry, the back pressure
within the loop is created by the pump, and the resulting flow rate is dictated by a
combination of induced pump pressure and the microfluidic channel resistance, as
described previously by Eq. (11). To quantify the total pump flow rate in terms of the
applied voltage for a single device, flow experiments were performed using a single
micro pump within the loop (Figure 4-2a). Fluid velocity was tracked by measuring the
trajectories of individual microparticle tracers suspended within the working fluid.

Because the particles are negatively charged and exhibit electrophoresis in a DC field, we
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tracked particle motion on the opposing end of the loop to ensure that the electric field
did not influence their motion. The fluid flow rate was calculated by equating the average

fluid velocity with that of the channel cross-section area.

(a) Microfluidic Loop (b) Microfluidic T-Junction

Pump 1 R . L R
Inlet 1 e L S /
$ | %
" —_—
QEK QP1

(d) QP1 o Q.EK
‘: = p PUMP ON

Inlet 2
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Figure 4-2. Microfluidic devices used to quantify the pumping flowrate vs voltage. (a) A
microfluidic loop design with two integrated micropumps (1 and 2) is used to
characterize pump performance under a fixed microchannel hydrodynamic resistance. (b)
A microfluidic T-junction device is used to measure pump pressure under zero net flow
rate. Two fluid streams are driven into the device using an external constant pressure
source. (¢) When the no pump is active and the flow rate of each stream is equal, the
interface between the two fluid phases is centered within the main fluid channel. (d) The
right-most pump is activated to completely cancel the pressure driven flow of the right-
most fluid stream. When the pump flow rate is equal and opposite the pressure driven
flow rate, the flow of this stream ceases and the interface position shifts towards the

active pumping channel.

111



As is typical of traditional EO flow, shown in Figure 4-3, the experimentally
measured flow rate is linearly proportional to the applied DC voltage. Unlike typical EO
pumps, however, we observed an operational threshold voltage; below an applied voltage
of 650 V no fluid motion was observed. We attribute this observation to double layer
screening at the PDMS membrane surface. Because the DC electric field drives counter
ion accumulation and the formation of an electric double layer at the microchannel
sidewall, the electric field will be effectively screened from the main flow channel when
the ion concentration is large enough to exceed the membrane surface potential. Above a
critical value, however, there will not be enough counter ions in the bulk to screen the

electric field and fluid flow will be observed.

Shown in Figure 4-3, the flow rate in the loop varies linearly from 2 - 10 nL/min
as the applied potential increases from 1.2 kV to 2.3 kV. Using a screening potential of
650 V, the corresponding theoretical electro-osmotic flow rate from Eq. (11) is plotted
against the experimental data in Figure 4-3. As shown, the mathematical model provides
an accurate prediction of pumping performance against hydrodynamic resistance within a

closed microfluidic loop over a range of applied voltage (.65 — 2.3 kV).
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Figure 4-3. The microfluidic loop design was used to measure the micropump flow rate
as a function of applied voltage under a known hydrodynamic resistance. The fluid flow
rate varies linearly with the applied voltage and shows good agreement with the

theoretical pump curve given by Eq. (11).

4.5.2 Pump Characterization: The T-Junction Design

To measure pump pressure, experiments were performed at the channel junction
within a microfluidic T-channel (Figure 4-2b). A micropump was fabricated within each
of the channel inlets. Two solutions of deionized water were labeled with different
colored fluorescent dyes, and each was then driven into separate fluid inlets with a

constant pressure source. When the applied pressures were equal, a liquid interface was
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observed to form at the centerline within T-junction, shown in Figure 4-2c. Similar to the
microfluidic loop, the total flow rate in the main channel was determined by computing
the average velocity of suspended particles trajectories, and multiplying by the
microchannel cross-section area. Each of the two fluid inlet stream then comprised 50%
of the total flow rate within the main channel. With each fluid inlet flow rate known, a
single micro pump was activated to induce fluid flow in the direction opposing the
externally applied pressure driven flow. The resulting EO-induced counter flow acted
against the external flow field, and reduced the total flow rate within the microchannel.
Under a critical voltage, the micro pump flow rate completely balanced the externally
applied flow rate. The interface position became fixed at the entrance of the active
pumping channel and flow from this fluidic channel ceased (Figure 4-2d). Using Eq. 9,
the experimentally determined flow rate was combined with the hydrodynamic resistance
across the microchannel length (Eq. 10) to calculate the induced pressure drop between
pumping area and outlet, which was equal to the pressure drop created by the micro
pump. This process was then repeated over a range of applied pressures. Therefore, using
a microchannel T-junction we are able to experimentally measure the maximum output
pressure of the micropump as a function of voltage. The resulting pump pressure vs.
voltage dataset is shown in Figure 4-4. The experimentally observed pumping pressure
varies linearly from 16 Pa — 31 Pa for applied voltages ranging from 1.4 - 2.0 kV. Eq. (6)
was used to predict pressure as a function of applied voltage. The theory is plotted in
Figure 4-4 and shows good agreement with our experimental data. For this microchannel
geometry, the threshold operation voltage (screening potential) was experimentally

determined to be 600 V.
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Figure 4-4. The T-junction was used to measure the maximum pressure generated by
micropump when net fluid flow is ceased. The output pressure varies linearly with the

applied voltage and matches the theoretical pump curve given by Eq. (6).

4.5.3 Microfluidic Liquid Manipulation

We have presented two different microfluidic devices capable of quantifying the
working performance of on-chip electrokinetic micro pumps. In this section we
demonstrate the fluidic processing capability of these gallium pumps. Specifically, we

present results showing their capacity to route fluid flow within a microchannel network
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and to create “plugs” of solute for fluid metering and on-chip electrophoresis

applications.

4.5.3.1  Fluid Routing

The goal here is to demonstrate the ability to route fluid flow into a different path
within the microfluidic network, and then deliver this flow to a specific outlet stream. To
accomplish this objective, fluidic routing was performed using an open access
microfluidic loop configuration with two inlets (IN1, IN2), three outlets (O1 — O3), and
four integrated pumps (P1 — P4), as shown in Figure 4-5. Each loop corner is highlighted
with a dotted box and imaged to demonstrate fluid routing. IN1 and IN2 were used to
deliver separate fluid streams, each labeled with a different fluorescent dye (colored
green or red), using an external constant pressure source. The device was primed and
allowed to reach steady state. When no pumps were active, the two solutions split evenly
within the fluidic network; red buffer was driven to O1, green buffer was sent to O2, and
a combination of two colors flowed out of O3 (Figure 4-5b). To re-route flow, P1 was
activated to work against the externally applied pressure. Shown in Figure 4-5c, red
colored fluid reverses direction and is driven into O1, while the green stream flows out of

0O3.

This experiment simulates a fluid delivery and control unit, which can be applied
to LOC systems, like sequential sample injection, buffer delivery or product collection.
By introducing programmable control to each pumping unit on-chip, the flow direction in
each stream can become controllable and predictable in LOC systems. We are able to
deliver target streams into specific outlets, which can potentially be used to alter the fluid

network to discharge waste or for delivering user-defined amounts of washing buffer to
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different on-chip destinations. In the next section, we demonstrate the ability to use on-

chip automated control with these micro pumps for microfluidic liquid metering.

(b) Pumps OFF

O3

Figure 4-5. (a) A microfluidic loop with two inlets (IN1, IN2) and four integrated
micropumps (P1-P4) is used to route fluid flow to different channel outlets (O1-O3).
Each loop corner is highlighted with a dotted box and imaged to demonstrate fluid
routing. (b) When no pumps are active fluid enters and exits the loop symmetrically. (c)

The right-most pump is activated to eliminate the flow rate of red-dyed fluid at O3.

