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Cell filtration is a critical step in sample preparation in many bioapplications.

Herein, we report on a simple, filter-free, microfluidic platform based on hydrody-

namic inertial migration. Our approach builds on the concept of two-stage inertial

migration which permits precise prediction of microparticle position within the

microchannel. Our design manipulates equilibrium positions of larger micropar-

ticles by modulating rotation-induced lift force in a low aspect ratio microchannel.

Here, we demonstrate filtration of microparticles with extreme efficiency (>99%).

Using multiple prostate cell lines (LNCaP and human prostate epithelial tumor

cells), we show filtration from spiked blood, with 3-fold concentration and >83%

viability. Results of a proliferation assay show normal cell division and suggest no

negative effects on intrinsic properties. Considering the planar low-aspect-ratio

structure and predictable focusing, we envision promising applications and easy

integration with existing lab-on-a-chip systems. VC 2014 AIP Publishing LLC.

[http://dx.doi.org/10.1063/1.4891599]

INTRODUCTION

Microfluidic platforms for separation and filtration of bioparticles have been gaining promi-

nence due to their superior performance. A variety of membrane-free and label-free microfluidic

systems have been reported using acoustic,1,2 electric,3 dielectric,4,5 magnetic,6,7 optical,8 and

hybrid9–11 forces. These devices are based on the physical and morphological properties of tar-

get sample (e.g., cell size) and generally offer high filtration efficiency (g> 90%). However,

the sophisticated control of external forces on these platforms increases system complexity and

cost, making them less practical. Further, throughput of such systems is often low due to the

need to expose sample to the force field.12 Recent developments in inertial microfluidics have

the potential to overcome these challenges.

Inertial microfluidic approaches manipulate hydrodynamic forces acting on bioparticles to

achieve lateral displacement by modulating channel geometry. Microparticles flowing in a

microchannel experience a shear-induced lift force (Fs) due to parabolic velocity profile of

Poiseuille flow.13 This force drives particles away from the microchannel center and toward the

channel walls. As particles migrate laterally to the wall, an opposing wall-induced lift force

(Fw) pushes particles away due to change in vorticity around the particle surface.13 It is the

resulting net force that generates particle equilibrium in distinct positions within the channel

cross-section. In a round channel, the interaction of these forces results in the “Segr�e annulus”

at �0.2Dh (hydraulic diameter) away from the walls, which was first observed in 1960s.14,15

This distance was found to decrease with increasing flow Reynolds number (Re).16,17 In radially
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asymmetric channels (e.g., square or rectangular cross-section), another small but critical force

due to particle rotation dictates particle motion near sidewalls.13 This rotation-induced lift force

(FX) causes cross-lateral migration that leads to a reduced number of equilibrium positions,

four in a square channel18,19 and two in a rectangular channel.13 In a curved channel, due to

addition of the Dean force, the equilibrium positions can be further reduced to one.20,21 Since

the inertial forces are strongly dependent on particle diameter (a), discovery of distinct focusing

positions has triggered the burgeoning of techniques for size-selective separation and filtration

of particles and cells in simple microchannels with various geometries.22–31

Particle and cell filtration in straight, rectangular microchannels have been successfully

demonstrated by a number of groups. For example, we showed filtration of 7.32 lm diameter

particles from smaller particles (a¼ 1.9 lm) in a high aspect-ratio (AR¼ h/w> 1, where h is

height and w is width) channel.32,33 Mach and Di Carlo34 further demonstrated filtration of red

blood cells (RBCs) from bacteria at high throughput (200 ll/min) in a similar design. A higher

throughput (�8 ml/min) and efficiency (g¼ 90%) were achieved in their massively paralleled

256-channel system.34 In a low AR (AR< 1) straight microchannel, Hansson et al. demon-

strated an even higher efficiency (g> 95%) using 10 lm diameter particles.35 In terms of col-

lecting large cells, a low AR channel is preferred as the target cells can be collected from a sin-

gle central outlet, rather than from the two side outlets as in high AR microchannels. While

these systems offer good performance in filtration of particles, parameters that are critical in

downstream cell analysis, such as viability and proliferation of collected cells, are yet to be

explored.

