
 
 

 

 

Three Dimensional Passivated-electrode Insulator-based 

Dielectrophoresis (3D PiDEP) 

 

Phillip Zellner 
 
 

Dissertation submitted to the faculty of the Virginia Polytechnic Institute and State 
 

University in partial fulfillment of the requirements for the degree of 

 
 

Doctor of Philosophy 
 

In 

 

Electrical Engineering 
 
 
 
 
 
 
 

Masoud Agah, Chair 

Mantu K. Hudait 
Sanjay Raman 

Amy J. Pruden-Bagchi 
Bahareh Behkam 

 
 
 
 

June 26, 2013 

 

Blacksburg, Va 

 

 

Keywords: MicroElectroMechanical Systems (MEMS), Dielectrophoresis (DEP), 

Microfabrication, Three Dimensional (3D), Reactive Ion Etch (RIE), RIE lag, Escherichia 

coli (E. coli), Staphylococcus aureus (S. aureus), Off-chip Passivated-electrode 

Dielectrophoresis (OπDEP), Embedded Passivated-electrode Dielectrophoresis (EπDEP)    

 

Copyright 2013, Phillip Zellner 

  

http://search.vt.edu/search/person.html?person=1437287


 
 

Abstract 

 
The focus of this research is the isolation of waterborne pathogens which are 

one of the grand challenges to human health, costing the lives of about 2.5 million 

people worldwide each year. The aim was to develop new microfluidic techniques for 

selectively concentrating and detecting waterborne pathogens. Detection of microbes in 

water can greatly help reduce deaths; however, analytical instruments cannot readily 

detect them due to the extreme dilution of these microbes, and hence, require 

significant sample concentration. Current methods are expensive and either require 

days to process or are not sufficiently robust for water monitoring. Microfluidic chips 

based on insulator-based dielectrophoresis (iDEP) provide a promising solution to these 

problems and have been previously used to selectively concentrate biological particle 

such as bacteria.  

The microfluidic devices in this work were created with a 3D mircofabrication 

technique, which we also developed as part of this project. The core process of the 

technique is the etching of 3D structures in silicon with a single plasma etch utilizing 

an effect known as reactive ion etch lag (RIE lag). Using this unique process, 3D 

devices are fabricated in both silicon and the polymer polydimenthylsiloxane (PDMS). 

Using both numerical modeling and experimental results, we show how these 3D 

structures enhance the performance of the dielectrophoretic devices. The main findings 

indicate that 3D structures can help reduce Joule heating in the devices and lower the 

applied voltage necessary to operate the devices.  

Additionally, within this work, we develop a new dielectrophoresis technique 

called off-chip passivated-electrode, insulator-based dielectrophoresis microchip 

(OπDEP). This technique combines the sensitivity of electrode-based dielectrophoresis 

(eDEP) with the high-throughput and inexpensive device characteristics of insulator-

based dielectrophoresis. The result is a cartridge based system which is accessible, 

economical, high-performance, and high-throughput technologies allowing timely 

detection of pathogenic bacteria.  
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1 Introduction 
 

1.1 Significance and Background 

 
Drinking-water-borne pathogens kill more than 2.5 million people a year world-

wide [1]. Practical and effective tools for waterborne pathogen monitoring are urgently 

needed to advance protection of public health and to enable immediate action in  

response to bioterrorism threats.  Development of such tools has remained an elusive 

challenge, even into the current age of biotechnology.  According to the World Health 

Organization [2], the isolation in culture of pathogenic bacteria from the environment 

has not significantly changed since the 1960s, when methods for chemical treatment of 

samples to remove background organisms were first implemented. Current water 

quality regulations remain focused on culturing of fecal-indicators, which are sub-

optimal targets because they are not actually pathogens, do not necessarily correlate 

directly with pathogens, and can require days to yield results.  Molecular-based 

methods, however, have failed to meet their promise as a feasible alternative.  While 

they can provide high specificity to target pathogens and results in only a few hours, 

they suffer greatly from limitations in recovery efficiency of sufficient high quality 

DNA or RNA from water samples. Distinguishing live from dead pathogens as well as 

overall ease of use are also major challenges for molecular methods.  

Microelectromechanical systems (MEMS) systems are miniaturized structures 

which are used as small scale sensors and actuators. The corner stone of MEMS 

devices was the rise of the semiconductor industry and in particular, the 

microfabrication tools that resulted. Using standard semiconductor processing tools 

such as physical vapor deposition, reactive ion etching, and photolithography, 

researchers were given the ability to reliably create devices with micron and submicron 

scale features. One goal of MEMS is to achieve micro total analysis systems (µTAS) 

which perform a wide variety of functions normally reserved for bulky and expensive 

laboratory equipment. The first analytical laboratory equipment miniaturization was 

demonstrated by Terry et al., who developed a gas chromatography system on a silicon 

microchip[3]. Many researchers have realized the benefits of uTAS such as increased 

sensitivities, higher efficiencies, higher reproducibility, and decreased cost [4]. MEMS 
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are particularly useful for working at small length scale, such as those of a biological 

cell. When length scales are reduced drastically, the influence of different physical 

factors change. For example, at the human scale (~1 m), inertia and gravity are very 

strong factors while surface tension and electrostatic forces are often negligible. 

However, when the scale is reduced to that of a biological cell (~10
-6 

m), inertia and 

gravity are negligible factors while surface tension and electric forces are dominant.    

Microanalytical electrokinetic (EK) techniques, a group of methods that take 

advantage of the large role electric forces play at small scales,  are emerging as a 

promising alternative for rapid analysis of microorganisms. EK techniques take 

advantage of distinct signatures in the electrical properties unique to each 

microorganism.  The elements of a microorganism, including the cytoplasm, plasma 

membrane, wall, and outer membrane, all have an associated electrical permittivity and 

conductivity. The size, shape, and chemical composition of these elements determine 

these values. Thus, biological cells are composed of a series of adjacent structures of 

materials which have different electrical properties as described by the shell model  [5].  

When nonuniform electric fields are applied, these interfaces cause large polarizations 

in cell which in turn lead to motion of the cell. This EK technique is known as 

dielectrophoresis (DEP). 

It is well known that dielectrophoresis was discovered by Dr. Herbert Pohl in 

1951[6]. Pohl showed that with this technique, uncharged particles could be motivated 

by a nonuniform electric field and he originally used DEP to suspend droplets of water 

air. DEP has been shown to be particularly useful for characterizing biological cells. 

The small size of cells (~1-10 µm) allow for the necessary high electric fields to be 

generated with relatively low applied voltages. Another strength of DEP is that it 

allows for many independent variables, such as signal magnitude, signal frequency, 

signal waveform, and electrode spacing to be used to control the manipulation. This 

results in a very flexible technique with a wide range of applications including 

bacteria[7], yeast[8], mammalian cells[9], viruses[10], and proteins[11].  

Traditionally, electrode-based DEP (eDEP) devices create nonuniform fields 

with electrode designs including sharp electrodes and narrowly spaced electrodes. In 

1966 Pohl was the first to apply dielectrophoresis to living organisms and he did so 
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using eDEP[12]. In one instance of his early work, Pohl used separated electrodes were 

used to create nonuniform electric fields and separate live and dead yeast cells [13]. As 

Figure 1-1 shows the device used was a simple petri dish with sharp platinum 

electrodes on either side.  During operation, a signal would be applied to the electrodes 

and the yeast cells would be attracted to them. Pohl observed that the yeast cells 

response in the DEP device was greatly dependent on their viability. Additionally, the 

behavior of the cells varied with the media conductivity and the frequency of the 

applied signal. Since then many DEP studies have been performed with eDEP designs 

[14-19] and for decades eDEP was the only manner to achieve dielectrophoresis. 

Electrode based designs were popular because they provided a straightforward method 

to generate the high electric fields necessary for DEP. However, these designs put the 

suspended particles in close proximity to the electrodes which can be a problem if the 

electrode material is not chemically inert. Additionally, eDEP devices can be expensive 

to fabricate.  

 

 

 

Figure 1-1 (Top) Schematic of early eDEP device (Bottom) Photo of yeast collection on an electrode of 

the early eDEP device [13]. Used under the Fair-Use Provision of Copyright Law. 
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The capabilities of eDEP devices were significantly improved by using 

semiconductor fabrication tools to create micron scale electrodes. The most common 

electrode design used is the interdigitated electrode design as it allows for very large 

DEP forces to be created with small applied voltages. An early example of this was by 

Markx and Pethig in 1994 [20]. As Figure 1-2 shows, by applying a 5Vpp 10MHz 

signal to the device, they were able to attract live yeast cells and repel dead yeast cells.  

This creates an excellent viability detector. Microfabricated eDEP designs such as this 

are easy to actuate with standard lab equipment and are very sensitive. However, the 

requirement of the particles to be in close proximity to the electrodes, which is a result 

of the dissipating electric field gradients inherent in eDEP design, also restrictions the 

depth of the microchannels to ~20-50 µm [21, 22].  Thus these devices rely primarily 

on a monolayer of cells being around the electrodes, which limits the throughput 

greatly. Additionally, electrolysis at the electrodes limits the operational frequencies 

and voltages, particularly at low frequencies where the devices are most sensitive to 

differences in the cell membrane and cell wall.  

 

 

Figure 1-2 Separation of live and dead yeast cells in a microfabricated eDEP device [20]. Used under the 

Fair-Use Provision of Copyright Law. 

 

Alternatively, insulator-based DEP (iDEP) uses insulating structures rather than 

electrode arrays to produce the nonuniform fields needed to drive DEP and to remove 
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the threat of gas evolution due to electrolysis. The first iDEP device was developed by 

Masuda et al. in 1989[23]. In that work, a single insulating constriction was used to 

create nonuniform electric fields to hold two cells in place for fusion (Figure 1-3). By 

applying a 2MHz signal across the width of the channels, the cells were shown to be 

attracted to the constriction. While the electrodes were fabricated on this device their 

size and shape were unimportant to generating the electric fields. It was the design of 

the constriction that provided the operating electric fields.  

 

Figure 1-3 Schematic of a cell fusion system which was the first microfluidic device to utilize iDEP [23]. 

Used under the Fair-Use Provision of Copyright Law. 

 

 

 Researchers soon realized that it was not necessary to have microfabricated 

electrodes on the device at all.  In 2003, Cummings and Singh created a microfluidic 

device in which the fluid flow and DEP manipulation was generated simply by have  

electrodes contact the resevoirs at the fluidic inlet and outlet[24]. The generated fluid 

flow was electroosmotic flow, which is generated by a DC potential on the electrodes. 

The DEP forces within the channel were created by the DC electric fields being curved 

by the insulating structures. As result of the applied voltage being used for both fluid 
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flow and DEP force, they reported two iDEP operation regimes (Figure 1-4). When the 

DEP force on a particle is not strong enough to completely overcome the 

electroosmotic flow, streaming DEP occurs and particles are deflected but continue 

moving downstream. When the DEP force on a particle is strong enough to completely 

overcome the electroosmotic flow, trapping DEP occurs and particles are held in place 

rather than move downstream. These results showed that iDEP devices had a degree of 

flexibility with operating ranges and applications. 

The micropost iDEP design has been shown to be easy to fabricate as they 

require no metals and the only material requirement is that dielectrics are used. It is 

noteworthy that inexpensive dielectrics for these devices are plentiful. For example, 

iDEP devices have been demonstrated on glass and polymer substrates [25, 26]. The 

downside to this design is that it requires the use of large applied electric potentials 

(~1x103 V) to generate eletroosmotic flow and to trap particles. iDEP microfluidic 

devices have been used to trap and sort a large variety of biological particles[26-29].  

 

 

Figure 1-4 Manipulation of fluorescent spheres in  iDEP devices with microposts[24]. (Left) Streaming 

DEP (Right) trapping DEP. Used under the Fair-Use Provision of Copyright Law. 

 

Using the micropost iDEP design Lapizco-Encinas et al. showed that different 

species of bacteria could be separated[30]. In this work, the trapping voltages of four 

different bacteria were compared. When the trapping voltages were found to be 

different for all of the species, the bacteria were stained different colors, mixed, and 

then separated using the micropost iDEP device in the trapping regime. As Figure 1 -5 
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shows, the devices were operating in the negative dielectophoresis trapping mode. 

When a cell was trapped, it was held by the DEP force upstream of the posts. As a large 

number of bacteria trapped, they formed semi-circular bands in the trapping region. 

The particles that were not being targets would simply pass through the channel freely 

however. Using this technique, all of the bacteria that were tested were shown to be 

separable from each other. These results showed that while simple to fabricate, the 

micropost iDEP devices cold discriminate different bacteria species. Interestingly 

enough, only DC voltages were used in this work whereas the DEP force on a cell is 

known to be very dependent on frequency. Thus even finer separation may be possible 

with these devices if more complex signals are used.  

 

 

Figure 1-5 Selective trapping of bacteria in a micropost iDEP device [31]. (A) Trapping of Escherichia 

coli from a mixture containing Bacillus subtilis (B) Trapping of both Escherichia coli and Bacillus 

subtilis (C) Trapping of Bacillus megaterium from a mixture containing Bacillus cerus (D) Trapping of 

both Bacillus megaterium and Bacillus cereu. Used under the Fair-Use Provision of Copyright Law. 

 

Figure 1-6 illustrates the difference between eDEP and iDEP devices. In both 

images, live and dead bacteria are being separated. However, for the eDEP devices, this 

separation occurs as the electrodes (the horizontal lines in the picture) while for the 

iDEP devices, the separation occurs at insulating structures within the microchannel 
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(the circular posts in the picture). In fact for this iDEP device, the electrodes are 1 cm 

apart and completely outside of the microchannel. Thus any fouling or gas evolution 

occurs far away from the region of interest.  

 

Figure 1-6 Reported implementations of electrode-based and insulator-based dielectrophoresis 

techniques for separating live (green) and dead (red) bacteria [30, 32]. Used under the Fair-Use Provision 

of Copyright Law.  

 

Regardless of the method that DEP forces are generated, alterations to the 

physiology of the cell will change their dielectrophoretic response. In particular, many 

bacteria have been shown to have distinguishable differences in electrical properties 

and hence may be separated by DEP[33]. There has been much research recently on the 

DEP manipulation of bacteria. DEP microdevices have been used to 

separate Escherichia coli and polystyrene beads [21, 34]; live and dead Escherichia 

coli and Listeria monocytogenes, [15, 30], and to distinguish among different species of 

bacteria (Escherichia coli, Bacillus subtilis, Bacillus cereus , and Bacillus megaterium) 

[31]. DEP techniques have also been used to characterize the differences between 

different strains of the same E. coli[35], although high-throughput separation has not 

been demonstrated. The abilities of DEP to manipulate bacteria with precision and 

speed, have resulted in DEP being a prime candidate for pathogen detection[36] and 

anti-bioterrorism[37].   

The DEP-based techniques that are the focus of this research effort hold great 

promise for rapid and specific detection of live pathogens. In this work, we present new 

dielectrophoresis techniques which are highly tunable, high throughput, modular, 

robust, sensitive, and inexpensive.  
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1.2  Theory 
 

Dielectrophoresis (DEP) is the motion of polarizable particles that are 

suspended in a dielectrically dissimilar media when subjected to a spatially nonuniform 

electric field [6]. Unlike electrophoresis, particles do not need to have any net charge to 

be effected by DEP. Instead, for a particle to be affected by DEP, it needs to be 

polarizable. Figure 1-7 illustrates the effect of placing a polarizable neutral particle in 

two different electric fields. In Figure 1-7A a uniform electric field is applied. The 

charges within the particle align with the electric field, creating an induced dipole.  

However, the distribution of the positive charges directly mirrors the distribution of 

negative charges. Thus the net Coulomb force on the particle is zero. In Figure 1-7B a 

nonuniform electric field is applied. When the charges within the particle align with the 

electric field, the charge distributions do not mirror each other. Instead, the positive 

charges are more focused to the right side of the particle than the negative charges are 

focused to the left. Thus for this case, the vector sum of the Coulomb forces on the 

 
Figure 1-7 Coulomb force balance for polarized neutral particle. The yellow regions are electrodes 

with the indicated electric potentials. The black arrows indicate the electric field lines.  (A) uniform 

applied electric field (B) nonuniform applied electric field 
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particle is not zero. For the shown case, the particle will travel toward the negative 

electrode. This nonzero Coulomb force on an uncharged polarizable particle in a 

nonuniform field is known as dielectrophoresis. 

The resulting force felt by the particle is due to an induced dipole as described 

by the Maxwell-Wagner (MW) theory[38]. The dielectrophoretic force on a sphere can 

be derived directly from the induced dipole model[39, 40]. The time average DEP force 

felt by a spherical particle suspended in a medium is:  

 

FDEP = 2πR3εmRe[fCM]|ERMS|2 (1-1) 
 

where R is the radius of the particle, εm is the permittivity of the medium, ERMS is the 

local electric field. This equation can be derived theoretically for the case of a 

homogenous or inhomogeneous sphere[40]. Re[fCM] is the real part of the Clausius-

Mossotti factor. The Clausius-Mossotti factor includes complex parameters which can 

be used to describe a biological cell fit to a multishell model. The factor  which is: 

 
fCM = (εp* - εm*)/( εp* +2 εm*) (1-2) 

 

where εp* and εm* are the complex permittivities of the particle and the medium, 

respectively. Complex permittivity is defined as: 

 

ε* = ε + /(j) (1-3) 
  

where ε and  are the real permittivity and conductivity, j =sqrt(-1) and  is the angular 

frequency of the applied potential signal. For DC-field iDEP experiments the complex 

permittivity becomes the low frequency limit of this equation which is simply the 

conductivity. Thus, the Clausius-Mossotti factor for DC is: 

 

fCM = (p -  m)/( p +2 m) (1-4) 
 

Figure 1-8 illustrates the consequences of these equations. In this figure an 

electric field is created by applying a sinusoidal signal with a frequency of . Assume 

that there are two geometrically identical particles p1 and p2 with complex 

permittivities ε1* and ε2*, respectfully, suspended in a medium with a complex 

permittivity εm* such that  ε1*> εm* > ε2*. For this situation, Re[fCM] will be positive 

for particle p1, thus p1 will be attracted to the region with the highest electric field 
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gradient. This is known as positive DEP. Conversely, Re[fCM] will be negative for 

particle p2, thus p2 will be repelled from the region with the highest electric field 

gradient. This is known as negative DEP. Thus the material properties of a particle play 

a large role in its dielectrophoretic behavior. 

 

 
 

To explain the response of biological particles to applied electric fields, the 

shell model of a cell was developed. In the single shell model, a cell is described as a 

sphere of highly conductive cytoplasm encased by a highly insulating membrane[41]. 

In order to more accurately model the complex cell structure, the single shel l model of 

the cell can be refined by considering a sphere contained in another sphere[5]. This 

process can be repeated until the cell’s behavior is adequately described and is known 

as the multishell model (Figure 1-9). The relevant information is conserved each 

iteration by using “effective” complex parameters to describe particle in the Clausius-

Mossotti factor as described below. While for this work, we will treat all of the 

particles as spherical, this theory can be extended to nonspherical particles[35, 42]. The 

 

Figure 1-8 Schematic representation of dielectrophoresis of two dissimilar, polarized, neutral 

particles  
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main differences between spherical and nonspherical behavior concern the alignment of 

the nonspherical cells due to the torques that develop.  

 

 
Figure 1-9 Diagram Schematic representation of how a cell can be simplified into a homogenous particle 

with effective permittivity εp*[40]. Used under the Fair-Use Provision of Copyright Law. 

 

 

The DEP force magnitudes will be different for particles of different size and 

material makeup Figure 1-10A[35]. These differences in particle conductivity and size 

result in different DEP force magnitudes. This allows for selectivity among particles. 

Additionally the presence of mobile ions, bounded by various dielectic layers leads to 

different MW relaxation timescales. The result is that the DEP force on a particle is 

frequency dependent, especially for inhomogeneous particles such as biological cells 

(Figure 1-10B). For the low frequency/DC case, the only dielectrophoretic differences 

between particles are their size and conductivity. Also, the permittivity and 

conductivity of the medium affects the DEP force. For example, in our DC iDEP 

experiments, the particles are polystyrene beads with very low conductivities (~10 -16 

S/m) and the media is DI water (~10 -3 S/m) or a mixture of DI and PBS (~10-2 S/m). 

Since the media conductivities are higher than the particle conductivity, the DEP force 

is negative, thereby motivating the particles away from high gradients in the electric 

field within the channels. This is known as negative DEP. For biological particles, 

which more complex than a solid sphere, the low conductivities of the cellular 

membrane dominate the particle conductance. It should be noted that for biological 

cells the membrane conductivity (mem) is typically a few orders of magnitude lower 

than DI water (~10-6 S/m)[35].  Thus, biological cells also exhibit negative 

dielectrophoresis as low frequencies.  
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Figure 1-10 (A)Diagram of the ellipsoid multishell model for bacteria cells (B) Model of the typical 

frequency response of a biological cell in a low conductivity electrolytic solution[35]. The crossover 

frequencies are labeled fc1 and fc2. A decrease in the dielectric parameters in each case produces the 

changes in the modeled plot as indicated by arrows in the different frequency regions. Used under the 

Fair-Use Provision of Copyright Law. 

 

For higher frequencies (>10
3
π rad/s) the complex structure of the particle 

plays a larger role in the DEP response. The permittivities of the membrane (εmem) and 

cell wall (εwall) become increasing important. As a result, there is a frequency region in 

which fCM will be positive. This results in the particle being pulled toward the regions 

with high electric field gradients. Finally in the highest frequency regime, (>10
7
π 

rad/s) the conductivity of the cytoplasma (cyto) dominates and to a lesser degree the 

conductivity of the cytoplasma (cyto),  the permittivity of the cell wall (εwall), and the 

permittivity of the cell wall (εmem)  are significant. In this regime, fCM becomes negative 
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again resulting in negative DEP. It should be noted the experiments in this work are 

limited below 10MHz and thus the effects of this regime are not seen. Figure 1-3B 

shows two points labeled fc1 and fc2. These are the first and second crossover 

frequencies. At these frequencies a particle experiences no net DEP force regardless of 

the magnitude of the electric field gradients. The value of these frequencies are 

dependant on the properties of the particle and thus a straightforward strategy for 

separation of particles is to operate at a frequency near one particles crossover 

frequency and only manipulate particles of a different type with DEP.  

 

Fluid flow in the devices can be generated by electroosmotic (EO) flow. For this 

configuration, a DC electric field is applied at the fluidic ports of the DEP device. 

Typically the interface of a solid and an electrolyte leads to a net charge fixed charge 

on either side of the interface. This forms an electric double layer of ions, known as a 

Debye layer[43, 44]. When an electric field is applied, the ions on the electrolyte side 

of the interface are moved by the Coulomb force. Since the flow is motivated at the 

walls of the channel, the velocity profile is very uniform, or plug like, across the width 

of the channel. Thus EK flow can be implemented with just a DC voltage,  and move 

the solution and the particles through the device alleviating the need for the pumps 

required for the pressure-driven mechanism [25, 26, 29, 31, 36, 45-59].  For a particle 

to become trapped in these devices, the DEP force must be larger than all the other 

forces acting on the particle. Mathematically, this is [26, 31]:  
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where uDEP = µDEP(EE)  and µDEP are the DEP velocity and mobility of the 

particle, respectively. The electrokinetic (EK) effects of electroosmosis and 

electrophoresis have been combined into a single term for simplicity. Thus,  uEK=(µEO - 

µEP)E and µEK=µEO - µEP are the EK velocity and mobility of the particle, respectively.  

From this, we can see that as the electric field strength increases, the DEP force 

increases as the gradient of the square of the electric field while EK motion increases 

linearly with the field. Thus, for low electric fields, EK motion dominates but if the 

voltage is increased, DEP will gradually become more dominant and the particle will 
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be trapped.  

Alternatively, another operational mode of our DEP devices is to use pressure 

driven flow to move the solutions through the functional components. A pump, 

typically a syringe pump, is used to create a pressure difference between the fluidic 

ports of the DEP device, thus moving the fluid. Trapping occurs when the DEP force 

overcomes the drag force on the particle[60]. For this configuration, a particle is 

trapped when: 
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where µDEP is the DEP mobility of the particle and uf is the velocity of the fluid. For this 

setup, the electric fields and fluid flow rate are completely independent and may be 

adjusted arbitrarily.  

 

1.3  Three Dimensional Fabrication 

 
Microelectromechanical systems (MEMS) offer a wide range of functionality in 

a very compact package. In order to operate at peak performance, however, MEMS 

devices often require specific 3D geometries, making the flexibility of the fabrication 

process critical. Fortunately, using standard micromachining techniques, it is very of ten 

possible to create 3D structures with a series of patterned depositions or etches[61-64]. 

Unfortunately, fabricating 3D structures in this manner is very costly and time 

consuming due to the number of fabrication steps needed for even basic 3D shapes such 

as a tetrahedron. Thus, the simplicity of the fabrication process has become important 

as researchers look to make 3D MEMS devices that are practical to fabricate. One 

promising method to do this is to limit the process to one photolithographic patterning 

step and then performing a single etch.  

Two methods currently exist for fabricated complex 3D structures with a single 

photolithographic: gray scale lithography and reactive ion etch (RIE) lag. Gray scale 

lithography utilizes a photolithographic mask with many gray levels from opaque to 

transparent[65]. The mask is used to allow varying intensities of light to a layer of 
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photoresist. During exposure and development, the levels of opacity translate into 

different surfaces heights of the photoresist. A blank physical etch is then used to 

transfer these varying heights to the substrate. The downside to this technique is that it 

is very sensitive to the conditions of the exposure, development, and etching.  