4.5.3.2  On-Chip Sample Injection
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There has been recent interest in developing microfluidic methods to deliver
sample plugs for microchip capillary electrophoresis (MCE).>” Traditional small sample
injection strategies are classified into two categories, electrokinetic®® and
hydrodynamic.* Electrokinetic injection is the most commonly used technique in
microchip capillary electrophoresis (MCE) due to its independence of an external
pressure source. The approach typically utilizes two different electro-osmotic fluid flows
within a cross-shape microchannel device. First, EO flow is used to prime a sample
solution across a single fluid channel. A second EO flow is then initiated perpendicular to
the sample flow channel, which generates a small solute plug for further downstream
analysis. Here, we demonstrate this process using a series of automated on-chip gallium-
based micropumps. The plug generation device consists of a cross-shaped microchannel
with three integrated on-chip micropumps (P1 — P3). The pumps are fabricated in each of
the three arms of the cross, as shown in Figure 4-6. The left-most fluid stream was
primed with a green fluorescent buffer, which we interpret here as the sample solution,
while a red dyed fluid filled the buffer channel. To generate a controlled plug of solute,
we activated P1 to drive buffer down the channel while P2 and P3 were simultaneously
switched on and off periodically using a series of computer controlled high voltage
relays. This impulse loaded a sample plug into the buffer stream. Shown in Figure 4-6b,
the resulting off/on switching of the gallium micro pumps generates a series of solute
plugs within the main flow channel. With the ability to automate the gallium micropump
operation, this plug generator has the potential to serve as an upstream sample

preparation unit for microfluidic capillary electrophoresis.
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Figure 4-6. A cross-channel device with three integrated pumps (P1-P3) is used to

generate plugs of solute. (a) Buffer is driven down a main channel from the channel inlet.
Pumps P2 and P3 within the sample channel are pulsed on-off to generate a sample plug

within the buffer channel.

4.6 Conclusions

In conclusion, we have demonstrated a new metal-based contactless DC electro-
osmotic micro pump capable of on-chip microfluidic pumping, routing and metering. The
pump is driven by gallium metal electrodes integrated directly into the sidewalls of the
flow channel, separated by a thin micron-scale PDMS membrane. The PDMS membrane
serves as an insulating barrier and prevents electrodes from being in direct contact with
the working fluid. A high voltage (1.2 — 2.3 kV) DC electric field is utilized to overcome
the induced 1onic screening potential at the membrane, and drive a net fluid flow. The

flow is electro-osmotic and scales linearly with the applied voltage. The maximum flow
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rates and pressures generated by the pump using DI water as a working buffer are 10
nL/min and 30 Pa, respectively. We measured the pump pressure and flow rate as a
function of voltage using two different microfluidic geometries — a microfluidic loop and
a T-shape channel. The resulting pump curves agree well with the presented electro-
osmotic flow model. Finally, we demonstrate the ability for these micro pumps to route

fluid flow and generate controlled plugs of solute within a microfluidic channel network.

One limitation of this current contactless design is the potential for low efficiency
operation due to the electrically resistive PDMS membranes. These pumps also suffer
from counter ion screening, which currently limits their use to low conductivity buffers.
With our current design, the maximum operational conductivity where fluid flow is
observed is 0.1 mS/cm. This number still falls below typical values associated with
physiological buffers. Current research is underway on integrating conductive additives

into the PDMS membranes in order to overcome these limitations.
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S Contactless Microfluidic Pumping Using
Microchannel Integrated Carbon Black

Composite Membranes®

5.1 Overview

The ability to pump and manipulate fluid at the micron-scale is a basic
requirement for microfluidic platforms. Many current manipulation methods, however,
require expensive and bulky external supporting equipment, which are not typically
compatibale for portable applications. We have developed a contactless metal electro-
osmotic micropump capable of pumping conductive buffers. The pump operates using
two pairs of gallium metal electrodes, which are activated using an external voltage
source, and separated from a main flow channel by a thin micron-scale PDMS
membrane. The thin contactless membrane allows for field penetration and electro-
osmotic (EO) flow within the microchannel, but eliminates electrode damage and sample
contamination commonly associated with traditional DC electro-osmostic pumps that
utilize electrodes in direct contact with the working fluid. Our previous work has
demonstrated the effectiveness of this method in pumping deionized water. However, due
to the high resistivity of PDMS, this method proved difficult to apply towards
manipulating conductive buffers. To overcome this limitation, we fabricated conductive

carbon black (CB) powder directly into the contactless PDMS membranes. The increased

¢ Reprinted with permission from Fu, X; Fu, X., Gagnon, Z., “Contactless Microfluidic Pumping Using Microchannel-
integrated Carbon Black Composite Membranes”, Biomicrofluidics, (2015), 9, 054122.
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electrical conductivity of the contactless PDMS membrane significantly increased
micropump performance. Using a microfludic T-channel device and an electro-osmotic
flow model we determined the influence that CB has on pump pressure for CB weight
percents varying between 0 and 20. The results demonstate that the CB increases pump

pressure by two orders of magnitude and enables effective operations with conductive

buffers.
5.2 Introduction

Microfluidic pumps, that route and manipulate fluid flow in microchannels, are
essential components for lab-on-a-chip systems.! On-chip, they are typically integrated
with other critical components, such as microvalves, mixers, separators, sensors and
detectors, to create complete micro total analysis systems (uTAS) for processing small
volumes of fluid in applications including drug screening, medical diagnostics, chemical
analysis, and environmental monitoring. To carry out complex on-chip experiments like
these, microfluidic platforms are used to control control on-chip fluidic pumping, valving,
mixing and routing.>® For example, microfluidic large scale integration (LSI) uses
microchannel networks with integrated pressure-actuated elasomeric pumps and valves to
control, route and mix fluid in channels for on-chip fluidic processing.* Others have used
centrifugal forces®, surface acoustic waves® and electrical forces to perform fluidic
metering mixing, and aliquoting for applications including DNA extraction, plasma

separation’, cell lysis®, protein crystallization?, immunoassays'®, and single cell analysis''.

The majority of these microfluidic platforms, however, require large and often

expensive external actuation equipment for operation, which can confine their usefulness
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to the laboratory bench-top. The development of more portable platforms is therefore an
important area of microfluidic research. LSI, for example, requires bulky external
computer controlled vacuum or pressure sources for component actuation. Centrifugal-
based microfluidics’ can drive fluidic routing, mixing, and metering on rotating
substrates with on-chip valves and channels, but the motor required for actuation is
expensive, and this platform lacks flexibility; the spinning chip cannot be interfaced with
external electrical readouts or sensors. Platforms based on surface acoustic waves
(SAW)!? and electrical forces'® offer effective an means to transport liquid on-chip, but
require expensive and often large electrical equipment. In terms of developing
microfluidic systems for point-of-care diagnostics, personalized medicine, and
environmental monitoring, developing more portable fluidic manipulation technology is

an important step towards reaching this goal.

Improved methods for microfluidic pumping and valving are helping to increase
the portability of these devices. In general, microfluidic pumps can be categorized based
on the mechanism for driving fluid flow. Displacement pumps utilize moving parts such
as membranes or valves to drive fluid motion.'* At the microscale, however, they require
complex fabrication processes and can suffer from mechanical failure. Kinetic pumps, on
the other hand, do not require moving parts, and operate by converting kinetic sources
into fluid momentum to drive flow. Common kinetic actuation methods include
17, 1'819 and

electrokinetic'®, magnetohydrodynamic'®, electrochemica electrotherma

electrowetting 2°.

Electrokinetic (EK) flows are a popular class of low-volume, low-power

micropumps, and can serve as a useful alternative to mechanical micro pumps.!* EK
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pumps, however, typically require direct contact between electric field-generating
electrodes and a working fluid. When a direct current (DC) voltage is applied, Faradaic
reactions occur at each electrode surface, which can lead to uncontrolled electrothermal
flow, electrode damage, and sample damage from pH generation and Joule heating.
Alternating current electro-osmosis (ACEO) pumps can alleviate some of these
drawbacks. ACEO pumps do not suffer from Faradaic reactions, and are capable of
generating high velocities on-chip for low conductivity aqueous electrolytes. Typically,
however, EO pumps require direct contact between electric field-generating electrodes
and a working fluid. When a direct current (DC) voltage is applied, Faradaic reactions
occur at each electrode surface, which can lead to uncontrolled electrothermal fluid flow,
electrode damage, and sample damage from pH generation and Joule heating. As opposed
to DC driven EO flow, alternating current (AC) electro-osmotic pumps can alleviate
some of these drawbacks. ACEO pumps do not suffer from Faradaic reactions, and are
capable of pumping low conductivity aqueous electrolytes in microchannels.?!*?