In this work, we report on an approach for cell filtration in a low-AR rectangular micro-

channel with improved performance. Our design is based on the model of two-stage inertial

migration (Fig. 1(a)),13 where randomly distributed particles first migrate to the top and bot-

tom faces of the channel dominated by Fs in the first fast stage and migrate transversely to-

ward their two equilibrium positions undergoing FX in the second slow stage.13 Since lateral

migration velocity is strongly dependent on cell size (UL / a2 in stage 2),13 larger cells com-

plete both stages of migration and achieve equilibrium much faster than the smaller ones.

Placing a trifurcating outlet following the full equilibrium of larger cells leads to an easy re-

moval of smaller cells (or cell-free volume for single cell species), as illustrated in Fig. 1(b).

Our results with LNCaP (lymph node carcinoma of prostate) and HPET (human prostate epi-

thelial tumor) cells show that large cells can be successfully collected from the central outlet

of the device with an extremely high efficiency (g¼ 99.5%), with no cells found in side out-

lets. The 67% of the smaller cells are removed in a single pass, resulting in 3� enhancement

of target cell purity; additional passes can offer an even higher enhancement. Cell viability

was at 83% and the collected cells divided normally during the proliferation tests. This filtra-

tion approach suggests that sample concentration (for single cell species) is possible in a

flow-through microfluidic system, which typically requires multiple centrifugation and re-

suspension steps on the macroscale. Ultimately, coupled with separation channels, this

approach can offer an attractive alternative in the area of microfluidic sample preparation.

RESULTS

Particle focusing and filtration

We optimized and validated our microfluidic filtration device design using fluorescent

polystyrene beads before proceeding to experiments with cells. In the device, randomly dis-

persed particles at the inlet rapidly migrate to the top and bottom faces and progressively

form three streams at Re¼ 120, as observed from the top in Fig. 2. Particles in the corner

streams gradually migrate toward the width centers and finally disappear at downstream

length of L¼ 12 mm, indicating completion of the two-stage migration process. The result is

the two face-centered focusing positions. To observe focusing of microparticles from sides,

we used a high-AR channel of the same dimensions. This is an approach we used in the

past13 and it allowed us to visualize two focusing positions near top and bottom of the

low-AR channel (Fig. 2(c)). Based on these observations, a complete picture of the focusing
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positions in a low-AR microchannel emerges, confirming presence of two face-centered fo-

cusing positions near the top and bottom.

We experimentally measured focusing lengths of four particles ranging from 7.32 lm to

20 lm in diameter as a function of Re. For this, linescans of fluorescent intensity at progressive

downstream positions were obtained (Fig. 3(a)), and full width at tenth maximum (FWTM) for

each was plotted as a function of the measurement position. As results in Fig. 3(b) for 20 lm

diameter particles in a 100 lm� 50 lm (w� h) channel show, the FWTM values ultimately sta-

bilize when full focusing is achieved. The downstream length at which this stabilization occurs

is considered as focusing length for a given flow condition. As expected, Fig. 3(b) shows that

for the focusing length L becomes longer with increasing Re.
The experimental results can also be confirmed through direct calculation using the model

of two-stage migration. In a low-AR channel with hydraulic diameter Dh, focusing length L is

given by13

L ¼ 3plD2
h

4qUf a3

h

C�L
þ w

CþL

� �
; (1)

where l and q are the dynamic viscosity and density of the carrier fluid, Uf is the average flow

velocity, and Dh¼ 2hw/(hþw). The negative and positive lift coefficients (CL
� and CL

þ,

respectively) were estimated in our recent work.13 Results in Fig. 3(c) show that both experi-

mental and theoretical data are in strong agreement, validating Eq. (1) for use with low AR

microchannels. Following this validation, we designed a 10 mm long channel for filtration of

20 lm diameter particles (or cells) using flows in the 15<Re< 100 range.

