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In this paper, we report an inertial microfluidic device with simple geometry for

continuous extraction of large particles with high size-selectivity (<2 lm), high

efficiency (�90%), and high purity (>90%). The design takes advantage of a

high-aspect-ratio microchannel to inertially equilibrate cells and symmetric

chambers for microvortex-aided cell extraction. A side outlet in each chamber

continuously siphons larger particles, while the smaller particles or cells exit

through the main outlet. The design has several advantages, including simple

design, small footprint, ease of paralleling and cascading, one-step operation, and

continuous separation with ultra-selectivity, high efficiency and purity. The

described approach is applied to manipulating cells and particles for ultra-

selective separation, quickly and effectively extracting larger sizes from the main

flow, with broad applications in cell separations. VC 2013 AIP Publishing LLC.

[http://dx.doi.org/10.1063/1.4818906]

INTRODUCTION

Microfluidics has been receiving considerable attention in recent years for cell separations

and sorting due to a number of promising advantages, including high throughput, high efficiency,

low cost and simplicity. A recently introduced subset of the field, termed inertial microfluidics,

has been attracting intense interest and has been proving to be a powerful tool for size-based,

high-throughput, and passive sample preparation or separation in cell biology and clinical

diagnostics.1–4 The technique takes advantage of hydrodynamic forces that act on cells to posi-

tion them within the flow.5,6 These forces cause cells to migrate across streamlines and order in

equilibrium positions based on their size, leading to label-free cell separation, purification and

enrichment in a microfluidic device with designed geometries.7 Applications for separation of

cells (erythrocytes/leukocytes,8–10 neuronal cells,6 cancer cells11), flow cytometry,12–14 and rare

cell enrichment15–17 have been developed achieving passive cell and particle manipulation with

extremely high throughput.

A wide range of channel geometries has been explored for inertial microfluidic cell order-

ing and separation. We2,5 and others10,11 developed straight channels to order cells into equili-

bration positions for size-based particle separation, blood filtration, and deformability-based cell

separation. Lee et al.18,19 used expansion/contraction geometries to induce secondary flow for

blood plasma separation (with �62% yield) and separation of 10 lm and 4 lm diameter par-

ticles with �100% purity. Though the purity was high, the separation required a second inlet to

induce sheath flow which inevitably complicated the fluidic instrument and device operation. Di

Carlo et al.20,21 developed wavy channels for cell focusing and filtration which could perform

separation of 3 lm from 4.5 lm diameter particles, while the efficiency is only 50%. We1,6,8

and others9,22–25 also used curved or spiral channels to manipulate hydrodynamic forces to

a)Author to whom correspondence should be addressed. Electronic mail: ian.papautsky@uc.edu. Tel.: (513) 556-2347.

1932-1058/2013/7(4)/044119/13/$30.00 VC 2013 AIP Publishing LLC7, 044119-1

BIOMICROFLUIDICS 7, 044119 (2013)

http://dx.doi.org/10.1063/1.4818906
http://dx.doi.org/10.1063/1.4818906
http://dx.doi.org/10.1063/1.4818906
http://dx.doi.org/10.1063/1.4818906
mailto:ian.papautsky@uc.edu
http://crossmark.crossref.org/dialog/?doi=10.1063/1.4818906&domain=pdf&date_stamp=2013-08-21


focus cells into streams for size-based separation. While spiral channels exhibit >90% separa-

tion efficiency at high-throughput (�1 � 106 cells/min),6,8 they face challenges in the outlet

design, the cascading and integration, and reduced selectivity for separating cells with <5 lm

size differences.6

Recently, a novel approach has been reported by several investigators for selective isolation

and trapping of cells from a mixture. The approach uses a straight channel to inertially focus

cells, followed by microchambers to generate laminar vortices for trapping of larger cells.

