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ABSTRACT OF THE DISSERTATION 

 

Microfluidic Tools for Stem Cell Biology 

By 

Melinda G. Simon 

Doctor of Philosophy in Biomedical Engineering 

University of California, Irvine, 2014 

Professor Abraham P. Lee, Chair 

 

Microfluidics has much to offer the field of stem cell biology, making interaction with single 

cells possible, as well as offering the ability to manipulate and actuate cells using electrical 

control.  In this work, the use of electrical impedance as a readout for single cell assays in 

droplets was explored as part of a larger goal toward a total analysis system to link cell 

genotype to phenotype.  Such technology could provide clues about the signaling changes that 

precede differentiation in these populations.  Subsequently, a high throughput sorting platform 

for the separation of neural stem and progenitor cell populations based on dielectrophoresis was 

designed and validated.  The system will provide sufficient numbers of purified cell populations 

to enable stem cell transplantation studies in animals.  Finally, an electrical stimulation system 

for the maturation of induced pluripotent stem cell-derived cardiomyocytes was developed.  This 

system will be used to enable personalized medicine applications in drug toxicity testing, as well 

as for the basic study of factors promoting expression of the adult phenotype from pluripotent 

stem cell-derived cardiomyocytes. 

 



1 

 

 

1 Introduction  

 

1.1 The promise of stem cells 

 Hailed as having transformative potential for the field of regenerative medicine, stem 

cells have captured the intrigue of many, and provide hope for countless individuals suffering 

from diseases such as Multiple sclerosis and Amyotrophic lateral sclerosis (ALS), or from 

conditions such as spinal cord injury.  One aim of stem cell research is to enable therapy by 

delivery of stem or progenitor cells (or more differentiated cells derived from these cell types) to 

restore function by replacing dead or malfunctioning cells.  Several studies involving stem cell 

transplant into animal models of neurodegenerative diseases have shown promising results, 

including partial recovery from paralysis in an ALS model, and restoration of function in stroke 

or spinal cord injury patients [1].  Despite success in animal models, there are presently fewer 

study results available for clinical trials involving stem cell transplant into humans.  While some 

human clinical trials involving the transplant of stem cells for diseases such as Parkinson’s[2] 

and in stroke have demonstrated modest functional recovery, many others fail to provide 

therapeutic benefit [1].  While studies involving autologous transplants of adult stem cells have 

demonstrated safety, benefits to the patients from these studies have been limited [2].  Aside 

from the mere disappointment that can accompany the failed therapy, transplanted stem cells 

derived from embryonic stem cells (ESCs) have the potential to undergo malignant 

transformation[3], resulting in the formation of potentially cancerous tumors in the patient.  The 

efficacy of such a strategy depends on the ability to drive stem cells to a particular fate, and the 

ability to recognize a cell’s state of differentiation prior to the implantation.  These significant 
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challenges partially account for the gap between what stem cell therapy has promised, and what 

has been delivered in terms of disease treatment and restoration of function.   

 In addition to the aim to provide regenerative medicine by delivering stem cells to 

correct functional deficits, the plasticity and pluripotency of stem cells offers the ability to 

construct tissue and disease models for study.  For this purpose, induced pluripotent stem cells 

(iPSCs) are particularly useful.  First published in 2006[4] and 2007[5], the technology to induce 

pluripotency in cells made from an adult’s tissue has inspired new avenues of research.  iPS cells 

could prove very useful in transplantation therapy going forward, since they allow the creation 

of replacement tissue from a patient’s own cells.  This approach eliminates the need for 

immunosuppression therapy following transplant, as is required for transplants from allogeneic 

sources (ESC-derived stem cells).  Additionally, the availability of iPSCs is high compared to 

ESCs, since iPSCs can be made from a patient’s own cells.  Significantly, iPSC creation and use 

avoids the ethical dilemma raised by the destruction of embryos which is required for use of 

ESCs.  For these same reasons, iPSCs provide an excellent technology platform for the concept 

of personalized medicine.  Given the pluripotency of iPSCs, these cells could be used to make a 

patient-specific model of a tissue or disease which could then be used to investigate drug toxicity 

for that individual[6, 7].  While this is an exciting prospect, iPSC technology has been plagued 

by concerns about safety, given the proclivity of undifferentiated iPSCs to form teratomas[8].  

Furthermore, differentiation of iPSCs to the adult phenotype in the desired tissue will require 

extensive knowledge of the factors and cues that guide this process.  Expression of markers of 

the desired cell type may be insufficient to identify fully differentiated and functional cells.  In 

addition to chemical cues, mechanical structure or force may be needed along with other stimuli 

to observe the functional, adult form of these cells that would be useful for tissue models. 
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1.2 Themes in Stem Cell Research 

 The significant research questions currently driving stem cell research focus on one of 

three areas—determining the identity of the cells, their potential, and the proper combination of 

stimuli to guide their development:  

 What are the characteristics that classify a stem or progenitor cell, compared to a 
more differentiated cell type?   

 What influences the decision for the cell to remain multipotent or to differentiate?   

 Finally, how can we guide the development of these cells to a desired phenotype?   

 

 Figure 1.1 shows a schematic summarizing some of the general information that has been 

uncovered to answer these questions, but much work remains.  As some cells in a group of stem 

cells begin to differentiate, heterogeneity in genetic expression gives way to changes in 

phenotype.  Analyzing the expression of various genes in such a population could provide 

important information about these changes in genetic expression that precede various 

differentiation processes, but such subtleties can be masked by bulk genetic expression 

measurements[9, 10].  Thus, tools capable of isolating and analyzing single cells will be 

invaluable to understanding patterns of genetic expression that accompany differentiation to 

various fates.   

 For the purpose of understanding the changes in genetic expression that accompany 

differentiation processes, it will also be important to reduce the heterogeneity in a group of 

differentiating stem or progenitor cells by separating cell types with different fates.  In addition, 

the ability to separate and purify these cells prior to transplantation could increase the safety 

and efficacy of the transplant. 

 As illustrated by the cartoon in Figure 1, the fate of stem cells is readily impacted by 

chemical cues.  Although it is not indicated in the figure, there are many other factors which 

guide the development of these cells, including mechanical cues such as substrate stiffness[11] or 

strain[12] and (for electrically-responsive cell types), electrical stimulation[13, 14].  Thus, driving 
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the developmental processes in stem cells that lead to the desired adult or differentiated 

phenotype may require simultaneous application of different stimuli.  Study of the effects of 

these cues individually and in concert requires precise control over these properties in order to 

understand their individual and combined contribution to the development and differentiation of 

stem cells.  

 

 

Figure 1.1 Pinball model of development and reprogramming.   

A stem cell’s path of differentiation is visualized as a pinball’s motion through the machine, 
where the flippers are transcription factors driving differentiation and bumpers symbolize the 
transcription factors which enable self-renewal and the maintenance of pluripotency.  Although 
depicted simplistically in this model, in reality many of the factors responsible for differentiation 
or the maintenance of pluripotency in specific cell types remain undiscovered.  These discoveries 
will continue to advance our understanding of stem cell differentiation, which could lead to safer 
and more effective therapies.  Reprinted by permission from Macmillan Publishers Ltd: Nature 
Biotechnology [15], copyright 2010. 
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1.3 Microfluidics as a Platform to Address these Questions 

 Technologies to miniaturize biological assays offer many advantages for the analysis and 

processing of stem and progenitor cell populations.  Collectively known as “Lab on a chip” 

technologies, these platforms are capable of providing precise control to microenvironments, 

conducive to cell development and growth.  Coupled with micrometer-to-millimeter size channels 

comprising a fluidic network, miniaturized sensors or actuators enable manipulation of cells at 

the single cell level precisely and rapidly.  The availability of recent reviews describing 

applications with stem cells in microfluidics[3, 16, 17] also attests to the popularity of the 

marriage of these ideas.  Microfluidics and microfabrication offer the ability to form gradients or 

precisely pattern molecules enabling the examination of the effects of combinations of signaling 

molecules on hESC-derived neural progenitors[18].  These microfabricated systems are also 

capable of delivering precise forces, such as shear stress, which have been used to characterize 

mouse ESCs[19]. 

 

1.3.1 Single cell analysis 

 Using channels on the order of tens of microns, it is possible to produce aqueous-in-oil 

droplets with volumes in the picoliter range.  Compartments of this size have the capability to 

encapsulate single cells[20] and analyze their contents, preventing signal loss that would occur 

due to dilution effects in a larger volume[21].  As in traditional biological research, polymerase 

chain reaction (PCR) is typically used to increase the concentration of a particular RNA or 

DNA sequence to enable its detection.  There has been much publicity on the ability to execute 

these reactions within microfluidic droplets, owing to the advantages conferred by miniaturized 

analysis systems, including rapid heat transfer and mixing due to the smaller dimensions of 

these systems[22, 23].  However, the technology to detect the outcome of these reactions in 

microfluidic systems remains fundamentally the same as the detection methods for traditional 
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PCR systems, relying on specialized probes such as TaqMan®.  While effective, these probes are 

costly, require specialized chemistry for preparation, and require expensive optical equipment for 

detection.  In addition, this type of detection suffers from drawbacks common to all fluorescence 

detection methods- namely that the ability for multiplexed detection is limited by spectral 

overlap of probes, the shelf life of probes, their susceptibility to photobleaching, and the 

inherent qualitative measurement that they provide.  In this work, electrical impedance 

measurements are investigated as an alternative method for detection of assay endpoints such as 

PCR.          

1.3.2 Cell Sorting using Dielectrophoresis (DEP)  

 As stated earlier, the separation or purification of stem cells could aid in the 

determination of signaling changes that occur throughout differentiation by analyzing a group of 

cells at roughly the same stage of development.  In addition, stem cell purification could prove 

invaluable for making stem cell transplants safer and more effective—two of the major concerns 

for this type of therapy.  Despite the widespread use of FACS and MACS technology for cell 

separations, the technology suffers from several drawbacks that hinder research and clinical 

adoption.  FACS and MACS instruments are costly for an individual lab to purchase and 

complicated, requiring gating optimization in order to achieve accurate sorting[24].  By design, a 

FACS system subjects the cell population to a high shear force which can damage fragile cell 

types[25], such as neural stem/progenitor cells.  In addition, over 90% of the cell sample may be 

lost due to cell death as a result of the shear forces encountered in a FACS instrument 

[unpublished data].  Perhaps most significantly, both FACS and MACS separations rely on the 

availability of antibodies that have been identified on the cell population of interest and are 

capable of binding to the cells with high affinity and specificity.   

 Several markers for the enrichment of neural stem cells from a mixture of cells have been 

identified and are currently used, including CD133[26] and nestin[27], however the purity of 

neural stem/progenitor cell populations that can be gleaned by using these markers is limited.  
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Nestin is a marker for different cell types in the subventricular zone and therefore does not only 

label stem cells[27], and CD133 labels all neural stem and progenitor cell types, including 

astrocyte, neuron, and oligodendrocyte progenitor cells.  Currently, labels for these progenitor 

cell types that could be used for FACS and MACS isolation of these cells are not specific enough 

to distinguish different types of progenitor cell populations within a population of neural stem 

cells[28].  Nourse et al. showed recently that the use of dielectrophoresis (DEP) to isolate neural 

progenitor cells produced greater enrichment of these cells than the well-known marker for 

neurons and neuron progenitor cells, PSA-NCAM[28].  Furthermore, the use of labels may affect 

cell survival and function in culture after sorting[25], whereas DEP has been shown to preserve 

cell viability and function when used as a sorting platform.  Here, I present the development of 

a DEP-based cell sorting device that is capable of reaching a sorting throughput sufficient for 

enabling transplantation studies involving neural stem/progenitor cells. 

1.3.3 Delivering electrical stimuli to cells - precise control 

 In addition to the approach where passively differentiating cells are observed, active 

differentiation of cells to a desired fate will be useful for therapy.  Controlled delivery of 

chemical or mechanical cues[11, 12] in isolation on the development of stem cells have been 

widely publicized, but in reality, the in vivo environment of stem cells provides simultaneous 

chemical, mechanical, and in some cases electrical stimulation in order to drive cells to a 

particular fate.  Thus, it may be quite difficult or even impossible to completely recapitulate the 

differentiation process in vitro without the application of multiple types of stimuli.  Microfluidics 

can provide precise control for the delivery of chemical cues and mass transport[17].  Indeed, 

modulation of chemical cues to cells via microfluidic devices has been shown to affect or govern 

cellular processes, such as chemotaxis[29] or the development of vasculature[30].  Using 

microfabricated electrodes, electrical stimuli can be delivered to cells.  This type of stimulation 

has been shown to promote maturation in rat[14] and human embryonic stem cell (ESC)-

derived[31] cardiomyocytes, as well as in the differentiation of ESCs to a neuronal fate[32].  In 
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this work, we show the integration of an electrical stimulus system (via microfabricated 

electrodes) in a 3D tissue engineering model where mechanical support is provided and the 

delivery of chemical cues can be tightly controlled via a microfluidic network.   
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2 Electrical Impedance Detection of Picoliter 

Droplets and their Contents for Nucleic Acid and 

Protein Analysis 

2.1 Introduction and Background 

2.1.1 Microfluidic droplet detection 

Microfluidic systems offer a number of advantages for sample preparation and analysis, as 

well as the miniaturization of reactions or assays.  Some of these include more rapid heat and 

mass transfer that speeds reaction completion and the use of a minimal amount of reagents.  

They can be especially useful when samples are compartmentalized into droplets or plugs.  

Compartmentalization minimizes contamination between samples and eliminates the issue of 

dispersion that can occur when executing a reaction in a single phase on a microfluidic chip [33, 

34].  Droplets can be generated using several different methods, including a T-junction[35], 

hydrodynamic flow focusing[36], and by “on-demand” droplet generation[37, 38].  After 

generation, droplets can be combined with other reagents using droplet fusion[39-41], rapid 

mixing[42], and incubation to allow time for reactions to occur[43].   

Using droplets, it is possible to encapsulate and interrogate single cells.  This ability is fairly 

unique to the abilities of droplet microfluidics, since encapsulation of single cells in larger 

compartments is inefficient due to Poisson statistics and would result in the dilution of the 

detected species.  Several clever approaches exploiting unique physics at the microscale have 

been used to overcome the predictions of Poisson statistics and enable very efficient 

encapsulation of a single cell per droplet[20, 44].  Using these and other approaches, droplet 

microfluidics has enabled quantitative detection of expression of a fluorescent protein from 

individual E. coli cells[45], screening of enzyme mutants produced by directed evolution[46], and 
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analysis of cell-to-cell variations in E-cadherin expression via mRNA analysis from individual 

cells[21]. 

Detection of the progress or outcome of a reaction or assay is a crucial step in the ability to 

use droplets for compartmentalization.  Traditional assay methods process a cellular solution in 

bulk, but this approach may mask the heterogeneity that exists in the population of cells[9].  

Fluorescence detection systems have been used almost exclusively for analysis of reaction 

progress or completion in droplets[47, 48].  However, fluorescence detection could limit the 

capabilities for detection as the ability to multiplex measurements increases, and it is prudent to 

consider other detection methods. 

 

2.1.2 Electrical detection of droplets 

 

Although fluorescence has overwhelmingly been used for the detection of the presence and 

contents of microfluidic droplets, it suffers from several drawbacks.  These include the inherent 

qualitative nature of a fluorescence measurement, requiring calibration to a known standard.  In 

addition, the fluorophore may be subject to photobleaching, or sample reagents prone to 

autofluorescence[45], which further increases the difficulty of obtaining quantitative information.  

Usually, fluorescence detection requires specialized chemistry to prepare probes[48], which 

increases the expense and requires off-chip pre-processing.  Multiplexed measurement using 

several fluorophores can suffer from spectral overlap problems and fluorescence bleed-through 

and each addition of an additional fluorescence channel for real-time measurement significantly 

complicates the optical detection setup.  This equipment can be costly, and a signal-to-noise 

(SNR) decrease is observed when a single excitation signal is split among multiple optical 

detectors.   

For all of these reasons, alternative methods for the detection of droplets and their contents 

are sought.  While electrical detection of droplets may never completely replace the use of 
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fluorescence in these systems, it could provide a more cost-effective detection strategy for some 

applications.  Alternatively, multi-modal detection of droplets using both electrical and 

fluorescence detection could be useful in some systems.  For instance, electrical detection of 

droplets could be used as a method to time on-chip processes, such as picoinjection of fluid to 

droplets[38].  This process would not be dependent on the fluorescence signal inside the droplets, 

thus ensuring that each droplet would be processed regardless of its fluorescence signal.  Such 

multi-modal detection enables more efficient use of fluorescent probes.  For example, since 

electrical detection can be used to determine the presence of droplets to execute synchronization 

or timing of reactions on-chip, fluorescence probes could be reserved for the measurement of the 

reaction outcome using one or more fluorophores. 

A limited set of papers describe the use of electrical impedance or capacitance to detect 

droplets in microfluidic systems.  Niu et al. designed a custom PCB for detection of droplets 

using an RLC resonance circuit and achieved detection rates of up to 1100 droplets/s [49].  They 

further demonstrated the utility of the tool by developing an algorithm to allow for droplet 

sorting after electrical detection.  In this system and another, a comparator circuit was used to 

increase the SNR of the detected droplets[50].  Following these efforts, another group attempted 

to make electrical detection of droplets more accessible by developing a capacitive droplet sensor 

using an off-the-shelf capacitive to digital converter and a microcontroller[51].  They observed a 

linear dependence of the obtained capacitance signal on droplet size, but didn’t investigate the 

use of different materials for the droplets.  Kemna et al. were the first to use electrical detection 

to investigate the contents of the droplets themselves, rather than simply detecting droplet 

presence[52].  In this work, they show preliminary data showing that the presence of a cell 

within a droplet produces a larger peak in the impedance signal than an empty droplet.  This 

work could provide a basis for sorting of droplets containing cells from empty droplets, ensuring 

100% encapsulation of single cells in a population of droplets for single cell analysis studies. 
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2.1.3 Electrical detection of Nucleic acids in microfabricated systems 

The technique of Electrochemical Impedance Spectroscopy (EIS) is popularly used as an 

approach to provide label-free detection of nucleic acids, as noted by a recent review[53].  Using 

this technique, DNA or RNA is typically tethered directly to the electrode surface.  

Hybridization of the target in the sample solution can be detected using EIS measurements.  To 

aid in this detection, the target may be conjugated to a metal nanoparticle.  Hybridization of 

the target to the tethered strand on the electrode surface brings the nanoparticle close to the 

electrode surface and increases the amplitude of the electrical signal obtained.  While 

interesting, this type of detection requires pre-processing of a device to functionalize electrodes 

with the target strand.  By nature, the device cannot be re-used easily, requiring removal of the 

tethered strands from the electrodes, washing of the device, and re-functionalizing the surface. 