However, they require large microelectrode arrays, which can be expensive and time

consuming to fabricate.

Recently, new types of contactless EK (cEK) devices have been developed by
Sano et al.” In cEK, two conductive electrolyte-filled microchannels serve as liquid
electrodes, which are physically isolated form a main flow channel by a thin PDMS
membrane. An alternating current (AC) or DC voltage source can penetrate through the
membrane and into the main channel without causing Faradaic reactions or buffer
contamination issues associated with traditional non-contactless electrode systems.

However, cEK liquid based designs lack the necessary features for portable operations
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because the liquid electrodes can suffer from evaporation and cannot be reliably
transported or stored longterm. Moreover, it is difficult to integrate many electrode
devices on a single chip for complex processing; electrodes require fluid injection ports
with pipette tips, and have large on-chip footprints. In previous work, we have presented
a novel solid metal-based approach for contactless on-chip liquid pumping, routing, and
metering. Instead of using liquid electrodes, our micro pump design is based on 3D
gallium solid metal electrodes fabricated directly into the sidewalls of microfluidic flow
channels, and separated from the active flow region by a thin micron-scale PDMS
polymer membrane. In terms of portability, this metal-based design was a significant
improvement over previous cEK devices that utilized liquid electrodes. We demonstrated
that multiple micropumps could be fabricated and independently operated on a single
microfluidic chip with a small external DC power supply and computer controlledler for

fluid pumping, mixing, and metering.

One limitation of this contactless design, however, is the high electrical resistance
of the PDMS membranes; pumping requires a large kilovolt potential and is limited to
low conductivity fluids. In order to drive electro-osmotic (EO) flow, a large kilovolt
potential is dropped across the main microchannel. However, due to the insulating PDMS
membrane, only 0.2% of the applied potential and was actually delivered into the main
channel. This low efficiency limited pumping to electrolytes with conductivities less than
0.1 mS/cm. Electrolytes with greater conductivity could not be pumped because the
electric field was not large enough to overcome counter-ion screening at the PDMS

membrane wall.
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In this work, we present a novel method for integrating conductive PDMS
composites directly in specific regions of microchannel sidewalls for significantly
improved pumping efficiency. PDMS is an inert polymer that inherently lacks significant
conductive properties. However, conductivity can be increased by combining the
elastomer with a conducting powder, such as carbon black or silver nanoparticles, to
create conductive polymer composites. 2**> When combined with standard soft
lithographic techniques, composites can be pattered into specific structures that are
suitable for on-chip applications.?® For example, Li et al. ?” created an array of conductive
PDMS composite posts using PDMS/nickel powder composites to create a sensitive on-
chip pressure sensor and Niu et al. 2%uilized soft lithography and PDMS/silver
nanoparticles to fabricate arrays of conductive composite-based on-chip circuits. One
benefit of this approach is that PDMS composites inherit increased electrical conductivity,
but still retain the elastomeric characteristics of PDMS, which allows them to be

integrated into microfluidic systems using soft lithography.

Using this approach, we demonstrate a new type of contactless direct current (DC)
micro-pump with integrated conductive nanocomposite membranes for significantly
improved operation with higher conductive electrolyte buffers. Our micro-pump design
integrates carbon black doped conductive PDMS fabricated into the sidewalls of
microfluidic flow channels with gallium metal electrodes (Figure 5-1a). Due to the
electrical properties of CB, the conductivity of a PDMS membrane can be controlled by
mixing PDMS polymer with different weight percents of CB. This technique allows us to
customize our micro-pump membrane conductivity depending on the working buffer

sample’s conductivity.
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In the first part of this paper, we present a theoretical model, which combines the
governing fluid transport and electrokinetic equations that describe electro-osmotic flow
with an electrostatic model for the applied voltage within the main microchannel. We
then apply this model to predict the electro-osmotic pressure as a function of applied
voltage in a microfluidic “T-shape” device, a design we previously developed and
presented to characterize the maximum output pressure of our micropumps. Relations
between pumping pressure and CB weight percent (wt%) are then investigated in the
second part of this work. Finally, using this pump data, we demonstrate the impact that
conductive PDMS composite has on improving pump performance for working with

conductive buffers.
5.3 Theory

5.3.1 Electro-osmotic Micropump Pressure and Flowrate

In this section, we derive a theoretical model for relating electro-osmotic flow
within a microchannel to the applied voltage drop and the pressure gradient produced by

the electro-osmotic pump.?’

Electro-osmosis is an EK technique for driving flows in microfluidic channels.
Solid surfaces tend to develop surface charge when in contact with aqueous liquids. A
diffuse electric double layer (EDL) forms to screen this charge, where counter-ions of
opposite sign are attracted to the surface and co-ions are repelled. The resulting EDL
possesses a non-zero charge density and its thickness depends on the ionic strength of the
electrolyte; typical EDL thicknesses range from nanometers for mM electrolytes to

microns for low conductive uM electrolytes. Because the EDL possess a non-zero charge
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density, an external electric field applied tangential to the charged surface forces the EDL
into electro-osmotic flow (EOF). Assuming that the electric field is uniform, the flow is
unidirectional, and there is no applied pressure gradient, the Stokes equations can be

written as

wherey, €, and Ewan are the fluid viscosity, electrolyte permittivity, and applied tangential
electric field at the channel wall, respectively. Eq. (1) can be integrated with a no slip
condition at the channel wall (y=0) and a far-field condition ¢—0 that as ¥ 7 % to

give:
¢E, .
uslip = ! (¢ - ¢Wall)
H 2

¢wal/ = é/e_y/lo

Here, the wall potential, , exponentially decays over the Debye length, 4 ,

and approaches a Smoluchowski slip velocity,

_ ngalléV
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where C is the zeta potential at the surface of the microchannel. For the case where a
micropump must drive a flow against a hydrodynamic load, a backpressure is generated
and the net fluid flow is reduced. For a slot-shaped microchannel where the width is
much larger than the height, the net flow rate is a linear combination of EO and pressure

driven back flow,
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For an applied voltage, AV | dropped over an electrode separation length Lg, the

electric field at the wall is AV/ L, . The back pressure gradient varies linearly and can be

written as AP/ L. . The maximum pressure produced by the EO pump (Pmax) occurs

when Q = 0, which is the case for a closed microchannel, and is:

3
AP =0 zy
d

max
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5.3.2 Voltage Drop Across a Carbon Black PDMS Composite Membrane

Contactless micropumps follow the same electro-osmotic principles as traditional

EO pumps with external metal electrodes, however, the high electrically resistive nature

of the insulating PDMS membranes reduce the effective voltage ( AV, ) within the

microchannel from that of the total potential applied (AV, ). We apply a simple Ohmic

current model to determine this relationship. The effective voltage drop across the

working fluid can be written as:

R,
AV = AV —tid (g

off total ’
Rtotal

where Riotal = ReB + Rfid.

When a DC voltage is dropped across the contactless PDMS membrane, counter

ions in the working electrolyte will accumulate at the PDMS-liquid interface, and create

an induced screening potential (¢,) which will reduce the magnitude of the electrostatic
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field in the main channel. The magnitude of this screening effect is a function to the
applied electric field and electrolyte counter ion concentration. If the ion concentration is
large enough, the applied field will be completely screened from the microchannel, and
no electro-osmotic flow will be observed. If the applied voltage is large enough and able
to exceed the screening potential, however, an electric field will penetrate into the bulk

and impart an electro-osmotic slip velocity at the PDMS membrane surface.?’