Sollier et al.26,27 reported trapping blood cells for high purity plasma extraction, while Hur

et al.16,28 introduced devices in which particles and cells were trapped and subsequently

released on demand. In a parallel independent work, we reported size-based selection of par-

ticles in rectangular channel expansions.15 These devices offer multiple promising potential

applications, including extraction of plasma from blood and isolation of rare cells. While these

devices are successful in capturing target cells at ultra-low concentrations (�100 cells/ml), their

non-continuous two-step operation is complicated and requires a complex fluidic setup, with the

release/washing step inevitably decreasing (diluting) the capture efficiency.16 But most impor-

tantly, the number of cells trapped by each vortex is limited, with saturated vortices leading to

loss of the target sample. Although this trapping capacity limit can be subverted by paralleling

chambers into an array,16 the overall isolation process still presents a challenge when large

sample volumes must be processed (e.g., >10 ml).

In this work, we move away from discrete operation steps and introduce continuous flow-

through functionality. Our inertial microfluidic design introduces siphoning channels to two

symmetric chambers, resulting in sheath flow sandwiched by vortices and main flow for contin-

uous cell extraction in a single-step process. The design takes advantage of a high-aspect-ratio

channel upstream of the trapping chambers to inertially focus cells into equilibrium positions

near microchannel sidewalls. A single pair of chambers with siphoning channels follows the

focusing channel for formation of vortex and sheath flow and large cell extraction. During oper-

ation, the larger cells are selectively entrained by inertial lift force into sheath flow and are

released through the siphoning side channels, while the smaller cells remain in main flow and

exit at the main outlet.

We show that separation of polystyrene particles with size differences of less than 2 lm is

possible, while maintaining high throughput (2.5� 104 /min), high efficiency (�90%), and high

purity (>90%). To accomplish this, we optimize the flow conditions and the device outlet

design both numerically and experimentally. To verify feasibility of biological sample separa-

tion for potential clinical applications, continuous separation using blood spiked with particles

was also demonstrated, illustrating 86% separation efficiency and 5� enrichment. Exhibiting a

number of key advantages, we believe this simple inertial microfluidic design will benefit a

broad range of applications related to particle and cell separation or purification.

RESULTS

Separation principle and device operation

The microvortex-aided design consists of four major components: a high-aspect-ratio chan-

nel for inertial particle ordering; two symmetric chambers for microvortex formation; two side

outlets at the corners of the chambers for sheath flow formation and extraction of large par-

ticles; and a main outlet for exit of small particles (Fig. 1(a)). The focusing channel is 10 mm

long with a 50 lm� 100 lm (w� h) cross-section; each capture chamber is 500� 500 lm2.15,29

The length of outlet channels can vary to modulate fluidic resistance ratio (r/R) of the side (r)

and main (R) outlets for optimizing the device performance. To understand the design principle,

we will first briefly review our two-stage inertial focusing model29 and then discuss each

system component in detail.

The inertial migration of particles in microchannels follows the balance of the lift forces

and occurs in two stages.29 Initially, particles are subjected to the shear-gradient induced lift

force Fs that pushes them across streamlines towards channel walls and the wall-induced lift

force Fw that acts to balance the shear-gradient induced lift force (Fig. 1(b)). Driven by these
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two dominant lift forces, the particles settle along each sidewalls into bands where Fw balances

Fs. Once this initial equilibrium is reached, near channel walls particle motion is dominated by

the rotation-induced lift force FX. As a result, particles migrate to the center points of walls in

this second stage. This model of inertial focusing is generally applicable to rectangular micro-

channels of any aspect ratio at finite Re and can be used to aid design of inertial microfluidic

systems. The maximum downstream length L necessary for particles of diameter a to focus and

fully equilibrate can be described as

L ¼ 3plD2
h

4qUf a3

w

C�L
þ h

CþL

� �
; h > w; (1)

where l is fluid viscosity, q is fluid density, Uf is the average flow velocity, and Dh is the

hydraulic diameter (Dh¼ 2wh/ (wþh) for a channel w wide and h high). C�L is the negative lift

coefficient related to the first stage migration and CþL is the positive lift coefficient related to

the second stage migration.29 The equation illustrates a strong dependence of the focusing

length on particle diameter (L / a�3). Thus, larger particles will require much less focusing

length than the smaller ones.