To improve upon these techniques, the research group of Rashid Bashir has worked 

extensively to investigate the detection of DNA concentration in a solution using electrical 

measurements.  In these systems, the DNA is not tethered directly to the electrode surface, but 

is rather free-floating in a droplet of μL or smaller volume.  Using purified DNA in a solution of 

deionized water, they explored the relationship of DNA concentration and amplicon length on 

the impedance magnitude and phase[54].  Although data trends are somewhat noisy, in general 

the impedance magnitude of a solution of DNA tended to decrease with increasing frequency.  In 

addition, they found that increasing DNA concentration tended to decrease impedance 

magnitude, but clear trends between impedance magnitude and the length of the amplicon were 

not observed.  Importantly, the authors conclude that purification of the polymerase chain 

reaction (PCR) solution after PCR amplification is necessary to detect any of these changes.  In 

subsequent work, the group has demonstrated an increase in the sensitivity of this measurement 

by inducing evaporation in the measurement cell to concentrate DNA.  Using this technique, 

they were able to detect synthetic DNA in deionized water, improving the detection limit 5 

orders of magnitude over conventional non-faradaic impedance sensors[55]. 
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Although this work provides important information about the ability of electrical 

measurements to provide information about the concentration of biomolecules in a solution, 

these demonstrations were largely impractical for most lab-on-a-chip applications.  In both 

cases, the detected solution consisted of purified DNA in deionized water, since detection of the 

impedance changes was not measurable without purification and precipitation steps[54].  One 

major advantage of microfluidic systems lies in their ability to integrate sample processing and 

detection steps.  Purification of a PCR solution after amplification would require extensive 

processing of droplets before electrical detection would be valid, and such an approach is likely 

more suited to an electrowetting-on-dielectric (EWOD)-based detection system[56] than a 

microfluidic droplet system.  Additionally, the evaporation technique that was recently shown 

requires 20 minutes, which likely provides a lower than desired throughput for most 

applications. 

To increase the relevance of this method of detection, I investigated the use of electrical 

impedance measurements of microfluidic droplets to provide a technique for detection of DNA 

amplification.  Solutions of DNA, primer, and PCR mix with and without PCR amplification 

were compared without any purification steps.  In addition, the detection of this amplification is 

complicated by the presence of an electrically-insulating layer of oil which surrounds the 

droplets, as well as the fact that droplets move continuously through the system and have a 

residence time much less than 1 s over the sensing electrodes.  This contrasts with previous 

work in the detection of purified DNA in static solutions[54, 55]. 

2.2 Theory 

2.2.1 Equivalent Circuit Modeling 

To extract properties of the solution being measured in droplets, namely the resistance and 

capacitance, it is useful to construct an equivalent circuit diagram of the system.  This model 
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can then be fit to data obtained from the system using a frequency sweep in order to determine 

the resistance and capacitance change effected by a droplet passing the measurement electrodes.  

 

 

Figure 2.1 Equivalent circuit models for a microfluidic channel containing a conductive fluid and 

a conductive droplet 

(left) Conductive solution inside a microfluidic channel is modelled as having a resistance and 
capacitance in parallel.  Other elements of the model include a double-layer capacitance at the 
electrode-solution interface (Cdl), a stray or parasitic capacitance (Cst), and a resistance from the 
electrical leads.  (right) The presence of a droplet in the microfluidic channel adds an additional 
capacitance term, Cint, to reflect the polarization at the droplet-solution interface.  
 

An equivalent circuit diagram is shown in Figure 2.1 for this system.  For simplicity, only 

the results of the two electrode measurement model are shown here.  Following the work of 

Kemna et al. for droplet detection in microfluidic systems, the components of the equivalent 

circuit comprise two parallel current paths.  The electrical leads to the system confer a certain 

amount of electrical resistance, Rlead.  The electrical leads also confer a certain amount of 

inductance (L) at high frequencies, but for a simpler model, I consider only frequencies below 

which the inductance makes a significant contribution to the frequency sweep signal.  Then, 

current proceeds through either the microfluidic channel circuit or through a stray capacitance 

circuit.  At high frequencies, the effect of stray (or parasitic) capacitance increases, owing to the 

relationship of a capacitor’s impedance to frequency: 

   
 

   
 

2-1 
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This effect can be mitigated by choosing a measurement frequency low enough that the effects 

of the stray capacitance are minimized.  Similarly, the capacitance at the electrode-electrolyte 

interface (here termed the double layer capacitance, or Cdl) constrains the measurement 

frequency on the lower end of the frequency spectrum.  Thus, at low frequencies, the impedance 

measurement will be dominated by the effects of the double layer capacitance, and at high 

frequencies, the measurement will be dominated by the effects of the stray capacitance (Figure 

2.2).  The solution in the microfluidic channel to be measured is modelled as a resistor and 

capacitor in parallel, to reflect the various mechanisms by which charge is transmitted, stored, 

and dissipated by the solution (i.e. ions, dipoles, induced dipoles).  For the situation in which a 

droplet is being measured (Figure 2.1, right), a term for interfacial capacitance is added, Cint. 
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Figure 2.2 Frequency response of Phosphate Buffered Saline solution 

The measured impedance magnitude, │Z│, of 1x Phosphate Buffered Saline (PBS) solution is 
plotted against the frequency from 1 kHz-50 MHz.  Impedance measurement is dominated by 
various system components at various frequencies.  At low frequency, the impedance is 
dominated by the double layer capacitance, Cdl.  Increasing in frequency, the impedance levels 
out during the region where the measurement is dominated by the resistance of the solution to 
be measured, Rsol.  At higher frequencies, impedance magnitude rolls off due to the effects of 
stray capacitance and the solution capacitance, Csol.  Around 25 MHz, an inductance term, L, 
raises the system impedance again.  For simplicity, the following models analyze data below 25 
MHz to eliminate the inductance term.  For this material, frequencies roughly in the range 105-
107 provide the best choices for measurement of the solution properties. 
 

Considering the situation in which a droplet is not present, the total system impedance is 

derived from the following equations: 
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and for the situation where a droplet is present, 
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where ω = angular frequency = 2πf. 

 

To model the system, initial values for the resistance and capacitance of the solution in the 

channel (Rdroplet, Cdroplet) were obtained by fitting the following simplified model to the frequency 

sweep data: 
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An initial value for the stray capacitance, Cst, was obtained using the following equation, from 

[57]: 
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where εr = the permittivity of the solution, K(k) is a complete elliptic integral of the first kind, 

and k = eg/(eg+2ew) = 0.2 for this system.  An initial value for the double layer capacitance, Cdl, 

was obtained by modelling this interface as a constant phase element (CPE).  A CPE takes into 

account non-idealities at the electrode-solution interface and has been used in equivalent circuit 

models with other electrode designs[58]: 
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with initial values for Q and α taken from Tandon et al.[58]  
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Figure 2.3 Equivalent circuit model fitting to samples containing unamplified and amplified 

DNA. 

A.) Frequency sweep data from a solution of 1x MasterMix is shown (purple) with a best fit 
curve from the equivalent circuit model (black).  B.) Frequency sweep data from solutions 
containing unamplified (blue) and amplified (red) PCR solutions containing DNA, primer, and 
MasterMix with best fit curves to each (black).  C.) Solution resistance and capacitance values 
used to fit a curve to the data sets shown in A.) and B.). 
 

The equivalent circuit model equation (Equation 2-4) was fit to frequency sweep data for 

MasterMix and samples containing unamplified and amplified DNA (Figure 2.3).  Conditions for 

these fits were: Cdl= 1e-5 F, Rlead=1000 Ω, and Cst = 4e-12 F.  To fit the three data sets shown 

in Figure 2.3, the solution capacitance Csol, remained constant at 5e-12 F, while fitting the 

solution resistance, Rsol, produced a different result for each sample.  Of the three solutions 

fitted, the solution of MasterMix had the highest resistance at 5000 Ω.  Unamplified sample, 

containing DNA, primer, and MasterMix had a slightly lower resistance of 4700 Ω, while the 

amplified sample displayed the lowest resistance, at 4100 Ω.  These observations differ from 
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those presented in the work of Salm et al, where a difference in solution capacitance was 

observed with amplified samples[54].  These differences could be due to the fact that a solution 

of higher ionic strength was used in these experiments than in the work of Salm et al., and the 

ramifications of this difference are discussed in section 2.5.2. 

2.2.2 Polarization times associated with the system 

In a system where electrical current is applied, charge accumulates and is stored along the 

interface between two different materials owing to differences in the dielectric relaxation of those 

materials.  This phenomenon is known as Maxwell-Wagner polarization and is defined[59]: 
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where the subscripts 1 and 2 represent the electrical properties of the two materials.  Such a 

situation occurs in our system at the droplet-continuous phase boundary.  For a system of 

phosphate buffered saline (PBS) solution (ε = 80, σ = 1.5 S/m) in mineral oil (ε = 2, σ = 1e-10 S/m), 

τMW = 4.8 e -10 s.   

In addition to the polarization time associated with the oil-droplet interface, the polarization 

time of the solution inside the droplet must also be considered.  The theoretical Maxwell-

Wagner polarization time for a system of DNA surrounded by an ionic solution has been 

explored by Takashima, who calculated a polarization time on the order of 1 e -7 s, however this 

depends on many factors including the concentration of the DNA, the chain length, and the 

concentration of ions in solution and is difficult to determine theoretically.  The measured 

polarization time of these samples was on the order of 1 e -4 s.  The large discrepancy between 

these values suggests that perhaps the Maxwell-Wagner phenomenon does not account for the 



21 

 

polarization of DNA[60].    The phenomena responsible for DNA polarization will be discussed 

more in sections 2.5.1 and 2.5.2.  

2.3 Materials and Methods 

2.3.1 Microfluidic Devices 

Devices were made from a slab of polydimethylsiloxane (PDMS) containing fluidic layer 

features that were bonded to a glass slide containing planar electrodes using oxygen plasma.  

Standard soft lithography techniques were used to prepare the mold for PDMS.  Briefly, a 3-

inch silicon wafer is cleaned using the RCA-1 process, followed by a 2 minute dip of the wafer in 

a 2% HF solution.  SU-8 2050 is spun onto the wafer at 3000 rpm for 30 s to produce a film of 

50 μm thickness.  The film is then baked and patterned according to the manufacturer’s 

recommendations (Microchem, Inc.).  A hard bake of 30 minutes at 150 degrees completes 

crosslinking of the SU-8 and ensures that the final SU-8 structure is resistant to cracking upon 

repeated molding This process produces features with a height of 50 µm, as measured using a 

Dektak profilometer.  PDMS at a 10:1 ratio of base:curing agent is poured onto the mold and 

cured at 60 C for 3 hours.   

Electron beam lithography is used to deposit a thin (200 Å) layer of titanium, followed by a 

1000 Å layer of gold onto standard glass microscope slides (25mm x 75 mm).  AZ 4620 

photoresist is patterned onto the TiAu glass slide by spinning at 3,500 rpm for 45 s.  The 

photoresist is patterned through a photomask and developed using AZ 400 K developing 

solution.  Following development of the patterned photoresist, the gold layer is etched in a 

solution of gold etchant.  Subsequently, the titanium layer is etched using a solution of 2 % 

hydrofluoric acid, the photoresist is removed using solvents, and the glass slide containing 

patterned TiAu electrodes is baked in a dehydration oven before plasma bonding.   
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2.3.2 Instrumentation and Measurement Setup 

A commercial impedance spectroscope and transimpedance amplifier are used to deliver 

electrical signals to the microfluidic chip, and to amplify and record the signal measured in the 

chip (HF2IS and HF2TA, Zurich Instruments, Inc.).  The chip connector consists of a custom 

PCB that couples signals to and from the HF2IS and HF2TA.  SMA connections from the 

instruments connect to the PCB, which transmits signals to pins on an edge card connector 

(EBC15DRAS, Sullins Corp.).  Planar electrode features on standard glass microscope slides are 

patterned with a pitch corresponding to edge card connector pin dimensions, facilitating rapid 

electrical connection of microfluidic devices.  Such a connection system minimizes noise and 

signal loss from stray capacitance that would result from soldered wire connections. 

The measurement system consists of 2 or 3 planar electrodes in a microfluidic channel.  A 1-

5 V signal, comprised of 1-4 frequencies is applied to one of the electrodes to deliver the signal.  

Measurements can be taken in either direct or differential mode, depending on the number of 

electrodes on the device.  In direct mode, only 2 electrodes are necessary, with one electrode to 

deliver the signal, and the other electrode to measure the signal.  In differential measurement 

mode, three electrodes are used (Figure 2.4).  The center electrode delivers the signal, and the 

outer two electrodes measure the signal.  Readings from the outer two electrodes are sent to a 

transimpedance amplifier (HF2TA, Zurich Instruments, Inc.), which amplifies the signals with a 

gain of up to 100,000 V/A (Figure 2.5).  The signals recorded from these two electrodes can be 

automatically differenced in the software. This processing provides for the removal of the effect 

of continuous phase on the impedance measurement, and mitigates any baseline drift in the 

signal that may occur.  The single output signal from the amplifier is sent to the impedance 

spectroscope (HF2IS, Zurich Instruments, Inc.) for demodulation.  A separate, demodulated 

signal is recorded for each frequency, and the results are plotted in MATLAB. A custom 

MATLAB script identifies signal peaks and records the peak-to-peak voltage of each.   
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Figure 2.4 Typical signal obtained from differential droplet measurement 

A typical signal obtained from electrical detection of microfluidic droplets.  (above) Three 
images show the microfluidic droplet (green dye) suspended in oil (blue).  Black structures 
running vertically are electrodes.  Signal is applied to the middle electrode and recorded from 

the outer two electrodes, with “I” and “II” denoting the first and second measurement electrodes.  
(below) When the droplet spans the space between the first and second electrodes, a negative 
peak is produced in the data (see point a).  At point b, the droplet spans all 3 electrodes and 
the measurement from the outer two electrodes is subtracted, yielding a signal with value 0.  
Finally, as the droplet spans the last two electrodes, a positive peak is produced (the result of 
subtracting measurement electrode 2 from measurement electrode 1. 

 

The raw, demodulated output from the HF2IS spectroscope is in the form of Vrms.  Small 

currents detected by the measurement electrodes are converted to voltage values through 

amplification (Figure 2.5).  For a 2 electrode measurement, only one output channel is used.  

For a 3 electrode measurement, data is collected from two output channels and then differenced 

in the software to give one output Iout(t).  When processing the data, the following equations are 

used to obtain the signal impedance, Z, from the raw output, Vrms: 
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Figure 2.5 Measurement setup for data collection 

Schematic showing the major features of the instrumentation and setup for electrical impedance 
measurements.  The HF2IS outputs a voltage (shown in green).  This signal is applied to the 
middle electrode on the microfluidic device.  Recordings from either one or two electrodes (Iout) 
are amplified by the transimpedance amplifier, where they are converted to a voltage, Vout.   

 

Real and imaginary components of the impedance are recorded.  These measurements may 

be used separately, or may be converted to the impedance magnitude using: 
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2.3.3 PCR Amplification and Validation 

 

DNA and primers were generously provided by Pioneer Hi-Bred, International, Inc.  A 

public form of genomic DNA from Zea mays (B73 or Mo17) was used for these experiments at a 

starting concentration of 25 ng/μL.  This DNA was amplified with one of three proprietary 

markers.  DNA, primer, and Klear Kall Master Mix were combined off chip.  Half of the mixture 

was thermocycled on a benchtop thermocycler unit in a two step temperature profile.  Protocol 

1: In this protocol, the system is first maintained at 95 C for 10 minutes to fully melt the 

genomic DNA (hot start).  Then, the amplification proceeds with 40 cycles of: 60s at 65 C 

followed by 30s at 95 C.  These primers produced amplicons of length 85-120 bp. 

Longer amplicons were produced by following the protocol of Holden et al. for Zea mays 

DNA[61].  Amplicons of length 308 and 645 bp, corresponding to alcohol dehydrogenase I 

(adh1), were synthesized using the following thermocycling program (Protocol 2): 14 min at 95 

C, then 5 cycles at 95 C for 1 min, 57 C for 1 min, 72 C for 2 min, then 40 cycles of 95 C for 30 

s, 57 C for 30 s, and 72 C for 1 min.  DNA was used at a starting concentration of 25 ng/μL, 

and primers at a concentration of 0.45 μM. 

 

amplicon 
length Forward Primer Sequence Reverse Primer Sequence 

308 bp 5′-ACCACCAACCATACCCATAA-3′ 5′-TAGGAGAAGTGGAGCGAGA-3’ 

645 bp 5′-ACACCCTCTCCAACACTCTC-3′ 5′-GCAGTTCTAGGAGAAGTGGAGC-3′ 
 

PCR products were confirmed by running product on a 2% gel at 110 V for 25 min, and 

comparing the product to a DNA ladder.  A representative image a gel for the products 

generated from the proprietary primers is shown below. 
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Figure 2.6 Gel electrophoresis result of DNA samples with varying degrees of amplification 

B73 and Mo17 DNA (Zea mays) were amplified with markers 12830-14 and 1558-19 to varying 
degrees.  The red box represents Mo17 DNA amplified with marker 12830-14.  Lanes 4-8 
correspond to samples thermocycled for 0, 20, 30, 35, and 40 amplification cycles.  Product 
becomes visible around cycle 30.  Similarly, the blue box represents B73 DNA amplified with 
marker 1558-19.  Lanes 9-13 correspond to samples thermocycled for 0, 20, 30, 35, and 40 
amplification cycles.  Here, the product also becomes visible around amplification cycle 30.  The 
product appears slightly larger than the 75 bp marker in the DNA ladder.    

 

2.3.4 Nanoparticle aggregation 

To determine the molar ratio of neutravidin to biotinylated gold nanoparticles that would 

result in aggregation of the nanoparticles, solutions of neutravidin ranging in concentration from 

0.2 – 200 nM were prepared.  These solutions were prepared in Millipore deionized water, in 

order to prevent confounding effects on the electrical measurements due to the presence of ions 

from salts.  Each neutravidin solution was mixed with 0.8 nM of biotin as a solution of 

biotinylated gold nanoparticles (30 nm diameter, Nanopartz).  Solutions of 1 mL were mixed in 

Eppendorf tubes, placed at 4 C, and inspected visually after 24 and 48 h for aggregation.  

UV/Vis spectroscopy and Dynamic Light Scattering measurements were used to quantify the 

aggregation present in these solutions. 
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2.4 Results 

2.4.1 Factors Affecting Droplet Measurement 

The peak amplitude measured for a droplet passing the electrodes is dependent on several 

factors, including droplet size, speed, the frequency used for detection, and the contents of the 

droplet itself.  In order to detect droplet contents, it is necessary to de-couple the confounding 

factors of droplet size and speed on the amplitude of the peak measured.  As noted in several 

papers[49, 51], the peak amplitude measured for a droplet depends linearly on the size of the 

droplet (Figure 2.7).  Similarly, the peak amplitude measured for a droplet depends inversely on 

the droplet’s velocity.  Although the dependence of peak magnitude on droplet size has been 

noted, to the best of my knowledge, there have been no attempts to normalize electrical droplet 

measurements by the droplet size and speed. 
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Figure 2.7 Droplet size affects measured signal amplitude 

The peak amplitude of signals produced by microfluidic droplets depends on the size of the 

droplets.  At left, droplets with lengths of 51, 60, and 67 μm are shown.  These correspond to 
the signals shown at right, where increasing droplet size produces a larger peak. 
 

Both of these factors may be taken into account by determining the measurement period for 

the droplet, defined as the length of time a droplet spends over the electrodes and termed the 

residence time: 
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where l = the length of the droplet plug, eg = the gap between adjacent electrodes, and v = the 

velocity of the droplet.  Deionized water droplets with lengths of l = 30-240 um and velocities 

from 250 um/s to 15 mm/s were produced and flowed over a set of 3 electrodes.  The residence 

time of each was calculated and plotted against the magnitude of the peak produced by 

impedance detection of the droplets at 19.2 MHz (Figure 2.8).  A strong linear correlation with 

residence time is evidenced by an R2 value of 0.9443.   