FIG. 1. Schematic (a) and device layout (b). Particles flowing in a low aspect-ratio microchannel first migrate to top and

bottom walls undergoing a shear-induced lift force FS (stage 1); once the shear-induced lift force balances with a wall-

induced lift force FW, particles further migrate toward the centers of horizontal walls experiencing a rotation-induced lift

force FX (stage 2). Due to the strong size-dependent migration velocity, the larger particles complete the two-stage migra-

tion and equilibrate to the two long-face-centered positions much faster than the smaller particles. By setting the channel

length to the focusing length of the larger particles, they can be filtered from the smaller particles through the central outlet.

044112-3 Zhou et al. Biomicrofluidics 8, 044112 (2014)



Prior to cell filtration, a mixture of polystyrene particles was used to validate the filtration

concept. As results in Fig. 4(a) show, larger particles (yellow fluorescent stream in inset) focus

in the middle of the channel and exit through the central outlet. The smaller 7.32 lm diameter

particles (green fluorescence in inset) remained unfocused and evenly distributed among all

three outlets, which is expected since their focusing length (�60 mm) is much longer than the

channel length (10 mm) (based on Eq. (1) and data in Fig. 3(c)). Quantitative counting of col-

lected particles confirmed that smaller particles are uniformly distributed and showed that

nearly all 20 lm diameter particles exited through the middle outlet. The filtration efficiency

was calculated to be approximately g¼ 99.5%, with coefficient of variation CV¼ 0.93%

(n¼ 5). This result illustrates a 3� enrichment in concentration and purity of 20 lm diameter

particles through removal of 2/3 of smaller particles. The high filtration efficiency and the

reduced volume (1/3 of the injected volume) are especially promising in the applications of

sample concentration.

To further demonstrate feasibility of cell filtration, we spiked blood with 20 lm diameter

microparticles. The brightfield image in Fig. 4(c) shows particles and uniformly dispersed blood

cells (mostly RBCs) at inlet. At the outlet at 10 mm downstream (Fig. 4(d)), as expected all

particles exited through the center outlet after focusing into the single stream, while RBCs were

observed to be evenly distributed and behave similar to the 7.32 lm diameter particles (regard-

less their non-spherical shape).

Cell filtration

To demonstrate the potential for cell filtration, we used LNCaP cells due to their great rele-

vance. Prostate cancer is the most frequent form of cancers in males in most western coun-

tries;36 an estimation of 1 in 6 men in the US is diagnosed with prostate cancer.37,38 However,

the mechanism of development and progression remain poorly understood.37,38 One of the con-

tributing factors is the challenge of filtering these cells from mixtures, which we hope to allevi-

ate in this work.

A suspension of LNCaP cells (2500 cells/ml) was introduced into the device at Re¼ 50.

The mature LNCaP cells are approximately 21 lm in diameter in suspension and thus behave

similar to the 20 lm diameter particles when introduced into our microfluidic channel. As

brightfield images in Fig. 5(a) show, the uniformly dispersed LNCaP cells progressively order

FIG. 2. Demonstration of two-position focusing at Re¼ 120 in a 100 lm� 50 lm microchannel. Topview of bright field

(a) and corresponding fluorescent (b) images show the evolution of particle streams in a rectangular microchannel.

(c) Corresponding images of sideview at progressive downstream positions. The polystyrene particles were 20 lm in

diameter.
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into a single stream in the middle at the channel. As flow increased to Re¼ 70, cells were also

observed in the side outlets, reducing the efficiency to �72%. Equal number of cells (g¼ 33%)

were observed at higher Re, indicating that no cell filtration occurred.