A more general relation between effective and total potential applied must take into

account this screening potential:

R,
A\/eff = A\/total Rﬂ ¢ _¢s (7)

total

Under conditions where the net pump flowrate is zero, Eq. (7) can be combined
with Eq. (5) to quantify the maximum pump pressure. In this work, we experimentally
determine the screening potential from our experimental pump curves using a

microfluidic T-channel device.
5.4 Materials and methods

Here, we describe the fabrication and operation of a contactless CB micro pump
and present a novel process for patterning conductive PDMS composite membranes
within microchannel sidewalls, and integrating these composites with 3D gallium metal
electrodes. We then demonstrate how to use a microfluidic “T-shape” device for

measuring the pressure generated by the pump.
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[ Galium Electrode . PDMS Nanocomposite

Figure 5-1. Schematic of a gallium metal contactless micropump with integrated PDMS
carbon black membranes. (a) A top view of a single pumping device. Each micropump
contains four gallium electrodes separated from the main channel by a thin PDMS-carbon
black nanocomposite membrane. (b) A micrograph of a pair of electrodes surrounding a
microchannel. The nanocomposite is directly integrated into the microchannel sidewalls.

Scale bar, 200um.
5.4.1 Microfluidic Chip

Each microfluidic pump, as shown in Figure 5-1(a), consists of a main flow
channel and four separate electrode-containing channels. The electrode channels are
filled with gallium metal, each of which are fabricated directly against a patterned region
of micron-thick PDMS/CB composite membrane [Figure 5-1(b)]. To fabricate the
composite membranes at specific regions within a microfluidic channel sidewall, we
employed a novel multistage soft lithographic process, shown in the process flow

diagram in Figure 5-2(a-d). First, a negative photoresist, SU-8 3050 (Microchip Corp.),
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was used to fabricate a soft lithographic mold with a main flow channel (300 um wide
and 50 um high) and four gallium electrode channel (900 um wide) [Figure 5-2(a)]. To
create conductive PDMS composite membranes, carbon nanopowder (Sigma-Aldrich,
633100) was combined with a 1:10 weight ratio of PDMS elastomer and curing agent and
mechanically mixed in a centrifugal mixer (Thinky, ARM 310) at 2000 RPM for 30
seconds. The carbon powder was added at different wt%, ranging between 5% - 20%, in
order to study the influence of PDMS composite resistivity on device performance. The
nanocomposite PDMS gel was injected into each gap between the electrode channel and
the main flow channel using a 1 mL plastic syringe [Figure 5-2(b)]. Excess gel was
immediately removed from the SU-8 mold using a razor blade and a 1:10 mixture of
PDMS elastomer and curing agent was poured atop the mold and allowed to cure for hour
hour at 80 C [Figure 5-2(c)]. The cured PDMS with integrated composite membranes was
peeled off the mold. Fluid ports were punched into each channel inlet and outlet using a
0.75 mm biopsy punch (Ted Pella, Inc). The microchannel and a glass coverslip (Fisher
Scientific, 12-548-5R) were exposed to oxygen plasma (Jelight, Model 42A), and
immediately aligned and sealed under an inverted microscope. The microfluidic chip was
baked for 24 hours at 80 C. This post-bond baking step improved the PDMS bond

strength and prevented membrane leakage and rupture during pump operation.

To fabricate each 3D metal electrode for a low resistivity electrical connection to
the composite membrane, solid gallium metal was melted and injected into the electrode
channels of the micro device [Figure 5-2(d)]. First, solid gallium metal (Sigma-Aldrich,
263265) and the PDMS chip were heated to 40C on a hot plate. The melting temperature

of gallium is 29.7C, and the newly melted liquid gallium was loaded into a 1 mL plastic
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syringe and immediately injected into each electrode side channel. Liquid gallium has a
low viscosity (1.37 mPa-s) 30 and the PDMS did not require surface treatment prior to
injection. Finally, electrical connections for an external power source were created by
inserting 0.75 mm diameter copper wire leads into each electrode injection hole. Figure
5-2(e) shows a micrograph of the final complete micropump after fabrication. An
enlarged view highlighting the PDMS nano composite membranes and gallium electrode

areas is illustrated in Figure 5-1(b).

(a) (b) () (d)
0'—"|I|20
o=@
BisU-8 liNanocomposite [ [JPDMS []Galium
(e)

Figure 5-2. Process flow diagram of fabrication process for integrating patterned CB-
PDMS membranes into the microchannel sidewalls. (a) Electrode channels and flow
channel are defined with a thick film SU-8 photoresist mold. (b) A mixture of CB-PDMS

is carefully injected into the gaps between the electrodes and main flow channel. (c)
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PDMS elastomer is poured atop the SU-8 mold and allowed to cure. (d) The PDMS
device is sealed against a glass substrate and hot liquid gallium metal is injected into the

side channels and allowed to cool. (¢) Completed device. Scale bar — 200 um.
5.4.2 Experimental Setup: Measuring Pump Pressure

The final micro pump device, shown in Figure 5-2(e), is composed of four
gallium electrodes, separated from the main microchannel by a thin nanocomposite
PDMS membrane. To operate the pump, a high voltage power supply (PS325, Stanford
Research System, CA) was wired to each electrode pair to create the necessary electric
field in the main flow channel; a positive voltage (V1) was delivered to one pair and the
other electrode pair was connected to ground (V2), as depicted in Figure 5-1(a). Voltages
were applied between 0.80 and 2.5 kV. When the power supply was turned on, the
resulting potential difference induced an electro-osmotic flow down the main channel in

the direction of the applied electric field.

Using this pump design, we fabricated a microfluidic T-channel device to
measure the pump pressure [Figure 5-3(a)]. A micropump was integrated within each of
the channel inlets. Two solutions of 2.5mM PBS were labeled with different colored
fluorescent dyes, and each was then driven into separate fluid inlets. Experiments were
performed by precisely varying the flow rate of each T-junction inlet and observing the
impact of the micropump on the flow profile at different applied voltages. This process is

detailed below.

For channel flow, fluid velocity can be controlled by regulating either the applied
pressure drop or the fluid flow rate. We used both of these methods simultaneously to

obtain a precise measurement of the flow rate in the main pump channel. We used a
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precision syringe pump (Cole-Parmer, 78-8200C) to deliver fluid into one channel inlet a
constant flow rate. A constant pressure source was then applied to drive fluid flow into
the second inlet. The pressure was slowly increased and the position of the liquid
interface was monitored. When the inlet flow rates were equal, a liquid interface formed
at the centerline within the T-junction, shown in Figure 5-3(b). With each fluid inlet flow
rate known, a single micro pump was activated within the pressure driven inlet in the
direction opposing fluid flow. The resulting EO-induced counter flow acted against the
external flow field, and served to reduce the total flow rate within the microchannel. At a
critical voltage, the micro pump flow rate completely balanced the externally applied

flow rate, and flow from this fluidic inlet ceased [Figure 5-3(c)]. The pump flow rate was

combined with the hydrodynamic resistance, Rh, across the microchannel length to

AP=QR, ), and used to calculate the induced pressure drop between the

calculate (
pumping area and T-channel outlet. This pressure is equal to the pressure drop created by
the micropump. This process was repeated over a range of fluid flow rates and applied
voltages. Therefore, using the microfluidic T-junction in combination with an external

constant pressure and flow rate source, we are able to experimentally measure the

maximum output pressure of the micropump as a function of applied voltage.
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Figure 5-3. (a) Microfluidic T-channel device used to quantify pump pressure. (b) Two
fluid streams are driven into the device at a known flowrate. The left-most stream is
driven using a constant pressure source, while the right-most is delivered using a constant
flowrate source. When no pump is active and the flowrate of each stream is equal, the
interface between the two phases is centered within the main flow channel. (c) The left-
most pump is activated to complete cancel the pressure driven flow. The flow of this

stream ceases and the interface position shifts.
5.4.3 Reagents and Electrical Parameters