 

 

Figure 2.8 Effect of droplet size and speed on electrical measurements 

A.) The relationship of droplet length (l) to the measured change in current.  B.) The 
relationship of droplet velocity (v) to the measured change in current.  C.) The residence time of 
a droplet over the electrodes is calculated according to t = (l-eg)/v.  D.) The relationship 
between the measured change in current and the residence time of the droplets takes the form of 

the equation shown.  The shape of the curve is reminiscent of a capacitor’s response to a voltage 
step input and reflects the various polarization times associated with the system. 
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2.4.2 Label-free DNA amplification detection 

 

Figure 2.9 Schematic of label-free DNA amplification detection 

A droplet containing target DNA, dNTPs, primer, and MasterMix is flowed over a set of 3 
coplanar measurement electrodes.  Since the droplet has not undergone DNA amplification via 
thermocycling, it contains a lower concentration of double-stranded DNA than the droplet in 
b.).   

 

DNA, primers, and PCR Master Mix were combined and divided into two aliquots.  One 

aliquot was thermocycled, and another was incubated at 4 C.  After thermocycling, the 

amplified aliquot was incubated at 4 C until use.  An on-demand droplet generator was used to 

produce droplets from these two solutions.  Since on-demand droplet generation was used, the 

velocity of the droplets was constant, but there were still small variations in the droplet size, 

which were taken into account during data processing (Figure 2.10).  Droplets from each 

solution were flowed over a set of 3 electrodes and a differential measurement was taken.  

Frequencies of 1.2, 5.2, 8, and 10 MHz were applied and measurements from each frequency 

acquired and simultaneously demodulated.  For each of these frequencies, a significant difference 

was found between droplets made from solutions undergoing amplification via thermocycling 

(i.e. red data in Figure 2.10) and the solution that did not undergo amplification (blue data in 

same figure). 
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Figure 2.10 Voltage signals measured from amplified and unamplified solution droplets show 

significant differences 

 

The results shown in Figure 2.10 were acquired using a system that incorporated TaqMan 

probes.  Although these probes are useful for verifying the success of PCR, they could also 

confound the electrical measurement due to the release of additional ions into solution with each 

cycle of amplification as the probe is cleaved by DNA polymerase[62].  In addition, the two 

datasets shown in Figure 2.10 could differ for reasons other than the concentration of DNA 

molecules in solution, which is the desired measurement.  For instance, since once dataset 

underwent thermocycling and the other did not, some evaporation could have occurred in the 

sample volume, which would concentrate all the ions in solution.  If this were the case, then the 

observations in Figure 2.10 would not necessarily reflect the success of the reaction. 
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Figure 2.11 Analysis of B73 DNA with marker 1558 in samples with varying degrees of 

amplification 

Different aliquots from a PCR solution containing B73 DNA and marker 1558 were subjected to 
different degrees of amplification from 0 cycles (no amplification) to 40 cycles (full 
amplification).  These samples were also compared against thermocycled controls containing 
primer + MasterMix but no DNA, and  DNA + MasterMix but no primer. 
 

For this reason, PCR solutions were divided into aliquots and subjected to varying degrees 

of thermocycling, from 0 cycles (no amplification) to 40 cycles (full amplification).  After 

thermocycling was complete for all samples, gel electrophoresis was used to confirm presence of 

products from the reaction, the results of which are shown in Figure 2.6.  Controls for the 

reaction included a thermocycled sample containing primer and MasterMix only (no DNA) and 

another sample containing DNA and MasterMix only (no primer).  Droplets were made from 

each solution using a simple hydrodynamic flow focusing junction, and the voltage change 

produced as each droplet crossed the electrodes was recorded.  The peak voltage change 

produced by the droplet was noted, and this raw voltage signal was converted to impedance (Z) 

as described in the methods section.  The impedance of each droplet was normalized by its 

residence time, and the average normalized impedance change for each sample is shown in 
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Figure 2.11.  For this data set, both the real (Re(Z)) and imaginary (Im(Z)) components of the 

impedance were calculated to compare the data sets.  As seen in Figure 2.11, the results for 

Re(Z) and Im(Z) show roughly the same trend.   

In addition to analyzing the real and imaginary parts of the impedance, the ratio of these 

two components often reveals information about the resistive vs. capacitive qualities of the 

system.  Thus, we also plotted the ratio of the real part of the impedance (Re(Z)) to the 

imaginary part of the impedance (also known as the reactance, X).  The results of this 

comparison are shown in Figure 2.12.  Hereafter, only data for the real part of the impedance 

change are shown.     

 

 

Figure 2.12 Ratio of the real and imaginary parts of impedance measured for droplets with 

varying degrees of amplification  

The real and imaginary parts of the average normalized impedance from Figure 2.11 are 
compared.   
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2.4.3 Dependence of DNA amplification on amplicon length 

We investigated whether amplicon length had an effect on the ability of electrical impedance 

to distinguish between amplified and non-amplified DNA in droplets.  In previous work by 

another group, a similar experiment was conducted by measuring the impedance in a 

microfabricated reservoir, but the results were ambiguous[54].  Solutions containing DNA, PCR 

MasterMix, and primers designed to produce amplicons 308 bp and 645 bp in length were 

divided into two aliquots.  One aliquot each from the 308 bp sample and the 645 bp sample 

were amplified for 50 cycles according to the protocol described earlier.  The measured 

impedance change produced by these droplets was normalized by their residence time and the 

results are plotted in Figure 2.13.  The frequency used for measurement was 8 MHz.  The 

results show that in the 308 bp samples, the unamplified and amplified solutions are 

significantly different, but the standard deviation of the 308 bp amplified data set is large.  In 

the 645 bp samples, a significant difference is observed between the unamplified sample and the 

amplified sample, and the standard deviation of the two groups is reasonable. 
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Figure 2.13 Normalized impedance measurements from droplets containing 308, 645 bp 

amplicons 

Droplets containing either amplified (thermocycled) or non-amplified DNA were measured.  Two 

different amplicon lengths—308 bp and 645 bp were chosen for analysis, and a measurement 
frequency of 8 MHz was used.  The amplified 308 bp product sample shows a large standard 
deviation.  Since a significant difference between the 645 bp unamplified and amplified samples 
was observed, this reaction and product were chosen for deeper study.  Error bars represent the 
standard deviation of the data sets, where n = 3-4 droplet data sets. 

 

Based on these results, the 645 bp amplicon was chosen for deeper study.  In order to 

explore further the relationship of amplicon length on the normalized impedance measurement, a 

large aliquot of PCR mix containing DNA, primers for the 645 bp amplicon and MasterMix was 

divided into 5 samples.  One of the samples remained unamplified, while the remaining 4 

samples were amplified to varying degrees—20, 30, 40, or 50 cycles.  The results of this 

experiment are shown in Figure 2.14.  In this data set, no significant difference was observed 

between unamplified (0 cycles) and fully amplified (40 cycles or 50 cycles) product.  

Furthermore, no clear trend was observed for intermediate stages of amplification. 
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Figure 2.14 Normalized impedance measurements of a partially amplified 645 bp product 

A 645 bp amplicon was produced to varying degrees by exposing sample aliquots to partial 
amplification.  The x-axis indicates the number of thermocycles the sample underwent before 
the impedance measurement, and ranges from 0 (no amplification) to 50 (full amplification).  

The “mm” sample represents MasterMix that was not thermocycled.  A Student’s t-test was used 
to compare the average normalized signal change between the 0 sample (not amplified) and the 

other samples (partially or fully amplified).  *p<0.05, **p<0.01, ***p<0.001, n = 15-40 droplets 
 

2.4.4 Detection of Nanoparticle aggregation in droplets 

 

Due to difficulties encountered in the detection of DNA in a completely label-free manner, 

we considered the possibility that nanoparticles could be used to enhance the electrical 

impedance signal in a droplet.  The model system chosen was biotinylated gold nanoparticles 

(biotin-NP or biotin-AuNP) and neutravidin.  In the presence of a sufficient concentration of 

neutravidin, neutravidin-biotin binding would induce aggregation of the nanoparticles as shown 

in Figure 2.15.  

 



37 

 

 

Figure 2.15 Schematic of detection assisted by gold nanoparticle aggregation 

Principle of gold nanoparticle aggregation, induced by binding of neutravidin to biotin, which is 
conjugated to the nanoparticles.  At sufficient concentrations of neutravidin, aggregation of 
nanoparticles should occur within the droplet, possibly facilitating electrical impedance-based 
detection. 
 

A photograph of neutravidin-biotinNP mixtures with increasing concentrations of 

neutravidin is shown in Figure 2.16.  The precipitation of larger particles is seen in the sample 

containing 0.8 nM biotin NPs and 200 nM neutravidin.  When mixed, the 200 nM neutravidin 

solution displayed a purple color, while at other neutravidin concentrations the solution 

appeared red in color. 

 



38 

 

 

Figure 2.16 Photograph showing visual aggregates of biotinylated nanoparticles at 200 μM 

Increasing concentrations of neutravidin were mixed with biotin-NPs at a final solution 
concentration of 0.8 nM.  Visible aggregation is only seen in the sample containing 200 nM 
neutravidin. 
 

To confirm observations from visual inspection, sample absorbance over a range of 

wavelengths was obtained using a UV/Vis spectrophotometer.  The results of this measurement 

are shown in Figure 2.17, and a shift in the absorbance peak from 525 nm (for the 0 and 20 nM 

solutions) to 520 nm (for the 200 nM solution) is observed. 

 

Figure 2.17 UV-Vis measurements for solutions containing 0.8 nM biotin-AuNPs and various 

concentrations of neutravidin  

The absorbance peak shifts from 525 nm for solutions containing 0 and 20 nM neutravidin to 
540 nm for the solution containing 200 nM neutravidin. 
 

Bulk solutions were used to create droplets on a microfluidic chip and these droplets were 

flowed over a set of 2 measurement electrodes.  The electrical impedance change produced by a 
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single droplet is on the order of 3e+5.  The impedance magnitude is high when oil occupies the 

space between the electrodes, and decreases momentarily as a droplet occupies the measurement 

region (Figure 2.18).  Accurate impedance measurements require normalization by the droplet 

size and speed.  On the right of Figure 2.18, the normalized change in impedance, which takes 

into account droplet size and speed, is plotted for several different solutions.  Control solutions 

of avidin only and biotin-NPs only were measured, in addition to the test solutions containing 

20 and 200 nM neutravidin.  A significant difference (p < 2.3 e-4) was observed between the 

control solution (containing 0 nM neutravidin and 0.8 nM biotin-NPs) and the test solution 

(containing 200 nM neutravidin and 0.8 nM biotin-NPs).  The difference between the solution 

with 20 nM neutravidin (which showed no visible aggregation, nor a shift in the UV absorbance 

peak) and the 200 nM neutravidin (showing visible aggregation and a UV absorbance peak 

shift) was highly significant, with p < 1.7e-8. 
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Figure 2.18 Normalized impedance change in droplets with and without NP aggregation 

(left) Typical detection signal obtained at 809 kHz.  The impedance magnitude is high when oil 
occupies the measurement region and dips as a droplet passes over the measurement electrodes.  
The magnitude of the impedance decrease due to a passing droplet is on the order of 3e+5 
ohms. (right) Impedance signals are normalized by the droplet residence time in the 
measurement region and plotted.  Control solutions of neutravidin only and biotin-NPs only 
were used, in addition to the test solutions containing 20 nM neutravidin (which displayed no 
aggregation) and 200 nM neutravidin (which displayed extensive aggregation).  Differences 
between the 200 nM neutravidin (aggregated) solution and the 20 nM neutravidin (non-
aggregated) solution are significant, as are the differences between the 200 nM neutravidin 
aggregated solution and the control containing no neutravidin.  Significance values are the result 

of a 2-tailed, unpaired Student’s t-test.  Error bars show standard deviation from at least 8 
measurements. 
 

2.5 Discussion 

2.5.1 Trade-off of measurement speed and precision 

 

In order to measure the content of droplets detected using electrical impedance, it is 

necessary to normalize measurements by the droplet’s size and speed (Figure 2.8).  Using the 

residence time, the normalized droplet impedance, Znorm, can be obtained by dividing the 

magnitude of the impedance change produced by a single droplet by the same droplet’s residence 

time during the measurement: 
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Normalized impedance measurements can then be used to compare signals from droplets 

with different contents.  For example, the presence of a bead or cell within a droplet would 

change the droplet’s impedance signal, but these changes may be obscured if the droplets vary 

slightly in size.  This normalization could also facilitate the use of droplet size as a method to 

catalog droplet samples.  To illustrate this example, consider different samples that are delivered 

into the microfluidic chip, either by on-demand droplet generators (reference) or from a 96 well 

plate via a robotic aspiration. In a constant velocity train of droplets with the same contents, 

the amplitude of the signal peak could be used to detect the size of the droplets.  When 

switching from one sample to another (e.g. different primers or types of DNA), then a larger 

droplet inserted into the train of droplets could act as a marker to signify the end of the first 

sample and the beginning of the next. 

As in most measurement systems, a balance between the desired precision of the signal and 

the speed of measurement must be achieved.  Figure 2.8A shows a plot of the maximum current 

change produced by a droplet (I(t),max) vs. the time it spends over the measurement electrodes 

(residence time).  The trend indicates that, given a longer measurement time, the amplitude of 

the measurement peak height increases.  The signal-to-noise ratio is also higher in this case.  

Thus, given a longer measurement time, the measurement may be more precise.  Using the 

HF2IS and HF2TA, I have observed electrical detection of droplets at a rate of up to 400 

droplets/s.  However for the measurements of DNA concentration and amplification, the 

throughput of droplets was considerably slower (1-20 droplets/s).   

Here is where the benefit of electrical detection over fluorescence or other optical-based 

detection methods is highlighted: the electrical detection system can easily be scaled-up to 

enable detection of droplets in many different channels at once.  With fluorescence detection, 
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this would require multiple excitation sources (lasers or UV lamp), and a corresponding filter set 

and a corresponding optical detection unit (such as an avalanche photodiode (APD)).  These 

components can become costly for a situation involving simultaneous detection of multiple 

fluorescent events.  In contrast, the electrical detection system could be re-created in a simple 

circuit, designed to apply a signal, amplify and filter the system output, and feed the result to a 

computer.  Indeed, an inexpensive microcontroller (Arduino) and capacitive-to-digital converter 

have been configured to enable droplet detection in a microfluidic system[51].  Such a circuit 

would have a small footprint, enabling the use of many electrical impedance-based sensors with 

the same chip. 

2.5.2 Dependence of DNA polarization on amplicon length and ionic strength 

Having observed an inconclusive trend with regard to the change in impedance measured as 

the concentration of DNA increases (Figure 2.11), we thought to examine longer amplicons than 

these.  One theory as to the differences measured in Figure 2.10 was that the concentration of 

ions in solution changes as a result of PCR.  If this were true, then longer amplicons would 

presumably increase the effect, perhaps leading to changes that would be discernible in the 

impedance measurement.  Unfortunately, though initial results showed a significant impedance 

difference between unamplified and fully amplified PCR solutions for the 605 bp amplicon 

(Figure 2.13), these results failed to hold when an amplification series experiment was performed 

(Figure 2.14). 

To understand these results, it is helpful to visit the theories that have been proposed 

regarding the polarization of double-stranded DNA (dsDNA), and its effects on the solution 

capacitance and impedance.  Although several other theories have been proposed, here I discuss 

only the predominant theory involving counterion fluctuations[59].   

dsDNA molecules in solution are surrounded by counterions that associate with the DNA 

backbone, which is highly negatively charged due to the presence of phosphate groups.  In an 

AC electrical field, these cations move in response to the alternating field.  Two types of 
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counterion movement can occur- end to end movement, and axial movement.  In both of these, 

the induced dipole between the dsDNA molecule and the counterion cloud attempts to "keep 

pace" with the frequency at which the electrical field switches direction.  As the frequency is 

increased, the molecule cannot keep pace any longer at a certain frequency and is in effect frozen 

in the alternating field.  This event corresponds with a dissipation of energy and is termed 

'dielectric relaxation'.  There is a dielectric relaxation point for each mode of rotation of the 

DNA molecule (end-to-end, axial), and the relaxation point also depends on DNA chain length 

and the ionic strength of the solution. 

In previous studies where changes in DNA concentration were detected using electrical 

impedance, equivalent circuit fitting determined that the change in impedance was due to the 

solution dielectric capacitance[63].  The magnitude of the dielectric capacitance, or charge 

storage capacity, of the solution is related to the magnitude of the dipole moment of the DNA in 

solution.  The dipole moment’s magnitude is affected by the length (L) of the DNA molecule, as 

equations for polarisability[59] and dielectric increment[64, 65] have an L2 dependence.  The 

average dipole moment, pavg. of a molecule is related to the polarizability, α, as follows[59]: 
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where E is the local electric field.  This relationship between dipole moment and DNA length 

makes sense given that a longer DNA molecule provides more locations for dipole moments to 

develop between the DNA molecule and the counterions. 

Previous studies that employed electrical impedance for the detection of DNA concentration 

have indicated the need for purification of the solution after PCR amplification of DNA to 

remove salts and other ions[54, 55].  Liu et al. observed that the detection limit of their 

electrical-impedance based DNA sensor increased with increasing conductivity of the buffer 

solution.  For a 0.1 TE buffer solution, the detection limit was 109 molecules/μl, whereas in a 
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0.5 TE buffer solution, the detection limit was 1010 molecules/μL[63].  This observation is based 

in the theory that has been developed regarding the mechanisms of DNA detection in solution.  

When counterions associate with the negatively-charged phosphate groups on the DNA 

backbone, they associate either very closely (the condensed counterion cloud) or in a more 

diffuse counterion cloud.  Regardless of the ionic strength of the surrounding solution, a 

condensed counterion cloud remains associated with the DNA molecules [59].  However, 

depending on the ionic strength of the surrounding solution, the counterions in the diffuse layer 

and in the bulk solution will shield the effects of the permanent and induced dipoles formed 

between the DNA and the counterion cloud, decreasing the polarizability of the DNA[66].       

In recognition of this theory, it would be useful to determine the relative concentration of 

DNA and primers in a PCR solution during amplification.  The results of this are shown in 

Figure 2.19 using a starting concentration of 0.4 mM for the dNTPs and 1.8 mM for Mg2+.  Zea 

mays genomic DNA (2.3 Gigabases long) at a concentration of 25 ng/μL corresponds to starting 

molarity of 1.79e-22.  Note that dNTPs and Mg2+ are not an exhaustive list of the types of ions 

that may be present in the PCR solution, but serve as references here for a species that is 

consumed during the reaction (dNTPs) and remains constant (Mg2+, catalyst).  The simulation 

assumes 100% PCR efficiency and shows the molarity of DNA and dNTPs in solution after each 

amplification cycle.  dNTPs are fully consumed around cycle 45.  However, even after 50 

amplification cycles, the molarity of DNA is still 200 times lower than the molarity of the Mg2+.  

Thus, even after completion of PCR, many counterions are still present in the solution which 

may neutralize charge on the DNA molecules or mask movements in the counterion cloud 

surrounding the DNA, which would complicate these measurements. 
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Figure 2.19 Concentration of counterions in solution with DNA during PCR 

Relative concentration of DNA and two different types of counterions present in an unpurified 
droplet throughout PCR.  The starting concentration of the dNTPs is 0.4 mM, the Mg is 1.8 

mM, and the genomic DNA (2.3 Gb) is 25 ng/μL.  Before amplification, the difference in 
concentration is around 15 orders of magnitude.  Assuming 100% efficiency of PCR, the Mg 
counterion is still 200 times more concentrated than the DNA. 