The observed decrease in filtration efficiency at Re> 50 is primarily due to the limited

channel length. According to Fig. 3(c) and Eq. (1), the focusing length becomes longer as Re
increases above 40. At Re¼ 50, the focusing length of a¼ 20 lm particles was L� 8.5 mm. But

at Re¼ 100, L> 10 mm, which is insufficient for cells to focus completely into a single stream

in our device. A longer microchannel would be necessary to ensure high filtration efficiency at

FIG. 3. Measurements of focusing length. (a) Fluorescent intensity line scans across channel width at consecutive down-

stream positions. (b) FWTM of major peaks as a function of downstream length at various Re. (c) Focusing length as a

function of Re. The prediction curves were calculated based on two-stage migration model. Solid symbols indicate experi-

mental measurements. All data were obtained using polystyrene beads (10 lm, 15 lm, and 20 lm in diameter) in a

100 lm� 50 lm microchannel.
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faster flows. In addition, the inherent size variation of cells also exhibits a stronger influence at

higher Re, with the slightly smaller cells needing a considerable longer channel to focus

(DL/Da� a�3).13

Similar to efficiency, a downward trend of filtration viability was observed as Re increased

(Fig. 5(c)). We used trypan blue exclusion test to identify viable cells in the collected sample.

FIG. 4. Demonstration of size-selective filtration at Re¼ 50. (a) Filtration of 20 lm diameter particles from a mixture with

7.32 lm diameter particles. Large particles (yellow stream in the inset) were collected through the central outlet, while

smaller particles (green in the inset) were evenly distributed in all three outlets. Error bars represent standard deviations of

three counts. (b) Bright field image of the inlet illustrating suspension of 20 lm particles spiked in blood. Small dots in the

channel are blood cells. (c) Particles exiting through the central outlet and RBCs exiting through every outlet.

FIG. 5. Validation of cell focusing in the microchannel. (a) Bright field images showing development of LNCaP cell train

at different downstream positions at Re¼ 50. (b) Cells collected at each outlet at three Re. Control represents the cells col-

lected without passing through the device. (c) Efficiency and viability data for a 10 mm long microchannel.

044112-6 Zhou et al. Biomicrofluidics 8, 044112 (2014)



A viability of 83.3% was achieved at Re¼ 50 for a single-stage process. At higher Re with

faster flow, the increased shear stress reduced cell viability even further, with approximately

1/3 of cells being damaged at Re> 100.

Although the circulating tumor cells (CTCs) in blood stream can transiently experience the

shear stress as high as 3000 dyn/cm2,39 a significant loss of cancer cell viability can occur at

shear stress levels above 100 dyn/cm2. The maximum shear stress near wall (sw) of a channel

flow can be calculated using Poiseuille’s Law as

sw ¼
32lQ

pD3
h

; (2)

where Q is the volumetric flow rate. In this work, at Re¼ 50, the shear stress is calculated to

be sw¼ 128 dyn/cm2. While the shear in the main channel can be the cause of cell loss, the

reduced viability is most likely the result of the much smaller outlet branches (w¼ 32 lm)

where sw¼ 199 dyn/cm2 despite only 1/3 of the input flow rate. The dependence of cell viabil-

ity on shear stress we find here is similar to the work by Barnes et al.39 using prostate cells

(PC-3). Nevertheless, 83% viability is sufficiently high considering the fragile nature of the

LNCaP cells.

We carried out proliferation assays to determine whether the hydrodynamic filtration affects

the intrinsic properties of cells (Fig. 6). The unaffected proliferation and the ability to be re-

cultured are crucial for downstream analysis. The number of viable cells (based on trypan blue

staining) was counted every 24 h for 5 days subsequent to processing in the device. The coinci-

dence of the two curves in Fig. 6 suggests that cell proliferation was unaffected. No significant

immediate or long term (5 days) effects could be detected in the LNCaP cells subjected to fil-

tration compared to the untreated control.