The other technique for obtaining complex 3D microstructures with a single mask 

is RIE lag[66-68]. When a substrate is being etched with DRIE, trenches with a smaller 

diameter have been observed to etch slower than trenches with a large diameter. This 

phenomenon is known as RIE lag. In order to remove substrate material, reactive 

particles must come into contact with the substrate surface. These particles must travel 

though openings in an etch mask to arrive at the substrate surface. As the size of the 

openings in the masking layer decreases, the rate at which species can be transferred 

though the opening to the substrate also decreases. This reduced transportation rate of 

reactive particles results in a decrease in etch rate. For large mask features, this effect is 

negligible. However, mask features on the order of 10µm, will experience strong RIE 

lag.  

Other factors affect etch rates in DRIE such as aspect ratio dependent etching 

(ARDE) and microloading. ARDE is the decrease in etch rate that is observed with an 

increase in the aspect ratio of an etched trench. Etchant species require more time diffuse 

to the substrate surface for a high aspect ratio structure than for a low aspect ratio 

structure. This effect is pronounced in anisotropic etching, as the etch rate of trench 

decreases as the trench becomes deeper.  Microloading is used to refer to the variation in 

the etch rate due to the variation in exposed substrate in a local area. If the exposed 

substrate surface is very high in particular area, the etch rate will suffer due to the limited 

availability of etching species. Conversely, areas with low densities of exposed substrate 

surface will etch at a higher rate to an abundance of etching species. Macro loading is 

similar to microloading, with the exception that macroloading refers to variations in etch 

rate across the entire substrate wafer. RIE lag is sometimes used interchangeably with 

ARDE, microloading, and macroloading. However, in this work, the term RIE lag will be 

used to describe the dependence of etch rate on mask feature size.  

Traditionally, RIE lag has been considered a parasitic effect, as it prevented 

anisotropic etches from have a uniform depth. However, in 2002 Chou and Najafi were 
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the first to report the use of RIE lag for single mask 3D fabrication[69].  Their goal was 

to create curved electrodes for electrostatic actuators. To accomplish this, a single mask 

would be used to create an etched surface that varied in depth. The mask contained 

openings that varied from 2 µm to 50 µm. First anisotropic channels were etched, using 

the Bosch process. Then an isotropic etch was used to remove the pillars but leaving a 

curved bottom profile. The surface was made smooth by thermal oxidation and then 

oxide removal. The resulting features varied in depth by 20 µm. 

Following the Chou and Najafi work, Bourouinia et al. developed another RIE lag 

based fabrication process which they named the Microloading Effect for Micromachining 

3D Structures of Nearly All Shapes (MEMNAS)[70]. This process is similar to the Chou 

and Najafi process with the exception that no anisotropic etches are used. The mask 

consists of an array of circular openings whose centers are equally spaced. Differences in  

 

Figure 1-11 Microfabricated Lens using the MEMSNAS process [71]. Used under the Fair-Use 

Provision of Copyright Law. 

 

etch depth are achieved by changing the diameter of the circles. Bourouinia et al. 

developed a model to predict the etch depth as a function of circle diameter. In the 

MEMNAS process, an isotropic RIE etch is performed through the openings in the mask. 

Then the mask is removed and another isotropic etch is used to smooth the surface. Using 

this method, structures were created with depths ranging from 20 µm to 100 µm with a 
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surface roughness as low as 25 nm.  While not quantified in the work, the maximum 

achievable aspect ratios and slopes can be very low. Also the minimum feature size is 50 

µm. Figure 1-11 shows a microlens which has been fabricated in silicon with the 

MEMSNAS process.  

 

Rao et al. introduced a modified version of the Chou and Najafi process, with 

the goal of achieving smaller feature sizes[72]. Anisotropic trenches were etched using 

the Bosch process. In this case, the walls between trenches were on the order of 1µm. 

Then the walls are removed by growing and removing thermal oxide. The minimum 

feature size for this technique was on the order of 5µm.  

Gantz et al. introduced a comprehensive model for creating microfluidic 

channels using RIE lag[73]. While previous works modeled etch depth solely as a 

function of feature size, Gantz et al used the size, shape, spacing, and number of 

features to determine the depth and width of the created channel. Their process flow 

included a single isotropic RIE etch through an array of rectangular opening in a mask. 

Due to the extended list of parameters, a large range of channel depths and widths is 

attainable Figure 1-12. The minimum feature size was on the order of 10µm. 

 

Figure 1-12 The range of possible depth to width aspect ratios for a 30 min etch duration. SEM photos 

show typical results for each section on the plot[73]. Used under the Fair-Use Provision of Copyright 

Law. 
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The works mentioned here all provide a mechanism for fabricating three 

dimensional structures in silicon with a single mask. These papers demonstrate the 

usefulness and cost saving potential of RIE lag as a three-dimensional microfabrication 

technique. However, with the exception of the Gantz et al. study, the only output 

parameter that is studied is depth. Gantz et al. consider depth and width as output 

parameter, but the channel cross-sections were all symmetric and the channels 

maintained a constant cross-section along their length. By contrast, this document 

studies the attainable slopes along the length of a channel as well as channels with 

symmetric and non-symmetric cross-sections.  

 

1.4  Objective and Outline of the Dissertation 
 

The main objective of this research is to use MEMS based fabrication 

techniques to develop three dimensional insulator-based dielectrophoresis (iDEP) 

devices. Within the scope of this research are two secondary focuses, 3D microfabrication 

for microfluidics and insulator-based DEP devices. Many of the fabrication techniques 

and process flows presented in this work are either completely new or highly modified for 

this application. It will be shown how the developed fabrication techniques greatly 

enhance the capabilities of the iDEP devices. The DEP-based devices in this work are 

designed to address several of the important issues in the field including lowering the 

operating voltages, decreasing Joule heating, and increasing throughput. Additionally, 

great strides have been made to retain benefits of the DEP devices including being 

highly tunable, inexpensive to fabricate in large quantities,  modular with other 

microfluidic components, and very sensitive to small differences in biological cells. 

The application of interest is pathogen detection, however the presented techniques may 

be modified for other bioparticle applications such as protein, circulating tumor cell, or 

stem cell enrichment. 

This report covers the experimental and theoretical works performed during the 

term of the project. Below is a brief outline of the dissertation: 

 

Chapter 2 covers development of a fabrication technology for three dimensional (3D) 
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micro total analysis systems. Silicon microstructures are created with a single mask and 

a single etch that vary in all three dimensions. The ability to create varying depth 

transitions is studied as well as the ability to enclose any of the structures as a buried 

channel.  

 

Chapter 3 details the use of the 3D fabrication developed in chapter 2 to create the first 

silicon iDEP devices. The investigation reveals the thermal benefits of using silicon 

devices. Additionally the effects of using 3D iDEP devices are studied.  

 

Chapter 4 is focused on the development of a single-mask process for 3D microstructure 

fabrication in PDMS. This allows identical structures to be fabricated in either silicon 

or PDMS. It should be noted that this chapter was co-authored with Yahya Hosseini. 

For this work Yahya developed the glass reflow process and Phillip designed the 3D 

structures and tested the 3D iDEP devices. 

 

Chapter 5 reports development of 3D PDMS iDEP devices which utilize DC biased-AC 

electric fields.  

 

Chapter 6 describes the development of the first off-chip electrode insulator based 

dielectrophoresis (OπDEP) device.  

 

Chapter 7 presents 3D πDEP. This technique combines 3D structures with OπDEP 

device architecture. The resulting device has a greatly improved performance with no 

added fabrication or operation cost.  

 

Chapter 8 discusses the main conclusions from this work, concept devices, and future 

research directions 
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2 A Fabrication Technology for Three Dimensional Micro 

Total Analysis Systems 
 

2.1  Introduction 

 
Analytical systems based on microfluidics, also known as “lab-on-a-chip” or 

“micro Total Analysis Systems” (μTAS), represent a fast-developing area of research 

aimed at low cost, powerful, portable, and high throughput systems for a wide variety 

of applications including biomedicine, environmental monitoring, The creation and 

networking of microfluidic channels or microchannels is at the heart of the 

functionality of microfluidic systems. These microchannels direct fluid and particles 

through the system and allow for the manipulation of many different substances [74, 

75]. For example, microchannels have been used for the small scale transport of 

cells[30], serve as gas chromatography columns[76], and provide cooling to 

microchips[77].  

High levels of integration of fluidic elements with other types of elements 

(optical, electrical, etc.) is of paramount importance when considering lab-on-a-chip 

systems as miniaturized instruments that perform all chemical functions and detection 

in a monolithic device.  From different substrate materials used to fabricate 

microfluidic channels such as PDMS, silicon, glass, and SU-8, silicon is intriguing in 

that it enables the integration of various functionalities into a monolithic device  due to 

the fact that most micromachining techniques are still silicon based. In addition, 

onboard electronics for system control, signal processing, and computing can be 

integrated on silicon-based µTAS if fabricated using a CMOS-compatible process. 

Another advantage of silicon, which will be demonstrated in this paper, is its capability 

to produce complex three-dimensional (3D) microfluidic structures using a single-

mask, single-etch process.  Three dimensional designs on other substrate materials (and 

silicon as well) may be obtained by using multiple photolithographies and etching 

steps. However, the number of distinct depths that can be achieved on a single substrate 

is equal to the number of photolithography steps. Thus, systems with intricate features 

that vary in three dimensions become particularly costly to produce.  

The common approach for the fabrication of silicon-based microchannels is to 
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selectively etch silicon (isotropic or anisotropic, wet or dry) and then seal the channels. 

The problem associated with wet etching techniques of silicon whether anisotropic 

(KOH, TMAH or EDP) or isotropic (HNA) is the dependence of the etch process on 

agitation, temperature, and the composition of the mixture; thereby, making it difficult 

to control [78-80]. In addition, wet etching is not favorable in the variety of geometry 

that can be created. Dry etching techniques offer a stable and reproducible alternative. 

Deep Reactive Ion Etching (DRIE) is a dry etch which utilizes high energy inductively 

coupled plasma (ICP). DRIE can be used to create three dimensional patterns in silicon. 

The etch rate in DRIE processes depends on a phenomenon known as “RIE lag” in 

which etching of a small trench lags behind a large trench [81-84]. The effect of RIE 

lag was first discovered on deep or high-aspect ratio trench formation using the Bosch 

process.  Several studies have examined the relationship between the geometrical 

patterns and RIE lag for isotropic etching using ICP DRIE tools [72, 85-87]. Our group 

has been the first to investigate the use of RIE lag for microfluidic applications. In a 

recent study done by Gantz and Agah [73], RIE lag has been modeled and used to 

create microchannels in silicon with predictable dimensions. Geometric patterns in the 

masking layer were used to create distinct microchannel cross sections. Microchannels 

with many different cross sections were created on the same substrate with a single etch 

process and then sealed by anodic bonding the silicon substrate to a Pyrex wafer.  

This paper reports for the very first time a single-mask CMOS-compatible 

process for creating three dimensional (3D) buried channels (3DBCT) in a silicon 

substrate. Silicon microchannels are created with control in all three dimensions with a 

single mask and a single etch step of the substrate leading to a low-cost rapid process. 

Complex 3D μTAS are formed comprising microchannels and cavities with varying 

depths and widths and with symmetric and non-symmetric cross sections. Also, because 

the entire process is fabricated on silicon and is CMOS compatible, 3D buried channel 

devices can be integrated with microelectronics allowing for a very diverse set of 

applications.  It is notable that previous work on buried channels has focused on 2D 

geometries without a change in the cross section [88-90] In this work, however, 

microchannels are created which change in depth along the length of the channel. Also 

junctions are created between channels with controlled transitions between depths.  

Furthermore, the flexibility of our technique along with the characterization of channel 
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sealing properties using PECVD dielectrics presented herein allows for the creation of 

predictable nano-scaled holes on the substrate surface. 

 

2.2  Fabrication 

 
The fabrication process (Figure 2-1) starts by depositing 5600Å silicon dioxide 

on a <100> silicon wafer. This oxide acts both as a masking layer during the etch 

process and as a structural support during channel sealing.  The oxide layer is deposited 

by plasma enhanced chemical vapor deposition (PECVD) at relatively low temperatures 

(250-400ºC).  For this work, oxide deposition was performed in a Trion Orion II 

PECVD machine and under the conditions listed in Table 2-1.  The oxide layer is then 

patterned using RIE with a photomask containing rectangular windows with different 

dimensions, spacing, and numbers in order to harness RIE lag.  

After oxide patterning, the substrate is isotropically etched using SF6 plasma to 

create 3D channels. The etching was performed with an Alcatel AMS-100 Deep 

Reactive Ion Etcher (DRIE) with the process parameters given in Table 2-2.  The 

highly selective process etches silicon while leaving the oxide masking layer suspended 

above the channels creating a thin lattice structure with micron-sized windows (Figure 

2-2). A second PECVD oxide deposition was then utilized to seal the channels. The 

 

Figure 2-1. Process flow for 3D buried channels. (Top) Mask layout (1-3) Sealable channels (4) 

Gradually varying depth design (5) Unsealable mask window for access holes or nano-scale holes in 

oxide layer (6) Non-uniform channel. 
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relatively conformal nature of PECVD oxide coats the sidewalls of the silicon channels 

and causes the windows in the oxide lattice to close, thereby sealing and  burying the 

channels. To achieve a more conformal coating, PECVD tetraethoxysilane  (TEOS) 

may be used as shown previously [91].  The amount of oxide for channel sealing 

depends on the size of the windows. It is noteworthy that all oxide deposition is 

performed at low temperature (<400ºC) making the entire process CMOS-compatible.  

In addition, silicon can be etched from the backside to release sealed structures as 

previously presented [89]. 

Three dimensional structures are achieved in this process by utilizing RIE lag 

[73]. Small features on a mask yield a lower etch rate than large features.  By changing 

the relationship between the windows patterned on the oxide masking layer, RIE lag 

can be tuned to create channels with varying depths and widths. In order to enhance the 

effect of RIE lag, the designs in the photolithographic mask are divided into a grid of 

rectangular openings or windows. The window patterns can be described by a series of  

  
 
Figure 2-2. Optical images of the oxide lattice structures of Designs 1 (right) and 10 (left). The window 

patterns in oxide are clearly visible. In both images Channel 1 is above Channel 2. 

 

 

Flow Rate SF6 (sccm) 400 

Chamber Pressure (mbar) 1.10E-03 

Source Power (W) 2200 

Helium Pressure (mbar) 1.00E+01 

SH position from Source (mm) 200 

 
Table 2-2. DRIE Etch Parameters 

Temperature (°C) 300 

Pressure Set (mbar) 900 

ICP Power Set (W) 175 

RIE Power Set (W) 50 

Silane(2%) Flow Rate (sccm) 3000 

N20 Flow Rate (sccm) 71 

 

Table 2-1. PECVD Deposition Parameters 
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parameters that play a role in defining the etch profile (Figure 2-3). Each window has a 

length of L and a width of W. The windows are divided into a number of rows (R) and 

columns (C).  The spacing between the rows and columns are represented by SR and SC. 

These parameters alter the amount of the silicon substrate in a given area that is 

exposed to plasma etching. This, in turn, affects the local etch rate via RIE lag. By 

keeping the window pattern constant for a given length, the substrate can be etched to 

form a silicon channel with a constant cross section.  Also, by varying these parameters 

in a particular direction, the RIE lag effect can be adjusted to create channels that vary 

in cross section.  

 

2.3  Results and Discussion 

 

2.3.1  Burying the Channels 

 
Our ability to seal a window in the mask was largely dependent on the minimum 

 
 

Figure 2-3. Important parameters in the window patterns present on the 

photolithographic mask.  
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feature size of the window and the amount of oxide deposited. Using 3.5µm of PECVD 

oxide, we were able to seal 2 µm x 10 µm rectangular windows, whereas depositing 4.7 

µm of oxide sealed 3 µm x 10 µm windows and 6.3 μm of oxide sealed windows up to 

4 μm x 10 μm dimensions. The dimensions of the fabricated microchannels are also 

related to the window size. Thus, the achievable geometries are bound by the minimum 

and maximum window sizes. According to RIE lag models developed by our group 

[73], using windows ranging from 2 µm x 2 µm to 4 µm x 10 µm, buried channels can 

be created with depths ranging from 4 µm to 290 µm.  Figure 2-4 shows the range of 

achievable depths and widths for several different opening sizes.   

 

We demonstrated the flexibility of this new technology by creating a series of 

buried microchannel networks. These structures consisted of channels with cross 

sections as small as 4 µm in diameter and contained networks of channels with 

arbitrary connections (Figure 2-5). Scanning electron microscopy (SEM) images clearly 

show that the microchannels were sealed without any unwanted holes or defects. As 

 
 
Figure 2-4. Buried channel dimensions falling underneath the curves are achievable. 
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seen in Figure 5, the etch step leaves scallops on the bottom of the channels. These 

scallops result from isotropic etching of the discrete windows and are on the order of a 

micron in size. Due to their small size, these features become more apparent in the 

smaller channels (~4 µm) than in the larger ones. It is worth mentioning that in these 

 

structures containing a network of identical microchannels, the depth at the intersection 

was found to be slightly larger than the depth of the network. At the intersection point, 

several window patterns appear in close proximity. Thus, the amount of exposed silicon 

substrate is larger in this region, leading to a faster etch rate due to RIE lag.  

The microchannels created by this technique can vary in depth within the same 

channel. In order to demonstrate the 3D versatility of this approach, a buried 

microchannel that smoothly transitions in width from 20 µm to 45 µm and in depth 

from 20 µm to 85 µm was created (Figure 2-6). The gradual depth change was achieved 

by slowly varying the number of windows present in the masking layer along the length 

of the microchannel. Alternatively, changes in depth can be produced by varying the 

size and spacing of the windows.  This is the first time that a microchannel with 

 
 
Figure 2-5. SEM images of buried microchannel networks (Upper Left) Network with intersections 

(Lower Left) Close up image of a 90° intersection (Upper Right) Top view of 8 channel intersection 

with mask oxide removed (Lower Right) Cross section of buried 8 channel intersection along the dotted 

line. 
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varying cross section along its length has been created.  Fabricating such 

microchannels is not feasible with conventional micromachining processes in which 

multiple lithography and etch steps are utilized to achieve multiple levels of depth. 

Figure 2-6 also shows a perspective SEM image of the channel after it was sealed.  The 

waviness of the channel sealing is due to residual stress of the deposited oxide layer.  

This can be eliminated if a stress-free PECVD dielectric material is deposited to seal 

the channels as demonstrated before [89].   

 

Microfluidic ports are also needed for the interface of microchannels and the 

outside world. In order to create ports to the microchannels, the mask layout should 

contain windows sizes which are outside of the sealable range. The PECVD oxide 

 

Figure 2-6. SEM images of a width and depth varying microchannel (Top) Microchannel before sealing. 

The mask oxide has been removed here for visibility.  (Bottom) Microchannel after sealing. 
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deposition can only seal window sizes of a few microns, thus larger windows remain 

unsealed. Large, unsealable mask windows (~1 mm) can be used to create access ports 

to the buried channel networks. Since the window size and deposition rate are known, 

the microfluidic ports can be created to an arbitrary dimension. If a window size is 

chosen to be slightly larger than the sealable range, nanometer-scale holes can be 

created. We demonstrated that holes as small as 600 nm can be easily formed from a 3 

µm square window when depositing 3.5 µm of PECVD oxide (Figure 2-7). These nano-

holes may be used to create a nano-scale interface for chemical and biological 

applications. 

 

It is important to note that during channel sealing, the interior of microchannels are 

completely covered by a layer of oxide offering several advantages. For example, the 

oxide layer electrically insulates the microchannels.  Therefore, techniques that require 

electrically insulating walls such as electrophoresis and dielectrophoresis can be 

performed in these channels [92]. The electrical insulation also protects electronics 

present on the substrate from any electric fields generated in the channels. For 

biomedical and microbiology applications, the oxide coating provides a biologically 

compatible surface for in vitro and in vivo studies [93, 94]. 

 

 

 
 

Figure 2-7. Top view of SEM image of 600nm holes in the oxide layer. 
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2.3.2  Channels with Varying Dimensions 

 
Using our 3DBCT process, the transition slope at the junction of two dissimilar 

channels can also be controlled. Figure 2-8 shows a silicon structure connecting a 

microchannel with dimensions of 26 µm (depth) x 40 µm (width) and a microchannels 

with dimensions of 104 µm (depth) x 160 µm (width). The photolithographic patterns 

used to connect the channels is given in Table 2-3 and the patterns to create the 

channels are given in Table 2-4. At the junction of the two channels, 10 different mask 

patterns were designed to alter the profile at the transition region between the two 

channels, two of which are shown in Figure 2-2. The different slopes were produced by 

gradually or sharply altering the number and size of windows in the masking layer.  The 

chosen pattern had 2 µm x 2 µm windows spaced 2 µm apart. The number of windows 

in each row varied from 8 to 42. Each design consisted of a different number of rows. 

The number of rows was varied linearly from 18 increments in Design 1 to 0 

increments in Design 10 (Table 2-3). Figure 2-8A shows Design 10 which has a steep 

slope connecting the two channels, whereas in Figure 2-8B (Design 1) the slope is more 

gradual. 

 

 

Design 
Number 

Minimum C Maximum C Rows 

1 8 42 18 

2 10 40 16 

3 12 38 14 

4 14 36 12 

5 16 34 10 

6 18 32 8 

7 20 30 6 

8 22 28 4 

9 24 26 2 

10 N/A N/A 0 

 

Table 2-3.Geometric parameters for window patterns 

 in the transition regions 
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Depth profiles of the designs were obtained with a Veeco NT 2000 optical 

profilometer in vertical scanning interferometry (VSI) mode (Figure 2-9). The profiles 

were verified by comparing them with SEM images taken from cross sections of the 

channels. Missing points on the profiles indicate large slopes that are outside of the 

detectable range of the profilometer. The outputs from the profilometer showed that the 

transitions created between two channels have several interesting features (Figure 2-9). 

Because of the isotropic nature of the etch process, the channels take a finite distance to 

settle to a steady depth. Also, bulges in the profile are present at points P1 and P2. 

 
 

Figure 2-8. SEM images of the transition region of microchannels in Design 1 (B) and Design 10 (A) 

The left images show the cross-sections of the channels while the right images show the top view of the 

channels. 

 

 

Parameter Channel 1 Channel 2 

SR and SC 4.5 2 

W 2 6 

L 2 4 

C 5 21 

 
Table 2-4. Geometric parameters of window  

patterns for the connecting silicon channels 
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These bulges occur due to a rapid change in the mask patterns, leading to strong RIE 

lag effects. The bulges can be diminished if the mask pattern is altered such that the 

change in the window parameters is more gradual. For example the bulge at P1 is 

created at the point on the mask where the window pattern abruptly changes from 

widows that are 4 μm x 6 μm with 2 μm spacing, the pattern for Channel 2, to windows 

that are 2 μm x 2 μm with 2 μm spacing, the beginning of the transition pattern. This 

spike may be reduced if a few rows of windows were inserted between the mask 

 
Figure 2-9. Depth profiles of the transition region of the microchannels in Design 1 (bottom) and 

Design 10 (top) right images show the top view of the channels. 
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patterns with a spacing of 2 μm and with sizes gradually changing from 4 μm x 6 μm to 

2 μm x 2 μm.  

Profiles were obtained of 8 replications of each microchannel and analyzed 

using MATLAB in order to quantify the depth profiles. The transition angle is defined 

by the slope of the linear regression line of the data lying between 15% and 85% of the 

maximum depth in order to ignore the rounding near the corners. The transition angles 

in the studied channels ranged from 40° to 60° with an error of +/-1° (Figure 2-10). The 

angles appeared to saturate at 60°, however, the data did not indicate a lower bound for 

the transition angle. In fact, structures were fabricated on the same wafer with 

transition angles much lower than 40°, an example of which was shown before in 

Figure 2-6. The settling distance is defined as the distance between the point where the 

depth profile is within 2% of the upper and lower depth of the channel. As the 

transition angle is increased, the settling distances decreased (Figure 2-11). The 

minimum settling distance was found to be 135 μm when the transition angle was 60°. 

This measurement is particularly important because it defines the total distance that 
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Figure 2-10. Measured transition angles between the two connecting channels. 
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must be provided to complete the transition between two depths. Thus any feature to be 

placed in the channel must be outside of the settling point range in order to avoid 

altering the profile of the junction. 

Using our fabrication process, channel with non-symmetric cross sections were 

 

Figure 2-12. Cross-sections of non-symmetric channels (A) 190 μm deep channel (B) 90 μm deep 

channel. 
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 Figure 2-11. Settling distance from 2% of the lower channel’s depth to 2% of the upper channel’s depth. 

 
 



35 
 

also fabricated for the first time. These non-symmetric channels were achieved by 

changing the size of the openings in the mask along the width of the channel. Figure 2-

12a shows such a structure created by square windows ranging from 10 μm to 2 μm. 

The structure is 1 mm-wide and 210 μm-deep at its deepest point. The non-uniform 

channels can also be fabricated by varying the spacing or number of window across the 

width of the channel as demonstrated in Figure 2-12b. 

 

2.3.3  Applications 

 
The 3DBCT process provides a versatile platform for μTAS development for 

applications including cell manipulation, cytometry, gas chromatography, chip cooling, 

flow sensors, and micro-scale chemistry reactors. To prove this point, microfluidic 

devices for cell handling and analysis were fabricated on a single wafer. These devices 

 

included an insulator-based dielectrophoretic trapping device, a flow cytometer, and a 

microreactor. It is worth mentioning that these microstructures include channels with 

different depths and that the slope of the transition at the junction of different channels 

varies.   