 

These observations and the calculation shown in Figure 2.19 provide some explanation for 

the fact that no clear trends were demonstrated in Figure 2.11 and Figure 2.14.  The data in 

Figure 2.10 and Figure 2.13 implied that a clear difference could be detected between solutions 

of non-amplified and amplified DNA.  This could indeed be possible, given the fact that the 

concentration of DNA molecules in solution approaches the concentration of one of the major 

cations in solution Mg2+.  However, it was apparent from Figure 2.11 that impedance-based 

detection of the amplification of DNA in solution was not sensitive enough to discern between 

samples with varying amount of DNA amplification.  Even when the amplicon size was 

increased to 645 bp (Figure 2.14), the electrical impedance measurements could not discern a 

clear trend among the partially amplified samples.   
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Since DNA has been shown to have a large induced dipole moment[59], it should be possible 

to detect changes in the concentration of the DNA.  The results presented here suggest that 

another mechanism, aside from the length of the amplicon, was responsible for obscuring these 

measurements.  A possible confounding factor in these measurements was the fact that the 

measurements were made in a solution with high ionic strength.   

In previous work where electrical impedance was successfully used to measure the change in 

DNA concentration in solution, the PCR solution was purified by Qiagen PCR purification kit 

and de-salted by ethanol precipitation of the DNA.  However in this work, we sought to enable 

detection of changes in the DNA concentration inside microfluidic droplets following PCR, and 

thus no purification of the sample post-PCR was performed.  A major aim of microfluidic and 

lab-on-chip devices is to minimize the handling steps required to execute an assay by 

automation.  Thus, to remove a PCR solution from a microfluidic device after amplification for 

purification, and then to re-introduce that sample to the device for detection is cumbersome and 

provides little advantage over benchtop processing.  In addition, the smaller sample size used in 

microfluidic and lab-on-chip devices (which provides for favourable heat and mass transfer) also 

increases the difficulty of off-chip processing steps and allows for the introduction of 

contamination, error, and variability in the sample purification. 

2.5.3 Nanoparticle aggregation theory  

Gold nanoparticles have been used for over 10 years to increase the sensitivity of assays to 

detect proteins and nucleic acids, although the detection modality has typically been optical[67] 

or through surface plasmon resonance (SPR) imaging[68]. They have also been used to enhance 

electrical detection methods by increasing the conductivity between microfabricated electrodes, 

achieved by patterning the NPs between the electrodes[69].  Nanoparticles of gold (also known 

as colloidal gold) exhibit a solution color that is in the visible UV spectrum, which is useful for 

design of colorimetric sensors.  Upon aggregation of these nanoparticles, the visible color will 

shift to longer wavelengths[67].  The balance between the concentrations of avidin and biotin in 



47 

 

solution must be carefully balanced, as too little or too much avidin results in no aggregation or 

disaggregation.  If an insufficient amount of avidin is present, minimal aggregation of the 

nanoparticles will occur since not enough links will be formed between nanoparticles.  In the 

presence of an abundance of avidin, the avidin simply coats the biotinylated nanoparticles but 

does not link them together[67].  For this reason, we used a dilution series of neutravidin 

concentrations to find an appropriate concentration to induce aggregation of the nanoparticles. 

In this work, the use of electrical impedance was explored as a new detection modality for 

nanoparticle aggregation.  Biotinylated gold nanoparticles, incubated with neutravidin, 

aggregated in the presence of sufficient neutravidin to form nanoparticle aggregates.  This 

aggregation changed the color of the solution, as was shown through a photograph as well as 

UV-Vis spectra (Figure 2.16 and Figure 2.17).  Furthermore, a significant difference in the 

impedance was observed in droplets made from the solution where aggregates were formed 

(Figure 2.18). 

While the theory on impedance detection of nanoparticles is virtually non-existent, there are 

several theories for related phenomena that could explain these observations.  The first theory 

involves a change in the surface conductance of the nanoparticles upon binding of neutravidin.  

Biotinylated nanoparticles are decorated with partial negative charges, owing to the carboxyl 

group on each biotin molecule.  This gives rise to layers of ions surrounding the nanoparticle 

that are bound closely (the so-called Stern layer) and more diffusely (from the Guoy-Chapman  

theory).  In AC electrical fields, these surrounding ions create an induced dipole moment as they 

move around the nanoparticle[59].  As we have seen in section 2.5.2, the magnitude of the dipole 

moment is related to the solution dielectric capacitance, so that if the dipole moment increases, 

the dielectric capacitance should also increase.  When biotinylated nanoparticles have little to 

no neutravidin bound to them, there is a significant induced dipole formed by the counterion 

movement, since the surface of the nanoparticles is highly electronegative due to biotin.  

However, the binding of neutravidin reduces the induced dipole moment by masking the 

electronegative surface of the nanoparticle.  Thus, binding of neutravidin to the nanoparticles 
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reduces the induced dipole moment of the nanoparticle or aggregate, which reduces the dielectric 

capacitance.  Since the solution impedance is inversely related to the dielectric capacitance, the 

overall solution impedance of the aggregated solution rises relative to the situation where 

insufficient neutravidin is present, as shown in Figure 2.18.  A further note is that this 

phenomenon is likely dependent on a low salt solution.  Solutions of neutravidin and 

biotinylated nanoparticles were made in deionized water to give solutions with very low 

conductivity.  It is likely that solutions made in a higher conductivity buffer, such as PBS, 

would not exhibit the same measurable impedance change owing to the shielding effect of the 

many ions present in solution. 

Secondly, since we have an inhomogeneous electrical field distribution in the presence of AC 

signals, the effects of dielectrophoresis must be considered.  As shown in the equation below, the 

time-averaged dielectrophoretic (DEP) force has a strong dependence on the particle size: 
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where εm = the relative permittivity of the suspending medium, r = the radius of the particle, 

and εp  = the relative permittivity of the particle, and E is the electrical field.  Superscript stars 

denote the complex permittivity.  Given the r3 dependence of this force, it follows that the DEP 

force would act more strongly on nanoparticle aggregates than individual nanoparticles.   

While this is true, the particles are small, and simulations using a commercial computational 

fluid dynamics software package (CFD-ACE) show that the effect of DEP force within the time 

scale of our droplet measurements (0.1 s) is minimal.  The simulation applied a 7 Vrms potential 

between electrodes spaced 25 μm apart.  The spectroscope output for these experiments was 5 

V, which when converted to an RMS value gives Vrms= 5(√2) = 7.07 V.  Particles were placed 
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directly between the electrodes at heights of 5, 15, 35, and 45 μm, and directly over the center of 

each electrode at a height of 15 μm at the beginning of the simulation.  Particle traces in Figure 

2.20 show the path that 30 nm (blue) and 500 nm (pink) gold particles take over the course of 

0.1 s, which is comparable to the measurement time of droplets in our experiments.  The 500 

nm particles represent aggregates of the 30 nm gold particles.  As shown in the figure, DEP 

force effects minimal movement on even the 500 nm particles within 0.1 s, and the movement of 

the 30 nm and 500 nm particles is not vastly different.  Therefore, under these conditions, we 

can conclude that the dominant factor governing the impedance signal measured in these 

experiments was not the DEP force.  Given a longer measurement time or larger aggregates, it 

is possible that DEP force could exert more effect on the measurements.  Considerable DEP 

force would bring the gold aggregates close to the electrode surface, perhaps providing a more 

direct current path between electrodes.  Such an occurrence would likely decrease the measured 

impedance of the solution. 

 

Figure 2.20 Dielectrophoresis-induced movement of 30 nm and 500 nm gold 

The paths of 30 nm (blue) and 500 nm (pink) gold nanoparticles, subject to DEP force, are 
simulated over 0.1 s.  Blue and pink traces show the movement of these particles over time 
toward the electrodes (orange shapes at bottom) in positive dielectrophoresis.  This simulation 
was conducted in the presence of no flow, and a potential of 7 Vrms was applied between the 
electrodes.  Initially, particles were positioned directly between the electrodes at heights of 5, 15, 

35, and 45 μm, and directly over the center of each electrode at a height of 15 μm. 
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2.6 Conclusions and Future Directions 

In conclusion, the high salt concentration of raw PCR-amplified sample obscures clear 

detection of the DNA concentration in flowing microfluidic droplets.  Strategies to remove salts 

or purify the DNA after amplification could mitigate these effects, but would require many 

processing steps to ensure that a sufficient fraction of salts and other molecules are removed 

from the droplet before measurement.   

In addition to these challenges, the current system is neither affordable nor portable.  A 

custom designed PCB, similar to the one used in Niu et al.[49] could enable affordable, portable 

impedance detection of microfluidic droplets.  Eventually, it would be useful to integrate the 

PCR thermocycling onto the chip and provide a complete sample-to-answer solution (Figure 

2.21).  In the case of a protein detection assay employing nanoparticle detection, reaction time is 

still required, so a thermocycling region could incorporate a mixing unit to mix droplets and 

allow them to incubate before detection.       
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Figure 2.21 Impedance detection of droplets as a component of an integrated microfluidic 

system 

For endpoint detection of PCR, droplets could be formed continuously, on-demand, or re-
injected into a chip and exposed to a thermocycling or incubation region to allow for the 
reaction to occur.  Following completion of the reaction, the droplets would then pass over a set 
of sensing electrodes (right).  The droplets could be re-collected for further analysis (e.g. with 
fluorescence) or discarded, depending on the requirements of the experiment. 
 

The results presented here testify to the challenges associated with electrical impedance-

based detection of DNA concentration in non-purified, moving droplets varying in size and 

speed.  However, there are several ideas to overcome these challenges and enable this type of 

detection to succeed.  From the results of this study, the main barrier to sensitive impedance-

based detection of DNA concentration in droplets seems to be the ability to purify the solution 

after PCR to remove salts and proteins from the solution.  Although reagent addition to 

droplets has been proposed by a number of methods including droplet fusion[40, 70] and 

picoinjection[38], this method would dilute the desired analyte (DNA molecules) as well as the 

undesired salts and proteins.  One research group has developed a method to purify the contents 

of droplets by attaching the molecules of interest to a paramagnetic bead.  The bead can be held 

in place by magnetic tweezers, washed with several droplets of fluid, and then released from the 
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trap into a subsequent droplet[71].  This method allows total solution exchange and could 

enable impedance-based detection after PCR in droplets.  To implement this into our system, 

primers would be conjugated to magnetic nanoparticles.  Then, the target DNA strand would 

hybridize to the primers on the nanoparticles during amplification.  After washing, the droplet 

should contain only a bead or beads with target DNA attached in varying amounts.   

Another idea that involves nanoparticles used for a different purpose is the idea of 

nanoparticle aggregation.  The results shown in section 2.4.2 indicate that biotinylated 

nanoparticle aggregation seems to enable detection of a critical level of neutravidin in our 

system, and there is reason to believe that it could also improve nucleic acid detection by a 

similar mechanism[69].  These preliminary studies were carried out in low conductivity solutions, 

so the relative higher conductivity of PCR solutions could confound the detection in this system.  

In spite of this possibility, the appeal of impedance-based detection merits further exploration of 

this concept.  Instead of biotinylated nanoparticles, the nanoparticles could be functionalized 

with forward and reverse primers for the gene of interest.  In the presence of the target DNA 

strand, nanoparticles would aggregate as the target strand hybridized to primers on adjacent 

nanoparticles.  An increase in the DNA concentration (as would occur during PCR) would result 

in an increasing degree of aggregation and hopefully provide a means by which to detect the 

target DNA concentration. 

Adapting an idea from classic EIS where DNA strands are directly bound to the electrodes is 

an idea in which the chemistry of the microfluidic system would cause orientation and 

concentration of the molecule of interest at the droplet-continuous phase interface (Figure 2.22).  

The common idea between the classic EIS approach and the approach described here is that 

electrical measurements at an interface are easier than such measurements within the bulk of 

the fluid.  To enable detection of highly negatively charged DNA in a microfluidic droplet, a 

cationic surfactant can be dispersed in the oil phase.  Indeed, cationic surfactants such as CTAB 

(Cetrimonium bromide) and DDAB (Didecyldimethylammonium bromide) are already 

commonly used in DNA extraction[72], gel electrophoresis[73], and spontaneously form vesicles 
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in water[74].    Upon droplet formation, cationic surfactant molecules would align at the oil-

droplet interface due to the hydrophilic, polar end of the surfactant molecule.  This technique 

could improve the electrical impedance detection capability by concentrating DNA molecules at 

the edge of the droplet.  In addition, the technique would bring the DNA molecules as close to 

the measurement electrodes as possible, rather than relying on weaker electrical field that is able 

to penetrate the bulk of the droplet.  

 

 

Figure 2.22 Cationic surfactant orients and aligns DNA molecules in a droplet 

 

Finally, a different electrode configuration could improve the sensitivity of such a detection 

system.  In this work, coplanar thin-film electrodes were used since they are simple to fabricate 

and have been used in other droplet detection systems.  However, parallel facing electrodes have 

been used for many applications in electrical cytometry platforms[75] and could provide benefit 

in this system as well.  In contrast to the coplanar electrode configuration shown here, parallel 

facing electrodes provide a more homogeneous E-field distribution.  The implication is that the 

measurements in such a system are independent of the height of the species of interest in a 

microfluidic channel.  Although our droplets occupy the full height of the microfluidic channel, 

the species of interest in the droplet are distributed throughout by recirculation flows inside the 

droplet[76], which could result in variance in the droplet’s electrical properties.  This could also 
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account for the relationship between the observed impedance change (or current change) and 

the residence time of the droplets (Figure 2.8).  In a similar system with parallel facing 

electrodes, the measured signal appeared to saturate once a certain droplet length (the length of 

the two electrodes, plus the gap between them) was reached [49].  Such a situation would 

greatly simplify the data analysis since normalization would not be required for droplets greater 

than or equal to a minimum size. 

Preliminary fabrication tests were done by using a low melting point alloy (51% In, 32.5% 

Bi, 16.5% Sn) to fabricate parallel facing electrodes by flowing this material into microfluidic 

channels that taper to a small diameter at their intersection to the main fluidic channel (Figure 

2.23).  In the figure, electrode channels (made of a PDMS cast bonded to a glass slide) with 

various diameter openings to the fluidic channel are shown.  The smallest opening is 5 μm.  Due 

to the surface tension resulting from such a small radius of curvature, the alloy stops at the 

fluidic channel.  The figure also shows that this fabrication approach is possible for a 10 μm 

opening, but that the 25 μm opening does not produce enough surface tension force to contain 

the solder.  Using an opening of 5-10 μm should enable the fabrication of such an electrode 

configuration without the need for complicated fabrication procedures such as electroplating. 
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Figure 2.23 Fabrication testing for parallel facing electrodes alongside a fluidic channel 

Electrode channels are filled with a low melting point alloy on a hotplate.  Surface tension force 
prevents the liquefied alloy from flowing into the fluidic channel.  Openings of different sizes 
were tested for parallel facing electrode fabrication.  From these tests, it is apparent that a 5 or 

10 μm opening is sufficient to contain the solder, but a 25 μm opening is too large.  These 
electrodes could be used to reduce the heterogeneity of the electrical field between the electrodes 
and thereby reduce variance in droplet measurements. 
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3 Increasing Neural Stem/Progenitor Cell Sorting 

Capacity to Reach Transplantation-Scale 

Throughput 

 

3.1 Abstract 

Dielectrophoresis (DEP) has proven to be an invaluable tool for the enrichment of 

populations of stem and progenitor cells owing to its ability to sort cells in a label-free manner 

and its biological safety.  However, DEP separation devices have suffered from a low throughput 

that prevents researchers from undertaking studies requiring large numbers of cells, such as cell 

transplantation.  Although higher-throughput DEP sorting devices have been published, the 

fabrication of these devices is often difficult, requiring access to special equipment that is not 

common in biological research laboratories.  Here, we present a simply fabricated microfluidic 

device for the enrichment of stem and progenitor cell populations that realizes an increase in 

sorting throughput by over an order of magnitude.  This advancement provides sufficient 

throughput and cell numbers to enable a wider variety of experiments (including transplantation 

studies) with enriched stem and progenitor populations. 

3.2 Introduction/Background 

The separation of stem and progenitor cells to generate populations with greater purity 

significantly benefits the study of the basic biology of these cells, but also holds the potential to 

increase the efficacy and safety of these cells in transplants.  Sorting to remove undifferentiated 

stem cells prior to transplantation could decrease the incidence of tumor development in 

transplanted patients[77].  For example, human embryonic stem cells differentiated to a 



57 

 

dopaminergic neuronal fate engrafted in a rat model of Parkinson’s disease but exhibited pockets 

of undifferentiated cells that can cause tumors[78].  Strategies to purify cells with minimal 

manipulation prior to transplantation are thus highly desirable.     

One technique requiring no cell labeling and thus minimal manipulation of cells prior to 

sorting is dielectrophoresis (DEP).  DEP is a force that develops in a non-homogeneous 

electrical field and DEP devices have been used extensively for cell sorting, as noted in recent 

reviews[3, 79, 80].   

Such a label-free technique has been very attractive to biological researchers due to its 

ability to sort cell populations with minimal manipulation. While early work in the field 

primarily consisted of technological and device development without much regard to the 

biological significance of the separations performed, recent work shows increasing utility of the 

technique for separations of a variety of cell types. 

Several different stem and progenitor cell types have been isolated using DEP[80].  These 

have included the isolation of stem cells from blood or tissue – CD34-positive hematopoietic 

stem cells have been enriched from bone marrow or peripheral blood[81, 82]. and NG2-positive 

human adipose progenitor cells were enriched 14-fold from tissue[83].  DEP-based separation can 

isolate undifferentiated from more differentiated cells in the same lineage, as shown by the 

separation of neural stem and progenitor cells (NSPCs) from differentiated neurons[84] and 

separation of C2C12 myoblasts and more differentiated myotubes[85].  Progenitor cells within 

the same lineage are also amenable to separation using DEP, and enrichment of neuron 

progenitors and astrocyte progenitors from a mixed population of NSPCs by DEP provides 

significantly better enrichment than FACS sorting with PSA-NCAM—a purported marker for 

neuron progenitors[28].  Sorting progenitors from NSPCs is not toxic, since exposure of these 

cells to DEP electric fields for the times needed for sorting do not alter cell survival, 

proliferation, or differentiation[86].  Thus, sorting unique stem and progenitor cells using DEP 
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holds great promise, but there is a need to develop means to generate greater numbers of sorted 

cells for many applications such as cell transplantation. [28, 84].   

Utilization of DEP-based sorting has traditionally been limited due to relatively low yields of 

sorted cells.  Although higher-throughput DEP sorting devices have been published, the 

fabrication of these devices is often difficult, their use somewhat complicated, and their adoption 

by biological laboratories limited.  Many biological experiments, such as cell transplantation, 

require relatively large numbers of cells.  In general, the number of cells needed for animal 

transplantation are on the order of 75,000[87] to 1.5 million cells per animal[88, 89], and there 

are often ~10 animals per group. A critical issue in current stem cell therapy is the ongoing 

challenge to isolate enough purified stem cells (including enrichment in the desired cell type, or 

removal of cells that could undergo malignant transformation) to enable transplantations[77].  