To further demonstrate filtration of cancer cells, we used spiked blood with human prostate

epithelial tumor (HPET). HPET cells are derived from a high grade (Gleason 9) prostate punch

biopsy and recapitulate the histopathology of human prostate cancer in vivo.40–42 The HPET

cells are 18–22 lm in diameter in suspension and were spiked at concentration of 2500 cells/ml

into diluted blood (�0.5% hematocrit). The HPET cells were stained with green live cell

tracker dye (ER-TrackerTM Green, Invitrogen) to permit visualization. While the brightfield

image in Fig. 7(a) reveals that the RBCs are everywhere, similar to smaller particles in Fig.

4(b), the corresponding fluorescent image in Fig. 7(b) indicates that the HPET cells entrained in

the middle and exited from the central outlet analogous to 20 lm diameter particles and LNCaP

FIG. 6. Proliferation results illustrating the LNCaP cell population that was filtered in the device vs. control population.

The control sample consisted of cells that did not pass through the device. The error bars represent one standard deviation

of independent three measurements.

044112-7 Zhou et al. Biomicrofluidics 8, 044112 (2014)



cells used previously. Cell debris was observed at the channel walls at trifurcation, resulting in

excessive shear stress which can be the primary contributor to cell loss during processing.

Nonetheless, filtration of cancer cells from the mixture has been successfully demonstrated.

DISCUSSION

The excellent filtration efficiency (�99%) of our device permits concentration of sample

for biological, biomedical, and possibly environmental applications.43–46 Conventionally, centri-

fuge is one of the most common instruments in these laboratory settings for sample preparation,

which typically requires multiple steps of centrifugations and re-suspensions. This process is

usually time-consuming and laborious.43 Our microfluidic platform potentially overcomes such

limitation. As demonstrated in this work, every large particle and cells injected into the channel

were collected from the target outlet, while 2/3 of the initial volume was fractioned from side

outlets. These results suggest a 3-fold increase in concentration of the collected particles.

Since the volume fraction (VF) in the target outlet can be tuned by the resistance of each

outlet channel, we can increase concentration of the filtered sample using different outlet sys-

tems. Since flow resistance R for a channel of length L is defined as R ¼ 128 lL=pD4
h, it is pos-

sible to alter flow fraction by either increasing the channel length L or decreasing the channel

width w (and thus hydraulic diameter Dh). For instance, a 2:1:2 ratio of the three outlet channel

width will offer a 7.3� increase in target concentration. Similarly, a 1:2:1 ratio of the three out-

let channel length will provide a 5� enhancement in target concentration. With further optimi-

zation, even higher concentration enhancement should be possible. The resistances of side out-

lets, however, should be balanced to avoid disturbing particle focusing and to ensure collection

from the central outlet.

Considering the high throughput (225 ll/min for single channel) nature of the described in-

ertial microfluidic device, such sample concentration can be very time-efficient. In a chip with

10 parallel channels, processing a 10 ml of sample takes <4.5 min and does not require repeated

centrifugation steps. Ultimately, the approach can be automated. Although the focus of the cur-

rent paper is on 20 lm diameter particles, the platform is generally applicable to other particle/

cell sizes based on our model of two-stage migration.13

Performance characteristics of our device are comparable, and in some cases exceed that of

the existing microfluidic cell filtration approaches, which are summarized in Table I. Our effi-

ciency is comparable to the active microfluidic platforms, such as those relying on dielectropho-

retic or acoustic methods which generally require additional steps or complex control circuitry.

Deterministic lateral displacement (DLD) and non-inertial approaches have demonstrated simi-

lar filtration performance, but at considerably lower throughput. While Liu et al.47 reported a

high-throughput (2 ml/min) version of the DLD approach, no cell viability data were reported,

despite the fact that high flow rates can deform cells, altering their morphology and viability.