 

Figure 2-13. SEM Images of a DEP trapping device. A 125µm deep channel is connected to six 20 µm 

deep channels (Left) 45º angle view (Right) Top view. 
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 Insulator-based dielectrophoretic (iDEP) devices utilize non-uniform electric 

fields to trap particles of interest while allowing other particles to pass by [92, 95]. An 

electric potential is applied across the length of the channel. The non-uniform electric 

fields are generated by rapidly changing the cross section along the length of the 

channel. Similar to the devices in literature, our fabricated device (Figure 2-13) 

branches from a relatively large channel (160 μm by 125 μm) to a series of smaller 

channels (20 μm by 20 μm). 3D fabrication provides additional capability for the 

devices and has been demonstrated with channels that contain sharp depth transitions 

 

Figure 2-15. SEM images of a microreactor. 9 features of distinct depth from 100µm to 20µm are 

present (Left) Optical image of device (Right) Image showing side channel. 

 
Figure 2-14. (Left) Optical image of a flow cytometery device (Right) SEM image of depth transition. 
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[96]. However, with 3DBCT, the slope of the transition is controllable, thus allowing 

greater design freedom for iDEP devices.  

 Flow cytometry is a technique for rapidly examining particles in a stream of 

fluid [97-99] (Figure 2-14). Microfluidic versions of flow cytometry can be used to 

examine a single particle or cell at a time. Particles from a main channel (~100 μm) are 

brought to a focus channel (~10 μm) where they are observed optically via a laser and a 

photodiode. These devices are typically fabricated with constant depth channels which 

constrict in width at the detection point. In our fabricated device, the depth in the 

constriction regions is shallower than in the other regions. This would inhibit particles 

from traveling above and below the particle of interest in the constriction region. The 

channel, however, could be connected smoothly to other microfluidic components with 

deeper channels.  

Microreactors are used to perform chemical reactions with very limited volumes 

[100, 101].   Fluid may be transported by pressure-driven flow or electrokinetic forces. 

Reactants are introduced into the smaller channels (~20 µm) and are combined in the 

main channel (~100 to 300 µm). The stoichiometric ratio of the reactants can be 

controlled with the cross section and flow rate of each of the channels. In our fabricated 

device a series of channels which vary in width and depth from 20 µm to 70 µm are 

connected to a large 190µm-wide main channel (Figure 2-15).  

 

2.4  Conclusion 
 

A new process for creating three dimensionally varying buried microfluidic 

channels, named 3DBCT, is presented in this paper. This process requires only one 

mask leading to rapid and inexpensive fabrication. With a single etch, buried structures 

are created on a silicon wafer with varying depths and widths. The process allows for 

controlled transitions between depths as well as channels with symmetric and non-

symmetric cross sections.  The channels are sealed with depositing PECVD dielectric 

films, avoiding the need for wafer to wafer bonding. Interfaces and connections to the 

channels, with dimensions ranging from millimeters to nanometers, can also be created 

using larger windows in the lattice structure. A high level of integration is possible due 

to the fact that the process is CMOS compatible. Microelectronics circuitry can be 
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implemented alongside microfluidic structures on the same chip to realize a highly-

efficient miniaturized system. Additionally the surface above the buried channels is 

relatively planar, allowing for further processing such as the creation of electrodes or 

sensors. The ceiling of the channels is transparent so objects inside the microsystem 

can be easily observed using optical microscopy. This new technology provides the 

building blocks for a complete 3D lab-on-a-chip system. Practical applications of 

3DBCT may include: combinational chemistry, DNA analysis, and pharmacology. 

Structures appropriate for micromixing, flow cytometry, and dielectrophoresis were 

demonstrated. 

 

 

 

  



39 
 

3  Silicon Insulator-Based Dielectrophoresis Devices for 

Minimized Heating Effects 
 

3.1  Introduction 

 
Manipulation of micron scale particles is a topic of intense research with 

applications in isolating circulating tumor cells (CTCs), concentrating and detecting 

bacteria in drinking water, counting bacteria, separating live and dead cells, trapping 

viruses, sorting cells, trapping DNA and positioning cells within a microfluidic channel 

[25, 102-108]. Bulk techniques include centrifugation, antibody based sorting, 

magnetic tagging, and biochemical separation. While these techniques are high 

throughput, they fall short when high purity, low volume, non-tagged samples are 

required. For these applications, electric field based techniques are often used due to 

their favorable scalability, efficiency, high resolution, and sensitivity.  

Dielectrophoresis (DEP) is a well-known electric field based technique for 

separating, moving, and trapping biological particles. The DEP effect is the motion of 

polarizable particles that are suspended in an electrolyte when subjected to a spatially 

nonuniform electric field [6]. Traditionally, electrode-based DEP (eDEP) devices create 

nonuniform fields with electrode designs including sharp electrodes and narrowly 

spaced electrodes [14-17]. These designs put the suspended particles in close proximity 

to the electrodes which can be a problem if the electrode material is not chemically 

inert. Alternatively, insulator-based DEP (iDEP) uses insulating structures rather than 

electrode arrays to produce the nonuniform fields needed to drive DEP and to remove 

the threat of gas evolution due to electroysis . iDEP microfluidic devices have been used 

to trap and sort bacteria, viruses, cells, and beads[26-29].  iDEP devices have been 

demonstrated on glass and polymer substrates [25, 26] using large applied electric 

potentials (~1x10
3 

V) to generate eletrokinetic flow and to trap particles. 

 Joule heating is a known problem in both iDEP and eDEP devices limiting their 

use to sort biological cells or pathogens in high conductivity biological fluids such as 

blood. Varying temperatures within microfluidic devices can affect the viability of cell. 

It is known that temperature increases of more than 4 °C above the cells physiological 

temperature leads to cell death and even milder temperature increases have negative 
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physiological impacts [109]. Temperature effects have been reported to decrease the 

throughput and functionality of iDEP devices[110]. High electric fields and the 

resulting temperature gradients in microfluidic devices create changes in fluid motion, 

known as electrothermal (ET) flow [111-116].  It is known that significant (ET) flow 

can occur within eDEP and iDEP devices [110, 117]. This ET flow typically causes 

unwanted circulations in the devices which decrease performance [118].  

The traditional substrates used for iDEP devices, such as PDMS and glass,  

intensify the problem due to their low thermal conductivity and thus inability to 

efficiently dissipate heat [119]. The thermal conductivities of PDMS and glass are 

(0.16 Wm
-1

K
-1

) [120] and (1.1 Wm
-1

K
-1

) [121], respectively. Silicon is a promising 

alternative to aforementioned materials by providing two orders of magnitudes higher 

thermal conductivity (149 Wm
-1

K
-1

)[122] and by enabling a higher flexibility in design, 

fabrication, miniaturization, and system-level integration.  

The devices presented in this paper are fabricated using a single-mask three-

dimensional (3D) microfabrication process that relies on reactive ion etch (RIE) lag. 

This technique allows for devices with either constant (2D) or variable (3D) depths to 

be fabricated on the same substrate. One geometric factor which is of particular 

importance to iDEP devices is the constriction ratio. This is the ratio of the largest 

cross sectional area of the channel to the smallest cross sectional area. Utilizing high 

constriction ratios, 3D iDEP devices can operate at low voltages compared to 2D 

designs[92, 123]. Low voltage operation decreases the Joule heating within the channel 

leading to lower operating temperatures. Thus, the 3D fabrication allows for iDEP 

devices to operate with lower applied voltages and at lower temperatures than 2D 

designs.  

This paper presents the first reported high-performance iDEP particle trapping 

microchips implemented on a silicon substrate. The DEP trapping and separating 

experiments were performed to demonstrate device functionality. Using temperature 

measurements and numerical modeling, the thermal performance of silicon and PDMS 

devices are evaluated.  Additionally, the value of the RIE lag based fabrication process 

is demonstrated by comparing the thermal and electrical performance of a low 

constriction ratio, 2D device and a high constriction ratio, 3D device.  
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3.2  Materials and Methods 
 

3.2.1 Silicon Device Fabrication 

 
The fabrication process (Figure 3-1) starts by depositing 4000 Å of silicon 

dioxide on a <100> silicon wafer. This oxide acts both as a masking layer during the 

etch process and as a structural support during channel sealing.  The oxide layer is 

deposited by plasma enhanced chemical vapor deposition (PECVD) at 300 ºC.  For this 

work, oxide deposition was performed in a Trion Orion II PECVD machine and silicon 

etching was performed in an Alcatel AMS-100 Deep Reactive Ion Etcher (DRIE).  We 

utilize RIE lag and our previously published models [73, 124] to smoothly and 

arbitrarily vary the depth of the microfluidic channel in a single-etch-step process by 

A

B

C

D

E

F

G

H

Electrode Reservoir

Region 2Region 1 Region 3

Figure 3-1 Device fabrication process flow for 3D devices (Left) and 2D posts (Right). (A) Top view of 

DRIE lag mask design  (B) Oxide deposition (C) Pattern oxide/photoresist mask (D) DRIE lag  3D silicon 

etch (E) Pattern of backside photoresist (F) Anisotropic DRIE of backside of silicon to create ports (G) 

Thermal oxide growth (H) Anodic bonding of pyrex wafer, attach reservoirs, and insert electrodes. Not to 

scale. 
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changing the geometrical pattern on the mask layout. Different microchannel 

geometries can be fabricated on a single wafer using this technique, two of which are 

used in this work.  The oxide layer is then patterned using RIE with a photomask 

containing square windows. In order to enhance the RIE lag during the etching process, 

the mask is divided into a large number of micron-scale, square window openings. In 

general, window patterns which expose a large amount of local surface area, etch faster 

than those which expose a smaller amount of local surface area. Additionally, as the 

number of rows of windows increases along the width the microchannel, the etch rate 

increases. Our 3D iDEP devices are composed of 3 regions of window patterns (see 

Figure 3-1). Region 1 is designed to be 90 μm deep and Region 3 is designed to be 30 

μm deep. Region 2 provides a transition area between the two depths.  Using this 

fabrication technique, channels can be obtained which vary in depth from 20 μm to 120 

μm. However, as the difference between the shallowest and deepest part of the channels 

increases, the surface roughness of the shallowest channel increase. In order to keep the 

surface roughness below 0.2 μm, the channel depths for this device were designed to be 

30 μm and 90 μm. 

 After oxide patterning, the substrate is isotropically etched using DRIE SF6 

plasma to create 3D channels. The highly selective process etches silicon while leaving 

the oxide masking layer suspended above the channels. The photoresist is then stripped 

with oxygen plasma. The oxide mask is removed with wet etch of 10:1 buffered oxide 

etchant (BOE) in water. The backside of the substrate is patterned and etched 

anisotropically using a Bosch process DRIE etch to form fluidic ports. Next, an 

electrical passivation layer of oxide is grown in the channels. 8000 Å silicon dioxide is 

grown during a wet thermal oxidation at 1000 ºC. To seal the device, a Pyrex wafer is 

anodically bonded to silicon. It should be noted that device operation improved with 

thicker passivation layers. However, the maximum oxide layer that we were able to 

reliably anodically bond through was 8000 Å. Fluid reservoirs are attached via epoxy to 

the ports into which electrodes are inserted.  

Two different silicon devices were created. Device A consists of a single 

channel constriction in both width and depth (Figure 3-2a). The depth changes in the 

device from 90 µm in the main channel to 30 μm in the constriction. The width changes 

in both channels from 1200 μm to 70 μm. Device B is a silicon replica of a 90 μm deep 
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PDMS micropost design (Figure 3-2b). The microposts are 170 μm in diameter and 

spaced 70 μm. The spacing of the fluidic ports was 1 cm to allow for comparison with 

previously published devices.   

 

3.2.2 PDMS Device fabrication 
 

PDMS devices were created as a control group for thermal experiments 

according to the fabrication process in [125]. A <100> silicon wafer was patterned with 

photoresist and etched using DRIE to obtain 90 µm-deep structures. Photoresist was 

stripped and the wafer was then used as a master mold for PMDS. Liquid PDMS 

(Sylgand 184 Silicon elastomer kit, Dow Corning, Midland, MI) was mixed to a 10:1 

ratio of PDMS monomer and curing agent and poured onto the silicon mold. The setup 

was put into a vacuum chamber for 2 hours to remove gas bubbles and then cured for 

 

Figure 3-2 Images of the iDEP microchannels. (a) Top and perspective views, respectively, of device 

A (b1 and b2) Top and perspective views, respectively of device B (c) Optical image of top view of 

device C. All images except (c) are SEM images 
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45 min at 100 ºC. Next, 2 mm holes were punched into microchannels for fluidic ports. 

Finally, the PDMS was plasma bonded to a 500 µm Pyrex wafer. The PDMS devices 

are designated as device C (Figure 3-2c). As with the silicon micropost design, PDMS 

microposts are 170 μm in diameter and spaced 70 μm. 

 

3.2.3 iDEP Experiments 

 
Flourescent microspheres of 1 and 2 µm diameters (Flourospheres, Invitrogen, 

Carlsbad, CA) were used to demonstrate trapping. No surface modifications were made 

to the beads. The microspheres were suspended into a solution of diluted Phosphate 

Buffered Saline (PBS) in DI water. PBS solution (BP399-500, Fischer Scientific, 

Pittsburg, PA) was added to DI water until the desired conductivity of 2.00x10
-2 

S/m 

was reached. The solution was measured with a solution conductivity meter (SG7, 

Mettler Toledo, Scherzenbach, Switzerland) and the final solution was 1.2% PBS by 

volume. iDEP experiments were observed using an inverted microscope (Axio 

Observer Z1, Carl Ziess Inc., Oberkochen, Germany) and videos and image were 

acquired using the a CCD color camera (Axiocam MrC, Carl Ziess Inc., Oberkochen, 

Germany). A high voltage sequencer (HVS448, Labsmith, Livermore, CA) was used to 

apply electric potentials. Gravity-based pressure driven flow was discouraged by 

balancing the fluid levels in the reservoirs; however, noticeable backpressure was 

observed when the voltage was removed immediately following each experiment. This 

was due to the fluid flow during the experiment filling the downstream reservoir.  

 The electroosmotic mobility was measured using the current monitoring method 

[126]. Briefly the channels were filled with a 0.5% PBS solution. A 1% PBS solution 

was introduced into one reservoir and an applied potential was used to move the higher 

concentration solution through the channel. The time dependence of the current was 

measured at applied voltages from 50 V to 300 V in both the silicon and PDMS 

micropost channels. The time at which the current saturated was used to estimate the 

electroosmotic mobilities. Using this method, the electroosmotic motilities were 

determined for PDMS and silicon substrates to be 2.5x10
-8

 m
2
/(V s)  and 4.3x10

-8
 

m
2
/(V s), respectfully. The values are of the same order of magnitude and are close to 

those previously reported electroosmotic mobilities of electrolyte solutions in PDMS 
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and silica [127].  

 

The two performance metrics, trapping efficiency (TE) and selective 

concentration efficiency (SCE), are defined as:  

 

TE = [(T-E)/T]  X (100%) (3-1) 

 

SCE = [(TT –UT)/TT] X (100%) (3-2) 

 

where T is the total number of particles passing through the channel, E is the number of 

particles that escape the trapping region of the device, TT is the total number of trapped 

particles, and UT is the number of unwanted trapped particles. TE indicates how many 

particles are trapped under given conditions whereas SCE is a measure of how well the 

targeted particles were concentrated. These measurements were made by counting 

beads in the individual frames of videos taken during the experiments. The number of 

particles trapped in the trapping region was determined by counting the particles going 

into the constriction and coming out of the constriction. The number of particles in the 

constriction was obtained by taking the difference of the incoming and outgoing beads. 

For cases where beads remained in clusters after being released, the clusters were 

assumed to be flat and the size of the cluster was used to estimate the number of beads 

in the cluster. It should be noted that if clusters had multiple beads stacked in depth 

then this method would underestimate the number of beads.  

 

3.2.4 Temperature Measurements 

 
Temperature measurements inside the iDEP devices were performed using the 

rhodamin B method [128-131]. Laser grade RhB (Acros Organics, Geel, Belgium) was 

dissolved in different conductivities of water. The dye was excited though a filter 

(ʎ~542nm) on the inverted fluorescent microscope and images were recorded with a 

CCD monochrome camera (Axiocam MrM, Carl Ziess Inc., Oberkochen, Germany). 

Electric potentials were applied with a Labsmith voltage sequencer.  Measurements 
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were carried out under temperature-controlled conditions in an environmental chamber 

(Incubator XL S, Pecon GmbH, Erbach, Germany) attached to the microscope. In 

addition to the temperature probe monitoring the air temperature in the chamber, a type 

T thermocouple (COCO-001, Omega Engineering, Stamford, CT) was brought into 

good thermal contact with the iDEP devices with thermally conductive grease 

(Thermally Conductive Grease 2033, 3M, St. Paul, MN). Temperature calibrations 

were performed before and after testing each device. Measurements were taken after 

both of the temperature probes stabilized and agreed within 0.5ºC, which typically took 

30min.  During measurements for all devices, a small fan inside the chamber blew air 

on the device to increase convection.  Fluorescent images were taken with an exposure 

time of 10ms at each temperature. The environmental chamber was set to temperatures 

between 20 ºC - 40 ºC and reference images were taken. Then temperature 

measurements were performed by applying a voltage for 30 seconds. The ambient 

temperature in the environmental chamber was set to 22 ºC. For the PDMS devices, the 

channels were exposed to light for 20 minutes prior to both calibration and 

experimental measurements according to [132] in order to photobleach any rhodamine 

B absorbed in the PDMS. New solution was added after each measurement to avoid 

photobleaching in the solution. Image analysis was performed with ImageJ (National 

Institute of Health).  

 

3.3  Theory 
 

 

3.3.1 DEP 

 

Dielectrophoresis is the motion of polarizable particles that are suspended in a 

dielectrically dissimilar media when subjected to a spatially nonuniform electric field 

[6]. The time average DEP force felt by a spherical particle suspended in a medium is:  

 

FDEP = 2πR
3
εmRe[fCM]|ERMS|

2
 (3-3) 

 

where R is the radius of the particle, εm is the permittivity of the medium, ERMS is the 

local electric field. Re[fCM] is the real part of the Clausius-Mossotti factor which is: 
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fCM = (ε p * - ε m *)/( ε p * +2 ε m *) (3-4) 

 

where εp*  and εm* are the complex permittivities of the particle and the medium, 

respectively. Complex permittivity is defined as: 

 

ε* = ε + /(j) (3-5) 

  

where ε and  are the real permittivity and conductivity, j =sqrt(-1) and  is the angular 

frequency of the applied potential signal. In our iDEP experiments, since the applied 

potential is DC, the complex permittivity becomes the low frequency limit of this 

equation which is simply the conductivity. Thus, the Clausius-Mossotti factor for DC 

is: 

 

fCM = (p -  m)/( p +2 m) (3-6) 

 

For the DC case, differences in particle conductivity and size result in different 

DEP force magnitudes. This allows for selectivity among particles. Also, the 

permittivity and conductivity of the medium affects the DEP force. In our iDEP 

experiments, the particles are polystyrene beads with very low conductivities (~10
-16

 

S/m) and the media is DI water (~10
-3 

S/m) or a mixture of DI and PBS (~10
-2 

S/m). 

Since the media conductivities are higher than the particle conductivity, the DEP force 

is negative, thereby motivating the particles away from high gradients in the electric 

field within the channels. 

Fluid flow in our devices is generated by electroosmotic (EO) flow. 

Additionally, particles experience electrophoresis which creates motion of the particle 

with respect to the fluid. For a particle to become trapped in these devices, the DEP 

force must be larger than all the other forces acting on the particle. Mathematically, this 

is [26, 31]:  
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(uDEP  uEK)/(uEK  uEK) = ((µDEP)/(µEK)) (( (EE))/(EE))  E > 1 (7) 

  

where uDEP = µDEP(EE)  and µDEP are the DEP velocity and mobility of the particle, 

respectively. The electrokinetic (EK) effects of electroosmosis and electrophoresis have 

been combined into a single term for simplicity. Thus, uEK=(µEO - µEP)E and µEK=µEO - 

µEP are the EK velocity and mobility of the particle, respectively.  From this, we can 

see that as the electric field strength increases, the DEP force increases as the gradient 

of the square of the electric field while EK motion increases linearly with the field. 

Thus, for low electric fields, EK motion dominates but if the voltage is increased, DEP 

will gradually become more dominant and the particle will be trapped.  

 

3.3.2 Fluid Flow 
 

The steady state flow of the fluid is given by the Navier-Stokes equation and the 

continuity equation: 

 

ρu  u = -p+(ηu)+FE (3-8) 

u = 0 (3-9) 

 

where u is the local velocity of the fluid, p is the pressure, η is the dynamic viscosity of 

the fluid, and FE is the time-averaged electrical body force. The electric body force is 

given as [133]: 

 

FE = 0.5 Re(((ε - ε )/( +jε) E)E*) – 0.25 EE*ε (3-10) 

 

where E and E* are the local electric field and the complex conjugate of the local 

electric field, respectfully. Gradients in temperature are known to cause variations in ε 

and . For electrolyte solutions in water it is known that (1/)(δ/ δT)  0.02 K
-1  

and 

(1/ ε)(δε / δT)  -0.004 K
-1

 [133]. Thus, at DC, this equation becomes: 
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FE = -0.5(((0.016 K
-1

)TE) εE)+0.5|E|
2
(-0.004 K

-1
) T) (3-11) 

 

3.3.3 Heat Transfer  
 

Joule heating is the transfer of energy from electrical to thermal domains when 

an electric potential is applied across a substance with a finite conductivity. The rate at 

which heat is produced in the channel is given by the Joule heating equation:  

 

Q = |E|
2 

(3-12) 

 

where Q is the generated heat per volume (W/m
3
). In our devices, this is assumed to be 

the only source of heating. The steady state time-averaged temperature field, T, in the 

fluid is governed by the following energy equation[118] : 

 

ρCp(u  T) =   (kT) +  E
2
  (3-13) 

 

where Cp is the specific heat capacity of the fluid. The ratio of axial convection to 

conduction within the channel is given by the thermal Peclet number:  

 

PeL = (LuρCp)/k  (3-14) 

 

where L is the characteristic length, u is the fluid velocity, ρ is the fluid density and k 

is the thermal conductivity. The thermal Peclet number for these experiments ranges 

from 10
-1

 to over 1, thus the convective heat transfer term in equation (3-12) in the 

fluid must be considered.  

 

3.3.4 Numerical Modeling  
 

In order to obtain local values of temperature and electric field within the 
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channels, a numerical model of the microdevices was created using COMSOL 

Multiphysics (COMSOL Inc., Burlington, MA). The Incompressible Navier-Stokes 

Module was used for fluid flow. The fluid was assumed to have the density and 

dynamic viscosity of water (1.0x10
3
 kg/m

3
 and 1.0 x10

3 (
Pa s) [121]. It was assumed 

that there is no pressure difference between the inlet and outlet,  Poutlet -Pinlet=0. The 

walls of the channels were assumed to provide electroosmotic flow with a μEO of 

4.3x10
-8

 m
2
/(V s) for glass and silicon dioxide walls and 2.5x10

-8
 m

2
/(V s) for PDMS 

walls. In order to estimate the effect of electrothermal flow, simulations were 

performed with and without the electric body force.  

The Conductive Media DC module was used to simulate electric fields in the 

devices. The fluid was assumed to have a conductivity of 0.02 S/m and a permittivity of 

7.1x10
-10

 [121] at T0. The channel wall and microposts were assumed to be insulating. 

The inlet and outlet of the channel were assumed to be at applied potentials of V app and 

0, respectively.  

The General Heat Transfer module was used to simulate heat transfer in the 

devices. All of the walls were assumed to be insulating except for the upper glass 

substrate and the lower silicon/PDMS substrate. Since the fluid reservoirs are large 

compared to the fluid in the channel, fluid entering the channel is assumed to be at 

ambient temperature. Thus the inlet was set to a constant temperature of 295.15 K. The 

outlet was assumed to be insulating as it is far from the constrictions and thermal 

convection is strong when far away from the constriction.  The upper glass wall and 

lower silicon/PDMS substrates were assumed to have an outward heat flux due to 

conduction q
II
 =-h(T-T0), where h is the assumed heat transfer coefficient and T0 is the 

ambient temperature. The magnitude of h was determined by using a parametric sweep 

to iterate the model until the outlet temperature in the model matched the experimental 

temperature measurements. For silicon devices the value of h was found to be 600 

W/(m
2
 K) and for PDMS devices the value was found to be 150 W/(m

2
 K). For 

consistency, the value of H was determined for PDMS and silicon substrates using the 

micropost designs and remained constant for all of the designs of the same substrate. 

The thermal conductivity and heat capacity of the fluid were assumed to be 6.0x10
-1

 

W/(m K) and 4.186x10
3
 J/(kg K) [121]. Joule heating was assumed to be the source of 

heating within the channel. 
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3.4  Results  
 

3.4.1 Trapping  

 
Selective trapping of 1 and 2 µm beads was performed in the 20.0 mS/m 

solution (Figure 3-3) in the iDEP devices. This conductivity was used to mimic several  

 

 

Figure 3-3 Trapping experiments of 1µm (green) and 2µm 

(orange) beads in iDEP devices. Fluid flow is from right to left.  

(a) Separation of beads at Vapp=1.0x10
2
 V in device A with 

polarity of the applied potential shown. (b) Separation of beads at 

Vapp=3.0x10
2
 V in device B 
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isotonic solutions with high cell viabilities used in microfluidic devices [60, 117, 134]. 

The devices are primed and particles are flowed into the microchannel. A voltage is 

then applied across the reservoirs and EO flow moves the particles. The DEP force 

traps the particles in the constriction region. When the voltage is removed, the particles 

are no longer trapped and the slight pressure difference between the reservoirs moves 

the released particles in a laminar fashion. The 2 µm particles require a lower electric 

field gradient in order to be trapped than the 1 µm and thus are concentrated during 

operation of the device. The smaller radius of 1 µm particles results in a lower DEP 

force felt by the particle for a given electric field gradient. It should be noted that no 

fluid circulations were observed in the channels. This indicates a lack of strong 

electrothermal effects under these operating conditions. 

The trapping efficiencies of 2 µm of the iDEP devices are shown in Figure 3-4a. 