The first critical component of the system is the high-aspect-ratio channel aimed at focus-

ing particles or cells in the first stage as two bands along channel sidewalls. Using Eq. (1) and

lift coefficients we presented in our recent work,29 L1¼ 1.6 mm and L2¼ 12.8 mm for the first

and second stage focusing of 20 lm diameter particles in 100 lm� 50 lm (h�w) channel

(C�L ¼ 0.03 and CþL ¼ 0.007 at Re¼ 110). Accordingly, we designed a 10 mm long channel to

ensure large particles (�20 lm diameter) focus in the first stage which was the preferable focus-

ing condition for extraction of larger particle in this vortex-aided separation. We will discuss

this preferred focusing condition in more detail in the following section.

Downstream of the focusing channel, the fluid is fractionated into five parts with main flow

into main outlet, two sheath flows into side outlets and two microscale laminar vortices in

FIG. 1. (a) Schematic of the vortex-aided inertial microfluidic design. Flow resistances r of the side outlet channel and R
the main outlet channel can be modulated to optimize device performance. (b) Illustration of the separation principle. The

red dashed line indicates the boundary streamline of separating the main and sheath flow regions. (c) Bright-filed images at

various downstream positions illustrating the separation phenomenon at Re¼ 110. Re was calculated using input flow rate

(0.5 ml/min) and focusing channel geometry (50 lm� 100 lm w� h).
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symmetric chambers (Fig. 1(b)). The formation of the vortex creates a virtual wall that reduces

the wall-induced lift force Fw, leading to particle lateral migration into sheath flow undergoing

the shear-gradient induced lift force Fs.
15,16 Asmolov30 reported the shear-gradient induced lift

force scaling as Fs / CLa4, where CL is the size-dependent lift coefficient. Numerical work by

Loth and Dorgan31 suggested lift coefficient scaling as CL / a�2, which was confirmed experi-

mentally in our recent work.29 Thus, the magnitude of the shear-gradient induced lift force

scales as Fs / a2.29–32 Assuming that Fs is balanced by the Stokes drag (FD¼ 3plaUL), the lat-

eral migration velocity of these particles scales with particle size as UL / a. Thus, the larger

particles migrate faster across the streamlines toward the sheath flow. Once large particles

migrate across the boundary streamline (red dashed line in Fig. 1(b)) of main and sheath flow,

they become captured and isolated from the main flow. It is this size-selective capture feature

that leads to the possibility of selective separation, as particles below the set threshold diameter

do not migrate sufficiently far across the boundary and remain in the main flow.

While the capture chambers aim at size-selective selection, side-outlets at the corner of the

chambers are critical components inducing the continuous functionality. The flow in the side-

outlet leads to fluid fractionation, creating the sheath flow that wraps around the vortex (Fig. 1(b)

blue area). The rotating vortex induces a fluid drag (FD) directing orthogonally to the main flow

but in parallel to sheath flow. As large particles are entrained into the sheath flow, they will

undergo the fluid drag leading them to the side-outlet for continuous extraction. One critical

parameter that determines the continuous release is the fluidic resistance ratio (r/R) of the side (r)

and main (R) outlets. The influence of the fluidic resistance ratio on the particle behavior is

investigated for the optimization of the device performance in later section.

To demonstrate continuous particle separation in our device, a mixture of 21 lm and 15 lm

diameter polystyrene particles was injected into the device at input Re¼ 110. We should note

that although rigid polystyrene particles are not ideal to surrogate cells due to lack of deform-

ability, they are commonly used to mimic cells in evaluations of inertial microfluidic

devices.14,20 The device operation only requires a single syringe pump and includes only a sin-

gle step of sample injection, thus reducing the complexity and costs of operation. The stacked

images in Fig. 1(c) illustrate the expected behavior—extraction of the 21 lm diameter particles

from the mixture. Particles first order at equilibrium positions near microchannel sidewalls. As

they travel to the capture chambers, the 15 lm diameter particles exit through the main outlet,

while the 21 lm diameter particles enter the chambers following the sheath flow and exit

through the side outlets. To optimize selectivity and separation efficiency, in the following sec-

tions, we investigate the flow conditions and the outlet resistance network as the two factors

critical to device performance.