As Table I shows, flow rates used in our device are in the middle of the range of other in-

ertial based platforms, which permits very high filtration efficiency while maintaining relatively

FIG. 7. Filtration of HPET cells from blood at Re¼ 50. (a) Brightfield image illustrating cells (mostly RBCs) in the micro-

channel. (b) Corresponding fluorescent image illustrating a stream of HPET cells in the middle of the channel.
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high throughput. Although recent work by Sollier et al.48 reported a high flow rate of 4 ml/min,

it was achieved in 8 channels with a footprint 80� larger than that of our channel. We can

readily package over 40 parallel channels within a similar chip size, which theoretically would

lead to a throughput of 9 ml/min. Wu et al.49 showed >80% efficiency in their filtration of leu-

kocyte at high flow rate, but once again their footprint was significantly larger than ours. Our

previous approach using Dean flows21 demonstrated a 2.5 ml/min flow rate in processing of

neuroblastoma and glioma cells but showed only a moderate efficiency (�80%). Similar results

were reported by the deformability-based methods, but at a much lower throughput (5–42 ll/

min).50,51 In a sheath-based channel, however, such a low flow rate (and thus throughput) was

critical to permit a high 99% efficiency.52 Thus, in most of the systems reported to date, there

is a clear tradeoff between throughput and efficiency, i.e., high filtration efficiency requires low

throughput and vice versa. Our device presented herein, however, offers high efficiency while

maintaining a relatively high throughput, leading to a more efficient way in processing large

sample volumes.

Viability of filtered cells is a critical concern. Compared with other inertial platforms in

Table I, our viability results can be further improved and this can be accomplished in a number

of ways. First, reducing operational flow rate to Re¼ 30 would reduce shear stress to

sw¼ 76.8 dyn/cm2 (i.e., below the 100 dyn/cm2 critical value). Second, scaling up the channel

(increasing w and h in tandem) is not going to affect particle/cell focusing behavior according

to our previous work but will substantially reduce the shear stress as sw / D�3
h . Finally, the

size of the outlet channels can be increased in order to minimize fluidic shear in the outlet and

thus reduce cell damage.

During our experiments, we observed that cell debris accumulates at the sharp corners of

the trifurcating output region (Fig. 7(b)), mainly due to the cell-to-cell interactions and the ex-

cessive transient shear stress. This accumulation of cell debris further narrows the channel

cross-section and increases fluidic resistance of the central outlet branch. Thus, more cells could

exit the channel from side outlets with smaller fluidic resistances, potentially reducing the filtra-

tion efficiency. Nevertheless, at Re¼ 50, the fluid drag was sufficiently strong to continually

clear this debris through the output. Influence on the efficiency was found to be not significant,

TABLE I. Performance of recent cell filtration platforms. DLD is deterministic lateral displacement; vDLD is virtual DLD;

ER is the enrichment ratio. Some flow rate data were converted from other parameters in the corresponding references.

Technique Sample

Flow rate

(ll/min) Efficiency Viability ER Remarks References

Dielectrophoretic Rare bacteria 5 95% 200 Buffer required 55

MDA-MB cancer 20 70%–80% Buffer required 56

Immunoselection H1650 cancer 167 96% Magnetic 57

CTC 16–32 65% 98% 106 microchip 58

Acoustic Prostate cancer 100 73%–94% Nonfixed, buffer 59

MCF-7 67 91% Buffer required 60

DLD/vDLD MCF-7 2000 99% 115 DLD 47

Polystyrene particles 4.1 >97% vDLD, buffer 61

Inertial Bacteria in blood 200 4 Two stages 34

MCF-7 4000 <27% 86% 104 Vortex, 8 channels 48

Leukocyte 800 >80% 98% Trapezoid spiral 49

Malaria infected RBCs 5 >80% 2 Deformability 50

MCF-7 5 99% Sheath flow 52

MCF-7/modMCF-7 42 92% 5.35 Deformability 51

Neuroblastoma

and glioma

2500 >80% 90% Dean flow, spiral 21

LNCaP, HPET 225 >99.5% 83% 3 Single stage This work

Non-inertial MV3-melanoma 0.33 98.7% Sheath flow 62
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leading to mean values of g¼ 99%. Channel clogging by cell debris can also be overcome by