For all applied voltages the PDMS micropost (device C) design slightly outperformed 

 

 

Figure 3-4 Performance measurments of iDEP devices. Voltages are applied over 1cm.  (a) Trapping 

efficiencies of iDEP devices (n=5). (b) Selective concentration efficiencies of silicon iDEP devices 

(n=5). (c) Temperature Measurements after 30 seconds (n=3). Error bars shown for 1 standard 

deviation 
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the silicon micropost (device B) design in trapping efficiency. This is due to the 

increased electroosmotic mobility of the silicon substrate.  The 3D silicon device   

(device A) was able to obtain trapping efficiencies over 50% at 100V while the silicon 

and PDMS micropost designs attained trapping efficiencies over 50% at 300 V. Thus 

the microposts designs required a higher applied potential to match the 3D design in 

trapping efficiency.  

The selective concentration efficiencies of the iDEP devices are shown in Figure 

4b. The figure shows that the PDMS and silicon micropost designs performed similarly 

with the PDMS device attaining about 5% better SCE at the trapping voltage of 300  V. 

While the micropost design has better numerical values than the silicon devices at low 

voltages, the micropost design was trapping very few particles at those voltages as 

shown by the TE performance. For both TE and SCE, the 3D design had comparable 

performance at 100 V to the micropost performance at 300 V. In fact, when 50 V was 

applied to device A, the SCE increased and the TE decreased dramatically just as when 

200 V was applied to devices B and C.  

 

3.4.2  Thermal Measurements 
 

We used the temperature dependent fluorescent property of rhodamine B dye to 

determine the temperature inside our iDEP devices. Calibration curves were obtained 

for temperatures ranging from 20.0 °C to 40.0 °C. For most rhodamine B based 

temperature measurements, a single fluorescent intensity/temperature curve was used to 

interpret the results. For our devices, this is not sufficient as the intensity varies over 

the length and width of the channels.  

To account for the nonuniform intensity plots, fluorescent intensity/temperature 

curves were obtained for each point along the intensity curve. The curves were fit to a 

decaying exponential with decay constants ranging from -0.9 %/°C to -1.5 %/°C which 

agrees well with previous rhodamine B experiments [128-131]. These curves were then 

used to interpret the intensity profiles under experimental conditions. The voltage was 

applied to the reservoirs of the microchannels for 30 seconds and fluorescent images 

were taken from the device. In order to compare the performance of all of the devices, 

the temperature readings at the outlet of the microchannels were averaged over the 
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width of the device. These measurements were taken for all the devices over a range of 

voltages from 50 V – 300 V as shown in Figure 4c. The results show that silicon 

devices are significantly better at dissipating the heat generated within the 

microchannels.  

 

3.4.3  Numerical Modeling 
 

The results from the numerical model are displayed in Table 3-1. In order to 

estimate the magnitude of the electrothermal flow in the channel, the velocity profiles 

of the channels were compared with and without the electric body force term. The 

results showed the maximum change in the velocity field to be below 1%. This 

indicates that the electrothermal flow effects are not significant for these conditions, 

which is consistent with the experimental observations.  

All devices were given applied electric potentials (Vapp) and that matched the 

experimental conditions. The applied electric fields (Eapp), which are the applied 

electric potentials divided by the electrode spacing (1cm) are shown for comparison 

with literature. For the same applied potential, device A reached local electric fields 

which were an order of magnitude higher than the fields generated by devices B and C. 

The constriction ratio is the ratio of the largest cross sectional area of the channel to the 

smallest cross sectional area.  Devices B and C have a constriction ratio of 3:1 while 

device A (3D silicon chip) has a constriction ratio of 51:1. The higher constriction ratio 

  
Vapp 

[V] 
Eapp 
[V/m] 

Emax 
[V/m] 

|E|2  
[kg2 m C−2 S−4]

Tout 
[K] 

Tmax  
[K] 

Device A       
  1.00E+02 1.00E+04 1.54E+05 3.52E+14 295.26 295.38 
  2.00E+02 2.00E+04 3.09E+05 1.41E+15 295.60 296.06 
  3.00E+02 3.00E+04 4.63E+05 3.17E+15 296.15 297.19 

Device B       
  1.00E+02 1.00E+04 1.96E+04 4.82E+12 295.30 295.31 
  2.00E+02 2.00E+04 3.91E+04 1.93E+13 295.77 295.79 
  3.00E+02 3.00E+04 6.00E+04 4.45E+13 296.54 296.58 

Device C       
  1.00E+02 1.00E+04 1.96E+04 4.82E+12 295.81 295.82 
  2.00E+02 2.00E+04 3.91E+04 1.93E+13 297.77 297.83 
  3.00E+02 3.00E+04 6.00E+04 4.45E+13 301.04 301.15 

 

Table 3-1 Simulation results for microchannels fabricated in both silicon and PDMS  
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of device A increases the local electric field within the constriction region.  

The DEP force generated by each of the devices was compared. Given identical 

particles and suspending media and operating frequency, the magnitude of the DEP 

force depends only on |E|
2
. Thus devices were compared according to the minimum 

|E|
2
 that a particle would experience as it is moved through the channel. This gradient 

is non-uniform near the constriction region of the devices. In this area, the gradient is 

very large near the walls of the microchannel and is the minimum on the line that is 

furthest from any walls that have changing dimensions. Larger constriction ratios 

benefit both from increasing total change in electric field as well as minimizing the 

distance that a particle can be from the insulating walls.  The minimum |E|
2
 was found 

on the centerline of devices B and C and along the line that was centered about the 

width of the channel and against the glass substrate in device A. For all applied 

potentials, the minimum DEP force was found to be roughly 2 orders of magnitude 

larger in the device A than that in devices B and C. This allows device A to trap at a 

lower applied electric potential.  

The maximum temperature within the channels was compared. Despite devices 

B and C being identical in geometry, the silicon device produced less heating than its 

PDMS counterpart with a lower outlet temperature (Tout) and lower maximum 

temperature (Tmax). This was due to the increased thermal conductivity of the silicon 

substrate. The temperature profiles of the micropost designs were fairly uniform 

throughout the channels whereas device A showed the largest temperature gradient. 

Since the maximum electric field within device A is higher than that of devices B and 

C, more Joule heating occurs within a smaller space. This explains why the 

experimentally measured temperature of the outlet of device A was lower than that of 

device B at an applied potential of 3.0x10
4
 V/m, but the maximum temperature in 

device A was higher. However, it should be noted that the maximum temperature of 

device A at its operating electric potential of 1.0x10
2
 V is still lower than the maximum 

temperature of devices B and C at their operating electric potentials of 3.0x10
2
 V. 

Section 3.7 includes extra results from the numerical models showing the time 

dependent temperatures in the devices during operations. These results further 

demonstrate the thermal advantage of Devices A and B over device C as well as the 
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thermal advantage of Device A over Device B. Thus, the high constriction ratio 3D 

device decreases the temperature that the fluid reaches at the required applied electric 

potential while producing a larger temperature gradient within the channel. The 

increased temperature gradients may lead to unwanted electrothermal flows at very 

high voltages and media conductivities. 

 

3.5  Discussion  

 
In this paper, we have (1) presented the first reported silicon iDEP particle 

trapping microchips, (2) demonstrated that silicon devices operated at lower 

temperatures than identical polymer devices, (3) demonstrated that high constriction 

ratio 3D devices operated at low voltages compared to the traditional micropost design, 

and (4) performed temperature measurements and numerical modeling comparing the 

silicon and PDMS designs. 

The silicon devices benefit from a high substrate thermal conductivity. This 

allows the substrate to act as a heat sink for the channels. When identical devices are 

fabricated in PDMS and silicon, the silicon devices operate at a lower temperature. Our 

temperature measurements have shown that even under low voltages (~300 V) and with 

a low conductivity media (~20.0 mS/m) greater than 5 °C increases in less than 30 

seconds occur in PDMS-based iDEP devices. By contrast, the thermal conductivity of 

silicon is two and three orders of magnitude higher than that of glass and PDMS, 

respectively.  As our results reveal, this allows for greater heat dissipation and 

subsequently decreases the parasitic effects arising from Joule heating. Sabounchi et al. 

have reported that Joule heating within iDEP devices can limit their throughput and 

even cause the devices to fail to trap [110].  

Electrothermal (ET) flow is related to the temperature gradients within the 

channel. Thus, low constriction ratio designs are desirable if ET flow is to be 

minimized as these devices produce lower temperature gradients. However, as particles 

become trapped in an iDEP device, the effective constriction ratio increases as the 

particles are insulating. The increased thermal conductivity of the silicon devices can 

dissipate this heat more effectively, leading to lower operating temperatures and lower 
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temperature gradients. Sridharan et al. [118] experimentally demonstrated the 

generation of ET flow by Joule heating within iDEP devices. ET flow can diminish the 

device performance as it moves particles away from the trapping region and circulates 

them around the constriction. As the temperature gradients decrease, these undesirable 

effects are suppressed and become negligible.  The high constriction ratio 3D device 

has a larger temperature gradient and is more prone to electrothermal fluid flows 

although this becomes noticeable at very large operating voltages.  For both low and 

high constriction ratios, using silicon as the substrate decreases the temperature 

gradient and its corresponding adverse effects. 

 The 3D silicon device generated larger DEP forces at lower applied electric 

potentials. This allowed the 3D silicon chip to obtain the trapping performance of the 

micropost design at a lower applied electric potential, thereby requiring simpler and 

cheaper electronics. Many iDEP trapping devices, especially micropost designs, require 

applied electric potentials on the order of 10
3 

V [26, 27]. Our devices provide trapping 

with an applied potential on the order of 10
2 

V. Chen et al. [28] demonstrated a device 

capable of 100% trapping efficiency of 1µm particles at 4.0x10
2 

V; however, no 

separation was performed. Recently, Braff et al. used 3D polymeric devices for iDEP 

and demonstrated that the 3D structures helped to lower the applied voltage of the 

devices for operation[123]. Using high constriction ratio 3D devices, 10μm beads were 

trapped with an applied electric potential of 10 V while 1 μm particles such as E.coli 

were trapped at 50 V. Thus, our trapping voltages are among the lowest reported 

values. The reason for the increased performance at lower voltages in the 3D silicon 

chip is the high constriction ratio of the device which is achieved by varying the width 

and depth of the microchannel. The tradeoff is that a high constriction ratio yields a 

higher local electric field within the constriction region. It is also worth mentioning 

that errors may be introduced in the performance of the silicon devices due to the 

surface roughness of the microchannels that is characteristic of our 3D fabrication 

process [73, 124]. This surface roughness may create unwanted local electric field 

distributions and cause the devices to underperform. If smoothing techniques, such as 

repeated thermal oxidation and removal steps, are used, the operating voltage of the 3D 

silicon may decrease.  

The silicon substrate is passivated with a thin layer of silicon dioxide. The oxide 
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comes into contact with the fluid and determines the electroosmotic mobility. Silicon 

dioxide has been known to have the same electroosmotic mobility as fused silica [135]. 

In our experiments, the oxide layer led to a higher electroosmotic mobility in the 

silicon devices than in the PDMS devices. This resulted in higher fluid velocities at 

identical applied electric potentials and ultimately, reduced the trapping performance 

compared to the identical PDMS design. This problem may be addressed by adding a 

surface coating to the silicon substrate to reduce the electroosmotic mobility.  

In summary, PDMS iDEP devices benefit from simple and inexpensive 

fabrication. However, while the complexity of fabrication is increased in silicon 

devices, they will operate at lower temperatures and have lower thermal gradients than 

PDMS devices which are identical in geometry. For applications which require high 

conductivity solutions, silicon should be used to minimize joule heating. The decrease 

in the temperature gradients will lead to lower ET flow and more predictable device 

behavior. Additionally, temperatures increases within iDEP devices would limit their 

ability to maintain viability of larger, more vulnerable cell types. It is known that 

temperature increases of more than 4 °C above the cells physiological temperature 

leads to cell death and even milder temperature increases have negative physiological 

impacts [109]. Thus, silicon devices may be employed to increase cell viability. Using 

silicon fabrication techniques, high constriction ratios 3D devices can be implemented. 

This allows the applied potential to be effectively lowered, which reduces the cost and 

complexity of the supporting electronics. Additionally, the operating temperature of the 

3D design is lowered. However, it produces higher electric fields, which can be 

damaging to some biological cells depending on the magnitude of the field required for 

trapping them.  

In our future work, we plan to exploring silicon iDEP devices for high 

throughput, high viability mammalian cell trapping. In addition, peltier cooling units 

may be tested on the silicon devices rather than just convective cooling to achieve low 

heating at higher media conductivities. Finally, 3D silicon continuous flow devices will 

be investigated to further reduce the applied voltages.  
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3.6  Conclusion  

 
High-performance microfluidic iDEP microchips, implemented on silicon, have 

been demonstrated to selectively trap polystyrene particles. Due to the high thermal 

conductivity of the silicon substrate, the silicon devices dissipate heat significantly 

better than identical PDMS devices. This was demonstrated with thermal measurements 

and numerical modeling. Additionally, silicon substrates allow for supporting 

electronics and MEMS devices to be fabricated on the same microchip, creating highly 

miniaturized systems. Using a single-mask three dimensional (3D) microfabrication 

process, high constriction ratio, 3D devices and low constriction ratio, 2D devices can 

be fabricated simultaneously. The 3D device was shown to operate at low applied 

voltages and temperatures. The 2D device operated at higher voltages and temperatures 

but had a more uniform temperature distribution and operated at lower local electric 

fields than the 3D device. Thus, both the substrate material and device geometry can be 

used to minimize heating effects in iDEP devices. These significant results demonstrate 

the promise of 2D and 3D silicon iDEP devices, leading to high performance 

trapping/sorting/concentration microsystems that have a wide range of applications.  
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3.7  Extra Numerical Results  
 

 

Figure 3-5 Simulation results for microchannels fabricated in both silicon and PDMS. Plot shows the 

maximum temperature in the microchannel as a function of time. The conductivity of the medium is 0.02 

S/m. The minimum voltage required for operation is used: 100 V for Device A (Silicon Cone) and 300 V 

for both Device B (Silicon Posts) and Device C (PDMS Posts). 

 

Figure 3-6 Simulation results for Device A (Silicon Cone). Plot shows the maximum temperature in the 

microchannel as a function of time. The conductivity of the medium is varied. The minimum voltage 

required for operation is used: 100 V. 
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 Figure 3-7 Simulation results for Device B (Silicon Posts). Plot shows the maximum temperature in the 

microchannel as a function of time. The conductivity of the medium is varied. The minimum voltage 

required for operation is used: 300 V. 

 

 

 Figure 3-8 Simulation results for Device C (PDMS Posts). Plot shows the maximum temperature in the 

microchannel as a function of time. The conductivity of the medium is varied. The minimum voltage 

required for operation is used: 300 V. 
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4 A Single-Mask Process for 3D Microstructure Fabrication 

in PDMS 

 

4.1  Introduction  

 
Elastomers such as polydimethylsiloxane (PDMS) are widely used for lab-on-a-

chip applications as they are transparent, bio-compatible, and low cost. Researchers 

have mainly utilized polymeric substances to develop 2D microfluidic structures due to 

the simplicity of the fabrication process. For many research groups, soft-lithography 

[136] has still remained a popular option for developing structures in elastomers due to 

its cost effectiveness. In this technique, the negative features of the desired patterns in 

2D is transferred to a master device (e.g., SU-8) once at a time using lithography 

techniques. Therefore, fabricating structures with different depths requires laborious 

and time-consuming multiple steps of lithography. Furthermore, this technique only 

enables the fabrication of sharp geometries (e.g., rectangular channels), a limitation set 

by the lithography process and pattern transfer from the photomask to SU-8 resist. 

However, realizing a comprehensive micro electro-mechanical system (MEMS) 

device with complex functionalities requires the development of 3D geometries in a 

time and resource effective manner. For instance, biologically-inspired structures such 

as blood vessels or respiratory systems have much more complex shape than simple 

rectangular microfluidic channels that can be developed utilizing basic lithographic 

techniques to simulate such environments. For example, in blood vessels, cells are 

interacting inside circular channels, with varying diameter along with multiple 

branching and joints, with each other and their surrounding environment. Thereby, only 

under such condition  one can truly study the biology of cells within a system in vitro 

as it is occurring in vivo if the microfluidic device resembles the structures of their 

living conditions [137].  

There have been different approaches taken to facilitate the fabrication of 3D 

complex structures throughout the past decades. In gray-scale lithography, masks with 

optical gradient contrast, unlike binary masks, have been utilized to fabricate structures 

with varying step profile with a single exposure [138, 139].  In direct deposition 

process, the scaffold of microstructures are patterned serially by a robotic arm and 
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infiltrated by photocurable materials. This is followed by the extraction of the scaffold 

to fabricate complicated networks of microfluidic channels [140]. In multi-photon 

absorption technique, a high energy beam is focused onto polymer resists causing the 

formation of highly cross-linked solid polymers which are stacked on top of each other 

forming a 3D structure [141, 142]. In addition, there has been a few efforts on the 

fabrication of circular microfluidic channels [143-145].  Fiddes et al. [144] reports the 

development of 3D circular channels by first filling a regular 2D rectangular channel 

with silicone oligomer solution and then introducing a coaxial stream of gas to form the 

circular-shaped channels along the gas stream. Furthermore, Song et al. [145] 

demonstrates the fabrication of such channels by embedding a thin wire inside the 

mixture of PDMS pre-polymers before polymerization and removing the wire after 

polymerization.  

The current methods require complicated and processes and tools in order to 

fabricate 3D structures. Some of these techniques lack the possibility of fabricating 

circular channels in a robust manner [138, 139, 141, 142] and techniques developed for 

the fabrication of 3D channels are not suited for fabricating circular channels with 

constantly varying dimensions [140, 143-145]. These limitations have encouraged our 

group to research and establish a reliable and robust yet low cost technique for the 

fabrication of versatile 3D structures in PDMS. 

This paper describes in details the fabrication processes of such 3D structures in 

PDMS based on our previous research on fabricating 3D structures in silicon, transfer 

of the negative replica of silicon to glass, and eventually the transfer of original 

patterns in silicon to PDMS utilizing the soft-lithography technique using the glass 

structure. In addition, as a case example, this paper demonstrates the applicability of 

this technique in realizing the first polymeric 3D insulator-based dielectrophoresis 

device that can be used to trap and enrich biological particles. The following sections 

discuss in details the fabrication methods utilized to achieve such 3D structures in 

silicon and consequently in PDMS. 
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4.2  Fabrication Process 
 

RIE lag or Aspect Ratio Dependent Etching (ARDE) assists to create large 

features by etching multiple smaller features [146, 147]. We have previously reported 

on the fabrication of 3D microfluidic structures in silicon with a single-mask process 

taking advantage of the RIE lag effects [148, 149].  In this technique, a single mask 

with five independent geometric variables similar to those shown in the prior work 

[148] along with the etch time can determine the depth and width of the 

microfabricated channels. The method allows the realization of complex symmetric and 

non-symmetric microfluidic channels and cavities by isotropic etching of silicon in 

sulfur hexafluoride (SF6) plasma using reactive ion etching (RIE) technique. 

More specifically, the fabrication procedure starts by depositing 3000 Å of 

silicon dioxide on a silicon wafer. The oxide is deposited with a PECVD (Trion Orion 

II, USA) at 300 °C. In the next step, photoresist is spun and patterned with many 

micron-scale windows (Figure 4-1b). This window pattern enhances the RIE lag effect, 

allowing for large differences in depth to be achieved. The oxide layer is patterned 

according to the photomask. Then, silicon is etched in an DRIE (Alcatel , AMS-100, 

France).  During the silicon etching process, the patterned oxide lattice structure 

remains suspended above the microchannel.  The local rate of the silicon isotropic 

etching process is dependent on the window pattern. As a result, a 3D topography is 

formed by using different patterns on the photomask. As previously reported [148], the 

depth and width of the microchannel is related to the independent geometric values and 

etch time by equation (4-1) 
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In this equation, α, β,and γ are a function of the etch time t and the window 

pattern factors c, w, l, and s.  c is the number of windows in a row, s is the window 

spacing, w is the width of a window, and l is the length of a window. The fill factor F is 

given by equation (4-2) 
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By changing the geometrical patterns, different channels with varying depths and 

widths can be fabricated and their dimensions can be predicted by the aforementioned 

models.  Using such scheme, it was shown that for channels with small width (less than 

30 µm), it is possible to obtain a nearly semi-circular (aspect ratio 1:1) shape, whereas 

increasing the channel width will decrease the aspect ratio. For very wide channels 

(larger than 300 µm), it is possible to obtain a rectangular cross section with nearly 

rounded corners. In addition, the depth profile of the transition between two different 

depths can be controlled by creating gradients of different window parameters. Figure 2 

shows to some extend the complexity of 3D structures and quality of surfaces 

fabricated in silicon utilizing RIE lag using this technique.  

After the fabrication of the 3D silicon device, the negative replica of silicon in 

glass and the positive replica of silicon in PDMS are fabricated employing the 

following procedures. First, both the surface of the silicon wafer comprising 3D 

structures and a blank 700 µm-thick Borofloat® 33 wafer are immersed in NanoStrip 

(Cyantek, CA, USA) for 20 minutes to remove any organic residues from the surface of 

the wafers. Then, silicon and Borofloat wafers are anodic-bonded under vacuum 

 

Figure 4-1  Process flow of fabrication of 3D structures in glass and elastomers. (a) photomask layout 

to induce RIE lag (b) silicon isotropic RIE SF6 plasma etching, (c) anodic-bonding of silicon and 

glass in vacuum, (d) glass reflow, (e) silicon etch to release the glass device, and (f) pouring PDMS 

prepolymer, curing, and peeling PDMS replica from the glass master. 
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employing a substrate bonder (Karl-Suss, SB6, Germany) (Figure 1c).  The bonded 

structure is placed in a high temperature oven and its temperature is elevated and 

maintained at 720 °C for about 4 hours and then is gradually increased to 760 °C with 

10 °C/min.  The structure is kept at this temperature for 30 minutes. Under these 

conditions, glass reflows and fills the channels and cavities formed in silicon (Figure 4-

1d). After cooling down the melted device, the surfaces of the bonded wafers are 

cleaned by immersing them in a 10:1 buffered Hydrofluoric acid (BOE) to remove any 

oxide growth on silicon during the reflow process.  

Subsequently, the silicon substrate is completely etched by Potassium hydroxide 

(KOH) at 95 
o
C leaving behind the glass microstructure device having the negative 

replica of the silicon structures (Figure 4-1e). In order to obtain the positive replica of 

the 3D structures in PDMS, the surface of the glass master is silanized by vaporizing a 

 

Figure 4-2 3D structures fabricated in silicon utilizing RIE lag. These structures comprising more 

complex structures that contain channels with different width and depth, depth transition, and other 

geometries that might not be simple to achieve utilizing multiple steps of 2D lithography (a) 

microposts for use in insulator-based dielectrophoresis as well as CTC trapping, (b) 40 μm-deep 

channel connecting two 100 μm-deep channels together, (c)   a flow-cytometry chamber, 40 μm-deep 

in the narrow section and 90 μm-deep in the deeper section. 
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couple of droplets of Trichloro(1H,1H,2H,2H-perfluorooctyl)silane (Sigma-Aldrich, 

MO, USA) for 2 hours inside a desiccator to ensure smooth and safe release of the 

PDMS mold.  

Then the pre-polymer and curing agent of Sylgard 184 (Dow Corning, MI, USA) 

are mixed for the ratio of 10:1 and poured gently on the surface of the glass master. 

The device is again placed inside a desiccator and PDMS is degassed for about 1 hour. 

The glass master along with the uncured PDMS device is then placed in an oven at 100  

°C for one hour. The PDMS structure is then separated from the glass master while 

replicating the same 3D features on the original silicon substrate (Figure 1f). As 

evident, due to isotropic etching at the beginning of the process, sharp corners and 

edges in the final PDSM structures are avoided. 

 

4.3  Results and Discussion 

 

4.3.1 Glass Reflow Factors 

 
In order to replicate the 3D features of silicon to PDMS, while heated in 

furnace, glass should reflow into the cavities of silicon and fill them completely. To 

achieve this, the reflow temperature and duration should be properly set. In an ideal 

case, it is desired to ramp the furnace temperature to the softening point of Borofloat 

wafer (820 °C) for enough time to ensure that the glass wafer reflows and fills the 

cavities etched in silicon. However, as the temperature of the furnace is being 

increased, small bubbles start to form on the surface of the glass wafers, which at some 

cases can occur inside the silicon cavities, hence deforming the final shapes and 

geometries in glass. The presence of such bubbles on the surface of glass wafers can be 

attributed to the re-boiling effect, which usually occurs at high temperatures on the 

junction of non-well controlled surfaces (in this case, the anodic-bonded surface of 

glass and silicon) [15]. Bubbles appear on the surface of glass structure where it faces 

the silicon wafer.  In this work, attempts have been taken to avoid the presence of such 

detrimental effects as much as possible. Figure 4-3 shows the surface images of glass 

wafers after being heated at 800 °C for 20 minutes and 760 °C for 8 hours. The glass 

wafers were bonded to blank silicon wafers prior to placing in the furnace and the 
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silicon wafers were removed after the glass reflow procedure. Furthermore, Figure 4-4 

shows the SEM images of the surface of the glass wafer, which contain some 

structures, after the reflow process at 760 °C for 8 hours. These defects, if untreated, 

will be transferred to the PDMS mold, and leave additional small and round pieces of 

PDMS atop the mold on the spots of the defects. 

In order to alleviate the re-boiling effect, we adjusted three factors including 

temperature ramp rate, reflow temperature, and reflow time. The furnace temperature 

was ramped to the target point gradually (10 °C/min). As illustrated in Figure 4-3 and 

Figure 4-4, this factor solely cannot help to eliminate the defects on the surface of glass 

but sudden increase of the furnace temperature will result in the formation of much 

more bubbles. Furthermore, the furnace temperature was reduced to below the 

 

 
Figure 4-4. SEM images of glass structure after heat treatment at 760 °C for 8 hours and silicon 

removal (a) Glass master device with bubbles spread around and (b) close-up view of bubbles on the 

surface of glass master. 
 