The micro pump experiments were conducted using dilute 2.5mM phosphate
buffered saline (PBS) and deionized (DI) water as working solutions. Fluorescent dyes
were used as convective tracers to the induced EO flow using fluorescent solutions of
Alexa Fluor 488 (green) and 594 (red). Because fluorescent dyes are ionic and can

influence the electrical conductivity of the fluid, we based our pumping theory on the
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experimentally measured electrical conductivity of the fluorescent-labelled 2.5mM PBS
(113 pS/cm) and DI water (2 puS/cm) solution. The PDMS zeta potential used in our

calculations was based on a conductive buffer at neutral pH: -30 mV. 31
5.4.4 PDMS Composite Resistivity

The electrical resistivity of the PDMS composite membrane is needed to calculate
the effective voltage drop across the main flow channel (Eq. 8), and is an important
parameter in determining the influence of carbon nano power wt% on our EO pump
performance. We measured the PDMS resistivity for each device using a high resistance
ohmmeter (Alpha Labs Inc, Model HR2). The PDMS resistivity in our T-channel device
was 5.32 x 1010 Q-cm. The electrical resistivity of PDMS has been reported to be on the
order of 10 x 1013 Q-cm. 32 It is important to note, however, that we have previously
observed that PDMS post-bond baking time influences this property; baking time
increases from 1 hour - 48 hours, the resistivity of PDMS ascends from 109 to 1013 Q-
cm. Shown in Table 1, we report the electrical resistivity of the PDMS composite
membrane at different carbon nano powder weight percent (wt%). We used these values

for our theoretical calculations presented in the section below.

5.5 Results and Discussions

5.5.1 Nanocomposite Resistivity on Pump Performance

We first performed experiments using DI water and determined the influence of
CB wt% on pump pressure. Figure 5-4 shows the micropump pressure plotted is a
function of voltage for different CB wt%. At 20 wt%, the PDMS nanocomposite

produced a 40-fold increase in the pump pressure over the PDMS membrane without CB,
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leading to pressure results as high as 1200 Pa. Using Eq. (4), we predicted the maximum
pump pressure as a function of the applied voltage. The theory, plotted in Figure 5-4,
shows good agreement with our experimental data. For this microchannel geometry, the
threshold operation voltage (screening potential) was 675 +/- 50 V. In terms of pump
performance, CB wt% had very little influence on the micropump screening potential, but
delivered significant improvements in pump pressure and efficiency. The pump

efficiency, defined here as the ability for an electric potential to penetrate the PDMS

Aveff/ AV ) is summarized for different CB wt% in Tablel. For a micro

membrane (
pump without nanocomposite (a weight ratio of 0%) less than 1% of the total potential

applied penetrates into the main flow channel. The addition of 20% CB increases pump

efficiency 40-fold, from 0.33% to 13%.
5.5.2 Pump Pressure and Conductive Buffer

Because contactless micro pumps do not require direct contact with working
buffers, they have several advantages over traditional DC EK pumps since they do not
suffer from Faradiac reactions and electrode decomposition. However, the required high
resistivity PDMS membrane leads to low working efficiency, and a high kilovolt voltage
is required for successful operation. One significant drawback from this feature is the
inability of high resistive designs to to effectively pump conductive buffer. In previous
work, we demonstrated successful pumping, routing and metering with contactless pumps
without CB additives, but due to the low efficiency the working fluids were limited to
low conductivity buffers. Many microfluidic applications, however, are suited for
biological purposes and require the ability to process commonly used physiological

buffers. Hence, in this section we demonstrate how integrated CB PDMS membranes
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extend the contactless micro pump ability to pump buffers with higher electrical

conductivity.

Microfluidic “T junction” experiments were repeated with a buffer dilute 2.5mM
PBS buffer. Micropump pressure was calculated and plotted against the applied voltage,
as shown in Figure 5-5. The theoretical model [Eq. (4)] was applied to the dataset, which
agrees well for each working fluid. When chip geometry is fixed, the slopes of output

pressure curve are solely determined by the pump efficiency that calculated by

AVep / AV . Higher buffer conductivity (113 puS/cm) reduces the pump efficiency from

13% to 0.28% with 20 wt% CB. Therefore, a much higher potential is required to achieve
the same output pressure when operating with more conductive buffers. While CB
significantly enhances pump performance for manipulating more conductive buffers,
interestingly the screening potential is not signifcantly influenced by the buffer electrical
conductivity when we switched working fluids from DI water to PBS and similar
screening potentials were experimentally observed even when increasing electrical
conductivity by 50-fold. Base on this observation, we speculate that the steric
hinderances limit the concentration of counter ions that can electro-migrate and

accumulate at the microchannel wall, which leads to a finite screening potential.
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Figure 5-4. The microfludic T-junction was used to measure the maximum pressure
generated by the micropump for different CB wt% for DI water. The output pressure

varies linearly with the applied voltage and matches the theoretical pump curve given by

Eq. (5).
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Figure 5-5. Experimental and theoretical pump pressure vs. voltage for DI water

(2uS/em) and PBS (113uS/cm) for 20 wt% CB.
5 B

The semilog plot in Figure 5-5 illustrates the influence of CB weight ratio and
buffer conductivity on maximum micropump pressure. The voltage was fixed at 2000 V
for all four datasets to give a direct comparison between buffer conductivity, CB wt%
and the resulting pump pressure. First, high conductivity buffer combined with high
resistivity PDMS membranes undermine the pump performance due to the extremely low
efficiency of non-CB PDMS membranes; no fluid motion was observed for dilute PBS

buffer. Much higher pressures are achieved with the addition of CB to the PDMS
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membrane. Shown in the Figure 5-6, pump output pressure increases from 70 Pa to 1600
Pa when CB weight ratio increases from 5% to 20% when DI water is used as a working
buffer. The addition of CB enables the successful pumping of conductive PBS buffer,
which was not possible using solely PDMS. However, the maximum pump pressure still
significantly decreases when compared to DI water from 1600Pa to 80Pa, 480 Pa to 30Pa

and 70Pa to 20Pa, for a CB wt% of 20%, 10% and 5%, respectively.
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Figure 5-6. Pump pressure for different values of CB wt% for DI water and diluted PBS
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5.6 Conclusions

In this work, we have demonstated the ability to pump conductive buffer using a
contactless DC electro-osmotic micro pump with conductive carbon black PDMS
membranes and solid metal galium electrodes. The PDMS/CB membranes are used to
separate the flow channel from solid gallium electrodes, and contain patterned regions of
conductive composite for enhanced electric field penetration into the main flow channel.
CB membranes with weight ratios of 5%, 10% and 20% were integrated directly into the
side walls of flow channel using soft lithography. Using a microfluidic “T” junction
shaped geometry we measured the maximum output pumping pressure for different
values of CB wt% and investigated this influence on the ability to pump conductive
buffer. Under an applied external potential range, (600-2500 V), the resulting pressure
curves agree well with our electro-osmotic flow model. This work demonstates that CB
conductive membranes greatly enhance contactless micropump performance for
conductivity buffer processing. Although the buffer conductivity value reported here still
falls below common values for physiological buffer, with further optimization and more
conductive additives, the proposed contactless micro pump is a promising tool for
portable microfluidic biological buffer processing. Future work will focus on optimizing
pump geometry and membrane additives to increase pump efficiency without sacrificing
electric field stability and buffer electrolysis, and further applying this work to other

electrokinetic applications including dielectrophoresis and electrophoresis.
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6 Building a Low-cost Microfluidic Sensor: On-
chip Pressure and Flow Rate Measurements

with Integrated Carbon Black Membranes

6.1 Overview

Pressure sensors and flow meters play a key role in microfluidic device operation
and control. Most commercial available pressure sensors and flow meters are bulky,
expensive and only work externally. To realize the real point of care microfluidics, on-
chip pressure and flow monitoring are highly desired. In this chapter, we present an on-
chip cost-efficient piezoresistive microfluidic sensor that is capable of both pressure and
flow rate measurements. Compared to the current flow meters that cost more than 1000
USD per piece, the new sensor has a fabrication cost that is less than two USD. The
sensor utilizes the carbon-PDMS films design associated with an impedance analyzer to
read local pressure inside microfluidic channel. The elastic carbon-PDMS membranes
serve as a transducer to convert pressure information into electrical signal. By integration
multiple pressure sensing units, we are able to conduct flow rate measurement in the
same time. Moreover, this design allows the sensor to be integrated to any microfluidic
devices without interrupting the fluidic flow, which significantly facilitates on-chip
sensor integration. In this chapter, we first introduce an overall background of on-chip
pressure sensors and flow meters, the role they play in a completed microfluidic system.
Then we demonstrate the fabrication process of sensor device and experiment setup.