minimizing shear stress through enlargement of the main and the outlet channels or by reducing

flow Re. Alternatively, surface treatment of channel walls or use of biocompatible materials

may help to further prevent nonspecific absorption and mitigate clogging.53

Cell deformability has been reported to influence inertial focusing.51 In our case, this

intrinsic property does not affect device performance in terms of filtration efficiency. This

is primarily because the deformability-induced drift velocity of cells is in the same direction

as the rotation-induced lift force. Both of them drive cells to channel center.51 As a result, the

efficiency of LNCaP cells achieves >99% just as that of rigid particles (Re¼ 50, Figs. 5(b)

and 5(c)).

While filtration in high AR channels demonstrated by us32,33 and others34 has a similar

potential for sample concentration (also purification in processing of complex samples), the

design presented herein offers a number of critical advantages. First, our system provides dou-

ble the enrichment ratio and filtration efficiency in a single-stage as compared to the existing

high AR channel designs. The high AR platform comprises two target side outlets and one

waste outlet in the center. Hence, for single-stage processing, the concentration enhancement is

only 1.5�, which is half of that in our system with the same outlet configuration. In terms of

removal of smaller microparticles from complex samples, our device achieves 67% removal

rate, which is more effective than the 33% rate of the high AR channels.

Second, sequencing multiple devices has the potential to offer an improved sample concen-

tration performance. Multi-stage processing can exponentially increase the enhancement ratio of

concentration and purity, which is 3n� for n stages in our low AR device. This is in contrast to

1.5n� for the same number of stages in a conventional high AR microchannel. For instance,

sequencing 2 stages would lead to 9� vs. 2.25� enhancement in these devices. Increasing the

resistance ratio of the central and side outlets can further enhance the concentration ratio.

However, multi-stage sequencing requires careful consideration. Since only a fraction of the

input flow exits through the center outlet, each subsequent design will need to be optimized for

different flow conditions. In essence, different devices (although similar in design concept) will

need to be connected in series. Reusing a single device multiple times, which is the simplest

approach to increasing enrichment ratio, will not necessary offer the best results because multi-

ple transfers of the fragile LNCaP and HPET cells can lead to loss in the external connections.

Third, fabrication of low AR microchannels is much easier than that of high AR counterparts.

Bhagat et al.28 showed that AR¼ 5 is optimal for processing RBCs; yet it is challenging to fabri-

cate narrow channels with such AR, which is typical in inertial focusing. Even though the channel

can be patterned using photolithography, the life time of the master mold for soft lithography or

hot embossing is limited due to small adhesion (contact) area between the pattern and the sub-

strate. Indeed, to circumvent this issue, Bhagat et al.28 used a double molding technique involving

multiple processes including deep reactive-ion etching (DRIE) of a silicon wafer, which is expen-

sive and time consuming. Conversely, fabrication of low AR channels (e.g., AR¼ 0.2 reported

herein) is much simpler and the master molds are much more robust. In addition, low AR channel

is more practical to fabricate via mass production techniques such as injection molding.

In summary, we have successfully demonstrated a simple low AR microchannel that can

be used for single step filtration and concentration of cellular or particle samples. The low AR

nature of the device provides a simple platform with ultra-high efficiency and ease of cascading

and paralleling. We envision numerous broader applications in filtration and concentration of

cells or particles for sample preparation or purification.