 

 
 

 

 
 

 

 
 

 
Figure 4-3. (a) glass surface after heat treatment at 760 °C for 8 hours and (b) glass surface after heat 

treatment at 800 °C for 20 minutes. Reboiling effect has caused the formation of small bubbles on the 

surface of both wafers. 
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softening point of Borofloat for a various range of time. Then, the furnace temperature 

and the reflow time were recorded. Table 4-1 reports the conditions which resulted in a 

bubble-free glass surface with a check-mark () and those which resulted in the 

 

 
Figure 4-5 Bonded surface of glass and silicon after reflow process. The device was placed 

in a furnace at 720 °C for 4 hours and then at 760 °C for 30 minutes. 
 

 
 

 

 
 

 

 
 

 

 

              Time 

       Temperature 
20 MINUTES 40 MINUTES 8 HOURS 

700°C    

720°C    

750°C    

770°C    

800°C    

 

Table 4-1 Reflow temperature and time effect on the formation of 

bubbles on the surface of glass 
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formation of bubbles on the surface of the glass with a cross-mark (). In order to both 

obtain a bubble-free glass structure and ensure complete reflow of glass in the silicon 

cavities, it was chosen to first maintain the furnace temperature at 720 °C for 4 hours 

and then ramp the furnace temperature to 760 °C for 30 minutes. As Figure 4-5 shows, 

glass has completely filled the silicon cavity using the above temperature and time 

settings.  

 

4.3.2 3D Pattern Transfer from Silicon to Glass and PDMS  

 

Figure 4-6 shows images of several glass microstructures after they are released 

 

 
 

Figure 4-6.  SEM images of several glass device prototypes after silicon release. The glass structures 

include replica of channels/cavities with different height and width.(a) capillary network, (b)micro-

flow cytometry chamber, (c)spiral, and (d)cell migration passageways. Scale bar represents the 

actual dimension only in lateral-direction as the images are tilted in vertical-direction.  
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from silicon, clearly depicting out-of-plane structures with different heights and widths. 

Figure 4-7 shows the images of several PDMS prototypes fabricated using the glass 

structures as master. As the glass wafer fills the silicon cavities after the reflow 

process, all the features of the original structures are transferred to the PDMS mold. 

 

The surface of the PDMS mold is, however, very smooth on the area that the glass 

wafer was faced the un-etched area of the silicon wafer. These complex 3D devices can 

find numerous applications including microfluidic mixing, cell and particle separation 

and enrichment, and droplet splitting. The ability to create both constant depth and 

variable depth channels increases the design flexibility of all of these devices. The 

structure in Figure 4-7a is a capillary network with channel depths ranging from 10μm 

 
 

Figure 4-7.  SEM images of several 3D microfluidic devices made in PDMS using the master 

structures depicted in Figure 6. (a) capillary network, (b) micro-flow cytometry chamber, (c) spiral, 

and (d) cell migration passageways with the inset showing 90
0
 rotated image. Scale bar represents 

the actual dimension only in lateral-direction as the images are tilted in vertical-direction. 
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to 80 μm which can be used to simulate blood vessels in the human body. Similar types 

of structure have been fabricated by melting photoresist to form the master structures 

[150, 151], however, this method requires additional steps of lithography to enable 

controlling the width and depth of the channels simultaneously.  Figure 4-7b shows a 

microchannel composed of 400 μm-wide, 20 μm-deep chambers which are connected 

by smaller channels measuring 7 μm in both depth and width. This structure may be 

used for flow cytometry to observe a single particle at a time. Using this 3D 

architecture, particles from a large main channel can be brought into a small focus 

channel where they are positioned in width and depth for imaging. Figure 4-7c shows a 

spiral which varies smoothly in depth from 25 μm to 50 μm and in width from 25 μm to 

100μm. In Figure 4-7d, two 50 μm deep main channels are separated by a series of 

smaller channels which are 15 μm-deep and 20 μm-wide. This structure may be used to 

study cell migration through narrow passageways.  

 

4.3.3 PDMS Devices with 3D Properties 
 

In order to demonstrate the versatility of this 3D fabrication process, 3D 

insulator-based dielectrophoresis (iDEP) devices were created and tested. iDEP 

microfluidic devices have been used to trap and sort bacteria, viruses, cells, and beads. 

Dielectrophoresis is the motion of polarizable particles that are suspended in an 

electrolyte when subjected to a spatially nonuniform electric field [152]. The DEP 

force felt by a spherical particle suspended in a medium is given by equation (4-3): 

 

  23 Re2 E CMmDEP fRF   (4-3)    

 

where R is the radius of the particle, m  is the permittivity of the medium, E is 

the local electric field, and ]Re[ CMf is the real part of the Clausius-Mossotti factor. Fluid 

flow in iDEP devices is generated by electrokinetic (EK) flow. For a particle to become 

trapped in these devices, the DEP force must be larger than the EK force on the 

particle. Mathematically, this is [153] given by equation (4-4): 
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where  EEu DEPDEP    and 
DEP are the DEP velocity and mobility of the 

particle, respectively, and Eu EKEK   and EK are the EK velocity and mobility of the 

particle, respectively. The DEP force increases as the square of the electric field while 

the EK increase linearly with the electric field. Thus, as the electric field strength 

increases, the DEP forces become dominant. When the DEP overcomes the EK flow, 

the particle is trapped. In iDEP, insulating structures are used to create the required 

 

 
Figure 4-8 Trapping and release of 2 µm beads. (A) No voltage (B) 150 V is applied (C and D) 

Voltage is turned off and particles are released. 
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electric field gradient.  

The 3D iDEP device presented herein consists of a 1.2 mm-wide, 90 µm-deep 

main channel and a 70 µm-wide, 30 µm-deep trapping channel. The transition between 

the two channels is smooth.  Typical iDEP devices contain constrictions in width to 

create the required non uniform electric field [154, 155]. However, recently it has been 

shown that 3D geometries can enhance the performance of iDEP devices by decreasing 

the applied voltage required for operation [156, 157]. The 3D fabrication enhances the 

performance of the devices by creating larger gradients over wider areas when compare 

to those obtained in fixed depth devices. The 3D geometry allows for large cross-

sectional area constrictions within a short space. These sharp constrictions create high 

 

 

 
Figure 4-9 Trapping and release of 0.5 µm beads. (A) No voltage (B) 350 V is applied (C and D) 

Voltage is turned off and particles are released. 
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electric field gradients which in turn lead to high DEP forces. Thus, a 3D device is able 

to create stronger DEP forces than a 2D device with the same footprint. This allows for 

operation at lower applied fields.  

For our experimental setup, 0.5 µm and 2 µm diameter polystyrene beads were 

suspended in DI water with a measured conductivity of 760 µS/m. The solution was 

flowed through the microfluidic device and voltage was applied along the length of the 

channel from the 1cm spaced reservoirs. Trapping of 2 µm beads was obtained at 150 V 

with over 90% of all particles trapped (Figure 4-8). The trapping was shown to be 

reversible with 100% of the trapped particles released when voltage was removed. 

Trapping of 0.5 µm beads was obtained at 350 V with over 85% of all particles trapped 

(Figure 4-9). The trapping was shown to be reversible for 90% of the particles while 

the remainder became fixed to the channel floor.  

iDEP devices typically require applied voltages from 400 V/cm to 1200 V/cm 

[153, 158-161]. However, the 3D slopes in our device allowed for trapping at 150 V. 

Lowering the required applied voltage decreases the joule heating in the channel which 

can kill biological particles and can create unwanted thermal currents in the device. 

Additionally, lowering the operating voltage decreases the complexity and cost of the 

electronics needed to actuate the device. Thus, the performance of the iDEP devices is 

enhanced by our 3D fabrication method.  

 

4.4  Conclusion 

 
The presented method provides a novel, low-cost, high-yield process to develop 

3D in-plane PDMS devices whose realization with other methods such as conventional 

multiple lithography and etching steps for forming the master is very difficult if not 

impossible. The width and depth of the structures can vary from a few hundred microns 

down to a few microns while transition between these changes can be controlled to be 

gradual. It is also notable that out-of-plane structures are formed in glass substrates in 

this technique. The main advantage of using the method described in this paper is the 

ease of the release of the glass master from the silicon structure. As the glass substrate 

contain out-of-plane structures, releasing the PDMS device is not difficult. If one wants 

to use an elastomer instead of glass and peel it off from the in-plane silicon substrate, 



76 
 

the released structures are very likely to be damaged due to the undercut features 

present in the isotropically etched silicon structures.  

Several microfluidic structures in PDMS have been demonstrated that can be 

used for cellular analysis, bioparticle enrichment, and bio-inspired network formation. 

In particular, 3D structures were developed in PDMS for insulator-based 

dielectrophoresis.  It was shown that these devices can operate at voltages which are at 

least a factor of 2 lower than voltages required to operate their 2D counterparts.  

Enrichment of 500 nm and 2 µm were successfully demonstrated using applied voltages 

of 350 V and 150 V, respectively.  The trapping efficiency was measured to be more 

than 80%.  The high-performance 3D iDEP can be used to enrich bacteria and other 

biological particles finding a variety of applications ranging from water and food safety 

to counter-terrorism. 
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5 3D Insulator-based Dielectrophoresis using DC-Biased, AC 

Electric Fields for Selective Bacteria Trapping 
 

5.1  Introduction 

 
Dielectrophoresis (DEP) is a well-known electric field based technique for 

separating, moving, and trapping biological particles. DEP devices have been shown to 

separate and concentrate beads, bacteria, viruses, and mammalian cells [162]. The DEP 

effect is the motion of polarizable particles that are suspended in a dissimilar media 

when subjected to a spatially nonuniform electric field [6]. Conventional microfluidic 

DEP techniques utilized microfabricated electrodes to generate non uniform electric 

fields. These electrode-based DEP (eDEP) designs utilized sharp electrodes and 

narrowly spaced electrodes to create large electric field gradients and thus large DEP 

forces [14-17]. eDEP devices put the target particles close to the electrodes, which 

present complications if the electrodes are not chemically inert. Additionally, adding 

microfabricated electrodes to a microfluidic device requires an additional 

photolithographic mask and deposition step, which increases the cost and somewhat 

complexity of the device.  

An alternative microfluidic technique for generating DEP forces is insulator-

based dielectrophoresis (iDEP). First proposed by Cummings and Singh, iDEP uses 

insulating structures rather than electrode patterns to produce the nonuniform electric 

fields necessary for DEP[24]. These device are very inexpensive as they lack embedded 

electrodes, are simple to fabricated, and can be made of a large variety of economical 

materials such as glass and polymers[25, 26].  iDEP devices have been used for a wide 

range of applications including manipulation of bacteria, viruses, cells, and beads [26-

29].  

iDEP devices typically utilize a large DC voltage applied to the fluidic 

reservoirs of the microfluidic device to operate. This creates electric fields throughout 

the channel which move the target particles through the channel by electroosmosis 

(EO) and electrophoresis (EP), as well as trap the particles with dielectrophoresis 

(DEP). One disadvantage of iDEP is the large voltages necessary for operation. This 

increases the cost and complexity of the driving equipment. Additionally, large DC 
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voltages lead to Joule heating within the channel. This can affect the viability and 

physiology of the target bioparticles [109, 163]. Also, Joule heating in microfluidic 

channels can create temperature gradients which lead to electrothermal (ET) fluid flow 

within the channel[111-116]. ET flow typically results in unwanted circulations in DEP 

devices which decreases performance[118]. 

Recently, several researchers have begun to actuate iDEP devices with DC-

biased AC electric fields. Hawkin et. al demonstrated the first reported use of this type 

of actuation[96]. In that work, an iDEP channel was used to continuously deflect 

polymer beads and separate them by size. The effects of the AC to DC electric field 

magnitude and the constriction ratio of the channel were studied both theoretically and 

experimentally. Other studies have used 2D microfluidic devices to manipulate 

particles with DC-biased AC electric fields. Zhu and Xuan investigated the effect of the 

AC to DC electric fields on the ability to focus a stream of polymer beads[164]. 

Lewpiriyawong et. al used a modified H filter to separate polymer beads by size by 

deflecting them to different fluidic outlets[165]. In a different study, Lewpiriyawong et. 

al demonstrated device trapping  of polymer beads and yeast cells in a high constriction 

iDEP device[166]. All of these studies also concluded that the use of DC-biased AC 

electric fields lowered the total voltage necessary for operation.  

Another method to decrease the operating voltage of iDEP devices is to use 

three dimensional (3D) structures. 3D constrictions within a microfluidic channel can 

create high constriction ratios, which are ratios of the largest cross sectional area of the 

channel to the smallest cross sectional area. Previously, our group has developed a 

fabrication technology for creating three dimensionally varying structures with a single 

photolithographic mask. Utilizing a phenomenon known as reactive ion etch lag (RIE 

lag), a single plasma etch can create structures on a silicon substrate which vary in 

height, width, and depth simultaneously[124]. Using these structures, we have created 

high constriction ratio devices which achieve 100% trapping of 2 μm particles with an 

applied potential of only 100 V [167, 168], an order of magnitude lower than the 

potentials used to operate traditional 2D designs. Additionally, others have used  3D 

iDEP devices to trap bacteria with potentials as low as 50 V [123].  

This paper presents the theory, fabrication, and testing of a new 3D iDEP 



79 
 

device. The device is fabricated using our newly developed 3D PDMS technique and 

used to selectively trap and separate Escherichia coli (E. coli) and 1 μm polystyrene 

beads as well as live and dead Staphylococcus aureus (S. aureus). The 1 μm beads were 

chosen because they are similar in size to E. coli and thus difficult to separate with only 

DC fields.  Both negative and positive DEP was observed over a frequency range of 

DC to 600 kHz. This is the first reported use of DC-biased AC fields to selectively trap 

bacteria.  

 

 

5.2  Theory 

 
Dielectrophoresis is the motion of polarizable particles that are suspended in an 

electrolyte when subjected to a spatially nonuniform electric field [6]. The DEP force 

felt by a spherical particle suspended in a medium is: 

 
FDEP = 2πR3εmRe[fCM]|E|2  (5-1) 

 

where R is the radius of the particle, εm  is the permittivity of the medium, E is the 

local electric field. Re[fCM]  is the real part of the Clausius-Mossotti factor which is: 

 

fCM = (ε p * - ε m *)/( ε p * +2 ε m *)  (5-2) 
 

where εp* and εm* are the complex permittivities of the particle and the medium, 

respectively. Complex permittivity is defined as: 

 

ε* = ε + /(j) (5-3) 
 

 Thus,  FDEP will fluctuate greatly depending on the operating frequency and can 

even change direction. At DC and very low frequency fields, DEP separation of 

bioparticles is mostly dominated by the size difference of the particles due to the cubed 

radius term and the low conductivity of cellular membranes. However, at high 

frequencies, the fields are able to penetrate the cell membrane into the electrically 

conductive cytoplasm. Thus cells can have a higher DEP frequency dependency than 

solid particles. If a particle is attracted to a region with a high electric field, it 

experiences positive DEP (pDEP). Conversely, if a particle is repelled by a region with 
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a high electric field, it experiences negative DEP (nDEP). In order for a particle to 

become trapped in these devices, the DEP force must overcome the electrokinetic 

forces. Fluid flow in these devices is driven by electroosmotic (EO) flow.  Additionally 

particles move with respect to the fluid due to electrophoresis (EP). Under steady state, 

a force balance among EP, EO, DEP and Stokes drag forces results in a terminal 

particle velocity which can be expressed as [96]: 

 

u = µDEPE2 + µEOE + µEPE  (5-4) 

 

where µDEP, µEO, and µEP are the DEP, electroosmotic, and eletrophoretic mobilities. 

DC electric fields have a significant impact on the electrophoresis, electroosmosis and 

dielectrophoresis of a particle. However, the EO term and the EP term are linearly 

dependent on the electric field while the DEP term is non-linearly dependent on the 

electric field. Consequently, DEP trapping can be achieved by increasing the electr ic 

field until the DEP term dominates the equation; however, this can lead to very high 

applied potentials (~1000V) [31]. This is undesirable as it leads to increased Joule 

heating which complicates the fluid flow and can damage the biological particles of 

interest.  In this work, an AC signal with a DC offset is used. The ratio of the 

magnitudes of the applied electric fields is α: 

E = EDC + EAC = EDC (1 + α) (5-5)

  

 
α = |EAC| / |EDC|  (5-6) 

 

Substituting Eq. (6) into Eq. (4). and integrating over one period of oscillation shows 

the time average velocity of the particle as a function of the DC electric field and α [96]:  

u = (α2 + 2) µDEPEDC
2 + (µEO + µEP)EDC (5-7) 

 

In this case, The DC offset still provides motion of particles through the channel 

as well as some DEP force. The AC electric field, however, provides only a DEP force 

that is tunable. As the frequency is increased, the DEP term dominates the equation and 

only dielectrophoresis is significant [96]. While mathematically, the AC fields 
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contribute to an instantaneous EO and EP velocity, these components average to zero 

over one period of the applied signal. As a result, their effects are negligible for high 

frequencies (f~1kHz). The ratio α can be used to adjust the strength of the DEP force 

relative to the total electric field.  Therefore particle concentration can be achieved at 

lower voltages by increase the AC component and decreasing the DC component of the 

electric field signal.   

In our device, the insulating 3D posts constrict the current, creating a high 

electric field between the posts and a low electric field away from the posts. Due to the 

fluid flow, particle experiencing pDEP will be trapped on the downstream end of the 

posts and particles experiencing nDEP will be trapped on the upstream end of the posts. 

By varying the frequency and α of the applied signal, particles can be selectively 

trapped based on their geometry and electrical properties. Additionally, the 3D 

geometry increases the gradient of the electric field by providing a larger change in 

cross sectional area for current to pass through. This allows for large DEP forces to be 

generated with low applied electric fields. 

 

5.3  Experimental Procedure 

 

5.3.1  Device Fabrication 

 

PDMS devices are fabricated according to our recently developed 3D polymer 

fabrication technique [169].  Fabrication (Figure 5-1) starts by depositing and 

patterning an oxide layer. Silicon is etched isotropically using SF6 plasma. We utilize 

reactive ion etch (RIE) lag and our published models [73, 124] to smoothly and 

arbitrarily vary the depth of the microfluidic channel in a single-etch-step process by 

changing the geometrical pattern on the mask layout. Silicon is bonded to a Pyrex 

wafer under vacuum and then heated to 700°C for 8 hours. The Pyrex substrate is 

melted and fills the cavities on silicon. Silicon is then completely etched with a KOH 

solution and the Pyrex wafer is used as a master mold for PDMS. Molded PDMS 

devices were then bonded to glass substrates after being treating with oxygen plasma.  

The resulting microchannels are 90μm deep containing microposts spaced 40μm with 
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the depth of 40μm for the constriction region between the posts (Figure 5-2).  

 

5.3.2 Experimental Setup 

 
A function generator (4079, BK Precision) was connected to a power amplifier 

(EW2350, Tegam) which provided up to 200Vp-p across a frequency range of DC to 

1MHz. An oscilloscope (DL1300A, Yokogawa) was connected to the monitor output of 

the amplifier to observe the applied waveforms for distortion. The PDMS-based 

microfluidic devices were placed in vacuum for at least 30 min before experiments 

were run to reduce priming issues.  The electrodes were placed in the fluid reservoirs, 

spaced 1cm apart. Experiments were observed using an inverted fluorescent microscope 

(Axio Observer Z1) and videos of all trapping experiments were acquired using a CCD 

color camera and a dual band excitation filter. One method of quantifying the 

effectiveness of the DEP trap is the use of light intensity measurements. All of the 

particles used in this work were fluorescent. During DEP trapping experiments, as the 

number of particles trapped in the DEP device increased, the intensity of the light also 

increased. Using ImageJ (NIH), a region of interest was chosen around the microposts, 

where the DEP trapping occurred, and the intensity of the light in this region was 

 

Figure 5-1 Device fabrication process flow. (A) Top view of DRIE lag mask design (B) Pattern oxide 

mask  (C) DRIE lag  3D silicon etch (D) Anodic bonding of pyrex wafer (E) Melt pyrex into silicon 

mold (F) Etch all silicon with KOH (G) Pour PDMS over pyrex master and cure (H) Remove PDMS 

from glass master and punch ports (I) Plasma bond to glass slide, attach reservoirs, and insert 

electrodes 
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quantized for the last frame before the electric signal was removed. The size, shape and 

location of the region of interest were held constant throughout the experiments. These 

experiments were repeated ten times in random order and the results were averaged at 

each applied signal frequency. 

 

5.3.3 Sample Preparation 
 

Escherichia coli (E. coli) strain MG1655 was grown in LB medium containing 

1% tryptone, 0.5% NaCl, and 0.5% yeast. Tetracycline was applied as the antibiotic at 

5μg/mL  concentration since the strain contained pHC60, a stably maintained plasmid 

that constitutively expresses GFP useful for fluorescent microscopy analyses.  

Staphylococcus aureus (S. aureus) (ATCC 12600) was cultured in brain heart infusion 

media. All controls were cultured in 100 mL of their respective broth medium at 37 °C 

and 165 rpm to the exponential growth phase (OD600 ~0.5). Cells were transferred into 

two sterile 50 ml centrifuge tubes and subjected to three washes by centrifugation 

(5000 × g for 10 min) and resuspension in 1X PBS. Quantification of bacteria was done 

microscopically using a hemocytometer (counting chamber), and by colony forming 

unit (CFU) counting of dilutions where colony numbers ranged between 30 and 

Figure 5-2  (A) SEM of a iDEP device comprised of 3D microposts. (B) SEM of the cross section of 

the posts showing the depth change of the structures 
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300. For all experiments, E. coli cells, S. aureus cells, and red fluorescent polystyrene 

beads (Flourospheres, Invitrogen) were centrifuged and resuspended 3 times in DI 

water with a measured conductivity of 800 µS/m. No surface modifications were made 

to the beads. The DI water conductivity was measured with a solution conductivity 

meter (SG7, Mettler Toledo, Scherzenbach, Switzerland). The cells were diluted to a 

final concentration of 1x10
8
 cells/mL. For experiments with a mixture of fluorescent 

beads and E. coli, the fluorescent beads were also diluted to a concentration of 1x10
8
 

beads/mL. For the live/dead separation experiments, dead cells were obtained by 

heating an aliquot of live cells for 20 min at 80°C. Live and dead S. aureus cells were 

then labeled with the Syto 9 and propidium iodide stains from the Live/Dead Baclight 

Bacterial Viability Kit (Molecular Probes, Eugene, OR). The solutions of live and dead 

cells were then mixed in equal parts.  

 

5.4   Results  

 

5.4.1 Characterization of Particles 

 
E. coli, and 1 μm and 4 μm polystyrene beads suspended in DI water were 

placed in the channel. Particles which are different in size can be separated easily due 

to the cubed radius term in the DEP force shown in equation 5-1. For example, with 

this device, we observed 100% trapping of 4μm polystyrene  beads with an applied DC 

potential of 30V. Both E. coli and 1μm polystyrene beads trapped at DC potentials of 

100V. Thus, while the 4μm beads may be separated from E. coli with DC fields, the 1 

μm beads require a more complex separation strategy.  

 The frequency response of the E. coli was evaluated by holding α constant at 19 

(10 VDC and 190 VACpp) and sweeping the frequency from 1kHz to 600kHz. Under 

these conditions, both pDEP and nDEP trapping of E. coli was observed (Figure 5-3A 

and 5-3B). The observed nDEP trapping was able to trap 100% of the E. coli that 

passed through the constriction region; however, the pDEP trapping was much weaker 

and was only able to trap approximately 20% of the E. coli. Trapping was measured 

after 30 seconds of applied field by quantifying the intensity of the fluorescent in the 
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trapping region of the device (Figure 5-3C). As seen in Figure 5-3C, when no trapping 

occurred, the background fluorescent intensity observed was between 20-40 arbitrary 

units (AU). This resulted neither from particle trapping or fouling but from particles 

moving through the trapping region. In other words, only intensities above 40 AU 

indicate DEP trapping. Particles trapped in the upstream half of the constriction were 

under pDEP while those trapped in the downstream half of the constriction were under 

nDEP. The E. coli showed nDEP trapping below 5kHz and pDEP above 100kHz with 

no trapping between 6kHz and 90kHz, putting the DEP crossover frequency in this 

region. The frequency response of the polystyrene beads suspended in DI water was 

 
Figure 5-3  E. coli trapping at α =19 and VACpp = 190 by (A) nDEP at 2kHz (B) pDEP at 400kHz. 

Fluid flow is from left to right (C) Frequency response of trapping of E. coli, live S .aureus, dead S 

.aureus and beads as function of frequency 190VACpp offset by10 VDC (α =19) (n=10).  
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evaluated with the same methodology. The beads did not show any observable response 

to the AC fields. This indicates that the E. coli are more responsive to high α DEP in 

this frequency range. These tests were repeated for both live and dead S. aureus cells as 

well. As shown in Figure 5-3C, it was observed that the live S. aureus cells behaved 

very similar to the E. coli cells in both the positive and negative DEP regimes. This is 

not surprising as it has been previously reported that S. aureus and E. coli have similar 

DEP responses below 1MHz [170]. The dead S. aureus cells, however, performed very 

differently. At frequencies below 10khz, there was no observable response from the 

dead cells. pDEP of the dead cells was observed at frequencies of 100kHz although the 

trapping was observed to be slightly weaker than that of live cells at high frequencies.  