Operation frequency of impedance analyzer is optimized before we characterize the
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pressure sensor to build a linear relation between local pressure and impedance. Lastly,
we construct the actual flow meter with two integrated pressure sensing units and

compare the measured flow rate to another commercial flow meters.

6.2 Introduction

The miniaturizing technologies known as the lab-on-chip (LOC) are popular
among biologists and chemists because of their small size, low sample consumption,
high portability, and ability to produce results quickly. The LOC techniques feature
sample-in-and-result-out designs and have been widely adapted to diagnostic and
analytical instruments. Advances in microfabrication allow the integration of extra
functions into current LOC designs, including droplet generation, cell trapping, and
biomolecules separation (1-3). But it also leads to increased chip complexity and
makes acquiring reliable test results difficult as more precise hydrodynamic pressure
control is required. Flow meters and pressure sensors have been developed to provide
real-time monitoring and feedbacks during the operation of LOC devices. However,
the high cost of external sensors, typically around a couple of thousands USD, greatly

undermines their accessibility in LOC applications.

The bulky sensor size also leads to the emergence of integrated LOC sensors
utilizing different signal transducing methods. Significant progress has been made in
developing heat transfer-based sensors (4-7), mechanical flow sensors (8-11),
acoustic-ultrasonic flow meter(12), particle tracing with optical detectors (13), time-
of-flight detector(14) and flapping of a planar jet (15). Among current sensor

technologies, piezoresistive transistor, a sensor that relies on pressure induced electric
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property changes, features a fine sensitivity, a wide operation range, as well as a
simple signal transduction mechanism between the mechanical and the electrical

domain.

To create piezoresistive sensors, carbon nanocomposite is an ideal fabrication
material due to the extraordinary electric conductivity and the inert chemical
properties. Studies characterizing carbon nanocomposite’s electric properties and
pressure responses have been reported since early 2000 (16, 17). Grow et al first
investigated the electromechanical response of the single-wall carbon nanotube
patterned semiconducting surface (18). Later, Al203, PMMA (polymethyl
methacrylate), PET (poly ethylene terephthalate) and other surface materials coated
by carbon nanocomposite were reported to have pressure-resistivity characteristics
(19-21). The designs either required multiple photolithography steps to fabricate the
thin film structure or expensive equipment to facilitate carbon black integration. Poor
adhesion of carbon nanopowder on the surface of materials also raised repeatability
issue regardless of the advances in surface coating techniques (22). In addition, to the
best of our knowledge, the reported devices have only been applied to pressure
measurement. Higher shear stress and reactive working solutions may destabilize the
coated carbon film and explain the reason why it is generally not used for flow rate

measurement.

In this article, we developed a highly portable and cost-efficient piezoresistive
microfluidic sensor that is capable of both pressure and flow rate measurements with
an external impedance analyzer. Compared to the current flow meters that cost more

than 1000 USD per unit, our device cost less than two USD to fabricate. The sensor
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contains two conductive PDMS films and two metal electrodes directly fabricated
next to the main flow channel. This design allows the sensor to be embedded into any
microfluidic device and monitor pressure changes in real time without interrupting
fluid flow. It’s also possible to integrate multiple units along the flow channel for
flow rate measurement. In contrast to the previous piezoresistive microfluidic sensors,
the fabrication process is significantly simplified by doping carbon blacks
nanocomposite into the PDMS to modify its electric conductivity, thus, alleviate the
adhesion problem. In the first part of this paper, we optimized the geometry of the
membrane and the operating frequency of the impedance analyzer. We then
investigated the pressure responses of PDMS/CB membrane to correlate the
impedance measurement and applied pressure. Lastly, two sensors were integrated
into a microfluidic chip for flow rate measurement and the test results were compared

to a commercial flow sensor for evaluation.

6.3 Materials and Methods

6.3.1 Microfabrication

The microfluidic device consists of a main flow channel and two separate
pressure sensors in order to detect the pressure gradient. Each sensing unit contains two
metal electrodes separated from the flow channel by PDMS/CB membranes, Figure 6-1a.
To locally pattern each membrane, we used a multistage soft lithographic process we
have reported previously (23). Briefly, we fabricated the soft lithographic microchannel
mold using a negative photoresist, SU-8 3050 (Microchem Corp). The main flow channel

is 400 pm in width and 3cm long. Each sensing unit consists of two gallium electrode
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channels separated from the main flow channel by a 20 pum thick gap, Figure 6-1b.
Carbon black nanocomposite (Sigma-Aldrich, 633100) was combined with a 1:5 weight
ratio of PDMS elastomer. The resulting nanocomposite gel was then patterned into each
gap between the channels. After removing the excess gel using a razor blade, a 1:10
mixture of PDMS elastomer and curing agent was poured atop the mold and allowed to
cure for an hour at 80°C. The cured PDMS slab was gently peeled off the mold and fluid
ports at the channel inlet and outlet were punched using a 0.75 mm biopsy punch (Ted
Pella, Inc.). The device and a glass coverslip were exposed to oxygen plasma (Tesla) and
immediately aligned and sealed under an inverted microscope. Finally, the chip was
baked for 24 hours at 80°C to enhance bond strength. To fabricate each metal electrode,
solid gallium metal (Sigma-Aldrich, 263265) and the PDMS chip were heated to 40 °C
on a hot plate. With a melting temperature of 29.7 °C, the newly melted liquid gallium
was loaded into a 1 mL plastic syringe and immediately injected into the electrode
channels. Electrical connection was made using 0.75 mm diameter copper wire leads

inserted into each electrode injection hole.

6.3.2 Experimental setup

1X PBS was used as the working solution for all the sensor characterizations and
tests. Briefly, a PBS solution was driven by a constant pressure flow system (Elveflow)
and directed into the main flow channel. A commercial flow sensor (Elveflow) was
attached to the inlet for real time flow rate measurement during sensor tests. An electrical
connection was made between the gallium electrodes and impedance spectrometer
(Agilent, HP4192A) through copper wire leads, which were inserted into the gallium

electrode ports. Two separate Labview scripts were used in order to perform impedance
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measurements. The first script used measured the magnitude of impedance (|Z]) and angle
(0) while sweeping the applied frequency at a specific step size from start to end
frequency. The second script used measured both |Z| and 6, while holding the applied
frequency constant, in real time. All measurements acquired from experiments were

exported and analyzed with software.
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Figure 6-1. An illustration of experiment setup. (a) A schematic shows experiment setup.
An external flow control system and flow meter were used to deliver pressure to sensor
device. Sensor device itself contains two sensing units along the main channel, one near

inlet, and one near outlet. Both pairs of electrodes were connected to an impedance
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analyzer. (b) Comparison between the commercial sensor and the sensor we developed.
The actual sensing unit is much smaller so that can be easily embedded onto other
microfluidic designs. (¢) A zoom-in subfigure shows the electrodes and carbon-PDMS
membrane. The carbon-PDMS membranes form the channel walls that can deform under
pressure. The membranes are 20um thick and designed to this semi-sphere shape in order

to maximize deformation.