Several label-free, DEP-based cell sorting devices boast sorting throughputs of 3,000-5,000 

cells/s and rival the purity of FACS separations, which also sort at 5,000 cells/s[79].   However, 

these devices are all lacking in either their demonstrated usefulness for stem cell separations or 

even mammalian cells[90] or their reliance on complex instrumentation, programming and 

fabrication for accurate sorting[85].  Furthermore, aside from assessing the viability of cells after 

sorting, only a few groups have used (or at least reported the use of) sorted cells for further 

biological study[28, 81].  Examination of the literature to date in the field of DEP-based cell 

separations reveals a trend—as the demonstrated throughput of sorting technologies increases, 

the biological complexity cell separation is often compromised.  Sorting devices realizing a high 

throughput, while demonstrating relevance to real, necessary biological separations, will be 

critical in the adoption of DEP based separation for stem cells. 

We aim to address this problem by demonstrating a method to increase the throughput of 

DEP-sorted NSPCs for transplantation, while providing that the device is easy to use, which we 

hope will spur the adoption of the device and techniques by biological researchers.  Throughput 

of sorting is increased by device design modifications that increase the throughput of the DEP 

sorting step by over one order of magnitude in a device termed the Large Capacity Electrode 



59 

 

Array (LCEA) device.  Following the initial sorting step, the number of purified cells can be 

increased by expansion of the sorted cells in culture to reach transplantation scale numbers.   

3.3 Materials and Methods 

3.3.1 Device Fabrication 

Devices consist of a PDMS slab containing the channel features, bonded to a glass slide with 

the patterned electrodes made of a thin film of titanium and gold, as described previously [84, 

86].  Briefly, 25 mm x 75 mm glass slides were coated with 200 Å titanium, followed by 1000 Å 

gold, and the electrode features were patterned with AZ 4620 photoresist (AZ Electronic 

Materials, Branchburg, NJ, USA).  Following patterning, the gold and titanium were selectively 

etched, and the sacrificial AZ photoresist layer was stripped to yield the electrode features on 

the glass slide.  Electrodes were 50 μm wide with a 50 μm gap between adjacent electrodes.  

Note that in these experiments, the use of an electron beam was employed to coat standard 

glass microscope slides with titanium and gold for processing.  However for researchers without 

access to such equipment, glass slides and coverslips pre-coated with titanium and gold are 

readily commercially available. 

The PDMS mold was made by patterning SU-8 2025 photoresist (MicroChem Corp., 

Newton, MA, USA) to a height of 50 μm.  PDMS was casted onto the mold, cured, and cut to 

the desired size.  Inlet holes were punched with a 23 G needle, and an outlet hole of 3 mm 

diameter was punched using a biopsy punch.  Fluidic channels directly after the inlet and before 

the outlet were 400 μm wide, while the fluidic reservoir where cell trapping takes place was 1500 

μm wide by 20 mm long (Figure 3.1).     

Following oxygen plasma treatment of the electrodes and PDMS slab, the two layers were 

irreversibly bonded to one another.  Prior to using the device for DEP sorting, prototyping wires 
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were attached to electrode contact pads on the glass slide using a two-part, conductive silver 

epoxy (MG Chemicals, Toronto, Ontario, Canada). 

Fluid flow was driven from a constant pressure source and controlled by a digital pressure 

regulator (ITV series, SMC Corporation, Noblesville, IN, USA).  The constant pressure supply 

was delivered to either the cell solution or buffer solution by switching the pressure source with 

valves outside of the device (Figure 3.6) Valves enabled fluid to flow alternately from the cell 

solution and buffer solution during sorting.  To prime the device with fluid and enable rapid 

washing of the device, both valves were occasionally opened simultaneously.  Fluids were driven 

onto the device by pressurizing the headspace above the fluid in custom 1.5 mL screw cap fluid 

containers.  The pressure source was modulated (typically to 0.6-0.8 psi) to obtain a flow 

velocity of 1 mm/s, which matches the rate of fluid flow in previous work[84, 91]. 

 

 

Figure 3.1 Photograph of the Large Capacity Electrode Array (LCEA) device. 

A.) Major features of the device include inlets for DEP buffer and cell solution, and the 
outlet.  Electrodes on the glass slide are connected to a function generator via the red and 
black wires attached to the chip.  B.) Features of the electrode array are shown, including 

the electrode width (50 μm) and spacing (50 μm).  Cells trapped by DEP force can be 
observed at the edges of the electrodes, where the electric field gradient and DEP force is 

strongest.  Arrow denotes cells trapped in a “pearl chain” configuration. 
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3.3.2 Device Preparation and Operation 

Prior to beginning a sorting experiment, the microfluidic device and fluid containers (Figure 

3.2) for buffer and cell solution were sterilized by flushing with 200 proof ethanol for at least 15 

minutes.  Residual ethanol was then rinsed from the fluid containers and the device by flushing 

with sterile water for at least 15 minutes, corresponding to at least 50 times the volume of the 

channel.  To prevent non-specific cell adhesion in the device, a sterile solution of 5% BSA (w/v) 

in PBS was flushed through the device for at least 15 minutes.  Buffer for the cell sorting 

experiments (DEP buffer) was prepared as described previously, consisting of 8.5% (w/v) 

sucrose, 0.3% (w/v) glucose in deioinized water, with additions of RPMI-1640 medium in order 

to bring the final conductivity of the solution to 110 μS/cm[91].  To prepare the device for 

sorting cells in positive dielectrophoresis, the BSA solution was flushed from the device by 

flowing DEP buffer for at least 15 minutes.   

Frequency sweeps on interdigitated electrode arrays (IDEs) of various sizes were conducted 

using an HF2IS impedance spectroscope (Zurich Instruments). 
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Figure 3.2 Overview of device setup and operation 

A common pressure source is used to induce flow of the cell solution and the wash buffer.  
The valve on each line may be switched off to enable flow of cell solution or wash buffer 
alternately.  Cells flow across the large capacity electrode array (LCEA), shown in gold, and 
untrapped cells can be collected at the outlet using a pipette.  During cell collection, flow of 
cell solution is switched off and wash buffer can flow into the device.  Cells are released in 
fractions by changing the frequency applied to the electrodes, allowing for facile collection of 
the cell fractions at the outlet using a pipette.  Cells removed from the outlet via pipette are 
then plated on laminin-coated coverslips for differentiation. 

3.3.3 Cell preparation 

NSPCs were isolated from mouse embryos at embryonic development day 12.5 (E12 

mNSPCs) and grown in NSPC media (DMEM supplemented with 1x B27, 1x N2, 1 mM sodium 

pyruvate, 2 mM glutamine, 1 mM N-acetylcysteine, 20 ng/mL EGF, 10 ng/mL FGF, and 2 

μg/mL heparin), following prior work[86, 91].  Prior to sorting, NSPC spheres were dissociated 

using Neurocult Chemical Dissociation kit (Stem Cell Technologies) and resuspended in a low 
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conductivity (110 μS/cm), osmotically balanced buffer (DEP buffer) to enable sorting using 

positive dielectrophoresis.  Cells at a concentration of 5E6/mL were used for these experiments.  

3.3.4 Cell Loading and Separation 

Following the rinse with DEP buffer, cells were flowed into the device to initiate the sorting 

cycle.  Electrodes were actuated with an 8 Vpp signal at a high frequency (1000 kHz) to trap all 

viable cells.  Non-viable or dead cells do not experience positive DEP and proceed to the outlet 

of the device (Figure 3.3A).  Loading of the large electrode array was optimized by repeated 

actuation cycles to ensure that the array was saturated with trapped cells.  Following array 

saturation, valves are used to stop flow of the cell solution into the device and flow DEP buffer 

across the array to wash the remaining unbound cells in the device to the outlet.  These cells 

may then be collected manually at the outlet, ensuring high viability in the batch of sorted cells 

(Figure 3.3B).  The frequency applied to the electrodes is then changed in order to elute a 

fraction of the trapped cells (Figure 3.3C).  This fraction of cells can then be collected via 

pipette at the outlet of the device.  This process can be repeated several times (Figure 3.3D and 

E) in order to provide several bins of cell populations from the experiment, in a process similar 

to the techniques of DEP retention and field-flow fractionation[92] (Figure 3.3F).   

 



64 

 

 

Figure 3.3 Schematic of device operation 

A full cell trapping and collection cycle is shown.  A.) Viable cells are trapped at a high 
frequency (e.g. 1000 kHz), while dead cells (gray) do not experience pDEP and flow through 
to the outlet of the device.  B.) Cells that are not trapped on the array are collected via 
pipette at the outlet as waste.  C.) The frequency of actuation is switched to 300 kHz.  A 
portion of the trapped cells release and are collected at the outlet (purple cells).  D.) The 
frequency of actuation is switched to 100 kHz to collect a second portion of the cells (pink 
cells).  E.) The electrode actuation is turned off, releasing all remaining cells to be collected 
(orange cells).  F.) Three different bins of cells are collected from steps A.)-E.).   

 

A trapping curve (Figure 3.4) was quantified similar to previous work[91].  A high frequency 

(1000 kHz) was used to trap most of the cells flowing through the device on the electrode array.  

Then, the frequency was lowered from 1000 kHz to 100 kHz in 100 kHz increments.  As the 

frequency decreases, some of the cells pass their crossover frequency and are released from the 

array.  From videos acquired with a commercial dSLR camera, the percentage of cells that 

remained trapped on the electrode array at each frequency was determined by manually 

counting the number of cells.  The number of cells trapped initially at 1000 kHz was taken as 

the maximum number of cells trapped (i.e. 100%), and the “% cells trapped” at other frequencies 

were normalized to this value. 
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Figure 3.4 Characterization of the LCEA device behavior using a trapping curve 

The DEP response of mouse NSPCs to different frequencies is shown (n=3).  Cells were 
trapped at 7 Vpp and 1000 kHz, and the frequency was decreased in increments of 100 kHz 
or less in order to count the number of cells remaining trapped at each frequency.  The 
percentage of cells trapped at each frequency is normalized to the number of cells that had 
trapped initially at 1000 kHz.  

 

3.3.5 Cell Recovery and Analysis 

Cells were cultured in 4 mm diameter PDMS microwells that were contact bonded to glass 

coverslips.  Glass coverslips are treated prior to cell plating by incubating with poly-D-lysine (10 

μg/mL in water) for 5 minutes.  After washing, coverslips were coated in laminin (20 μg/mL, 

BD Biosciences) in EMEM and incubated overnight in an incubator (37 C, 5% CO2).  Following 
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this incubation, laminin was removed and the PDMS wells were washed with 1X PBS.  

Immediately after removing cells from the sorting device, NSPCs were seeded into wells and 

cultured for 24 hours in NSPC media containing growth factor.  After 24 hours, cells were 

differentiated using NSPC media without EGF, FGF, or heparin.  

Cells were immunostained, as described previously[91].  Briefly, cells were fixed at either 3 or 

5 days in 4% PFA for 10 min and stored in 0.5% sodium azide in PBS at 4ºC until 

immunostaining.  Cells were permeabilized for 5 min. with 0.3% Triton in 1X PBS and blocked 

for 1 hour at room temperature with 5% BSA.  Cells differentiated for 3 days were stained with 

anti-MAP2, anti-Doublecortin, and Hoechst 33342.  Cells differentiated for 5 days were stained 

with anti- GFAP and Hoechst 33342.  Cells were imaged on an inverted Nikon-TE fluorescent 

microscope.  Three randomly selected fields from each coverslip were selected for quantitation.  

From these fields, the number of nuclei were counted, as well as the number of neurons 

(MAP2+, DCX+) or astrocytes (GFAP+) using either CellProfiler[93] or by counting blinded 

images manually using ImageJ.  Percentages of MAP-2 positive (for samples fixed after 3 days) 

and GFAP-positive cells (for samples fixed after 5 days) in each field were determined for each 

sample.   

3.4 Results 

3.4.1 Device Design 

The aims of this project were twofold: first, to design a cell sorting device for NSPCs that 

would enable collection of a large enough number of sorted cells to enable transplantation 

studies, and secondly, to design such a device that is simple to fabricate and use, with the hope 

that DEP-based cell sorting technology could be adopted more widely by biomedical research 

labs without engineering training. 
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Cell sorting in DEP is dependent on inherent cell properties as well as the difference in the 

dielectric properties of the cell and its suspending media, as shown by the following equation 

which represents the time average force of dielectrophoresis[79]: 

 

                                

3-1 

where εm = the permittivity of the cell media, r = the radius of the cell, E = the amplitude of 

the electrical field.  The cell’s size and the amplitude of the electrical field dictate the magnitude 

of DEP force, while the direction of this force (and to a lesser extent, the magnitude as well) is 

dictated by the real part of the Clausius-Mossotti factor, CM: 

 

   
  
    

 

  
     

  

3-2 

where εp
* = the complex permittivity of the particle.  When the particle’s complex permittivity 

is greater than the complex permittivity of the media, the CM factor is positive and the DEP 

force is known as positive DEP (pDEP).  In this situation, the particle moves up the electrical 

field gradient toward the point of the highest field strength.  When the converse is true and the 

particle moves down the electrical field gradient, this phenomenon is termed negative DEP 

(nDEP).  Both positive and negative DEP approaches have been used for the application of cell 

sorting.  Since cells are complex, consisting of a highly electrically conductive cytoplasm and 

surrounded by an electrically-insulating cell membrane, models of varying complexity have been 

developed to approximate the permittivity of this “particle”.  Cell permittivity can be 

approximated well by the single shell model: 

 



68 

 

  
      

 

 
 
 
 
  

   
 

    
    
      

 

    
       

  

 
   

 
 
 

  
    
      

 

    
       

  
 
 
 
 
 

 

3-3 

 

where εmem
*= the complex permittivity of the cell membrane, εcyt

* = the complex permittivity of 

the cell cytoplasm, and d = the thickness of the cell membrane.  The above equations are useful 

for determining operating frequencies for cell sorting devices based on DEP force.   

Equation 3-3 can be used to predict positive or negative dielectrophoretic behavior of 

particles as a function of frequency and the electrical conductivity of the suspending media.  

Figure 3.5 plots the real part of the Clausius-Mossotti factor for media conductivity values 

ranging from 1e-5 S/m to 10 S/m.  Cell media and PBS typically has a conductivity of 1.2-1.5 

S/m, which produces a CM factor value that is negative over the entire frequency range used for 

sorting (105-106 Hz).  However, if the conductivity of the media is lowered, the CM factor 

becomes positive over this frequency range, enabling sorting using positive DEP.  For these 

experiments, DEP buffer with a conductivity of 110 μS/cm = 1.1e-2 S/m was used.  For the 

parameters used in the calculation shown in Figure 3.5, the CM factor is positive over the 

operation frequency range (105-106 Hz).  Parameters used for this model include: cell radius = 6 

μm, cell membrane = 7 nm, εcytoplasm=50, εmembrane = 8, εmedia = 80, σcytoplasm=0.8 S/m, σmembrane = 

1e-6 S/m, and σmedia ranges from 1e-5 to 1e2 S/m, following previous work [94, 95]. 
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Figure 3.5 Dependence of the real component of the Clausius-Mossotti factor on frequency and 

medium conductivity 

A.) The real component of the Clausius-Mossotti factor is plotted as a function of frequency for 
media conductivities ranging from 1e-5 S/m to 10 S/m.  B.) Looking specifically at the 
frequency range used for these experiments, 105-106 Hz, we observe that for regular cell media 
(which has a conductivity of 1.2-1.5 S/m), the CM factor is always negative.  However, if we 

lower the conductivity of the media to 0.011 S/m = 110 μS/cm, then the CM factor is positive 
over this frequency range.  This lower conductivity media (DEP buffer) allows for sorting of 

cells by positive DEP.  Parameters used for this model include: cell radius = 6 μm, cell 

membrane = 7 nm, εcytoplasm=50, εmembrane = 8, εmedia = 80, σcytoplasm=0.8 S/m, σmembrane = 1e-6 S/m, 

and σmedia ranges from 1e-5 to 1e2 S/m. 
 

Both positive and negative DEP are employed to enable separation of neural 

stem/progenitor cell types.  The cells are trapped on electrodes at a high frequency, where all 

viable cells are under a pDEP force.  Cells can then be sorted by lowering the frequency to one 

at which some cells are under pDEP force and others under nDEP, due to different dielectric 

properties among the heterogeneous NSPC mixture.  Cells under nDEP are pushed away from 

the electrodes and carried to the outlet of the microfluidic device, while cells under pDEP 

remain trapped in the device. 

In this work, interdigitated electrodes (IDEs) were used to establish a non-homogeneous 

electrical field needed for DEP-based separations.  IDEs are scalable and relatively simple to 

fabricate, compared to other microelectrode fabrication processes.  To overcome limitations in 
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terms of cell trapping and sorting capacity shown in previous work to purify NSPCs, both the 

number of electrodes as well as the microfluidic channel area available for cell trapping were 

increased.  The dielectrophoretic assisted cell sorting (DACS) device, designed as a proof-of-

principle system for enrichment of NSPCs, contained 18 castellated and interdigitated electrode 

fingers, with a 500 μm wide microfluidic channel for trapping.  In this design, the castellated 

electrode design was employed to ensure uniform electric field strength in perpendicular flow 

directions, required for the separation of cells in this device[84].  To simplify operation and 

fabrication of the device, the LCEA device was designed such that perpendicular flow is not 

required to separate the cells, and a simple interdigitated electrode design can be used.  The use 

of this simple and more compact electrode design allowed for an increase in the number of 

interdigitated electrode fingers from 18 (in the DACS device) to 60, a 3.3-fold increase.  In 

addition, due to the simplified channel design, one 1500 μm wide channel is used for cell 

trapping and sorting, which increases the throughput 3-fold further, for an overall increase in 

throughput by over one order of magnitude. 

Many microfluidic cell sorting systems employ syringe-pumps, where flow is driven by the 

application of force to a syringe plunger.  The unfortunate side effect of this technique when 

working with PDMS devices is a pressure build-up due to the compliance of PDMS[96].  This 

phenomenon prevents rapid switching between fluids, necessary for dispensing cells and a 

separate wash buffer for sorting experiments without the use of on-chip valves, which 

introduce complexity to the device fabrication process.  To enable rapid switching between 

fluids and simplify the device fabrication process, we employ a single constant pressure 

source (a compressed nitrogen tank), that drives flow from the cell solution or wash buffer, 

depending on the configuration of an off-chip valve (Figure 3.6).  Thus, the device requires 

only a single pressure source, two valves, and a single function generator for sorting 

experiments.   

 



71 

 

 

Figure 3.6 Pressure-driven flow and off-chip valves enable facile fluid switching 

Solutions of wash buffer (blue) and cells (white) are flowed into the device alternately, using 
off-chip valves.  Green denotes open valves, and red denotes closed valves. 

 

To increase the throughput of cells sorted using DEP, we aimed to increase both the width 

and the length of the electrode array and thereby provide more space for cells to trap.  However, 

scaling up the dimensions of a microelectrode array is not without consequence, and the 

electrical properties of the entire system must be considered during design, in order to ensure 

that a sufficiently strong electrical field is maintained to trap the cells. 