 

5.4.2 Separation of Particles 

 
E. coli and 1μm beads were mixed into a single solution in DI water and placed  

in the channel. Similar, live and dead S. aureus were mixed into a single solution in DI 

water and placed in a separate channel.  Separation was obtained by fixing the 

frequency to 2kHz for nDEP  and 400kHz for pDEP to maximize E. coli and live S. 

aureus trapping. Holding the magnitude of the sum of VDC and VACpp constant at 

200V, the value of α was varied. After 30 seconds, the intensity of the different colors 

were quantified in the trapping region. Figure 5-4A and Figure 5-4B show the results 

for operation at 2kHz and 400kHz, respectively. The background fluorescent intensity 

was observed to be between 20-40 AU. This means only values above 40 indicate 

particle consistent accumulation and trapping. The trapping of all particles increased 

with decreasing α due to the increased electroosmotic fluid flow and hence larger 

number of particles crossing the trapping region in the 30s timeframe.  

For both the pDEP and nDEP frequencies, the E. coli separated easily from the 

beads for high values of α. However, for low values of α both E. coli and beads were 

trapped as the DC component of the DEP force became more dominant. If the extreme 

is considered, when α = 0 and only DC fields are applied, both E. coli and 1um beads 

are trapped making separation very difficult. It should be noted that all observed 

trapping of beads was nDEP due to the DC component of the applied signal. While 

there was some fouling of polystyrene beads in the channel, no beads were observed 
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trapping at α = 9 or 19 (Figure 5-5). Figure 5-5A and 5-5B show the E. coli being 

trapped and then release back into the sample, when the AC voltage is removed. Using 

these operating conditions, it is possible to completely separate the E. coli in a sample 

from the beads by running the entire sample through the device to selectively trap E. 

coli and then running a clean media through the device and releasing the bacteria.  

At 2 kHz, live and dead S. aureus separated readily for all conditions except the 

lowest value of α test (Figure 5-4A). For these conditions, the live cells trapped while 

the dead cells passed through the DEP trap, unaffected. At 400kHz, separation was 

much more difficult. For all values of α tested, more live cells trapped than dead cells 

(Figure 5-4B). However, neither the trapping of live cells nor the separation from dead 

 Figure 5-4 Quantification of selective trapping as a function of α for (A) nDEP at 2kHz (pDEP) at 

400kHz. (n=10) 
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cells was completely efficient. Some dead cells were found to reversibly trap at all 

values of α. Thus separation in the nDEP regime is preferred. Figure 5-5C shows an 

example of an nDEP regime trapping of both live and dead S. aureus for a low value of 

α. Conversely, Figure 5-5D shows trapping of live S. aureus but not dead S. aureus for 

high value of α. 

 

5.5   Discussion and Concluding Remarks 

 
In this paper we have: (1) presented the first reported trapping based 3D DC-

biased AC field iDEP device,  (2) demonstrated the first reported bacteria trapping in a 

DC-biased AC field iDEP device, (3) performed separation of E. coli and polymer 

beads, and (4) performed separation of live and dead S. aureus.  

 
Figure 5-5 Fluid flow is from left to right (A) Selective trapping of E. coli (green) from red 1µm 

beads with an applied signal 180Vpp at 2kHz offset by 20VDC. (B) The AC signal is removed and 

the cells are released. (C) Trapping of both live (green) and dead (red) S. aureus with an applied 

signal of 150VACpp at 2kHz offset by 50VDC. (D) Selective trapping of live S. aureus cells from 

dead S. aureus cells with an applied signal of 180VACpp at 2kHz offset by 20VDC. 
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 The present device successfully trapped 1µm bioparticles with a total voltage of 

200V which is the lowest reported for trapping with a DC-biased AC field iDEP device 

to date. The closest, is a work by Lewpiriyawong et al., who demonstrated trapping of 

5µm diameter yeast cells in a 2D channel with a total voltage of 600V[166]. It should 

be noted that the yeast cells were larger than the bacteria used in this work, and thereby 

easier to trap according to Equation 5-1. Several others have demonstrated DC-biased 

AC field iDEP devices which operate at lower voltages for particle deflection, however 

significantly weaker DEP forces can be used for those techniques[164, 165].  

The reason for the decreased operating voltage is the 3D structures. As we have 

demonstrated previously[168], 3D iDEP devices can operate at significantly lower 

voltages than 2D devices. iDEP devices create the nonuniform electric field necessary 

for DEP by forcing the electric current in fluidic channel to curve around insulating 

structures. This concentrates the current density in some areas more than others, 

creating electric field gradients. The larger the geometric gradient of the channel walls, 

the larger the electric field gradient will be. 3D fabrication provides a method to 

increase the geometric gradient of the channel walls for a fixed device size.  

Separation of E. coli from polystyrene beads was found to be very easy in both 

the pDEP and nDEP regimes for high values of α. Thus a large AC component enables 

a finer control over the separation. This is due to the fact that at DC, the particles are 

both insulators of similar size and experience similar DEP forces. Therefore, while 

separation may be possible with only a DC potential, it is much more difficult.  On the 

other hand, increasin the DC component increases the flow rate and throughput of the 

device. For optimum performance, the separation should be carried out at the lowest α 

for which no bead traps, which was experimentally found to be α = 9.  

The ability to separate live S. aureus cells from dead S. aureus cells is due to 

differences in the cell membrane. When a cell dies, the membrane become permeable, 

increasing its conductivity by four orders of magnitude [30]. This change is particularly 

important at low applied signal frequencies since the cell membrane dominates fCM at 

low frequencies. This explains how the live and dead cells readily separated in the 

nDEP regime. At high frequencies the membrane is not as dominant, which increases 

the difficulty of the separation. This was reflected experimentally by a decrease in 
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selectivity in the pDEP regime.  

These results show the feasibility of selectively trapping bio-particles with 

either positive or negative DEP in the same iDEP device using DC-biased AC fields. 

Due to the flexibility, selectivity, economy of fabrication, and portability of these 

devices, they have the potential to realize critical bioparticle applications such as 

monitoring drinking water for harmful pathogens.  
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6 Off-chip Passivated-electrode, Insulator-based 

Dielectrophoresis (OπDEP) 

 

6.1  Introduction 

Dielectrophoresis  Dielectrophoresis (DEP) is a well-known electric field 

based technique for separating, moving, and trapping micron-scale particles. DEP has 

been shown to be particularly useful for characterizing biological cells. The small size 

of cells (~1-10 µm) allow for the necessary high electric fields to be generated with 

relatively low applied voltages. The other strength of DEP is that it allows for many 

independent variables, such as signal magnitude, signal frequency, signal waveform, 

and electrode spacing to be used to control the manipulation. This results in the ability 

to separate very similar particles. Thus, the technique has spread to a wide range of 

biological applications including bacteria[171], yeast[8], mammalian cells[9], 

viruses[10], and proteins[11].  

Traditionally, electrode-based DEP (eDEP) devices create nonuniform fields 

with electrode designs including sharp electrodes and narrowly spaced electrodes[14-

17]. Indeed, the majority of DEP devices reported in literature utilize microfabricated 

electrodes. The use of micropatterned electrodes allows for strong local electric fields, 

however, it increases the cost and complexity of fabrication. For biological 

applications, both avoiding contamination and device cost are a concern, thus it is 

desirable for the microfluidic components to be low cost and disposable.  

Alternatively, insulator-based DEP (iDEP) uses insulating structures rather than 

electrode arrays to produce the nonuniform fields needed to drive DEP and to remove 

the threat of gas evolution due to electrolysis[31]. iDEP microfluidic devices have been 

used to manipulate a wide range of particles including bacteria, viruses, cells, and 

beads[26-29]. In iDEP devices, the electric voltages are applied along the entire length 

of the microchannels which leads to a large heat buildup[110]. Also, the electrodes 

must be brought in contact with the solution, which can lead to contamination issues.  

In this paper, we present the first reported off-chip passivated-electrode, 

insulator-based dielectrophoresis microchip (OπDEP). This technique allows for 

inexpensive devices to create strong DEP forces with low Joule heating, leading to a 
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high throughput microfluidic system. Our device uses insulting structures within the 

channel as well as parallel electrodes to create DEP forces by the same working 

principle that iDEP devices use. Additionally, unlike eDEP and iDEP, no physical 

electric connections are made to the microfluidic chip. Thus, a new, inexpensive 

microfluidic chip may be used for each experiment while the electrodes may be reused.  

The resulting devices create DEP forces which are larger by roughly two orders of 

magnitude for the same applied voltage when compared to eDEP which relies on 

parallel electrodes alone to produce the DEP forces. In order to demonstrate this 

technology, we trapped Escherichia coli (E. coli), a known waterborne pathogen, from 

water samples at flow rates as high as 1200 μl/hr. We also selectively concentrated 

bacteria from a suspension of polystyrene beads.   

 

6.2  Theory  
 

A schematic of the OπDEP devices is shown in Figure 1. The device is 

composed of a permanent, reusable set of electrodes and a disposable, polymer 

microfluidic chip with microposts embedded in the channel. The microfluidic chip fits 

onto the electrodes as a disposable cartridge. The device operates by capacitively 

coupling the electric fields into the microfluidic channel. Figure 1C shows the 

dominant forces acting on a particle within the device. The main force balance that 

occurs on a particle is between the dielectrophoresis force and the hydrodynamic drag 

force.  

Dielectrophoresis is the motion of polarizable particles that are suspended in an 

electrolyte when subjected to a spatially nonuniform electric field[6]. The DEP force 

felt by a spherical particle suspended in a medium is: 

 
FDEP = 2πR

3
εmRe[fCM] (EE) (6-1) 

 

where R is the radius of the particle, εm  is the permittivity of the medium, E is the 

local electric field. Re[fCM]  is the real part of the Clausius-Mossotti (CM) factor which 

is: 

 
fCM = (ε p* - ε m*)/( ε p* +2 ε m*) (6-2) 
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where ε p * and ε m * are the complex permittivities of the particle and the medium, 

respectively. Complex permittivity is defined as: 

 

 
ε* = ε + /(j) (6-3) 
 
 

Thus, FDEP will fluctuate greatly depending on the operating frequency and even 

change direction. At DC and very low frequency fields, DEP separation of bioparticles 

is mostly dominated by the size difference of the particles due to the cubed radius term 

and the low conductivity of cellular membranes. However, at high frequencies, the 

fields are able to penetrate the cell membrane into the electrically conductive 

cytoplasm. Consequently, cells can have a higher DEP frequency dependency than 

 

Figure 6-1 Schematic of the OπDEP device. (A) Isometric view of the device with the disposable fluidic 

section separated from the reusable electrodes (B) Device under operating conditions with the two parts 

assembled (C) Close-up view of the functional region of the device showing the relevant forces and 

dimensions. During operation, the microposts within the channel are aligned with the electrodes as 

shown.  
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solid particles. If a particle is attracted to a region with a high electric field, it 

experiences positive DEP (pDEP). Conversely, if a particle is repelled by a region with 

a high electric field, it experiences negative DEP (nDEP). As the DEP force on a 

particle passes from pDEP to nDEP or vice versa in frequency space, a frequency point 

exists where the DEP force on a particle is zero, regardless of the magnitude of the 

electric field gradients. This point is known as a crossover frequency.  

Fluid is moved through the channel by a pressure driven flow. The drag force on 

a spherical particle in a fluid at a low Reynold’s number is given by:  

 
 
FDrag = 6ηRπ(upf) (6-4) 
 
 

Where R is the radius of the particle, η is the viscosity of the fluid, and u pf is the 

relative velocity of the particle with respect to the fluid. For a particle in our DEP 

devices, a force balance occurs between drag and dielectrophoresis as shown by 

particle P1 in Figure 1C. In order for a particle to become trapped in these devices, the 

DEP force must overcome the drag force on the particle (FDEP >= FDrag) as shown by 

particle P2 in Figure 1D. Thus, DEP trapping becomes more difficult as the fluid 

velocity is increased. 

As Equation 1 shows, the DEP force is proportional to the gradient of the 

electric field squared. In our design, insulating structures within the channel enhance 

this gradient and greatly increase the DEP force over the interdigitated electrode 

design. This enables the device to operate at high flow rates and low frequencies.  

 

6.3  Methods and Materials 
 

6.3.1 Device Designs 

 
Three different designs are used in this work (Table 1). The microfluidic 

channel for all the devices has a cross section of 2 mm x 50 μm and a length of 2 cm. 

Device 1 is similar to a previously reported design[172] consisting of a microfluidic 

channel with no features and electrodes with a width of 200 μm and a spacing of 200 

μm. This design is present in this work to compare to the innovative designs. The DEP  
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  Electrode Electrode Microposts 

  Width Spacing Present? 

Device 1 200 μm 200 μm No 

Device 2 200 μm 200 μm Yes 

Device 3 4 mm 600 μm Yes 

Table 6-1 Design parameters for each of the different devices.  

 

forces in this device rely on nonuniform fields created by the presence of the off -chip 

electrodes. Devices 2 and 3, which are the new designs and the focus of this study, use 

a microfluidic channel with 100 μm diameter PDMS posts which are spaced 50 μm 

apart.  In these devices, the insulating structures create the nonuniform fields necessary 

for DEP. Device 2 uses electrodes with a width of 200 μm and a spacing of 200 μm, the 

same as Device 1 for evaluation purposes. Device 3 has much larger electrodes with a 

width of 4 mm and a spacing of 600 μm. The wider electrodes of Device 3 increase the 

capacitive coupling between the electrodes and the microfluidic channel, which enables 

DEP trapping at lower frequencies.  

 

6.3.2 Numerical Device Modeling 

 
In order to investigate the electric field distributions within the microchannel, a 

numerical model of the devices was created using COMSOL Multiphysics 3.5 

(COMSOL Inc., Burlington, MA) using the AC/DC module. 3D models were created of 

the three devices in this study. The electrical conductivities used for PDMS, glass, air, 

and deionized water are 8.20x10
-13

 S/m, 1.25x10
-9

 S/m, 3.00 x10
-9

 S/m, and 8.00x10
-4

 

S/m, respectively. The electrical permittivities used for PDMS, glass, air, and deionized 

water are 2.65, 4.65, 1, and 80, respectively. As for the boundary conditions, the 

electrodes were given AC electric potentials and all other boundaries were set to 

electrical insulation. The purpose of the simulations was to evaluate the values of |E|
2
 

as a function of position and frequency. Equation 1 shows that for a given particle and 

medium, |E|
2
 is proportional to the DEP force felt by a particle. Thus the performance 

of the device should be predicted by these simulations.   
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6.3.3 Device Fabrication 

 
 The two-port microchannel devices are 2 cm-long, 2 mm-wide, and 50 μm-deep 

fabricated in polydimethylsiloxane (PDMS). A <100> silicon wafer was patterned with 

photoresist (AZ9200) and etched using an Alcatel AMS-100 Deep Reactive Ion Etcher 

(DRIE) to obtain the structures. Photoresist was stripped and the wafer was then used 

as a master mold for PMDS. Liquid PDMS (Sylgand 184 Silicon elastomer kit, Dow 

Corning, Midland, MI) was mixed to a 10:1 ratio of PDMS monomer and curing agent 

and poured onto the silicon mold. The setup was put into a vacuum chamber for 2 hours 

to remove gas bubbles and then cured for 45 min at 100 ºC. Next, 2 mm holes were 

punched into microchannels for fluidic ports. Finally, the PDMS was plasma bonded to 

a #0 micro cover glass (Electron Microscopy Sciences) which is approximately 100 μm 

thick, forming the microfluidic cartridge. 

On a separate Pyrex substrate, electrodes were formed using the lift -off 

technique. The substrate was patterned with photoresist (AZ9260, AZ Electronic 

Materials). Next, using e-beam evaporation (PVD-250, Kurt J. Lesker Company), a thin 

layer (25 nm) of chrome and then a thicker layer (200 nm) of gold was deposited. The 

excess metal was removed by dissolving the photoresist in acetone. As a technical note, 

a printed circuit board (PCB) could be used for the electrode patterning if the 

transparency of the substrate is not crucial.  

During device operation the microfluidic cartridge is placed onto the electrode 

substrate and aligned such that the insulating structures in the micrchannel are visible 

between the electrodes. It should be noted that the alignment does not have to be very 

precise. As long as the microposts are present between in the electrodes, the devices 

will operate.  The electric fields are capacitively coupled into the microfluidic channel 

and the nonuniform fields necessary for DEP are created by the insulating structures in 

the channel. After running an experiment, the PDMS microfluidic device was easily 

removed from the electrodes and a new device was placed on the electrodes.  
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6.3.4 Cell Preparation 

 
Escherichia coli (E. coli) strain MG1655 was grown at 37 °C in LB medium 

containing 1% tryptone, 0.5% NaCl, and 0.5% yeast to a concentration of 4x10
8
 

cells/ml. Tetracycline was applied as the antibiotic at 5μg/ml  concentration since the 

strain contained pHC60, a stably maintained plasmid that constitutively expresses GFP 

useful for fluorescent microscopy analyses.  For all experiments, E. coli cells, red 

fluorescent 1 μm beads (Flourospheres, Invitrogen), or both were centrifuged and 

resuspended 3 times in DI water with a measured conductivity of 800 µS/m. No surface 

modifications were made to the beads. The DI water conductivity was measured with a 

solution conductivity meter (SG7, Mettler Toledo, Scherzenbach, Switzerland). The 

cells were diluted to a final concentration of 1x10
8
 cells/ml. For experiments with a 

mixture of fluorescent beads and E. coli, the fluorescent beads were diluted to a 

concentration of 1x10
8
 beads/ml. It should be noted that due to a lack of nutrients in the 

DI water, the E. coli cells will eventually die if they are not resuspended in a media 

with nutrients. However, using a flourescdent stain viabilitiy kit (Live/Dead BacLight, 

Invitrogen) the E. coli cells were found to be over 95% viable after being suspended in 

the DI water for 1 hour. This ensured that the experiments were being performed on 

live E. coli cells.  

 

6.3.5 Experimental Setup 

 
A function generator (4079, BK Precision) was connected to a power amplifier 

(EW2350, Tegam) which excited the reusable electrodes with an AC signal of 400 V 

peak to peak (Vpp) with frequencies from 1 kHz to 1 MHz. An oscilloscope (DL1300A, 

Yokogawa) was connected to the monitor output of the amplifier to observe the applied 

waveforms for distortion. The PDMS-based microfluidic devices were placed in 

vacuum for at least 30 minutes before experiments were run to reduce priming issues.  

During device operation, the solution was passed through the OπDEP device using a 1 

ml syringe connected to syringe pump (NE-1000, New Era Pump Systems Inc) to a 

waste reservoir. Once the device was primed, fluid was continually moved through the 

channels at 50 μL/hr for 5 minutes prior to the beginning of the experiments.  DEP 



98 
 

trapping experiments were observed using an inverted fluorescent microscope (Axio 

Observer Z1) and videos of all trapping experiments were acquired using either a CCD 

monochrome camera (Axiocam MRm) or a CCD color camera (AxioCam MRc). For 

experiments where red beads and green stained E. coli were mixed, the optical filter 

was changed between red and green from frame to frame to distinguish the different 

particles.  

For a single DEP trapping experiment data point, the flow rate of interest would 

be applied for 15 seconds to stabilize the flow velocity. Then, the electric signal would 

be switched on and the DEP trapping would be recorded by video. The signal switched 

off after 30 seconds and bacteria were released. The microchannels were inspected 

before every run and cleared of fouled bacteria by increasing the flow rate of the 

syringe pump when necessary. Thus, each data point included only bacteria trapped 

during that run.  

One method of quantifying the effectiveness of the DEP trap is the use of light 

intensity measurements. The E. coli cells used in this work expressed GFP which acted 

as a fluorescent stain. During DEP trapping experiments, as the number of E. coli cells 

trapped in the OπDEP device increased, the intensity of the light also increased. Using 

ImageJ (NIH), a region of interest was chosen around the microposts, where the DEP 

trapping occurred, and the intensity of the light in this region was quantized for the last 

frame before the electric signal was removed. The size, shape and location of the region 

of interest were held constant throughout the experiments. These experiments were 

repeated ten times in random order and the results were averaged at each applied signal 

frequency.  

Another performance metric for the experiments is the capture efficiency (CE) 

which is defined as: 

 

CE = [(I – O)/I] X 100% (5) 

 

where I is the number of incoming bacteria observed on a single frame of the trapping 

video, O is the number of outgoing or escaped bacteria observed on a single frame of 

the trapping video. These measurements were made by counting the bacteria upstream 
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(I) and downstream (O) of the trapping region in the individual frames of the videos 

taken during the experiments. The regions used for counting I and O were the 

identically sized rectangles and remained constant for the experiments. Ten fluid flow 

velocity sweeps from 100 μl/hr to 1500 μl/hr were each completed in random order. To 

obtain a data point representing one flow rate, values of I and O were averaged over the 

ten flow sweeps. For cases where bacteria remained in clusters after being released, the 

clusters were assumed to be flat and the size of the cluster was used to estimate the 

number of bacteria in the cluster. It should be noted that if clusters had multiple 

bacteria stacked in depth, then this method would underestimate the number of 

bacteria.   

 

6.4 Results and Discussion 

 

6.4.1 Numerical Modeling 

 
The results from the numerical model are displayed in Figure 2. In Figure 2A 

and 2B, the 3D geometry used is shown next to the (EE) slice plot for an applied 

signal of 400 Vpp at 300 kHz. It should be noted that the simulation for Device 3 is not 

shown here as it is much larger than devices 1 and 2 due to the 4 mm electrodes. 

However, the electric field distribution for device 3 is virtually identical to that of 

device 2. Figure 2A shows the electric field gradients in Device 1 with a peak gradient 

of about 3.2 x 10
13

 [(mkg
2
)/(s

6
A

2
)]. Figure 2B shows the electric field gradient in 

Device 2 with a peak gradient of about 2.3 x 10
15

 [(mkg
2
)/(s

6
A

2
)]. This means for a 

given applied signal, the introduction of the insulating posts within the channel 

increases values of (EE) by two orders of magnitude when compared to the 

previously reported electrode-only design. This is an important result as equation 1 

shows that (EE) is proportional to the DEP force on a particle. The other significant 

result is the location of the high field gradients. For device 1, the highest field gradients 

occur directly over the electrodes whereas for Device 2 the highest field gradients 

occur near the insulating structures and away from the electrodes. This is a common 

characteristic of iDEP devices[26]. The advantage of having the peak electric field 

gradients away from the electrodes is a practical one. Particle fouling in the 



100 
 

 

 

 Figure 6-2 COMSOL simulations of electric field gradients in the OπDEP devices. The PDMS roof of 

the devices has been removed from the figure for clarity (A) (EE) at 300 kHz in previously reported 

Device 1 without microfluidic structures (B) (EE) at 300 kHz in OπDEP Device 2 (C) Maximum 

values of (EE) as a function of frequency 
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microchannel tends to occur in DEP devices where the strongest DEP forces are 

present. For eDEP devices, such as Device 1, this is at the electrodes. This can 

effectively add another passivation layer to the electrodes, which will weaken the 

electric fields and lower the performance of the device. However, for iDEP devices, 

such as Device 2, fouling will tend to occur at the insulating structures and not over the 

electrodes. Thus, the electric fields will remain high in the device unt il enough particles 

have fouled to completely clog the device. 

Figure 2C shows the frequency response of the DEP devices. As the plot shows, 

OπDEP devices create much larger electric fields over a large frequency range. 

Furthermore, Device 3 creates larger electric field gradients at low frequencies when 

compared to Device 2. This is due to the increased capacitance of the very large 

electrodes for Device 3. The maximum gradient reached with Device 3 is less than that 

of Device 2, however, this is due to the increased electrode spacing. The larger spacing 

was simply a practical consideration as it made alignment simpler.  This increased 

capacitance effectively shifts the graph of the frequency response to lower frequencies. 

Thus, the local minimum between 10
4
 Hz and 10

5
 Hz on for device 2 is moved to 

between 10
3
 Hz and 10

4
 Hz. In summary, electrode design in Device 3 yields higher 

electric field gradients over a wider frequency range but with the cost of a larger device 

size and less compactness.  

 

6.4.2 Frequency Response 

 
Bacteria trapping experiments were performed on all devices with the applied 

electric signal of 400 Vpp. When there was no fluid flow in the channel, bacteria in 

Device 1 were observed moving toward the electrodes and forming pearl chains. This is 

typical behavior in DEP devices operating in the pDEP regime [20, 32, 103]. However, 

when any fluid flow was introduced, the DEP forces inside Device 1 were not strong 

enough to overcome the drag force on the bacteria. Therefore, no trapping was 

observed in Device 1 even at the lowest applied flow rate of 10 μl/hr. Conversely, in 

Device 2 and 3 not only did bacteria trap with applied fluid flow, the trapping attained 

100% capture efficiency with flow rates up to 400 μl/hr. This clearly demonstrates that 

the OπDEP devices greatly outperform the off-chip electrode based devices [172] in 
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DEP trapping strength. 

Figure 3 shows the experimental performance of the OπDEP devices at different 

applied frequencies but with a fixed flow rate of 400 μl/hr. As Figures 3A-3C show, the 

ability of the devices to trap E. coli cells varied with frequency. Figure 3D shows the 

quantification of the light intensity in the trapping region for Device 2 and 3 as a 

function of frequency. Device 1 is excluded from Figure 3D as DEP trapping could not 

be attained with applied fluid flow. It should be noted that the amplitude of the 

amplified signal began to attenuate at 400 kHz due to the power amplifier limitation. 

This led to a decrease in DEP trapping strength at higher frequencies. For Device 2, 

maximum trapping occurred at 300 kHz. At this frequency, no bacteria were observed 

escaping the trap and thus the CE was 100%. Device 3 attained a CE of 100% at a 

lower frequency, 100 kHz, and maintained 100% trapping until the bandwidth limit of 

the amplifier was reached.  

These results match well with the numerical models. In the numerical models, 

the highest DEP forces are shown to be close to the microposts and decrease as the 

distance from the posts is increased. Thus, the minimum DEP force that a particle 

passing through the channel will experience is along the centerline between two posts. 