EXPERIMENTAL SECTION

Device fabrication

Microchannels were fabricated using standard soft lithography methods. Briefly, we utilized

the dry resist film (PerMX 3050 series, DuPont Electronic Technologies) to pattern masters for

microchannels on a 3 in. silicon wafer by conventional photolithography. Polydimethylsiloxane

(PDMS, Sylgard 184, Dow Corning) prepolymer was mixed with curing agent in the 10:1 (w/w)
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ratio and cast on the master wafer. After a 2-h cure on 80 �C hotplate, the microchannels were

replicated in PDMS and bonded with 1 in.� 3 in. glass slides (Fisher Scientific, Inc.) using sur-

face treater (BD-20AC, Electro-Technic Products, Inc.). The inlet and outlet ports were punched

manually with a stainless flat-head needle. Topview and sideview images of a single rectangular

microchannel were obtained from a pair of microchannels with reciprocal AR. Images captured

from a high AR channel (50 lm� 100 lm) represented the sideview of a low AR channel

(100 lm� 50 lm). Samples were injected into the device using a syringe pump (NE-1000, New

Era Pump Systems, Inc.), with syringe connected to 1/16 in. Peek tubing with fittings (Upchurch

Scientific) at device inlet.

Particle suspension

Fluorescent polystyrene beads were used to perform the experiments and measurements to

enhance quality of visualization and imaging. To minimize the particle-particle interaction, we

diluted bead suspensions with deionized water to reach the VF of 0.025%. For the assessment

of filtration efficiency from mixture, we initially mixed 7.32 lm with 20 lm particles in the 1:1

ratio. A small drop (1% v/v) of Tween-20 (Fisher Scientific, Inc.) was added to particle suspen-

sions to minimize clogging. Particles were spiked into diluted human blood (Hoxworth blood

center) in saline solution (0.9% NaCl) for cell filtration experiments.

Protocols

The LNCaP human prostate cancer cell line was obtained from American type culture col-

lection and was cultured as described by Pitk€anen-Arsiola et al.54 LNCaP cells were grown in

10 cm plates and when they are 80% confluence, the cells are stained with the green fluorescent

chloromethyl derivatives of fluorescein diacetate (CMFDA). The cells were stained following

manufacturer’s protocol (MP02925, Life Technology, Inc.). Briefly, 5 lM CMFDA was diluted

in serum free media and added to cells. After 15 min, the media was aspirated and replaced

with fresh media; cells were incubated for 45 min. Cells were trypsinized prior to use. Cell via-

bility and growth were determined by counting cell number using trypan blue staining (Sigma

Aldrich) and hemocytometer. Approximately 5000 cells were plated in triplicates in 24 well

plate and treated with þ/� androgen (dihydrotestosterone (DHT)) at concentration of 10�8 M.

The cells were trypsinized and counted by staining with trypan blue at different time points.

Measurements

To find the focusing length, high-speed images at successive downstream positions were

captured using an inverted epi-fluorescence microscope (Olympus IX71) equipped with a 12-bit

CCD camera (Retiga EXi, QImaging). 100 frames at each position were captured and stacked

using ImageJ
VR

for better visualization and linescans at the same Re. Multiple flow rates

(15<Re< 175) were tested to validate the prediction curve in Fig. 3(c). Fluorescent intensity

data were obtained from line scan for quantitative assessment of focusing. Fluorescent images

in this work were pseudo-colored using ImageJ
VR

. When the mixture of particles was tested, we

took images at each channel position alternatively using appropriate filters (fluorescein

isothiocyanate (FITC) and 40,6-Diamidino-2-Phenylindole (DAPI)). The greyscale images from

different filters but identical location were merged forming color composite images, which explic-

itly show the filtration process (Fig. 4 inset). To characterize efficiency and purity, a particle sus-

pension (mixture of 7.32 lm and 20 lm beads) was injected into the low AR channel and samples

were collected at each outlet. The samples were then counted using a hemocytometer to determine

particle population. Samples were first stirred for 2 min to ensure uniform particle suspension. The

particle counting was performed on the microscope stage under fluorescent illumination.
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