In these experiments, a commercial function generator (Tektronix AFG3101) was used to 

generate an 8 Vp-p signal at various frequencies.  This function generator contains an internal 

series resistance of 50 Ω.  Therefore, the actual voltage value experienced in the device (and the 

voltage value that establishes the electrical field gradient felt by the cells) is governed by the 

way the voltage output from the function generator partitions between this 50 ohm resistance 

and the electrical impedance (comprised of resistive and capacitive components) of the 

microfluidic device.  This phenomenon is known as the voltage divider rule and is dictated by 

the following equation, which corresponds to the illustration in Figure 3.7: 

 

         
       

           
     

3-4                                                                                                
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Figure 3.7 Equivalent circuit diagram of the instrumentation setup 

Equivalent circuit diagram of the instrumentation setup.  Vin represents the voltage input to 
the system from the function generator, and Vout represents the voltage across the device, 
which is the voltage experienced by the cells during trapping.  Vout is a function of Vin as well 
as the electrical impedance of the device, Zdevice. 

 

For a system with a high impedance (i.e. Zdevice >> 50 Ω), Vout ~Vin.  However, when Zdevice is 

on the order of magnitude of 50 Ω, then Vout is significantly affected.  As Zdevice decreases, Vout 

decreases as well.  The implication for our system is that for a device with low impedance, Vout 

becomes low, which decreases the strength of the electrical field between electrodes in the 

device.  Since the DEP force is governed by the square of the electrical field gradient (Equation 

3-1), the DEP force becomes much weaker and is insufficient to trap cells.  
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Figure 3.8 Electrical impedance characterization of DEP trapping devices with different 

sensor areas 

(left) The measured device electrical impedance is plotted for devices with three different 
sensor areas ranging from 0.45-9.6 mm2.  (right) The corresponding voltage experienced by 
cells in the device for the sensors of different area with an 8 Vp-p input.  The voltage 
experienced by cells in the device with the lowest impedance (9.6 mm2, green) is lower than 
the voltage experienced by cells in the other two devices. 

 

Thus, in order to avoid significantly weakening the electrical field, the impedance of the 

designed device must be considered.  Unfortunately, as the number of electrodes in an 

interdigitated electrode array is increased, the impedance decreases.  This can be explained by 

considering that each pair of electrodes functions as a capacitor in parallel.  Since capacitors in a 

parallel configuration add, each additional electrode decreases the system’s impedance according 

to: 

   
 

   
 

3-5 
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which describes the relationship of impedance to capacitance and: 
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which describes the total impedance of a system comprised of multiple capacitors in parallel.  

Here, Zt = the total impedance of the system and Zci = the impedance of capacitor i in parallel.  

Fortunately, though adding additional capacitors in the form of more electrodes decreases the 

system impedance, the capacitance of an electrode pair can also be modulated by decreasing the 

spacing between adjacent electrodes according to[51]: 
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where εr = dielectric constant of the media, ε0= vacuum permittivity = 8.85 * 10-12 F/m, ew = 

the electrode width, and a = eg/2 = half of the electrode gap distance.  A decrease in the space 

between electrodes (a in Equation 3-7) decreases the capacitance, which can mitigate a 

capacitance increase caused by adding additional electrode pairs.   

Figure 3.8 displays the measured impedance of interdigitated electrode arrays occupying 

different areas.  As the number of interdigitated electrodes, and thus array area increases, the 

electrical impedance decreases.  A large decrease in electrical impedance can also affect the 

voltage across the device, which is the voltage felt by the cells.  For an increase in sensor area 

by a factor of 2 (i.e. from 0.45 to 0.975 mm2), the voltage across the device is not significantly 

affected and remains at 8 Vp-p.  However, for an increase in sensor area by a factor of 10 (i.e. 

from 0.975 mm2 to 9.6 mm2), the voltage across the device decreases slightly to 7.93 Vp-p over 

the relevant frequency range.  Fortunately, such a decrease in voltage across the device is small 

and does not affect the ability of cells to trap at an applied voltage of 8 Vp-p.   
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3.4.2 Electrode Array Loading Optimization 

Upon initiation of a trapping cycle, cells begin to trap immediately as they first encounter 

the electrical field gradient.  This results in a high concentration of cells on the first few (5-6) 

electrode pairs.  As trapping continues, these electrode pairs are observed to “saturate” with 

trapped cells, such that no new cells become trapped on these electrode pairs.  Furthermore, we 

observed that from the onset of this saturation, cells entering the trapping region would not trap 

anywhere on the array, even on the unsaturated electrodes.  This phenomenon is due to the 

changing properties of the electrical field as cells trap on the electrodes, eventually forming 

structures called ‘pearl chains’ that span the region between adjacent electrodes (Figure 3.1).  

Although the formation of pearl chains cannot be entirely avoided when achieving high capacity 

electrode array loading, changes to the electrical field distribution can be mitigated by 

redistributing the cells trapped on the electrode array.   

The simplest way to induce a disruption of the cell trapping patterns that result in pearl 

chain formation is to cycle the electrical signal delivered to the device on and off intermittently 

to allow for periods of trapping, followed by re-distribution.  When the electrical signal to the 

device is turned off intermittently, all of the trapped cells on the electrodes are released.  

Because of the constant hydrodynamic flow through the device, the released cells begin to flow 

downstream in the device.  When the electrical signal is again turned on, the cells immediately 

re-trap on the closest available electrode (Figure 3.9). 

To maximize the number of cells that may be trapped on the array, the optimal loading 

time, Ton, and the optimal re-distribution time, Toff are determined for a given set of 

experimental conditions.  The values chosen for Ton and Toff depend on the density of cells 

loaded into the device and the flow rate of operation that is chosen.  In previous work where the 

density of the cell solution was 1*106 cells/mL, a period of 30 s was chosen for Ton[84].  

Although cells continue to trap after this amount of time, the rate at which cells trap begins to 

decrease.  In our experiments, where the density of the cell solution was 5*106 cells/mL, a 
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corresponding optimal loading time of Ton = 15 s was chosen, due to a diminished cell trapping 

rate after this amount of time.  The ideal Toff can be calculated by taking into account the 

number of electrodes that are saturated with cells, which we usually observed to be between 5-8 

electrodes.  By using the flow rate velocity, and the channel distance occupied by the saturated 

electrodes, Toff can be calculated as the time to completely clear the saturated electrodes as: 
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where ew and eg are the electrode width and gap, respectively, v = the flow rate velocity in 

the device, and n is the number of electrodes to be cleared.  For our system, where v = 1000 

μm/s, ew = 50 μm, eg = 50 μm, and n = 5 electrodes, Toff = 500 ms. 

 

 

Figure 3.9 Electrode Array Loading Optimization 

 A.) Electrodes load evenly along the array with trapped cells as a result of repeated 
actuation cycles.   B.) By increasing the electrode array area as well as the microfluidic 
channel area, the area available for cell trapping is increased.   The trapping capacity of the 
previous device (DACS)1  and the LCEA device is quantified in terms of the number of cells 
trapped per cycle.   The LCEA device provides a 28 fold increase in the number of cells 
trapped per cycle.  

 

3.4.3 Enrichment of Sorted Cells 

Figure 3.10 shows the enrichment of cells expressing the astrocyte marker GFAP after 5 

days of differentiation.  The enrichment ratio is calculated by first determining the percentage of 

cells in a microscope field expressing GFAP, and then comparing the percentage of cells with 

GFAP expression in one group to another.  For the data shown in Figure 3.10, GFAP 
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expression of cells sorted at low, medium, and high frequency was compared to the GFAP 

expression of unsorted cells that had been incubated in the DEP buffer solution (DEP buffer 

control).  The enrichment ratio of 1.5-fold for astrocytes is comparable to enrichment ratios 

previously shown by our group[28, 84].  Accordingly, enrichment ratios less than 1 were 

obtained for cells sorted at medium and high frequency, indicating a depletion of astrocytes from 

these bins. 

 

 

Figure 3.10 Enrichment of Sorted Cells 

Cells were fixed and immunostained with GFAP after 5 days in differentiation media.  All 
cells were also stained with Hoechst to identify nuclei.  Representative fields for cells from 
different sorting groups were quantified to determine the percentage of cells expressing 
GFAP.  The enrichment ratio, shown here, was calculated by comparing the percentage of 
cells expressing GFAP in each bin to the percentage of cells expressing GFAP in the control 
solution, consisting of cells that had been incubated in the DEP buffer solution.  Cells sorted 
at low frequency are enriched 1.5 fold in astrocytes, in accordance with previous data from 
our group[28]. 
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3.5 Discussion 

3.5.1 Throughput 

The throughput of DEP-based sorting devices is often discussed in the literature as a major 

criteria to evaluate the platform’s effectiveness, especially when compared to gold standard 

techniques for cell sorting[79, 80].  While cell sorting throughput is important, it is not the only 

indicator of a platform’s performance, or usefulness when compared to other devices.  The 

reported throughput of a device must be balanced against the biological requirements of the 

application (i.e. minimal cell manipulation), the desired purity of the sorted population, and the 

effectiveness of a particular sorting strategy for the application[84]. 

While FACS and MACS technologies offer the absolute fastest rates for cell sorting, at 5,000 

and 280,000 cells/s, respectively, they are only useful in sorting cell populations with robust 

antibody markers that can be used to label the cell populations of interest.  DEP-based cell 

sorting has achieved comparable rates (4200 cells/s) with the use of cell labels[97].  However, 

such strategies are only effective when robust antibody markers for the cell populations of 

interest exist.  In addition, label-based techniques require manipulation of the cells to attach 

labels, and FACS or MACS systems expose cells to high shear forces because the high 

throughput is achieved by flowing cells past detectors in single file, which could damage fragile 

cell types.  Furthermore, this shear force can result in loss of up to 90% of the cell sample, 

which may be unacceptable for sorting rare cell types or small samples. 

In the interest of minimizing cell manipulation, we compare the throughput of our device to 

others employing DEP.  We further restrict the comparison to applications that have 

demonstrated sorting of mammalian cells, although cell sorting rates of greater than 105 cell/s 

have been demonstrated with other types of cells, such as yeast and bacteria[79].  Impressive 

sorting rates of up to 5,000 cells/s have been demonstrated in mammalian cell separations such 

as the separation of breast cancer cells from blood[98], leukemia cells from blood[99], however, 
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these separations were aided by a difference in size between the cells of interest and background 

cells.   

In our group’s previous work, we have demonstrated separation of neural stem and 

progenitor cell populations, using cells of the same size[28, 84].  These devices were designed to 

provide characterization of the stem cell populations for basic biology research, and their 

throughput (5,000 cells/hour) is too low to enable cell transplantation studies.  Here, we have 

realized separation of NSPCs at a throughput of > 120,000 cells/hour (33 cells/s).  Combining 

with the capability to expand cells in culture after DEP sorting will now provide enough sorted 

NSPCs to enable transplantation studies. 

3.5.2 Ease of Fabrication and Use 

Muratore et al. recently demonstrated separation of myoblast progenitor cells (derived from 

mesenchymal stem cells) from fibroblasts, but the fabrication and instrumentation required to 

operate the device were fairly complex[85].  Impressive demonstrations of the utility of DEP as a 

label free stem cell separation technique are increasing.  However, the accessibility of these 

technologies and techniques for researchers in biology and medicine, who might benefit the most 

from them, is impeded by difficulties in device fabrication, instrumentation setup and 

programming required to perform the separations.  Many devices used for DEP-based cell 

sorting employ custom chip holders, printed circuit boards (PCBs), or custom software[83, 85, 

100, 101].  Here, minimal equipment is required to fabricate the device.  If glass slides pre-coated 

with metal are purchased, only a photoresist spinner, a UV lamp, and an oxygen plasma source 

are required to fabricate the chip.  To further simplify fabrication of the electrode array, a 

commercially-available flexible circuit could be purchased[83].  Operation of the device is also 

simple and does not require software for automation and control of equipment.  All that is 

needed is a compressed gas tank (already available in many biology and medical research labs), 

and a waveform generator.  A hemostat performs the function of a valve and enables reliable 
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switching of fluids if pneumatic or digitally-controlled fluid valves ($150, 3-way valve, The Lee 

Company, Essex, CT) are not available. 

3.5.3 Transplantation Studies are Enabled 

In our group’s previous work, we have demonstrated the utility of DEP-based sorting devices 

for the separation of neural stem/progenitor cells (NSPCs).  Neuron progenitor and astrocyte 

progenitor cells were enriched from heterogeneous NSPC populations at enrichment ratios up to 

1.6 fold at higher and lower frequency ranges, respectively.  The study further revealed that 

differences in the dielectrophoresis response of these cell populations could be correlated with the 

glycosylation matrix on the cell membranes.  Although this work provided important proof-of-

principle demonstrations for high purity separation of neural progenitor and astrocyte progenitor 

cells (providing purity greater than gold standard FACS separations using PSA-NCAM[28]), the 

device was not designed to provide a high throughput.  Therefore, the studies that could be 

conducted with this device were limited in their capability.  To enable transplantation studies of 

purified NSPC populations, we have increased by over an order of magnitude (compared to our 

previous device) the number of NSPCs that can be sorted using DEP.  The increased 

throughput of this device can purify enough cells to satisfy the lower end of the range of cells 

that have been used for transplantation studies (75,000-1.5 million cells/animal[87-89]).  

However, to reach the upper end of this range, DEP-sorted cells may be expanded in culture as 

well.  

3.6 Conclusion and Future Directions 

Here, we have demonstrated a DEP-based sorting device for NSPCs, capable of sorting cells 

in preparation for further expansion of the cells in culture.  These techniques provide an initial 

sorting throughput of > 120,000 cells/hour and the capability to expand cells in culture, 

providing enough sorted cells to perform transplantation studies.  In addition to increasing the 
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throughput of sorting, the simplicity of the developed device’s fabrication and instrumentation is 

envisioned to provide enhanced accessibility of DEP-based sorting techniques to biological and 

medical researchers.  Compared to previously developed DEP-based sorting devices, our device 

design provides a low barrier to entry for non-engineering labs to perform characterization and 

separation of their cells of interest. 

To further increase accessibility of the technology, out of cleanroom device fabrication could 

be explored.  One method to accomplish out of cleanroom electrode fabrication involves the 

modification of a protocol to fabricate vertical electrodes encapsulated in PDMS[102].  Using an 

alloy with a low melting point (Tm = 65 C), channel features patterned in PDMS can be filled 

with this conductive material by placing the device on a hotplate during electrode fabrication.  

This results in electrode structures the same height as the fluidic channels (Figure 3.11), an 

alternative to processes such as electroplating that require specialized equipment and 

operation[103].  Posts fabricated in PDMS divide the electrode and fluidic channels and contain 

the alloy to the electrode channels by surface tension.  Preliminary results using this approach 

show that polystyrene beads (15 μm) in deionized water could be focused to a narrow stream 

using nDEP.  Conditions for this demonstration were 20 Vpp and 1 MHz.  Although nDEP is 

shown in Figure 3.11, computational fluid dynamics simulations (not shown) indicate that these 

structures could employ either pDEP or nDEP for cell and particle separation.  Continuing 

work will focus on the translation of this approach to sorting of NSPCs.  This will involve 

determination of an appropriate frequency, voltage, flow rate, and media conductivity to induce 

separation of these cell types while ensuring cell viability after sorting. 
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Figure 3.11 Vertical Electrodes Fabricated from a Low Melting Point Alloy 

(left) 15 μm polystyrene beads in deionized water flow through a microfluidic channel 
between vertical electrode structures (black) composed of a low melting point alloy.  
Electrodes are fabricated by filling microfluidic channel features with the alloy.  PDMS posts 
separating the electrode and fluidic channels contain the alloy during fabrication by surface 
tension forces. (right) Particle traces from the polystyrene beads (red) show that particles 
experience nDEP and are focused toward the bottom of the channel, where the electrical 
field gradient is the lowest.  Careful inspection of the traces indicates that beads are pushed 
downward in discrete pulses that correspond with the electrode positions, formed by gaps 
between PDMS posts.  Electrodes are energized with a 20 Vpp, 1 MHz signal. 
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4 Pacing iPSC-derived Cardiomyocytes in a 3D 

tissue matrix 

4.1 Introduction 

Despite the development over the past few decades of research tools to aid in drug discovery, 

design, and delivery, the average cost per FDA-approved drug brought to market is increasing 

exponentially—a phenomenon termed “Eroom’s law”[104].  While the causes of such a vast 

problem are many, one significant issue is the failure of in vitro models to accurately represent 

an in vivo environment—which at best results in ineffective treatments and at worst results in 

the incidence of harmful side effects.  In particular, an accurate in vitro model of the heart 

would allow for screening of cardiovascular drugs[105] and chemotherapy drugs[106, 107]—two 

large drug categories noted for their cardiotoxic potential.  Traditionally, these models have 

employed animal cells or cells from human cell lines, however the frequent failure of drug 

candidates validated by these models attests to their imperfection[105].                

Since the seminal work by Yamanaka’s group in 2006 to derive stem cells from fibroblasts 

(termed induced pluripotent stem cells, or iPSCs)[4], those in the stem cell research field have 

discussed the potential of this technology to guide therapy decisions, based on the personalized 

medicine approach.  These pluripotent stem cells could be derived from each patient and used to 

test the patient’s response to a drug before prescribing the drug to the patient.  The hope is that 

this approach would avoid side effects or ineffectiveness of certain drugs in favor of a drug that 

is effective for that individual.   

While iPSC-derived cardiomyocytes would provide an excellent solution for patient-specific 

toxicity testing, there are significant hurdles to overcome in the development of iPSC-derived 

cardiomyocytes to ensure that their function matches fully mature cardiomyocyte that would be 

found in the adult human.  Several attempts to induce cardiomyocyte maturation by application 
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of mechanical strain, electrical stimulation[14, 31, 58, 108], co-culture[109], and perfusion[110] 

have met some success.  However, it is apparent from these studies that a single stimulus is not 

sufficient to fully recapitulate the physiological microenvironment and thus, systems capable of 

providing multiple stimuli to develop immature cardiomyocytes are needed.  In addition, many 

of these studies have been conducted with non-human cells[13, 14] or other types of stem cells 

with less availability, such as adipose-derived[58] or embryonic stem cells[108].  Finally, drug 

toxicity studies require 14-21 days or more, which is longer than the culture period 

demonstrated in many published systems[14].  Development of a device to enable this toxicity 

testing would require sustenance of the cell cultures for longer periods of time.  Currently 

published techniques have demonstrated culture periods of 6 days[58] to 14 days[31]. 

 Microfluidics and lab-on-a-chip systems are increasingly being used to emulate 

physiological microenvironments (i.e. “organ/tissue on a chip”), owing to their ability to provide 

mechanical support and structure, deliver electrical signals on a small scale, and precisely 

regulate the chemical microenvironment within the device.  Unlike traditional cell culture 

systems where cells are grown in a monolayer in a tissue culture flask, microfabricated devices 

allow for the growth of tissue in a 3-dimensional environment, which more closely resembles 

physiological tissue growth conditions[110].  Importantly, for the culture of cardiomyocytes, this 

provides mechanical support and a matrix against which developing cardiomyocytes can 

contract, which has been shown to provide an increase in the maturity of these cells[31].  Co-

culture of the cells of interest with vascular endothelial cells has also been shown to result in the 

formation of a vasculature network, an enabling development which will allow for long-term 

culture of cells in the 3-d network due to the ability to provide sustained nutrient delivery[111].  