For weak DEP forces, particles near the posts may trap but not the particles traveling 

along the centerline. As the magnitude of the DEP force is increased, more particles 

will trap, increasing the efficiency of the device. When the magnitude of the DEP force 

is strong enough to trap a particle along the centerline, 100% CE will be obtained. 

Thus, increases in the DEP forces will result in higher trapping efficiencies. Since the 

electric field gradients in the device are dependent on frequencies, the trapping 

efficiencies will be as well.  

The DEP force on a particle is dependent not only on the electric field gradients 

but also on the properties of the particle and the suspending medium. For E. coli 

suspended in a media with a conductivity of ~1 mS/m, the CM factor has been shown 

to increases monotonically from DC until after 1 MHz[35] leading to a monotonic 

increase in DEP trapping until 1 MHz[173]. Considering the particles and medium are 

held constant, the differences in performance of the devices are solely based on the 

differences in the electric field gradients ((EE)) generated in the channel.  
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The local minimum in (EE) in Device 2 between 10
4
 and 10

5
 Hz predicted by 

the model appears in the experimental data as decreased trapping from 10
4
 to 10

5
 Hz. 

However, in Device 3, the local minimum is predicted to be between 10
3
 and 10

4 
Hz, 

where the DEP trapping is already weak. Thus, in the experiments, Device 3 did not 

have decreased trapping from 10
4
 to 10

5
 as Device 2 did. Instead, the E. coli trapping 

increased monotonically with frequency. It should be noted that some of the increased 

performance of Device 3 may be due to the fact that the wide electrodes may mitigate 

any losses from air gaps created by slightly warped glass cover slides. The thin 

electrodes of Device 2, however, would not be as resilient to imperfections in the 

assembly.  

 

Figure 6-3 Observed DEP trapping of E. coli in the OπDEP devices for an applied AC signal at 

400Vpp and a flow rate of 400μL/hr. Trapping images are shown for Device 2. (A)10kHz signal (B) 

100kHz signal (C) 300kHz signal (D) Quantized light intensity in the trapping region as a function of 

frequency (n=10) 
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6.4.3 Flow Rate Tests 

 
To determine the throughput of the devices, the flow rate was swept from 100 

μl/hr to 1500 μl/hr. The applied electric signal was held constant at 400  Vpp and 300 

kHz as this was the frequency at which both Device 2 and 3 experienced the highest 

trapping efficiency. Figure 4 shows the dependence of capture efficiency on flow rate. 

It should be noted that both devices performed very similarly with the mean values 

with 4% of each other, making the data points between the two hard to distinguish. 

Thus, for clarity, Figure 4D shows only the data from Device 2. The devices were able 

to obtain 100% CE consistently for flow rates up to 400 μl/hr. A decrease in capture 

 

Figure 6-4 Observed DEP trapping of E. coli in the OπDEP devices for an applied AC signal at 400 Vpp 

at 300 kHz and variable flow rates. Trapping images are shown for Device 3. (A) 500 μL/hr (B) 

900 μL/hr (C) 1200 μL/hr (D) Capture efficiency as a function of flow rate (n=10 sweeps). Error bars 

shown for 1 standard deviation. 
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efficiency began at 500 μl/hr, where a few of the runs had a CE of 100% but it was not 

consistent. From 500 μl/hr to 1200 μl/hr the capture efficiency decreased gradually in a 

roughly linear fashion. However, at 1300 μl/hr the CE plummeted. In the videos of the 

experiments, DEP trapping was still observed. However, as pearl chains of E. coli 

formed, eventually the drag force on the pearl chain would become strong enough to 

pull the entire group of bacteria off of the microposts. This would repeat itself 

throughout the experiments, leading to very little net trapping. These results show that 

the maximum throughput for 100% trapping is 400 μl/hr. If only concentration is 

desired and capture efficiency is not critical then the devices can be operated at flow 

rates up to 1200 μl/hr.  

 

 

6.4.4 Selective Concentration 
 

To demonstrate the ability of these devices to selectively concentrate biological 

 

Figure 6-5 Selective trapping of E. coli (green) from 1 µm beads (red) with a fluid flow rate of 400 μl/hr. 

(A) No applied voltage (B) 400 Vpp at 300 kHz is applied for 30 seconds (C) Voltage is turned off and 

the concentrated bacteria is released (D) After trapped bacteria are released, none remain on the 

microposts. 
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samples from contaminants, E. coli cells were mixed with 1 μm red fluorescent beads, 

which were chosen because they are roughly the same size as E. coli cells. As Figure 5 

shows, the bacteria was trapped and released on the microposts while the beads did not 

(see Electronic Supplementary Material Video S1). It should be noted that some of the 

red beads did foul to the surfaces of the device before any electric signal was applied as 

Figure 5A shows. However, only the bacteria were reversibly trapped with 

dielectrophoresis. This is evident when observing frames immediately after turning the 

electric signal off. As Figure 5C shows, only bacteria are present in the released 

sample. The bacteria are therefore completely separated from the beads, demonstrating 

the potential of OπDEP for selectively concentrating samples.  

 

6.5  Conclusion 

 
OπDEP is a recently invented method by our group to actuate iDEP devices with 

reusable electrodes on a separate substrate, allowing for a very scalable throughput. 

The OπDEP technique allows for inexpensive polymer microfluidic cartridges to be 

disposable while having reusable electrodes. In this paper, we have (1) presented 

OπDEP, the first reported iDEP devices powered by off-chip electrodes, (2) 

demonstrated through modeling and experiments the superior performance of OπDEP 

devices over the electrode-only designs, (3) demonstrated how different electrode 

patterns can be used to affect the trapping performance, and (4) demonstrated selective 

E. coli  manipulation with the OπDEP devices.  

This technique combines the advantages of traditional eDEP (tunable electrodes 

and strong electric fields) with those of iDEP (tunable insulating structures, no 

electrode fouling, and inexpensive devices). While the applied signal parameters such 

as the AC voltage magnitude and AC signal frequency can be tuned in real time, the 

physical parameters, such as electrode spacing, electrode shape, and geometrical 

dimensions can also be adjusted to fit the application. It is particularly important to 

note that due to the ability of this technology to reuse the electrodes, a toolkit of 

reusable electrodes can be created to suite a large range of applications. As shown in 

this work, the electrodes can be made very wide for better low frequency operation or 

vary narrow for a compact footprint. Groups of electrodes can be put in parallel for 
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high throughput batch processing. Alternatively, unlike traditional iDEP devices, 

OπDEP devices can have many independent electrodes and give each set of electrodes a 

different electric signal. This would create a very compact platform with multiple 

trapping zones in series, each with unique geometrical features tailored for multi -step 

filtration/isolation or for enrichment of different biological particles in a single 

operation.  

While OπDEP relies on iDEP principles to generate trapping, it alleviates one of 

the main disadvantages of iDEP, which is Joule heating. iDEP devices typically have 

electrodes that actuate the devices at the fluid inlet and outlet. Thus, resistive heating 

occurs along the entire length of the channel. This heat buildup can limit the throughput 

of iDEP device and even result in device failure[110]. Additionally, for biological 

applications, higher temperatures can affect the sample or even reduce viability 

rates[109]. The OπDEP devices, however, greatly reduce the electrode spacing, 

creating electric field gradients in a very small area of the microchannel. This reduces 

the total electrical energy converted to heat and thus Joule heating is minimized. The 

result is that OπDEP compared to iDEP devices, may be able operate for longer times, 

with a wider range of media, and with minimized temperature effects on the biological 

samples.  

Another advantage of OπDEP design is the throughput. As we have 

demonstrated, high capture efficiencies are achievable at high flow rates due to the 

strong DEP forces generated in OπDEP devices. It also should be noted that since the 

electrodes generating the field are implemented across the channel width, the channel 

can be made arbitrarily wide and the DEP forces will remain the same. Thus, the 

throughput can be increased by simply widening the microchannel. There may, 

however, be some practical limitations to the fabrication of very wide channels without 

the channels collapsing. These problems will be mitigated by the microposts within the 

channel acting as support columns.  

OπDEP devices can be customized to meet a broad range of applications. Even 

though we have used microposts design, any iDEP microchannel configuration can be 

employed with this technology including single constrictions[174], 3D 

constrictions[123, 168, 175], 3D barriers[96], and filter designs[176]. DEP deflection 
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based devices[28, 177-179], which operate continuously with lower DEP forces, are 

straightforward to implement with OπDEP. Since deflection based designs do not need 

to completely stop particles in the channels, they can be operated wi th lower applied 

voltages. 

This technology has the potential to provide rapid, reproducible, and cost 

effective platform of DEP particle manipulation for applications ranging from pathogen 

detection to cancer cell characterization. In our future work, we plan to explore devices 

with passivation membrane thicknesses much less than the 100 μm cover slides used in 

this paper. We anticipate that these devices will be able to trap at much lower applied 

voltages, work over a wider frequency range, and have increased throughputs. 

Additionally, we will explore DEP device designs with different micropost 

configurations to further increase the capture efficiencies at very high flow rates.   
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7 Three Dimensional Passivated-electrode Insulator-based 

Dielectrophoresis (3D πDEP) 

 

7.1  Introduction 
 

In this study, we present the first reported 3D off-chip passivated-electrode, 

insulator-based dielectrophoresis microchip (3D πDEP). Previously, we have shown an 

off-chip passivated-electrode, insulator-based dielectrophoresis microchip (OπDEP) 

device capable of DEP trapping. One of the drawback of this technique, however, is the 

limited frequency range due to the need for high applied frequencies in order to 

capacitively couple sufficient power in to the microchannel. In this work, we enhance 

the capabilities of OπDEP by introducing 3D structures into microchannel. These 3D 

structures create significantly larger electric field gradients than the previously 2D 

structures and consequently generate very larger DEP forces. Additionally, using our 

3D PDMS fabrication technique, these devices can be produced in polymers from a 

glass mold, keeping the fabrication cost and time low. As with the OπDEP devices, the 

microfluidic channels of the 3D πDEP devices are fabricated on a disposable polymer 

cartridge. The electrodes are fabricated on a separate substrate and never come into 

contact with the experiment solution, and thus are reusable.  In order to demonstrate 

this technology, Escherichia coli (E. coli), and Staphylococcus aureus (S. aureus) are 

trapped from water samples under various conditions. Trapping efficiencies of 100% 

were obtained at flow rates as high as 600 μl/hr and 70% at flow rates as high as 1500 

μl/hr. Additionally, 100% trapping was demonstrated over a frequency range from 800 

Hz to 600kHz with signals as low in amplitude as 50Vpp.  

 

7.2  Theory 

 
Dielectrophoresis is the motion of polarizable particles that are suspended in an 

electrolyte when subjected to a spatially nonuniform electric field[180]. The DEP force 

felt by a spherical particle suspended in a medium is: 

 
 FDEP = 2πR

3
εmRe[fCM] (EE) (1) 
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where R is the radius of the particle, εm  is the permittivity of the medium, E is the local 

electric field. Re[fCM]  is the real part of the Clausius-Mossotti (CM) factor which is: 

 
 fCM = (ε p* - ε m*)/( ε p* +2 ε m*) (2) 
 
where ε p * and ε m * are the complex permittivities of the particle and the medium, 

respectively. Complex permittivity is defined as: 

 
 ε* = ε + /(j) (3) 
 

Thus, FDEP will fluctuate greatly depending on the applied frequency according to the CM 

factor. It is differences in the CM factor of different particles that allows for separation with 

DEP. Models have been developed for the CM factor of bacteria such as the multishell 

model [35]. These models can predict what the frequency dependant DEP force on a 

bacterial cell will be given the material makeup of the cell and the suspending medium.  

The drag force on a spherical particle in a fluid at a low Reynold’s number is 

given by: 

FDrag = 6ηRπ(upf) (4) 

 

where R is the radius of the particle, η is the viscosity of the fluid, and upf is the 

relative velocity of the particle with respect to the fluid. For a particle to trap in a DEP 

device, the DEP force must be greater or equl to the drag force (FDEP >= FDrag). As 

equation 4 shows, the larger the flow rate through the device, the larger the necessary 

DEP force to trap the particle.  

The 3D πDEP device operates by capacitively coupling the electric fields from 

the electrode substrate into the microfluidic channel. In the middle of the microchannel, 

3D insulating structures create constrictions which connect the two halves of the 

channel. Since PDMS has a much higher impedance than the DI water, the path of least 

resistance for the current is through these fluidic constrictions. Thus, the bulk of the 

current is compressed through the small 3D constrictions. This creates electric field 

gradients within the channel and is the main operating principle of iDEP devices. These 

electric field gradients, and thus the DEP force generated, depend on the geometric 
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gradient of the insulating structures. Structures which vary in all three dimensions 

benefit from being able to constrict the entire cross-section of the microchannel and 

thus obtain high geometric gradients. It has been previously demonstrated that iDEP 

devices with 3D gradients generate larger DEP forces than those with only 2D 

gradients[123, 168] enabling them to operate at very low voltages. This decreases Joule 

heating within channel that it often a major limiting factor in iDEP devices[110]. 

Additionally this limits eletrothermal flow, which is a parasitic effect that creates 

complications in iDEP devices[117].  

 

7.3  Methods and Materials 

 

7.3.1 Numerical Device Modeling 
In order to investigate the electric field distributions within the microchannel, a 

numerical model of the devices was created using COMSOL Multiphysics 3.5 

(COMSOL Inc., Burlington, MA) using the AC/DC module. 3D models were created of 

the three devices in this study. The electrical conductivities used for PDMS, glass, air, 

and deionized water are 8.20x10
-13

 S/m, 1.25x10
-9

 S/m, 3.00 x10
-9

 S/m, and 8.00x10
-4

 

S/m, respectively. The electrical permittivities used for PDMS, glass, air, and deionized 

water are 2.65, 4.65, 1, and 80, respectively. As for the boundary conditions, the 

electrodes were given AC electric potentials and all other boundaries were set to 

electrical insulation. The purpose of the simulations was to evaluate the values of |E|
2
 

as a function of position and frequency. Equation 1 shows that for a given particle and 

medium, |E|
2
 is proportional to the DEP force felt by a particle.  

 

7.3.2  Device Fabrication 

 
Figure 7-1 shows our new process flow for the design and fabrication of 3D 

πDEP, implemented in PDMS. First, 0.4µm of thermal silicon dioxide is grown at 1000  

°C on a <100> silicon wafer. This oxide acts both as a masking layer during the etch 

process and as a structural support during channel sealing. Using our silicon 

micromachining [R] we created a photomask layout consisting of an array of 

rectangular openings with different sizes (Figure 7-1A). After patterning photoresist 
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(S1813), the pattern is transferred to the oxide using an Alcatel AMS-100 Deep 

Reactive Ion Etcher (DRIE) with CH4 plasma. Then we isotropically etch silicon using 

with SF6 plasma(Figure 7-1B). By utilizing reactive ion etch lag (RIE lag) and its 

dependency on the geometrical patterns of the layout, we can easily form 3D cavities 

and microposts. After removing photoresist, we anodically bond a Pyrex wafer to the 

silicon substrate under vacuum (Figure 7-1C and (Figure 7-1D). Then, the substrates 

are brought to a high temperature in a furnace and the liquid glass conforms to the 

silicon designs (Figure 7-1E) [R]. The silicon substrate is etched away using KOH, 

leaving only the glass substrate (Figure 7-1F).  The glass substrate is then used as a 

master mold. Liquid PDMS (Sylgand 184 Silicon elastomer kit, Dow Corning, 

Midland, MI) was mixed to a 10:1 ratio of PDMS monomer and curing agent and 

poured onto the silicon mold (Figure 7-1G). The setup was put into a vacuum chamber 

for 2 hours to remove gas bubbles and then cured for 45 min at 100 ºC, resulting in 3D 

 

 
Figure 7-1 Device fabrication process flow. (A) Top view of DRIE lag mask design (B) Pattern oxide 

mask and then use RIE lag 3D silicon etch (C) Remove oxide lattice structure with BOE (D) 

Anodically bond to pyrex wafer under vacuum (E) Melt pyrex into silicon mold (F) Etch all silicon 

with KOH (G) Pour PDMS over pyrex master and cure (H) Remove PDMS from glass master and 

punch ports (I) Plasma bond to glass slide (J) Evaporate electrodes on separate substrate (K) Align 

electrodes and microfluidic device 
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PDMS structures. Next, the polymer was carefully pealed from the mold and 2 mm 

holes were punched into microchannels for fluidic ports (Figure 7-1H). The PDMS 

device is sealed by plasma bonding to a size #0 glass cover-slide (Electron Microscopy 

Sciences) (Figure 7-1I) which is approximately 100µm-thick forming the microfluidic 

cartridge. It is notable that we can include a large variety of designs on a single wafer 

and fabricate all at once. Additionally, many PDMS devices can be created from the 

same glass master mold, saving more resources. 

   

On a separate Pyrex substrate, electrodes were formed using the lift -off 

technique. The substrate was patterned with photoresist (AZ9260, AZ Electronic 

Materials). Next, using e-beam evaporation (PVD-250, Kurt J. Lesker Company), a thin 

layer (25 nm) of chrome and then a thicker layer (200 nm) of gold was deposited. The 

excess metal was removed by dissolving the photoresist in acetone (Figure 7-1J). The 

final electrodes were 4 mm long, separated by 1.2 mm, and 6 mm wide. During device 

operation, the PDMS microfluidic chip is put on top of the electrodes with the 3D 

structures aligned between the electrodes (Figure 7-1K). In this configuration the 

electrodes extend across the entire width of the channel. Between experiments, the 

PDMS microfluidic device can be replaced to maintain sample purity. The two 

components of the 3D πDEP device are shown in Figure 7-2. 

Scanning electron microscopy (SEM) images of the 2 cm long microfluidic 

channel are shown in Figure 7-3. The main channel has a cross-section which is 2 mm 

wide and 100 µm deep. In the middle of the channel, there is a 3D obstacle which 

 
Figure 7-2 Optical image of 3D πDEP device. (Top) Disposable 

microfluidic cartridge (Bottom) Reusable electrodes  
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constricts to 14 smaller channels. These smaller channels have crossections which are 

36 µm wide and 22 µm deep. It is important to note that by using this technique, the 

fabricated posts/pillars will have a round corner in contrast with sharp edges, typical 

characteristic of microchannels formed by anisotropic etching of silicon. Thus while  

change in cross-sectional area is abrupt, no sharp edges are formed.  

 

 

7.3.3 Cell Preparation 

 
Staphylococcus aureus (S. aureus) (ATCC 12600) was cultured in brain heart 

infusion media. Escherichia coli (E. coli) K5808 (ATCC 53832) was cultured in 

trypticase soy media. All controls were cultured in 100 ml of their respective broth 

medium at 37 °C and 165 rpm to the exponential growth phase (OD600 ~0.5). Cells 

were transferred into two sterile 50 ml centrifuge tubes and subjected to three washes 

by centrifugation (5000 × g for 10 min) and resuspension in 1X PBS. Quantification of 

bacteria was done microscopically using a hemocytometer (counting chamber), and by 

Figure 7-3  SEM of a πDEP device comprised of 3D microposts. (A) Top view of device (B) 

Magnified top view showing 3D posts (C) Cross section of the posts showing the depth change of the 

structures (D) Magnified cross section showing constriction 
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colony forming unit (CFU) counting of dilutions where colony numbers ranged 

between 30 and 300. For all experiments, E. coli cells and S. aureus cells were 

centrifuged and resuspended 3 times in DI water with a measured conductivity of 800 

µS/m. The DI water conductivity was measured with a solution conductivity meter 

(SG7, Mettler Toledo, Scherzenbach, Switzerland). The cells were diluted to a final 

concentration of 1x10
8
 cells/ml. 

 

7.3.4 Experimental Setup 
 

A function generator (4079, BK Precision) was connected to a power amplifier 

(EW2350, Tegam) which provided  an AC signal of 400 V peak to peak (Vpp) across a 

frequency range of DC to 1 MHz. An oscilloscope (DL1300A, Yokogawa) was 

connected to the monitor output of the amplifier to observe the applied waveforms for 

distortion. The PDMS-based microfluidic catridges were placed in vacuum for at least 

30 min before experiments were run to reduce priming issues.  During device 

operation, the solution was passed through the OπDEP device using a 1 m l syringe 

connected to syringe pump (NE-1000, New Era Pump Systems Inc) to a waste 

reservoir. Once the device was primed, fluid was continually moved through the 

channels at 100 μl/hr for 5 minutes prior to the beginning of the experiments. DEP 

trapping experiments were observed using an inverted fluorescent microscope (Axio 

Observer Z1) and videos of all trapping experiments were acquired using either CCD 

color camera (AxioCam MRc) or a CCD monochrome camera (IDT Ltd. MotionXtra 

NX-4) for high frame rate capture. 

For a single DEP trapping experiment data point, the flow rate of interest would 

be applied for 15 seconds to stabilize the flow velocity. Then, the electric signal would 

be switched on and the DEP trapping would be recorded by video. The signal  was 

switched off after 30 seconds and bacteria were released. The microchannels were 

inspected before every run and cleared of fouled bacteria by increasing the flow rate of 

the syringe pump when necessary. Thus, each data point included only bacteria trapped 

during that run.  
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In order to quantify the effectiveness of the DEP trap in the experiments is the capture 

efficiency (CE) which is defined as: 

 

 
CE = [(I – O)/I] X 100% (5) 
 
 

where I is the number of incoming bacteria observed on a single frame of the trapping 

video, O is the number of outgoing or escaped bacteria observed on a single frame of 

the trapping video. These measurements were made by counting the bacteria upstream 

(I) and downstream (O) of the trapping region in the individual frames of the videos 

taken during the experiments. The regions used for counting I and O were the 

identically sized rectangles and remained constant for the experiments. Ten fluid flow 

velocity sweeps from 100 μl/hr to 2000 μl/hr were each completed in random order. To 

obtain a data point representing one flow rate, values of I and O were averaged over the 

ten flow sweeps. For cases where bacteria remained in clusters after being released, the 

clusters were assumed to be flat and the size of the cluster was used to estimate the 

number of bacteria in the cluster. It should be noted that if clusters had multiple 

bacteria stacked in depth, then this method would underestimate the number of 

bacteria.   

 

7.4   Results and Discussion 

 

7.4.1 Numerical Modeling 

 

The numerical modeling results are shown in Figure 7-4. (EE) was computed 

for an applied signal of 400 Vpp at 300 kHz. The top view and cross-section view of the 

slice plot of (EE) are shown in figure 7-4A and figure 7-4B respectively. The peak 

gradient was found to be 5.28 x 10
17

 [(mkg
2
)/(s

6
A

2
)]. This is two orders of magnitude 

greater than the peak gradients using the exact same input signal in our previous 

OπDEP devices[181] which only varied in 2 dimensions. As equation 8-1 shows, 

(EE) is proportional to the DEP force on a particle. Thus the 3D πDEP devices will 

produce much larger DEP forces for same input than the previous OπDEP devices. It 
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also should be noted that the electric field gradients found in the 3D πDEP devices, 

vary in all three dimensions while the gradients in the OπDEP devices only varied 

 

 
Figure 7-4 COMSOL simulations of electric fields in 3D πDEP devices. (A) Side view of (EE) 

profile at 400Vpp, 300kHz (B) Top view of (EE) profile at 400Vpp, 300kHz (C) Maximum values 

of (EE) as a function of frequency 
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significantly in two dimensions.  

Figure 7-4C shows the frequency response of the 3D πDEP device. Since the 

electric field are capacitively coupled into the device, the response is similar to a  high 

pass filter, with the attenuation increasing as the frequency is lowered. It should be 

noted however, that the magnitude of the electric field gradient does not dip below 10
15

 

[(mkg
2
)/(s

6
A

2
)] until the frequency is ~100 Hz. This is significant because all of the 

trapping with the OπDEP devices was performed at that electric field gradient 

strength[181]. Thus the model predicts that the 3D πDEP should be able to operate over 

a wide frequency range, including very low frequencies.  

 

7.4.2 Frequency Response 

 
Trapping experiments of E. coli and S. aureus was performed with an applied 

flow rate of 400 μl/hr and the signal amplitude held constant at 400Vpp. Figure 7-5 

shows the experimental performance of the device as a function of the applied 

frequency. Under these conditions, DEP trapping with 100% capture efficiency was 

observed over a wide range, from 700 Hz to 600 kHz for S. aureus and from 800 Hz to 

700 kHz for E. coli. These results are consistent with the model predictions. Since the 

3D πDEP devices produce DEP forces greater than 10
15

 [(mkg
2
)/(s

6
A

2
)]  over a broad 

frequency range, trapping is possible over a broad frequency range. It should be noted 

that the decrease in capture efficiency at the high frequencies is due to the bandwidth 

limit of the power amplifier that was used.  

It was observed that even at the lowest frequency tested, some bacteria were 

trapped. It was also observed that at low frequencies, the bacteria tended to form longer 

pearl chains (Figure 7-5). Bioparticles trapping in DEP devices have been previously 

reported to form pearl chains[103]. However, at high frequencies, the bacteria were 

trapped into a more compact area. This is due to DEP forces on the entire pearl chain 

structure. Since at higher frequencies, the DEP forces are larger than at low 

frequencies, the increased DEP force acts on the entire pearl chain structure. This force 

pulls the entire pearl chain structure toward the highest electric field gradient in the 

channel, compressing the area in which cells are trapped. The observed trapping 
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profiles of the bacteria tested were similar. It should be noted that for all conditions 

tested, the bacteria were released when the AC signal was removed. Thus the trapping 

was found to be reversible. Also, although the E. coli experiments did produce slightly  

lower trapping efficiencies at the low frequencies, there was not a frequency where one 

 

 
 Figure 7-5 Fluid flow is from left to right. Experimentally observed DEP trapping of E. coli and S. 

aureus in 3D πDEP devices for an applied AC signal at 400Vpp and a flow rate of 400μL/hr. Images 

are of S. aureus trapping (A) 300 Hz signal (B) 3kHz signal (C) 30kHz signal (D) 300kHz (E) 

Trapping efficiency as a function of frequency (n=10). 
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type of bacteria was observed to completely trap but the other was not. This is not 

surprising as E. coli and S. aureus was have been shown to behave similarly in DEP 

trapping experiments[170].  