6.4 Results and Discussions

6.4.1 Working mechanism

The pressure sensing system consists of two parts, the deformable PDMS/CB
membranes and external impedance analyzer. The thin layer of conductive PDMS/CB
membranes is fabricated directly to the flow channel sidewalls. When the main flow
channel is pressurized, the normal stress applied to the sidewall deforms the membranes
and changes the sidewall electrical resistance. The membrane resistance can be
transduced to an external impedance analyzer connected through the gallium electrodes.
Because the resistance variation is proportional to the membrane deformation, which is a
function of the applied pressure inside the flow channel, by correlating the impedance
measurements to the applied pressure, we are able to measure the pressure changes inside
the main flow channel in real time. To further monitor the flow rate, two pressure sensing
units were embedded to both ends of a main flow channel. We measured the pressure at
each end and then calculated the actual flow rate with a known hydrodynamic resistance

between the two sensors.

6.4.2 Optimize the operation frequncy
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The external impedance analyzer has a working frequency ranges from 0 to 13
MHz. In order to achieve a better sensitivity, we optimized the operating frequency by
running the frequency sweep at different applied pressures. We use a Labview script to
sweep a wide frequency range, from 500 Hz to 200 kHz, and plot the measured
impedance verse frequency. Then the experiment was repeated multiple times under
different applied pressure. Figure 6-2 shows the sweep curves for three applied pressures,
10mbar, 50mbar and 100mbar. Under low frequency, the AC field is not strong enough to
overcome the membrane resistance and the corresponding impedance is larger than the
reading limit (2 Mohm). As frequency increases, the AC field becomes stronger and
penetrates the PDMS/CB membrane. The corresponding impedance starts to drop and
eventually reaches steady state. We found the largest impedance difference at an applied
frequency of 1.5 kHz, which was as the operating frequency for all subsequent
experiments. Note that at high frequency ranges, the impedance becomes very small thus

the pressure difference is barely noticeable.
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Figure 6-2. Frequency sweep curves under three different pressures. Under each applied
pressure, we used impedance analyzer to sweep a wide range of frequency, from 1kHz to
100kHz, and record corresponding impedance. The upper detection limit of our
impedance analyzer is 2 MOhms, seen as the flat segment. Impedance decreases
dramatically as operation frequency goes up and reaches minimum after 75kHz. We
observed the maximum impedance difference under three applied pressures around 15-

20kHz, which also gives the best detecting senility.
6.4.3 Pressure sensor calibration

Next, we characterized the pressure sensor to correlate the impedance
measurements with local pressure changes by plotting the step curve. To do that, we kept
the impedance analyzer applying a constant frequency of 1.5 kHz while alternating the
external pressure source. The outlet was blocked to achieve uniformed pressure across

the entire channel. Then we adjusted the external pressure and impedance variation of the
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inlet sensor was recorded in real time, shown in Figure 6-3. At each pressure, we
recorded quadruplicated data sets and each set contains 10 to 15 data points. To achieve
better accuracy and avoid external interferences, we used OriginPro, data analysis
software, to create a baseline according to the impedance reading at 0 mbar. Thus, all the
data points at Ombar were normalized to the same level after subtracting the baseline.
This step guarantees all the impedance readings have the same reference point, therefore
impedance changes are only caused by pressure variation inside the flow channel. Then

the entire process was repeated on another sensor near the outlet.
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Figure 6-3. Data plots show the corresponding impedance under different pressures, blue
for the sensing unit near inlet, red for the unit near outlet. For both sensors, the reference
point was the top line at zero pressure. Other three pressures tested here were 25mbar,
S50mbar, 75mbar and 100mbar. Sensor can response to pressure change within a second

but require certain time to reach steady state.

We calculated the averaged impedance for each pressure with all the data points
and plotted it against the applied pressure (Figure 6-4). Figure 6-4 shows two calibration
curves for the inlet and outlet pressure sensors, respectively. The impedance decreases

linearly with increased pressure from Ombar to 100mbar. The good linearity shows this
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new created sensor works as well as other reported piezoresistive sensor. The error bars
represent the standard deviation calculated from all data points under the same pressure,

which proves the robustness of the sensor’s accuracy.
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Figure 6-4. Calibration curves correlate impedance readings to local pressures. The
calibration curves were constructed from data plots in Figure 6-3. Impedance data was
extracted from Figure 6-3 and averaged to calculate actual impedance under each
pressure. Linear fitting builds the mathematical relation used to back calculate local

pressure. Small error bars shows the reliability of sensor performance.
6.4.4 Flow rate measurements

One advantage of this new designed sensor is that the sensor can be integrated
directly to the microfluidic channel sidewall without blocking fluid flow. This allows the
sensor to be applied to any existing microfluidic network and monitor local pressure
gradient or flow rate. Compared to current commercial flow meters, the new sensor has
the capability for on-chip integration, which allows much smaller sensor size, shown in
Figure 6-1. To turn this pressure sensor to an actual flow meter that can monitor flow rate,

we integrated two sensors atthe inlet and outlet regions of the microfluidic channel. Each
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sensor can monitor the local pressure changes individually. Then the pressure values
from both sensors were used to determine the pressure gradient between the two points.
The flow rate inside the microchannel was then calculated with hydrodynamic resistance
and compared to the actual flow rate measured by an external flow meter. Figure 6-6
shows the comparison between the actual flow rate and the flow rate from the sensor
within the inlet pressures range from 25 mbar to 100 mbar. All the impedance measured
flow rates are close to the actual flow rate except the 100 mbar. We assume the relatively
large pressure pushes the elastic film to the limit of deformation and thus causes certain
non-linearity between applied pressure and impedance reading. The actual impedance
reading at 100 mbar is lower than the linear fitting curve, shown in Figure 6-4, which
explains the large deviation. But other than 100 mbar, the flow rate measurements are

similar to the real value with 1-2 pl/min standard deviations, as the error bars show.
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Figure 6-5. Compare flow rates measured by created flow meter to commercial sensor.
The blue bars represent measurements acquired from created on-chip flow meter and the
red bars represent results from commercial sensor. Both sensors measured flow rates
from 10 to 80 ul/min, a common range in most microfluidic applications. All

measurements are pretty close with less than 10% errors.

6.5 Conclusion

We developed an on-chip cost-efficient piezoresistive microfluidic sensor that is
capable of both pressure and flow rate measurements. Compared to the current flow

meters that cost more than 1000 USD per piece, the new sensor has a fabrication cost that
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is less than 2 USD. The sensor has two integrated conductive PDMS films on the
microfluidic side wall. An impedance analyzer is connected to the elastic PDMS film
through the gallium metal electrodes. The film deformation caused by internal pressure
changes can be translated into electrical resistance variations and further read by the
impedance analyzer. This design allows the sensor to be integrated to any microfluidic
devices and monitor pressure changes or measure flow rate in real time without
interrupting the fluidic flow. In contrast to the previous piezoresistive microfluidic
sensors, the new designed sensor features simple fabrication process, low cost, on-chip
integration and the capability to monitor both pressure and flow rate information. We
characterized the created sensor to determine the linear relation between pressure and
impedance changes. The impedance value decreased linearly with increasing applied
pressure from 0 to 100mbar. We then used the sensor to measure the local pressure
gradient inside microfluidic channel and plotted the pressure changes with standard
deviation. Small error bars proved the robustness and accuracy of the measurements. Last
we developed the actual flow meter with two integrated sensors and applied it to a
microfluidic chip. The flow rates at variety of external pressures were measured and
compared to the actual flow rates from other commercial flow meters. The measured flow
rates range from 10 pl/min to 80 pl/min and very close to the actual flow rate with 1-2
pl/min deviation. Considering cost efficiency and the capability for on-chip integration,
this new development sensor has huge potential in real time fluidic monitoring for

increasingly complicated microfluidic systems.
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7. Conclusions and Future Work