In addition, the presence of endothelial cells and vasculature likely contributes in other ways to 

the recapitulation of the physiological microenvironment, in terms of paracrine signaling 

molecules or extracellular matrix secretion[14].  The continuous perfusion provided by 

microfluidic systems also allows for the introduction of additional chemicals, such as drugs, that 

would enable long-term toxicity studies or supply growth factors or other molecules to study the 
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development of the cardiomyocytes in culture.  Finally, microfabricated electrodes are readily 

integrated into microfluidic platforms, allowing for controlled, repeatable, and predictable 

stimulation, in contrast to systems where the pacing electrodes must be manually placed in 

proximity to the cell culture[112], which inevitably results in variable electrical field strength for 

different experiments.   

 Here, we demonstrate a microfabricated system to provide multi-stimulus control to 

mature cardiomyocytes derived from human iPSCs.  Our unique platform provides control over 

the chemical microenvironment through a perfusion delivery system, the ability to develop a 

vasculature network alongside developing cardiomyocytes, as well as integration of electrodes, 

enabling electrical stimulation.  These combined stimuli result in maturation of the iPSC-

derived cardiomyocytes.  To the authors’ knowledge, this is the first demonstration of the use of 

a multi-stimulus approach in a microfluidic device to assess maturation of iPSC-derived 

cardiomyocytes.   

4.2 Methods/Materials 

4.2.1 Mold and PDMS Device Fabrication 

Traditional photolithography methods as previously described[30, 111] were used to fabricate 

the SU-8 master mold to a height of 100 μm.  PDMS was cast onto this mold to provide the 

channel features.  Inlet and outlet holes were punched using a 23 G needle, and the PDMS slab 

was irreversibly bonded to a glass slide containing electrode features after treatment of both 

substrates with plasma. 

4.2.2 Vertical Electrode Fabrication 

Electrode features were designed as additional microfluidic channels in the SU8 mold.  The 

PDMS slab containing features was bonded to a glass slide that contained thin film metal 

(TiAu) contacts, with electrode features aligned over the contacts.  To make vertical electrodes, 
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the bonded device was set on a hotplate set to a temperature above the melting point of the 

alloys (either 95 C or 200 C, depending on the type of alloy used) for at least 5 minutes.  Two 

different alloy formulations were used:  51% In/32.5% Bi/16.5% Sn (Tm = 60 C) and 52% 

In/48% Sn alloy (Tm = 118 C), (Indium Corporation of America, Clinton, NY).  A 2.5 cm. piece 

of the alloy wire was slowly fed into the inlet of the electrode channel.  The alloy melted as it 

contacted the glass bottom of the device, and filled the electrode channel (Figure 4.1).  After 

cooling the device, a multimeter was used to check for electrical continuity in the alloy wire and 

from the contact on the glass slide to the alloy in the electrode channel.   
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Figure 4.1 Fabrication of vertical electrodes 

A.) Stereoscope image of fabricated vertical electrodes.  Thin film metal (TiAu) contacts, 
connecting to vertical electrode structures are visible at the bottom of the image.  B.) Zooming 
in on a portion of the image shown in A.), the relationship of the electrode channel containing 
alloy, to the media perfusion and tissue chamber structures, is visible.  The low melting point 
alloy is confined to the electrode channel by surface tension forces, provided that the spacing 
between adjacent PDMS posts provides a sufficiently low radius of curvature.  C.) Diffusion of 
alloy from the electrode channels into the media perfusion and tissue chamber channels 
occasionally occurred 3-7 days after cells were loaded into the tissue chamber.  This result was 
hypothesized to occur on the high pressure side of the microfluidic device (top channels) due to 
fissures created in the alloy during priming of the media perfusion channel with fluid.  Scale bar 

1000 μm. D.) To mitigate alloy diffusion issues, a continuous PDMS wall was fabricated 
between the media perfusion channel and the electrode channel.  While this configuration 

prevents alloy diffusion, it necessitates the use of high voltages (> 1010 V) in order to achieve 

sufficient electrical current for pacing cardiomyocytes in the tissue chamber.  Scale bar 1000 μm. 
 

4.2.3 Interdigitated Thin Film Electrode Fabrication 

Interdigitated electrode arrays were fabricated by a wet etching process.  First, standard 25 

mm x 75 mm glass microscope slides were coated with 200 Å Ti, followed by 1000 Å Au using 

an E-beam evaporator.  Then, a sacrificial 12 μm layer of the photoresist AZ 4620 was patterned 

with the electrode features.  After patterning of the resist, the Au and Ti layers were selectively 

etched using a gold etchant solution consisting of 1:1:4 I:KI:H2O and a 2% hydrofluoric acid 

solution, respectively.  Finally, the sacrificial AZ 4620 layer was removed by soaking the glass 



88 

 

slide in acetone.  The glass was cleaned with isopropanol and dehydrated for at least 20 minutes 

before bonding with the PDMS layer.  

 

Figure 4.2. Fabricated device with integrated thin film electrodes 

A.) Schematic showing major features of the assembled device, including the tissue chamber 
containing the fibrin gel and cells (yellow), the media perfusion channels (pink), and the 
electrode features (black). B.) Photograph of the completed device.  The entire device fits on a 
25 mm x 75 mm glass microscope slide.  Two gold contacts allow for facile connection and 
disconnection of the chip to a signal generator.  Pipet tips, filled with cell media, provide a 
hydrostatic pressure head that ensures continuous flow of cell media in the chip. C.) Image of 
the tissue chamber taken immediately after cell loading.  The fibrin gel containing the cells is 
constrained to the tissue chamber by surface tension forces, and the outer channels have been 

filled with cell media.  Scale bar = 1000 μm. 
 

4.2.4 Cell derivation and gel preparation; loading of devices 

Human induced pluripotent stem cells (iPS) were differentiated into cardiomyocytes (iPS-

CM’s) using a WnT modulating protocol as previously described[113]. Before day 30, human 

iPS-CM’s are formed into spheroids (300 cells/spheroid) using an aggrewell plate. Human iPS-

CM spheroids were then injected into the microfluidic device with endothelial colony forming 

cells (ECFC) derived from cord blood (P3-5) and normal human lung fibroblasts (NHLFs) (P4-

5) within a fibrin gel (10mg/mL) containing aprotinin (36 E-3 TIU/mL).  Post features 

fabricated in PDMS between the tissue chamber and the media perfusion lines retain the fibrin 

gel to the tissue chamber by surface tension forces during loading[30] (Figure 4.2). After gelation 

fully supplemented endothelial growth medium (EGM-2) was used to feed the cells. After one 
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full day, media was then switched to EGM-2 without fibroblast growth factor and vascular 

endothelial growth factor.  

4.2.5 Instrumentation and Setup 

A commercial system capable of providing biphasic signals, and allowing for adjustment of 

voltage, pulse duration, and frequency was employed to generate the pacing signal (Myopacer, 

Ionoptix, Milton, MA, USA).  Biphasic pulses of 1 ms duration were delivered at voltages 

ranging from 1 – 3 V and frequencies ranging from 0.5 Hz – 4 Hz. 

4.2.6 Chip connections and heating 

To facilitate rapid chip connection/de-connection, a chip connector was fabricated by 

soldering prototype wires to the eyelet pins of an edge card connector (Sullins Connector 

Solutions, San Marco, CA).  Using this connector, the glass microscope slide could be inserted 

into the chip connector, obviating the need for wire attachment to each chip.  Gold contact pads 

on the edge of the glass slide ensure conduction of the stimulation signal to the interdigitated 

electrode array.  The microfluidic chip and connector setup fit snugly in a stage-top incubator 

(Tokai Hit INU) which allowed for maintenance of a physiological temperature (37 C) and CO2 

concentration (5%) during pacing experiments (Figure 4.3). 
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Figure 4.3 Chip connections and heating 

Major features of the chip connections and setup for fluorescent imaging are shown.  The 
device, comprised of a glass microscope slide containing electrode features in the center and 
gold contact pads on the left edge, is denoted by the gold arrow.  A standard edge card 
connector is used to allow connection between gold contacts on the glass slide to a 
commercial pacing signal generator (blue arrow).  The entire device is placed in a black 
environmental chamber (red arrow) that provides control over the temperature, humidity 
level, and CO2 level in the device during imaging.   

 

4.2.7 Data Analysis 

Fluorescence videos were recorded at 31 fps using MetaMorph.   ImageJ was used to capture 

the average intensity in a region of interest (ROI) for each frame of the video.  This time-series 

data was then transformed using a Discrete Fourier Transform (DFT) in MATLAB in order to 

obtain frequency information.  The average intensity over this ROI was integrated, and the 

resulting area under the curve (AUC) represents a measure of the contraction strength, while 

the intensity change over time, calculated as a derivative of the time series data, provides 

information about the change in calcium concentration. 
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4.3 Results and Discussion 

4.3.1 Electrode Design 

Several different electrode designs were considered for this application, including two 

different electrode configurations.  Traditional pacing of cardiomyocytes in a tissue culture dish 

involved the placement of parallel wires alongside a tissue construct[112], while microfabricated 

systems have used a planar, interdigitated electrode design[58, 108].  While both electrode 

configurations will achieve the goal of pacing of cardiomyocytes, the parallel wires provide a 

more even electrical field distribution than interdigitated electrodes.  In addition, interdigitated 

electrodes are typically fabricated underneath a tissue construct and consequently they can 

impair the ability to visualize events or structures in the tissue construct. 

4.3.2 Vertical Electrodes 

For this reason, we investigated the fabrication of vertical electrodes alongside the tissue 

construct in our microfluidic device.  This configuration improves upon the traditional parallel 

wire arrangement used to pace cardiomyocytes in several ways.  Traditional pacing systems 

employing the use of parallel wires require manual placement of these wires above or alongside a 

tissue construct, which introduces variability in the electrical field applied to the system for 

different experiments and different devices.  This could result in insufficient stimulation of the 

cardiomyocytes if wires are too far from the tissue construct and cell death if wires are too close 

to the tissue construct.  By defining electrode channels in the microfluidic device, we can ensure 

inter- and intra-device repeatability in the stimulation delivered to the tissue construct. 

Electrode channels were designed to connect to the media perfusion channels via small pores, 

similar to the connection between the tissue patch and the media perfusion channels (Figure 

4.1).  Various pore sizes were designed and fabricated to determine which sizes would result in 

robust fabrication as well as the ability to retain the low melting point alloy by surface tension 

forces[114]. Ultimately, 30 μm pore openings produced the most consistent results.   



92 

 

Occasionally, the alloy was observed to diffuse from the electrode channel structures into the 

media perfusion channel or tissue chamber.  Typically, this was observed on the high pressure 

side of the tissue patch.  Diffusion was hypothesized to occur due to imperfections created in the 

alloy wall during high pressure priming of the device.  In addition, cell death was observed in 

the tissue construct between 3-7 days after loading of cells into the device, even in the absence 

of alloy diffusion from the electrode channel structures.  This suggests that the indium-tin alloy 

is more cytotoxic than the indium-tin-oxide (ITO) material that is commonly used for cell 

stimulation and recording [58, 115, 116]. 

To mitigate these effects and retain the favorable properties of the vertical electrode 

configuration, a thin PDMS wall between the electrode channel and the media perfusion channel 

was constructed.  While these devices could be fabricated easily and reliably, they require very 

high voltage values (> 1010 V) in order to achieve sufficient electrical current through the tissue 

patch for cardiomyocyte pacing.  This can be understood by considering the resistance of even a 

very thin (10 μm) PDMS sheet: 

 

  
  

 
 

                    

        
                         

4-1      

                                                                                              

4.3.3 Interdigitated Thin Film Electrodes 

An interdigitated electrode design has been used for cardiomyocyte pacing in culture, as 

shown in several papers[58, 108].  This electrode design, while useful for providing a rather 

homogenous electric field distribution for stimulation, has a larger capacitance than a single pair 

of electrodes.  The interdigitated electrode fingers act as parallel capacitors, which increases the 

overall capacitance of the array.  For this reason, we measured the resistance and capacitance of 

our devices by taking a frequency sweep, and found the time constant of the system to be τ= 
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0.0312 ms.  After 3τ =0.936 ms, the system has reached 95% of its input value and can be 

considered fully charged.  Thus, a stimulation pulse of 1 ms with 999 ms of discharge time 

allows the circuit to fully charge and discharge each period.  This stimulation duration is also in 

agreement with previous studies, where a 1-2 ms stimulation pulse was used[13, 114]. 

Using these planar electrodes offers compatibility with a variety of different microfluidic 

channel designs.  In contrast to traditional pacing equipment which must be manually 

positioned before each pacing experiment, the planar electrodes are permanently bonded to the 

microfluidic channel, providing predictable, repeatable delivery of an electrical signal to each 

chip and for each experiment.  The presence of this electrically-insulating lid will also allow us 

to use the lowest possible electrical signal to ensure sufficient stimulation of cells at the top of 

the tissue construct (height = 100 μm), while preventing cell death near the electrodes (height 

= 5 μm) due to a higher electrical potential in that region. 

4.3.4 Microfluidic chip vs. open culture well – E potential distribution analysis 

A static, DC conduction simulation in CFD-ACE was used to model the electric field and 

electric potential distribution in the microfluidic device.  The simulation consisted of 4 

interdigitated electrodes of width 50 μm and a pitch of 100 μm.  A microfluidic channel section 

of length = 600 μm, width = 100 μm and height = 100 μm and filled with fibrin gel (σ = 1350 

S/m, εr= 80) was modeled to mimic the geometry of our device.  With an applied voltage of 2 V 

at the electrode surface, the potential directly over an electrode at a height of z = 95 μm was 

1.2 V.  Therefore, a cardiomyocyte spheroid located near the top of our tissue chamber, 

experienced a voltage 40% lower than a cardiomyocyte spheroid near the bottom of our tissue 

chamber.  This difference is a result of the fact that interdigitated electrodes produce non-

homogenous electric field distributions owing to their coplanar orientation.  Importantly, our 

simulations show that a microfluidic device consisting of an electrically-insulating material such 
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as PDMS, can mitigate the drop in electrical potential (as a function of device height), 

compared to open culture well systems, which have overwhelmingly been used for the 

stimulation of cardiomyocytes in culture.  To simulate the electrical potential distribution in an 

open culture well system, the channel height was increased to 200 μm.  In this model, the 

potential directly over an electrode at a height of z = 95 μm was 0.63 V.  This results in a 1.37 

V difference between the voltage felt by a cardiomyocyte near the top and bottom of the culture 

in an open well system, compared to only a 0.8 V difference experienced by cells in a 

comparable microfluidic device.  Moving to a position exactly between two electrodes, the 

potential experienced by a cardiomyocyte in this position is irrespective of z position.  However, 

the potential experienced at this position in the microfluidic device (1 V) is higher than the 

voltage experienced at this position in the simulated open culture well device (0.55 V).  Because 

the microfluidic device has an insulating top layer of material, the voltage required to achieve 

pacing of cardiomyocytes within a microfluidic device will be lower than the voltage required to 

achieve pacing within a geometrically-similar open culture well pacing system.  The presence of 

this electrically-insulating lid will also allow us to use the lowest possible electrical signal to 

ensure sufficient stimulation of cells at the top of the tissue construct (height = 100 μm), while 

preventing cell death near the electrodes (height = 5 μm) due to a higher electrical potential in 

that region. 

The 100 μm height of the tissue chamber represents a balance between cardiomyocyte 

spheroid size and electrical potential homogeneity.  With this depth, cardiomyocyte spheroids 

are able to be incorporated into the device without breakup, but the height of the device is less 

than the height of a non-microfluidic tissue construct, ensuring a more homogeneous distribution 

of electrical potential values.   
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Figure 4.4 CFD simulations of Electrical Potential Distribution in Microfluidic and Tissue 

Culture Well Devices 

A.) The electrical potential distribution between a pair of electrodes in a 100 μm high microfluidic 

device is shown for five different heights above the electrodes (z = 5, 25, 50, 75, 95 μm).  The position 
of electrodes in the simulation is denoted by the gold bars along the x-axis.  B.) The electrical 

potential distribution in an open tissue culture well with 500 μm high cell media is shown at the same 
z heights as in A.).  A comparison of the average and standard deviation of electrical potential values 
in these two configurations is shown in the table below.  The microfluidic device provides a lower 
variation in electrical potential values (shown by the standard deviation of the potential), as well as a 
higher average potential through the entire height of the microfluidic device, owing to the electrically 

insulative PDMS lid at a height of z = 100 μm.  C.) A heat map of the electrical potential 
distribution is shown for the configuration in B.), the open tissue culture well.  Black rectangles along 
the bottom of the image denote the position of the two central electrodes in the simulation.  The 
electrical potential values are color coded from 2 V (magenta) to 0 V (blue). 

 

4.3.5 Pacing of CMs at 1 Hz 

In order to determine the minimum voltage required to pace cells to a physiological rate (1 

Hz), a 1 Hz signal was delivered to the chip at increasing voltage, while cell contraction was 

monitored using fluorescence imaging and video capture.  Before pacing, the cardiomyocyte 

spheroid contracted at an average frequency of < 1 Hz (typically 0.33-0.5 Hz), although the 

contractions were not regular, as indicated by the time-series data and the relative small 

amplitude of the frequency peak in Figure 4.5.  Using our microfluidic device, coupled to a 
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commercial pacing signal system (Myopacer), we determined the minimum voltage necessary to 

induce changes to the spontaneous beating behavior of the cardiomyocytes (0.5 V) and to fully 

capture cell beating (between 1.6-2 V).  We observed that the voltage necessary to fully capture 

cell beating was dependent on the size and maturity of the cardiomyocyte, and in general, 

smaller cardiomyocytes require a higher voltage to synchronize fully to the pacing signal applied.  

With increasing applied voltage, the cell contractions become more regular and frequent.  At an 

applied voltage of 2 V, the cardiomyocyte contracts regularly at 0.97 Hz, as shown in Figure 4.5.  

 

 

Figure 4.5 A cardiomyocyte spheroid is paced to 1 Hz following application of a 2 V signal. 
A.) The fundamental frequency extracted from DFTs of fluorescence videos of cardiomyocyte beating 
is shown.  The unpaced cardiomyocyte beats at a frequency of 0.33 Hz.  With a 1 V, 1 Hz applied, the 
cardiomyocyte begins to capture the signal and increases its beat frequency to 0.4 Hz.  With the 
application of a 2 V, 1 Hz signal, the cardiomyocyte fully captures the pacing signal. B.) Power 
spectra, extracted from time series data obtained from fluorescence videos, show the fundamental 
frequency of the unpaced cardiomyocyte spheroid (0.33 Hz, black) and with an applied signal of 2 V, 1 
Hz (0.97 Hz, red). 

 

Analysis using a DFT also allows for the observation of several different cardiomyocyte 

spheroids within the field of view.  Immature cardiomyocytes that beat spontaneously typically 

beat at a sub-physiological rate, and beat out of phase with one another.  This concept is shown 

in Figure 4.6, where two different spheroids beat at different rates in an unpaced control device.  

Taking an ROI as the region comprising the two spheroids produces the time series data shown 

in Figure 4.6.  The peaks produced by the two spheroids are distinguishable from their 

considerably different amplitude, as denoted by red and orange boxes in the figure.  Although 
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the power spectrum below is somewhat noisy, it reveals two peaks which correspond to the two 

different beat frequencies of the spheroids—0.19 and 0.32 Hz.  Thus, in datasets containing 

spheroids beating at different rates, the respective frequencies of different spheroids can be 

extracted in a single step using DFT analysis. 