 

7.4.3 Low Voltage Operation 
 

Voltage sweeps were performed at several frequencies within the experimental 

determined bandwidth of the device. While holding the flowrate constant at 400 μl/hr, 

the applied signal amplitude was increased from 0 V until 100% trapping was obtained. 

The results are shown in Figure 7-6. At 800 Hz, it took nearly to 400 Vpp to trap both of 

the bacteria, however the minimum operating voltage rapidly decreased as the 

frequency was increased. The minimum voltage that E. coli and S. aureus were found 

to trap with 100% trapping efficiency was 49 Vpp and 50 Vpp respectively with both of 

these values found.  This is an order of magnitude lower than the trapping voltages 

used in the original OπDEP devices [181]. These values are very low compared to 

traditional iDEP device which typically require high voltages (~1000 V) to operate [26, 

27]. Utilizing 3D constrictions, researchers have reported iDEP devices operating at 

lower voltages. For example, Braff et al. reported trapping of E. coli at 50 V, which is 

 

 

 
Figure 7-6 Minimum signal amplitude for 100% trapping efficiency in 3D πDEP devices with a 

constant flowrate of 400 μl/hr. (n=10 sweeps). Error bars shown for 1 standard deviation 
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the lowest reported for bacteria in an iDEP device[123]. The device they presented was 

a traditional iDEP device with electrodes directly contacting the solution and providing 

electoosmotic flow. However, in this work, we have demonstrated bacteria trapping 

with the same signal amplitude, without any direct contact between the electrodes and 

the solution. The tradeoff is that the frequency of the applied signal must be high 

enough to capacitively couple most of the signal into the channel.  

 

 

7.4.4 Flow Rate Tests 

 
In order to determine the maximum throughput of the 3D πDEP device, the 

input signal was held constant at 400 Vpp at 300 kHz and the fluid flow rate was varied 

 
Figure 7-7 Fluid flow is from left to right. Observed DEP trapping trapping of S .aureus in 3D πDEP 

devices for an applied AC signal at 400Vpp at 300 kHz and variable flow rates. (A) 600μL/hr (B) 

1000μL/hr (C) 1500μL/hr (D) Capture efficiency as a function of flow rate (n=10 sweeps). Error bars 

shown for 1 standard deviation 
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from 100 μl/hr to 2000 μl/hr. Figure 7-7 Shows the response of the device capture 

efficiency as a function of flow rate. It was observed that during the flow sweeps, both 

of the bacteria performed very similarly with mean values with 5% of each other for the 

entire sweep. Thus for clarity, Figure 7-7 shows only data from S. aureus. The device 

obtained 100% capture efficiency for flow rates up to 600 μl/hr. It should be noted that 

some of the experiments at 700 μl/hr resulted in 100% trapping, however it was 

consistent across all of the trials. The capture efficiency of the device decreased 

steadily from 700 μl/hr to 1500 μl/hr but remained above 50%. At 1600 μl/hr, the drag 

force was high enough to strip entire pearl chains of cells from the trap, and 

consequently the capture efficiency fell to nearly zero. Thus if 100% trapping is 

necessary, the throughput is 600 μl/hr whereas if only concentration is important, the 

device can be operated at 1500 μl/hr.  

 

7.5   Conclusion 

 
In this paper we have presented the first reported 3D πDEP device and used it 

trap the pathogens E. coli and S. aureus. This technology combines 3D structures with 

our previously developed OπDEP. As both the numerical and experimental results 

demonstrate, the 3D structures provided much stronger DEP forces than previous 2D 

OπDEP designs. This resulted in a significant improvement in the operating bandwidth. 

Since bioparticles have a frequency dependent response to DEP devices, a wider 

bandwidth may enable finer control manipulations. Additionally, the stronger DEP 

forces decreased the operating voltage by an order of magnitude. This decreases joule 

heating within the device as well as decreases the support electronics complexity. The 

throughput of the devices increased as well, although not as dramatically. These 

performance increases were all obtained while maintaining a single etch, polymer mold 

fabrication. Thus the resulting devices are low cost and rapidly produced. Additionally, 

this technology enables bioparticle manipulation without any direct contact between the 

electrodes and the sample, maintain sample purity. These results demonstrate the 

potential of 3D πDEP devices for cost effective, high throughput, platform for 

bioparticle manipulation for application ranging from pathogen detection to medical 

diagnostics. In the future, we plan on studying effect of the slope and shape of the 3D 
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constriction on a device’s ability to separate bioparticles which are very similar.  
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8 Conclusions and Future Work 
 

8.1  Summary  
 

Waterborne pathogens kill millions of people every year. The vast majority of these 

deaths are avoidable; however, the methods to detect these pathogens are expensive, slow, 

and often not sensitive enough to be effective. In this dissertation, MEMS technology is used 

to help tackle the problem of inexpensive pathogen detection. The main focus of this work is 

dielectrophoresis, an electrokinetic technique for particle manipulation which has been very 

popular in research for the past 20 years. Dielectrophoresis devices manipulated bioparticles 

with a force that is very sensitive to the material makeup of the particle.  It is the objective of 

this dissertation to develop dielectrophoresis devices which are closer than state of the 

art devices, to meeting the performance and cost requirements for pathogen detection. 

This dissertation presented the design, fabrication, numerical modeling, and 

experiment evaluation of new dielectrophoresis techniques. These dielectrophoresis 

devices utilize 3D microstructures for enhanced performance and can be fabricated in 

PDMS or silicon. New fabrication techniques were developed in order to accommodate 

the need for cost 3D varying microstructures. Additionally, practical concerns such 

device throughput and maintaining sample purity were addressed. The resulting 3D 

πDEP devices performed dielectrophoresis manipulation on known pathogens over a 

wide frequency range, with a low voltage input signal, and with a high throughput. This 

transformative research leads to the development of pathogen detection on a low-cost 

MEMS platform.  

In order to help direct future research in this area, a few concept devices are 

presented in this chapter. These devices increase the capabilities of the DEP systems 

already discussed in the work in different ways. The results presented here show the need 

and the benefit of future work in this area. 

8.2  Off-chip Impedance Sensing 

 

8.2.1  Introduction 

 
In OπDEP devices, particles are trapped and separated in a cartridge based 

system. The electric fields necessary for operation are capacitively coupled into the 
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device. However, thus far, the cell detection has been performed by counting the cells 

released by the DEP trap using fluorescent dyes and a fluorescent microscope. In order 

to have a complete pathogen detection system, however, there must be another method 

of sensing the cells trapped and released by DEP. One method of cell detection in a 

microfluidic device is to sense the change in impedance that occurs when a cell passes 

between a pair of electrodes in a channel. A microfluidic impedance detection devices 

with an iDEP concentrator has been previously demonstrated [117]. Here we will 

demonstrate a DEP preconcentrator and cell impedance detection system that is 

compatible with the OπDEP device architecture.  

 

8.2.2  Methods and Materials  

 
The device is fabricated using the same process flow as presented in Chapter 6 

for the OπDEP devices. Briefly, we created a silicon wafer was patterned with 

photoresist and etched using an Alcatel AMS-100 Deep Reactive Ion Etcher (DRIE) to 

obtain the structures. Photoresist was stripped and the wafer was then used as a master 

mold for PMDS. Liquid PDMS poured onto the silicon mold and cured. Finally, the 

PDMS was plasma bonded to a #0 micro cover glass forming the microfluidic 

cartridge. On a separate Pyrex substrate, electrodes were formed using the lift -off 

technique. During device operation the microfluidic cartridge is placed onto the 

electrode substrate and aligned such that the insulating structures in the micrchannel 

are visible between the electrodes. Figure 8-1 shows the device. The operating principle 

of this device is to concentrate the bacteria at the microposts and then sense the 

impedance change in the microchannel when the bacteria are released and travel 

through the small constriction in the channel. The electric current is concentrated 

through that constriction and thus the system is more sensitive to changes in impedance 

in the constriction then elsewhere in the channel.   

The most significant difference between these experiments and the previous 

OπDEP experiments, is that the electrodes were connected to a high-voltage, double-

pole double-throw (DPDT) relay (G12, Gigavac). This relay switched between the DEP 

actuation 
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electronics, which included consisted of a function generator (4079, BK Precision) was 

connected to a power amplifier (EW2350, Tegam), and the impedance detection 

electronics, which included an impedance spectroscope (HF21S, Zurich Instruments) 

connected to a current amplifier (HF2TA, Zurich Instruments). The circuit for this is 

shown in Figure 8-2. The DEP actuation electronics provided an input signal of 400 Vpp 

at 300 kHz whereas the impedance detection electronics provided an input signal of 10 

Vpp signal at 700 kHz. During the experiments the electrodes would be connected to 

either the DEP actuation electronics or the impedance detection electronics depending 

on the position of the relay.  

Figure 8-1: Off-chip cell impedance sensing device. (A) Layout for the photomask of the device. The 

yellow layer is the electrode layout and the red layer is the microfluidic layout. (B) Larger view of the main 

area of interest in the layout (C) Optical image of device with the microfluidic cartridge loaded onto the 

reusable electrodes 
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8.2.3  Results  and Discussion  

 
To test the device, the bacteria were suspended in deionized water with a 

measured conductivity of 800 µS/m. The experiments were performed with Escherichia 

coli (E. coli) strain MG1655 at a concentration of 1x10
6
 cells/ml. During device 

operation, the solution was passed through the device with a syringe pump at a flow 

rate of 300 µl/hr. Using a relay, the electrodes were actively switched between the DEP 

actuation electronics and the impedance detection electronics during the experiment. 

Figure 8-3 shows the frames of a video of the experiments. First the DEP actuation 

electronics are connected and the bacteria are concentrated at the microposts for set 

period of time (Figure 8-3A). Then the bacteria are released by switching the relay to 

the impedance electronics (Figure 8-3B). At first, the spectroscope does not see any 

change in the impedance signal. The bacteria then travel away from the microposts and 

toward a constriction in the channel (Figure 8-3C). When they reach the 20 µm 

constriction, the impedance spectroscope measured a drop in impedance. The bacteria 

then continue to travel through the channel. When all of the bacteria have passed 

through the constriction the measured impedance returned to the original impedance 

value.  

 

 

Figure 8-2: Electrical schematic for the off-chip cell impedance sensing device of EπDEP device. The large 

black dots denote the connection terminals of the reusable electrodes.  
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By varying the set period of time that the bacteria are allowed trap, the number 

of cells that are being sensed were varied. Using this method, the resolution of the 

impedance detection system was evaluated. This assumes 100% trapping DEP trapping 

and 100% release of the cells trapped. Figure 8-4 shows the measured performance of 

the impedance detection system. The minimum number of cells that produced a 

distinguishable signal was just over 300. As the number of cells trapped on the posts 

was increased, the change in the magnitude of the measured impedance increased.  

 

Figure 8-3: Fluorescent microscopy of the off-chip cell impedance sensing device in operation. E. coli are 

stained green. Fluid flow is from left to right. (A) The cells are trapped onto the preconcentrator posts. (B) 

The relay is switched to the impedance detection electronics and the the bacteria are released from the 

posts. (C) The bacteria continue down the channel into the narrow constriction and the impedance analyzer 

registers sees a drop in impedance. (D) All of the bacteria passed through the narrow constriction  
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8.2.4  Conclusions and Outlook  

 
These results demonstrate that it is possible to quantify the bacteria in a 

microfluidic device by detecting the impedance changes with off-chip electrodes. This 

enables OπDEP devices to count the number of cells that are caught in the DEP traps. It 

may be possible to improve the resolution of this system by using a smaller 

constriction, possibly even a 3D constriction if incorporating into a 3D πDEP device. 

Additionally, the device may be made more robust by adding reference electrode in 

order to performance a differential measurement.  

The most important finding from these experiments is that since the process 

flow is identical to the OπDEP process flow, this functionality can be added without 

any additional cost per device. Thus a complete detection system can be created using 

the OπDEP architecture. Figure 8-5 shows one such proposed integrated pathogen 

detection system. At a high level the device operates by processing an entire fluid 

sample, perhaps from a water supply, and then giving an electronic count of the target 

pathogens that it found in the sample. The device should only count the target pathogen 

and no other particles or cells found in the system, however, more complex systems 

 

Figure 8-4: Performance of the off-chip cell impedance sensing device.  It should be noted that all 

impedance changes were negative, however the absolute value of the change  is displayed here for clarity.  

Error bars are shown for 1 standard deviation (n=3)  
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Figure 8-5: Conceptual images of the proposed 3D-πDEP platform for waterborne pathogenic bacteria isolation 

and enrichment.  
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could be designed to look for multiple targets. The system has a single fluidic input and 

output, however it has several functional compartments. A sample running through the 

device would proceed through each component in order. The compartments are each 

optimized to perform different task. The first compartment the sample encounters, 

compartment A, may be optimized for filtering out contaminants and non-target cells. The next 

compartment, compartment B would be designed for a fine separation of similar cell types. 

Compartment C would then concentrate the cells for detection. The last compartment, 

compartment D would then count the target cells by impedance measurement and give an 

analog output on its electrodes. It should be noted that all of these components are feasible 

given the results presented throughout this work.  

In order to make this proposed system a reality, research must be done on integrating 

the different compartments. Additionally, the electrical properties of the target pathogens as 

well as other similar particles which may be present in the sample, must characterized very 

accurately and very extensively. This is necessary to acquire the parameters needed to separate, 

sort, and concentrate the target pathogens with a high accuracy. The benefits of this work, 

however, are great. This proposed system would require no sample prep and no cell labeling to 

operate. All of the needed functions for sample processing are included on the chip. Another 

advantage of this system, is that it can all be fabricated using a cartridge based design with 

disposable components, mold fabricated from polymers and glass. Thus sample purity i s 

maintained and the cost for each test is kept low.  

 

8.3  Embedded Passivated-electrode Insulator-based 

Dielectrophoresis (EπDEP) 
 

8.3.1  Introduction 

 
In OπDEP devices, the passivation layer attenuates the input signal, decreasing 

the performance. For applications in which sensitivity is crucial, this could result in the 

devices becoming ineffective. Thus, it is beneficial to explore the effect of using 

thinner passivation  

In order to briefly study this effect, we will introduce a new technique called 

Embedded Passivated-electrode Insulator-based Dielectrophoresis (EπDEP). Rather 

than have electrodes on a separate substrate, these devices have embedded on the 
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microfluidic substrate. The electrodes are passivated by a layer of PDMS. This layer 

will be very thin (~4 µm) compared to the 100 µm glass cover slide used for the 

OπDEP devices. Thus the losses across the layer will be lower and should lead to an 

improved frequency response and sensitivity. We have previously demonstrated iDEP 

with passivated off-chip electrodes (OπDEP) that operates at 400 Vpp [182].  In this 

section, we use (EπDEP) devices, which are fabricated with a new process flow and 

designed to operate at much lower voltages.  

 

8.3.2  Methods and Materials  

 

Figure 8-6 shows a schematic of the EπDEP device which consists of a PDMS 

microfluidic channel bonded to a substrate with patterned electrodes. To improve the 

 

Figure 8-6: Schematic of EπDEP device. (A) Isometric view (B) Top view showing how the 

electrodes are aligned such that they straddle the insulating structures within the 

microchannel.(C) Side view showing material composition. 
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capacitive coupling between the AC signal and the microchannel and to increase the DEP 

force for a given voltage, a thinner barrier is desirable. Figure 8-7 shows a COMSOL 

simulation of the DEP forces generated in an EπDEP device with 10 Vpp applied. As the 

passivation layer decreases in in height, the DEP force increases dramatically. 

Similar DEP techniques have been shown which use an insulating wall to separate 

the electrodes from the channel [60]. However, these techniques are limited to using a ~20 

μm passivation wall in order to maintain the integrity of the bond between the wall and the 

glass substrate while having limited throughput.  By contrast, we have used a 4 μm 

passivation and due to the spinning technique, this layer may be thinned to the dielectric 

 

 

 

Figure 8-7: The effect of different passivation layer thicknesses on the DEP force. Thinner passivation layers 

lead to larger electric field gradients. 

 



134 
 

 

breakdown limit of the passivating material and can be extended across the channel width, 

thereby providing the ability to achieve high throughput. 

 Figure 8-8 shows our process flow for the design and fabrication of EπDEP 

implemented in PDMS. We created a photomask layout consisting of a microfluidic channel 

with an array of 100 μm diameter circular posts spaced 50 μm apart. After patterning 

photoresist, silicon was etched anisotropically using DRIE to form the channel and the 

embedded posts. After removing photoresist, the silicon substrate is used as a master mold. 

Liquid PDMS is poured onto the silicon master and cured, resulting in PDMS structures. 

Electrodes are patterned on a glass substrate using the lift-off technique and then passivated 

 

Figure 8-8: Fabrication process flow for EπDEP devices. (A) Photomask 

pattern. (B) DRIE silicon etch  (C) Cure PDMS in silicon mold (D)Remove 

PDMS from mold (E) Deposit gold onto glass substrate (F) Spin PDMS over 

electrodes (G) Align and plasma the two substrates together 
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by spinning and curing a thin PDMS layer on top of the glass substrate.  Then, the PDMS 

substrate containing the insulating structures is plasma bonded directly to the electrode 

substrate forming a PDMS-PDMS bond. 

8.3.3  Results  and Discussion 

 
To test the device, the bacteria were suspended in deionized water with a measured 

conductivity of 800 µS/m. The experiments were performed with Salmonella typhimurium 

(S. typhimurium) (ATCC 14028).  During device operation, the solution was passed through 

the EπDEP device with a syringe pump. The electrodes were excited with an AC signal of 

40 Vpp with frequencies from 1 kHz to 1 MHz.  The DEP force on the bacteria was 

observed to be dependent on the applied frequency (Figure 8-9) with 100% trapping 

occurring at frequencies of 100 kHz and higher with a flow rate of 400 μl/hr. 

 

8.3.4  Conclusions and Outlook  

 

These results demonstrate the performance gains that are possible by decreasing the 

passivation layer thickness below the 100 µm used in OπDEP devices. The EπDEP device 

presented here was identical in design to the OπDEP device presented in Chapter 6 (Device 

2) with the exception of a dramatically reduced passivation layer. This resulted in the device 

operating and order of magnitude lower voltage than the OπDEP device. The tradeoff is that 

the fabrication of these devices is more complicated and more expensive. Nevertheless, 

these devices may be useful for bioparticle characterization and other research applications 

where the cost per device is not crucial. Additionally, if OπDEP devices are found to not 

 

Figure 8-9: DEP trapping of Salmonella typhimurium (ATCC 14028) with 40 Vpp at (A)  10 kHz (B) 100 kHz 

(C) 300 kHz 

 



136 
 

operate properly with a certain media and bioparticle combination, EπDEP devices may be 

used to perform concentration and trapping to a sufficient level. 

More importantly, however, these results show that it is worthwhile to experiment 

with OπDEP designs that allow devices to have reduced passivation layers. If 3D πDEP 

devices presented in Chapter 7 are given reduced passivation layers, the resulting devices 

may be able to operate on the order of a single volt. This would all but eliminate the 

supporting electronics and the input of these devices could be connected to a simple 

integrated circuit, greatly miniaturizing the full device.  Of course, if implemented using 

OπDEP technique, this problem will be difficult due to the practical concerns of having a 

cartridge with one wall which is less than 100 µm thick. There are numerous ways to tackle 

this technical issue, such as using a substrate which is thin in some areas and thick in others. 

This may present other unforeseen issues however, given the potential benefits, this is a 

problem worthy of attention.  

 

8.4  Other Future Directions  

 
Dielectrophoresis is technique which is rapidly increasing in popularity. While 

this work has focused on bacteria manipulation, DEP devices can work on a large  

variety of bioparticles. Smaller particles such as viruses and proteins are can be 

difficult to work with as they are very small and thus require large electric field 

gradient to manipulate. 3D πDEP is ideally suited for these particles as these devices 

produce very large electric field gradients. Designs with even higher constriction ratios 

than presented in this work may be used for the smallest proteins to ensure sufficient 

DEP force.  

Additionally larger particles such as mammalian cells may also be manipulated 

with 3D πDEP devices. The larger size would enable trapping at low voltages without 

any modifications to the device design. These devices could be used to characterize 

different cells or even perform fine separations and concentrations. For example the 

isolation of rare cells such as stem cells or circulation tumor cells, with a sufficient 

selectivity and throughput, remains a major goal for many researchers today. 3D πDEP 

may provide a platform to perform such sensitive operations.  
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8.5  Dissertation Significance and Contribution   

 

8.5.1  Microfabrication Thrust  
 

Within this work, several thrusts were made in microfabrication. These are 

diagramed in Figure 8-10. The main focus of this work was the development of a 

fabrication process capable of creating three dimensional microstructures. In order to 

keep the process cost effect, it was decided that only techniques which use a single 

photolithographic mask would be used. The only two techniques that fit this criteria are 

grey scale lithography and reactive ion etch lag. RIE lag was chosen as it is less 

sensitive to process conditions and thus more robust. Typically RIE lag is used to 

create channels which are of a fixed depth. However, this project developed a technique 

to create not only controllable etch depths, but also controllable depth transitions. 

Additionally, because of the oxide lattice structure which is key to enhancing RIE lag, 

all of these structures can easily be produced in buried channels. This technique was 

then extended to polymer devices by creating a negative of the 3D structures with a 

glass wafer and then using that negative as a mold for PDMS. Thus the 3D structures 

could then be reproduced using rapid, low cost, mold fabrication. The main 

microfabrication thrust accomplishments are listed below: 

 

 This project extends the single mask, single etch, RIE lag, 3D fabrication 

process to include control of the transition region between different depths. 

(Journal of Micromechanics and Microengineering 2010) 

 This project demonstrated the first buried channel technology with 3D varying 

features (Journal of Micromechanics and Microengineering 2010) 

 This project extends the single mask, single etch, RIE lag, 3D fabrication 

process to both silicon and PDMS substrates. (Journal of 

Microelectromechanical Systems 2012) 
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8.5.2  Dielectrophoresis Thrust  
 

The original research performed in this dissertation concerning dielectrophoresis 

is diagramed in figure 8-11. This research focused on insulator based dielectrophoresis 

rather than electrode based dielectrophoresis since the chosen application, pathogen 

detection, requires devices which are low cost and high throughput. Silicon was the 

first substrate chosen in this work for these devices due to compatibility with 

microfabrication tools. Previous iDEP designs were fabricated with either glass or 

 

Figure 8-10: Diagram of the microfabrication thrusts presented in this work. The squares bordered in green 

denote the original research presented in this dissertation 

 



139 
 

PDMS and suffered from heat buildup issues. This was the first time silicon had been 

used for iDEP devices, and the heat transfer properties of silicon proved to be very 

useful. Additionally, the silicon allowed for 3D structures to be easily included in the 

designs which increased the DEP force while decreasing the operating voltage and 

Joule heating in the devices. Then, using the 3D PDMS fabrication developed in this 

work, identical 3D iDEP devices were created in PDMS. These devices were actuated 

with DC biased AC electric fields, a technique which had not previously been used 

with bacteria. The resulting devices were very versatile, as the introduction of AC 

fields allowed them to easily separate a variety of bioparticles.  

In order to move the technology toward a realistic device OπDEP, the cartridge 

based DEP system, was develop. By allowing the reusable electrodes to be on a 

separate substrate while having the microfluidic components on a very low cost 

substrate, this technology ensured sample purity in a practical manner. In addition to 

simpler device operation, this technology enabled an arbitrarily scalable throughput. 

Additionally, the technology was very flexible as it allowed different reusable 

electrodes to be used depending on the application requirements. This technology was 

then enhanced by using the 3D PDMS fabrication process to introduce 3D structures 

into the microchannel. The 3D structures greatly improved the performance of the 

devices, leading to benefits in operating bandwidth, operating voltage, and throughput 

without any added cost per device.  

Using the same fabrication process flow as the standard OπDEP devices, a 

device was developed which contained both dielectrophoretic separation and off-chip 

impedance detection on the same chip. The impedance detection segment of the chip 

gave an indication of the amount of cells selectively trapped and released by the DEP 

portion of the chip. This was the first reported example of quantifying biological cells 

with impedance electrodes located off of the microfluidic chip. This component enables 

the development of a complete pathogen detection system, using the OπDEP 

architecture. Finally, an alternative method of increasing device sensitivity called 

EπDEP was developed. These devices have very thin passivation layers compared to 

the OπDEP devices and were shown to perform at reduced operating voltages. 

However, they had a more expensive process flow. The main dielectrophoresis thrust 

accomplishments are listed below: 
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 This project demonstrated the first 3D iDEP device (Microtechnologies in 

Medicine and Biology 2009) 

 This project demonstrated the first silicon iDEP device and demonstrated the 

thermal benefits of using silicon (Electrophoresis 2012) 

 This project demonstrated the first iDEP device powered by patterned off-chip 

electrodes (OπDEP) (Analytical and Bioanalytical Chemistry 2013) 

 This project demonstrated the first use of DC-biased, AC field iDEP on 

biological samples (E. coli and S. aureus) (Engineering in Medicine and 

Biology Conference 2012)  

 This project demonstrated the effect of thin passivation layers on πDEP devices, 

creating the first EπDEP device (Biomedial Engineering Society Annual 

Meeting 2013)  

 This project developed the first OπDEP device with three dimensional structures 

for enhanced sensitivity (3D πDEP).   

 This project developed the first OπDEP device with off-chip impedance 

detection 

 

 



141 
 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 8-11: Diagram of the DEP thrusts presented in this work. The squares bordered in green denote work 

performed in this dissertation 
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