7.1 Conclusions

To date, many microfluidic designs reported that optimized design could enhance
the sensitivity of uTAS system or allow for faster operation. However, the development
of on-chip sample preparation module has just started and far behind the progress made
in detection. As a result, regardless of all the advances in detection strategies, most uTAS
devices still require a series of benchtop process to simplify sample complexity. Sample
consumption and extended processing time during benchtop operation completely offset
the benefits of utilizing uTAS. While on-chip sample preparation remains challenging,
this thesis seeks to address two main obstacles researchers are facing during on-chip
sample preparation module development: continuity and integration. Despite the quick
growth of module functions, most sample preparation devices still work in the batch
model and require certain sample collection mechanisms in order to proceed to next step.
In other words, current sample preparation modules are lacking of capability to process
samples in a continuous manner, which significantly increases the processing time.
Contamination induced during sample collection may also impact detection results and
hinder uTAS reliability. In the meantime, essential on-chip flow control modules that
can facilitate chip connection and automation are missing from most uTAS designs.
Many uTAS still relies on external driving forces to power its function, thus bring

portability issues to uTAS.
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In this thesis, we proposed to solve the continuity challenge by developing a new
membrane-based electrokinetic platform with the capability to realize continuously on-
chip sample preparation. This platform not only delivers uniformed three-dimensional
electric field into microfluidic channels in an effective and robust manner, also has
superiorities in fabrication, portability and cost aspects. Two common sample preparation
techniques, separation and enrichment, were demonstrated using free flow
electrophoresis technology. On the other hand, several on-chip flow control modules
essential for microfluidic integration have been reported in order to tackle the chip
integration challenge. We applied the newly designed platform, once again, into on-chip
fluid control units, including a micro-pump, a sample injector, a fluid controller and a
flow sensor. Presented modules all feature a sidewall design that allows for direct
integration into common microfluid designs without impacting the original functions.
This feature not only simplifies chip-to-chip connection, also provides a potential strategy

for integrating multi-functional flow control module onto microfluidic chips.

In the first chapter, we introduced the background of microfluidics technology
and uTAS concept. uTAS typical consist of a core sensing module and several assisting
sample processing modules. While many techniques have been adopted in developing the
core sensing module, the development efforts on sample processing remain limited until
recent years. The unbalance between core detection technique advances and limited on-
chip sample preparation modules undermines further utilizations of uTAS. We briefly
summarized current on-chip sample preparation work related to our research work, along
with the two biggest challenges of on-chip sample preparation. This leads to Chapter 2,

where current microfluidic platforms designed for electrokinetic applications were
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discussed. We proposed new membrane structure, which consists gallium metal electrode
separated by thin layers of carbon nano-composite membrane. A simple electrocurrent
model followed to demonstrate its working mechanism and characterize performance
efficiency. An extensive comparison between this new platform and other reported
devices then reviewed the advantages and drawbacks of this platform. In the end of this

chapter, a detailed fabrication process for building this membrane structure was included.

In chapter 3, we presented the free flow electrophoresis module developed with
the reported platform. Free flow device features sample processing in a continuous
manner, such as free flow separation, enrichment or mixing. We demonstrated two
electrophoresis-based free flow applications, free flow zone electrophoresis and free flow
isotachophoresis. Both applications serve as powerful tools for charged molecules
separation and concentration. Due to the continuous nature of free flow design, the
sample preparation modules we created can be easily integrated into a downstream

sensing unit, which completely eliminates manual sample collections.

Chapter 4-6 constructed the second block of this thesis, where on-chip flow
control modules essential for chip integration were addressed. We demonstrated a micro
electro-osmotic pump and a sample injection, a micro flow sensor in chapters 4, 5 and 6,
respectively. On-chip micro electroosmotic pumping offers an additional option to
microfluidic driving force while flow and pressure sensor can actively collect real time
fluid information used for feedback control. The combination of both modules allows a
self-sufficient design of any uTAS and greatly facilitates uTAS automation. In addition to
fluid pumping and monitoring, we also developed fluid control system consists multiple

on-chip micro pumps and a control panel regulated through LabVIEW. The fluid control
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system successfully proved its capability in fluid routing and sample injection, which

may offer another possibility to construct automatic controlled uTAS.

7.2 Future Work

Current research has made great stride to develop an electrokinetic platform for
on-chip sample preparation and both challenges have been addressed. Future
investigations are needed to further our understanding of the fundamental mechanism as
well extend platform applications to real world setting. We will discuss the future

research directions in the following sections.
7.2.1 Surface characterization

In Chapter 2 we described the platform characterization work including
calculating chip efficiency and comparing advantages of different platform designs. A
key factor used for performance evaluation is the capability to minimize undesired
surface reactions, such as electrode depletion, gas generation and electro-thermal flow.
We compared three platform designs performing electrophoresis separation. Platform
with direct integrated metal electrode suffered gas generation, Joule heating and electrode
depletion. There are two reasons associate with it. One is the high current density caused
by low system resistance, which also means excellent chip efficiency. On the contrary, no
issue has been observed in PDMS insulator design. However, the proved low chip
efficiency shows insulator design is inapplicable for electrokinetic applications. The ideas
of avoiding surface reactions under high current density and improving chip efficiency
become a dilemma and we have to trade off one way or the other. The solution falls on to

the second reason for surface reactions: the physic properties of electrode materials.
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Metals turn to give out electrons more easily compare to some inert materials, such as
carbon or organic polymer. We observed higher current density change with gallium
electrodes during cyclic voltammetry as gallium metal is more reactive than gold, which
means it suffers severer surface reactions. On the other hand, carbon combined with
PDMS remains the inert property and unlikely to give or take electrons from bulk fluid,
which may explain why we did not observe surface reaction even with the same current
density range. However, a comprehensive understanding of the mechanism behind using
carbon polymer to suppress surface reactions has not been acquired. Further
investigations shall focus on surface characterization using scan electronic microscopy or
other similar tools to monitor the surface alternations under the electric field, for example,
surface roughness, deformation or porosity. The electrochemical study shall be another
powerful tool to characterize surface reaction types during operation. Reactions occur
under metal and carbon electrode systems may be different, thus leads to a higher current

density threshold before reactions occur.
7.2.2 Real sample processing and integration

In this thesis, we addressed the increasing demand of on-chip sample preparation
and the main challenges associated with it. We presented several microfluidic devices
capable of performing sample separation, enrichment, buffer pumping and flow control in
chapter 3, chapter 4 and chapter 5, and successfully demonstrated the capability of
manipulating charged species or fluid. However, for most experiment setups we
introduced here, we used clean samples made from stock solutions instead of dirty
samples, such as physiological samples. Physiological samples, for example, whole blood

or urine, are considered “dirty” because of the presence of all types of biomolecules and
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bioparticles, ranging from big cells to small ions, positive charges to negative charges.
The benefit of using man-made sample is to avoid undesired components and simplify
experiment. This allows us to demonstrate device capability without extended
troubleshooting. Nevertheless, real physiological samples cannot be processed in one step
and typically require multiple pretreatment modules to become “clean” enough for
detection. It not only requires modular integration, also a robust working mechanism that
can remain effective under the presence of interferential molecules. This leads to further
troubleshooting work and device customization, which will become the biggest challenge
on our way to push the platform into real world applications. Additionally, physiological
samples also contain high ion concentrations, which results higher buffer conductivity.
For electrokinetic applications, Faradaic reaction becomes more severe when buffer
conductivity increases to mili-Siemens range. A high concentration of ions in bulk fluid
will saturate electrode surface in a short time and reach the threshold density, which
further leads gas formation and electrode depletion. Thus, how to avoid Faradaic reaction

under physiological setting is another big challenge for real world applications.

The new developed platform shows great potential for modular integration,
integration between sample preparation module and downstream sensor has not been
completed yet. The main obstacle of integration lies in sample fractionation. The free
flow design not only allows continuous sample collection that benefits processing speed,
in the meantime, it also requires more precise flow control in order to fractionate sample
stream right into connected sensor module. As a result, local flow meters or optical

detection is needed for a close flow monitoring, which further complicates device setup.
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Besides, we must consider the interaction between two connected modules and minimize

interferences from modular integration.
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