 

 

Figure 4.6 Observation of cardiomyocytes with different beat frequencies in the same device. 
Two adjacent cardiomyocyte spheroids beat spontaneously at different rates.  The frame from t = 
12.03 s shows the simultaneous beating of both cardiomyocyte spheroids, while the spheroids contract 
separately in the frames from t = 21.46 and t = 22.31 s, outlined in red and orange, respectively.  
From the time series data, beats from the spheroids are distinguishable by their amplitude, with the 
bottom spheroid (outlined in orange) producing larger amplitude peaks.  In the corresponding power 
spectrum, two peaks are produced at 0.19 and 0.32 Hz.  These peaks correspond to the beat frequency 
of the two spheroids.      
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4.3.6 Synchronization of cardiomyocytes 

Upon application of a pacing signal sufficient to fully capture cardiomyocytes that spontaneously beat, we 

observed the induction of beating in additional cardiomyocytes in the same device (as evidenced by the 

onset of calcium transients in the cells).  This suggests that a sustained pacing signal delivered to our 

microfluidic device can induce maturation in these cells. 

Three cardiomyocyte spheroids, spaced several hundred microns apart in the same device, were observed 

to synchronize to the applied pacing signal (Figure 4.7).  The spheroids all captured the pacing signal 

fully at 1 Hz (data not shown).   With an applied pacing signal of 2 Hz, the middle spheroid skips a beat 

(near the 6 s and 9 s marks), suggesting that this spheroid may be less mature than the other two.  

Synchronization of beating cardiomyocytes is not universally observed in the microfluidic devices since the 

maturation states of spheroids in the devices vary.         
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Figure 4.7 Synchronization of cardiomyocyte spheroids to an applied pacing signal at 2 Hz. 
(Top) A fluorescent image of the tissue chamber in a device containing three cardiomyocyte spheroids 
is shown.  The spheroids are visualized by their calcium transients, indicated by green fluorescence, 
and are highlighted by red, green, and blue ellipses. (Middle) Time series data extracted from each 
spheroid show regular contraction that is synchronized among the three spheroids. (Bottom) Power 
spectra of the three spheroids confirm that the cells capture the pacing signal of 2 Hz.   
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4.3.7 Bulk Conduction Velocity and Contraction Strength 

 

Figure 4.8 Cardiomyocyte spheroid action potential visualized through calcium transient 

imaging 
Frames, numbered sequentially and acquired 35 ms apart, show the calcium currents during an action 
potential of a cardiomyocyte spheroid.  The cardiomyocytes have been transduced with the calcium 
indicator GCaMP6 to enable fluorescence imaging, and falsely colored to show regions of high Ca2+ 
concentration (white) to low Ca2+ concentration (yellow).  Maximum Ca2+ concentration is seen in 
frames 5-8.  From this image, it is apparent that the depolarization event (frames 1-6) occurs more 
rapidly than the repolarization event (frames 8-15). 

 

By transducing cardiomyocytes with GCaMP6, it is possible to visualize calcium currents in 

the cells that rapidly follow an action potential through fluorescence imaging (Figure 4.8).  A 

series of images, acquired 35 ms apart, show the intracellular increase in calcium (frames 1-6) 

that occurs as a result of calcium influx through calcium channels and the subsequent release of 

intracellular calcium from the sarcoplasmic reticulum.  As the calcium is pumped back out of 

the cell and back into the sarcoplasmic reticulum, the calcium concentration decreases (frames 

7-15).  Figure 4.8 shows that the calcium concentration increase is a process that occurs more 

quickly than the relaxation process.  

 

For a spontaneously contracting cardiomyocyte, we assessed the change in fluorescence 

intensity vs. time as a measure of its bulk conduction velocity.  Figure 4.9 reveals that the rate 
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of increase in fluorescence intensity due to calcium influx is greater than the rate of decrease in 

fluorescence intensity following the action potential, as evidenced by a larger amplitude in the 

positive peak than in the negative peak.  From this plot, we can also observe a slight downward 

trend in dF/dt, max as the frequency of the applied pacing signal is increased.     With 

additional time in culture, combined with the sustained delivery of electrical stimulation, we 

expect that the bulk conduction velocity will increase.  The dF/dt measurement as a marker of 

conduction velocity in the cardiomyocyte, provides a tool for measuring cardiomyocyte health 

throughout an experiment[117].  This could be useful in future studies assessing the effect of 

drugs on conduction velocity.  In particular, assessment of conduction velocity is relevant for 

examining the dose-dependent response of cardiomyocytes to drugs that can block calcium 

channels in these cells.   
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Figure 4.9 Change in fluorescence vs. time of a cardiomyocyte paced at different frequencies 
The change in fluorescence vs. time of a beating cardiomyocyte reveals that the increase in 
fluorescence (dF/dt,max) occurs more rapidly than the return to baseline, following the observation 
from Figure 4.8.  There is also a slight downward trend in dF/dt,max with increasing applied pacing 
frequency.  

 

4.3.8 Maximum Capture Rate Increase as a Marker of Maturity 

The pacing system developed here can be used as a means by which to assess the maturity 

of the cardiomyocyte spheroids.  While cell differentiation can be assessed by histological 

staining, this requires fixing of the cells and thus cannot provide real-time information about the 

maturation state of a spheroid.  Methods used to assess maturity in stem cell-derived 

cardiomyocytes include determination of the minimum excitation voltage and the maximum 

capture rate (or the maximum rate at which the cells can be paced).  Figure 4.10 shows the 

results of pacing a cardiomyocyte at increasing frequency during the same experiment.  At a 

frequency of 1 Hz or less, the cell is able to capture the pacing signal, but at higher frequencies 

of 1.3 and 1.5 Hz, the cell is no longer able to capture the pacing signal.  Thus, the maximum 
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capture rate (MCR) of this spheroid is 1 Hz.  Interestingly, once the spheroid is no longer able 

to capture the frequency of the applied signal, it begins to beat at half the applied frequency.  

This shows that the cell is responsive to a stimulation pulse even at applied frequencies greater 

than the MCR, since the cell continues to capture every other stimulation pulse, resulting in a 

capture rate of half the applied frequency.   

 

 

Figure 4.10 Response of cardiomyocyte spheroid to increasing pacing signal frequency 
A developing cardiomyocyte spheroid was given a 2 V signal at various frequencies.  At frequencies 1 
Hz and lower, the spheroid fully captured the pacing signal and beat at the pacing frequency.  At 
frequencies greater than 1 Hz, the spheroid failed to beat at the pacing frequency, but did assume a 
beating rate that was half of the pacing frequency. 

 

We have used the ability to pace cardiomyocyte spheroids as a means for assessing the 

maturity of these cells.  After a pre-culture period, a pacing signal is delivered to cardiomyocyte 

spheroids on the chip at increasing frequency to determine the MCR of each spheroid.  Upon 

initial stimulation, a cardiomyocyte spheroid was induced to beat at a superphysiological rate of 

3.1 Hz.  Assessed 3 days later, the MCR had increased to 3.8 Hz, providing evidence that 

maturation of this cardiomyocyte was occurring.  Note that the data shown in Figure 4.10 and 

Figure 4.11 are taken from different devices and different cardiomyocyte spheroids, which 

explains the difference in MCR in these two datasets.   
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Figure 4.11 Increasing Maximum Capture Rate assesses maturation state 
A spontaneously beating cardiomyocyte spheroid was assessed to determine its Maximum Capture 
Rate (MCR) at 5, 8, and 12 days post loading in the microfluidic device.  The MCR of this 
cardiomyocyte increased from 3.1 (at 5 days post-seeding) to 4 Hz (at 12 days post-seeding).  

 

4.3.9 Response of Paced Cardiomyocytes to Drug 

In addition to inducing maturation of cardiomyocytes, the electrical pacing system can be 

used to standardize drug toxicity assays, by ensuring that the cardiomyocytes in each device 

under test are beating at the same frequency prior to drug administration.  This provides a 

baseline signal that can be used to compare different devices.  Furthermore, the pacing 

system can be used to test the drug response of cardiomyocytes that are not spontaneously 

beating, as the electrical stimulation can induce beating in these cells. 

Using such a device, where cardiomyocytes were not beating spontaneously, a 1 Hz 
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pacing signal was applied, and the cardiomyocytes began to beat at this frequency.  

Subsequently, increasing concentrations of the drug verapamil were flowed into the device at 

concentrations from 1 nM – 10,000 nM.  The results of this experiment are shown in Figure 

4.12.  Verapamil is a drug that binds to and blocks L-type calcium channels.  In the absence 

of drug, extracellular calcium enters through these voltage-gated channels, and causes 

intracellular release of calcium from the sarcoplasmic reticulum, which is responsible for the 

calcium waves imaged during cell contraction.  When verapamil is present and begins to 

block these channels, release of calcium from the sarcoplasmic reticulum is slower, which 

results in a decrease of the upward slope of the Ca2+ wave (Figure 4.12a).  We also observed 

a significant decrease in the amplitude of the Ca2+ wave as the concentration of administered 

verapamil increased.  

 

Figure 4.12 Response of paced cardiomyocyte to increasing verapamil concentration 

A.) The Ca2+ wave shape is plotted for increasing concentrations of verapamil.  The 
amplitude of the wave decreases with increasing drug concentration.  B.) The upward and 
downward slope of the Ca2+ waves in A.) are plotted for each drug concentration.  The 
slopes decrease with increasing verapamil concentration.  Error bars represent the 
standard deviation of intensity from beat-to-beat over the recorded image sequence, with n 
= 36 beats. 

 

 

This experiment demonstrates how the electrical pacing system may aid in drug toxicity 

testing by providing a standard baseline of cell beat frequency.  In addition, the electrical 

stimulus induces cardiomyocytes to beat that are not beating spontaneously, allowing for the 
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collection of more data from each device than would be possible in the absence of this electrical 

stimulus. 

4.3.10 Cell Staining Confirms Presence of Endothelial Cells 

The development of vasculature in the microfluidic device will provide cues for the continued 

differentiation and development of the cardiomyocytes.  To confirm the presence of endothelial 

cells in the device and obtain a map of the vasculature, the tissue construct was stained with 

the endothelial marker CD31 (Figure 4.13).  Several cells are CD31 positive, indicating that the 

early formation of vasculature is likely. 

 

 

Figure 4.13 Immunostaining shows presence of endothelial cells 
The endothelial cell marker, CD31, indicates the presence of endothelial cells in the tissue construct.  
Due to the presence of this marker, the early formation of vasculature in the device is likely.  On the 
right, the CD31 stain is overlaid with a stain for cardiac troponin T (cTnT), a cardiac contractile 
protein.  The presence of the CD31 stain around the cTnT stain area indicates the formation of 
vasculature around and through the cardiomyocyte spheroid. 

   

4.3.11 Fabrication of Transparent Electrodes 

To assist in imaging cardiomyocyte contraction, the use of electrodes made from transparent 

indium tin oxide (ITO) films is being explored (Figure 4.14).  Because the electrical conductivity 

of ITO is lower than that of gold, ITO electrode designs were fabricated with an electrode gap 
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of 50 μm, instead of the 100 μm spacing used for the gold designs.  Decreasing the electrode gap 

on the ITO electrode design lowers the device impedance to a point where cardiomyocytes can 

be paced by the Myopacer (which has an upper limit of 40 V output).   

 

Figure 4.14 Device fabricated on transparent ITO electrodes 

Transparent electrodes allow clearer imaging of cardiomyocyte beating.  Scale bar = 1000 μm. 
   

4.4 Conclusion/Future Directions 

In conclusion, interdigitated electrodes provide a robust means for the delivery of an 

electrical stimulus to a 3-D tissue construct in a microfluidic device.  The combined effects of 

electrical stimulation, and the controlled delivery of soluble factors and nutrients through 

interstitial flow provide fine control over the microenvironment in the developing tissue.  

Additionally, our 3-D tissue construct consists of a triculture of iPSC-derived cardiomyocytes, 

endothelial colony forming cell-derived endothelial cells, and normal human lung fibroblasts, to 

assist in the formation of vasculature in the tissue construct.  The formation of vasculature in 
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these tissue constructs is hypothesized to benefit the development of mature cardiomyocytes by 

assisting in diffusive or convective fluid transport, in addition to the delivery of trophic factors. 

Simple mathematical tools can provide information about beating cardiomyocytes, in lieu of 

patch clamp analysis or multi-electrode array recording.  The Discrete Fourier Transform (DFT) 

provides a simple method to analyze the main frequency of a beating cardiomyocyte spheroid 

and can also provide frequency information when multiple beating cardiomyocytes are in a field 

of view.  Analysis of the change in fluorescence intensity vs. time in a beating cardiomyocyte 

allows derivation of the maximum fluorescence change (dF/dt,max), which provides a baseline 

metric for studies in which the conduction velocity could be affected, such as by the application 

of drugs that can block calcium channels.  Combined with the controlled delivery method 

provided by microfluidic channels, this device comprises an integrated system for the study of 

the effects of one or more drugs on cardiomyocyte contraction.  The use of iPSC-derived 

cardiomyocytes will enable a personalized medicine approach to these studies, and could predict 

the occurrence of harmful side effects in the patient.       

Finally, this integrated device provides an ideal environment for the controlled study of 

factors leading to maturation in iPSC-derived cardiomyocytes to the adult phenotype—a 

development that will enable the personalized medicine approach described above.  By 

integrating electrodes directly into the microfluidic device, we achieve controlled and consistent 

delivery of electrical stimulation in an environment where chemical and biological stimuli can 

also be tightly controlled.  

Continuing work will make use of the platform and techniques developed here to assess 

maturity and function in developing cardiomyocytes.  Maturation can be characterized by 

electrical parameters, such as the minimum excitation voltage and maximum capture rate of the 

cells, and assessed by staining of the tissue for endothelial markers such as CD31 and markers of 

mature cardiomyocytes, such as cardiac troponin.  To assist imaging of beating cardiomyocytes, 

the use of transparent indium tin oxide (ITO) electrodes will be explored.    
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5 Conclusion 

5.1 Original Contributions of this Work 

Microfluidics has much to offer to the field of stem cell research.  Here, I designed, 

fabricated, and tested devices to enable new lines of research in the engineering and exploration 

of stem cells for characterization, development and therapy.   

Electrical impedance was investigated as a new detection method for single cell analysis.  

Such technology could reveal trends in a heterogeneous group of stem cells by analyzing the cells 

one-by-one for genetic expression or protein production.  The relationship between droplet size 

and speed and the amplitude of its signal peak was explored, and a normalization method was 

devised to account for differences in droplet size and speed across data sets.  As a proof-of-

concept, electrical impedance was used to measure droplets before and after PCR thermocycling 

(and some partially amplified samples).  Although the impedance of solutions before and after 

PCR thermocycling appeared to be significantly different in some data sets, the variation in the 

impedance measured was high.  It was concluded that the high ionic content of raw, unpurified 

PCR solutions makes this type of detection difficult, since the abundance of ions shield the 

effects of the induced dipole moment that can be measured from the DNA in solution.  

Substantiating this explanation is data from electrical impedance-based proof of concept 

experiment for protein detection.  In this neutravidin-biotin system, the ionic content of the 

solution was very low, and detection of aggregation in the solution, enabled by a sufficiently 

high concentration of neutravidin, was observed. 

The throughput of a positive dielectrophoresis (DEP)-based sorting device for neural 

stem/progenitor cells (NSPCs) was increased to enable transplantation studies in animals.  

Existing DEP-based technology to sort cells generally either has not demonstrated compatibility 

with fragile cell types such as stem cells, or is complex to fabricate and operate.  In this work, a 

simple interdigitated electrode array was scaled up to enable trapping and collection of over 

15,000 cells per batch, for a throughput of over 150,000 cells per hour.  Enrichment of cells for 
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astrocyte progenitors was shown, confirming that the sorting technique is safe and effective.  

Furthermore, the device is simple to fabricate and operate, facilitating the adoption of DEP-

based cell sorting technology in biology and medical research labs. 

An electrical stimulation system was designed that is compatible with existing devices to 

culture cardiomyocytes in a three-dimensional tissue matrix.  Now the platform is capable of 

delivering controlled, repeatable electrical stimulation to developing cardiomyocytes (derived 

from induced pluripotent stem cells), in addition to the ability to deliver nutrients through 

controlled, physiological interstitial flow.  The platform was successfully used to pace 

cardiomyocytes to the desired frequency, and was used to assess the maturity of developing 

cardiomyocytes by measuring the maximum capture rate of these cells.  The pacing system has 

also been used to standardize conditions for testing the effect of the drug verapamil on the 

cardiomyocytes. 

5.2 Directions for Further Research 

5.2.1 Electrical Impedance-Based Detection in Droplets 

 Design printed circuit board (PCB) for droplet detection – Instead of using a specialized 
impedance spectroscope, a PCB designed to detect droplets and synchronize or trigger 
downstream events (such as droplet fusion) could make the system more portable and 
affordable. 

 De-salt droplet solution after PCR using magnetic bead capture – Magnetic beads, 
conjugated to primers, could be used as a solid phase for the capture of amplified DNA 
strands.  These beads could then be pulled out of the droplet after amplification, using 
dielectrophoresis, and deposited into a second droplet with low salt content, in a manner 
similar to the work of Ali-Cherif et al. [71] 

 Explore the use of nanoparticle aggregation to enhance DNA amplification detection –
Nanoparticles, conjugated with forward and reverse primer strands, could be used to 
induce the formation of DNA-nanoparticle aggregates during PCR.  In the presence of 
the target DNA strand, increasing copies of the DNA strand during PCR would link 
adjacent nanoparticles to one another via the DNA strands.  This would result in the 
formation of aggregates that may increase the dipole moment of DNA in the droplet, 
aiding detection using electrical impedance. 

 Explore the use of a cationic surfactant to position DNA at the droplet-oil interface to 

aid detection of DNA concentration – A cationic surfactant, suspended in the oil phase 
surrounding a droplet, could attract DNA molecules inside the droplet to the droplet-oil 
interface.  Such an arrangement may increase the sensitivity of detection by bringing the 
DNA molecules closer to the electrode surface during measurement. 
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 Explore the fabrication of vertical electrodes using a low melting point alloy – The use of 
vertical electrodes could reduce the dependence of the electrical impedance signal on the 
droplet size, reducing the need for normalization of droplet signals.   

5.2.2 High throughput sorting of Neural Stem/Progenitor Cells 

 Conduct animal transplantation studies with transplants of cell populations enriched in 
either neuron or astrocyte progenitor cells 

 Explore the use of a low melting point alloy to fabricate vertical electrodes that would 
enable continuous sorting 

 Fabricate device with interdigitated electrode design at an angle to enable continuous 
sorting 

5.2.3 Electrical stimulation of iPSC-derived Cardiomyocytes in 3-D tissue 

 Determine an appropriate stimulation voltage to use with Indium Tin Oxide (ITO) 
electrodes, which will allow for easier imaging 

 Explore the possibility to seal alloy electrodes using electroplating to prevent leakage 

 Explore the effect of drug application on cardiomyocytes, using pacing as a 
standardization technique for these studies 

 Determine optimal stimulation voltage and frequency to induce cardiomyocyte 
maturation, as measured by a decrease in the minimum excitation voltage and an 
increase in the maximum capture rate 

 Explore the effect of different mass transport regimes (i.e. low, medium, and high Peclet 
numbers) on the development of cardiomyocytes in the 3-dimensional tissue matrix 
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