Optimization of flow conditions for particle capture

Particle capture is the critical step for continuous extraction. The flow conditions determine

particle capture by the modulation of flow separation and the magnitude of inertial force. We

first investigated the flow separation, as its position determines the distance necessary for a par-

ticle to inertially migrate for capture (Fig. 2(a)). We found the position of the separation bound-

ary (db) can be tuned by the flow rate. Numerical models for a design with outlet resistance ra-

tio r/R¼ 10 illustrate that the boundary position at half height of the channel (h¼ 50 lm)

increases with Re from db¼ 5.7 lm (Re¼ 44), peaking at db¼ 8.3 lm at Re¼ 110 and settling

at db¼ 7.1 lm for Re> 200 (Fig. 2(b)). To estimate the inertial migration distance to the bound-

ary, we experimentally measured the particle focusing position dp at Re¼ 110 (Fig. 2(c)). Thus,

the migration distance dm is calculated as a difference between the particle focusing position

and location of the separation boundary, given as dm¼ dp – db. For a 21 lm diameter particle,

the minimum migration distance is dm¼ 5.6 lm at Re¼ 110, which is the optimal Re for short-

est migration distance causing capture at h¼ 50 lm. We also investigated the boundary at dif-

ferent channel heights by measuring the boundary positions at h¼ 50 � 95 lm (Fig. 2(d)). The

results show an increase of db from 8.3 lm to 11.8 lm at h> 75 lm, indicating a shorter migra-

tion distance for particles focusing near the top (or bottom) of the microchannel. All these
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results indicate that incomplete, two-band focusing along the sidewalls is preferred for particle

capture due to the shorter migration distance.

In addition to modulation of flow separation, flow conditions also influence magnitude of

the inertial force leading to different lateral migration velocity. Higher flow velocity leads to a

larger shear-gradient induced lift force on particles (Fs / Uf
2). From the Stoke’s law, the lateral

migration velocity (UL) scales as UL / Uf
2,2 indicating that particles migrate faster toward the

vortex at higher Re. To illustrate the impact of flow condition on particle motion at the cham-

ber, we experimentally demonstrated the behavior of 23 lm diameter particles at various Re
(Fig. 3(a)). At Re¼ 44, the transverse migration is not sufficient for particles to migrate into

the sheath region, thus particles exit from the main outlet. At Re¼ 88, the flow separation

boundary shifts closer to the particle focusing position and particles migrate faster driven by

the larger shear-gradient induced lift force, causing them to migrate into the sheath region and

exit through the side outlet. At Re¼ 330, the boundary shifts toward the wall indicating a lon-

ger distance for particles to migrate into sheath region. In addition, at higher Re the residence

time of particles in the chamber region is shorter, and so is the time for lateral migration. Thus,

the majority of the particles exit from the main-outlet decreasing the extraction efficiency. We

used a hemocytometer to measure concentration of particles from side and main outlets and

calculate the corresponding extraction efficiencies at various input Re. The results (Fig. 3(b))

show the highest extraction efficiency at moderate Re¼ 110, which is the optimum value for

our system. Next, we will examine release of particles through the sheath flow.

Optimization of flow conditions for particle release

Not only do the flow conditions affect particle selection, but they also influence particle

release through changes to the vortex area. We studied the vortex geometric progression at

FIG. 2. Optimization of flow conditions for particle capture. (a) ESI CFD-ACEþ simulation shows the boundary streamline

(red line) of the main flow and sheath flow regions. Only one of the two symmetric chambers is shown. Inset figure indi-

cates definitions of db and dp. (b) Boundary streamline position db is modulated by Re. (c) Experimental measurement of

particle focusing position dp of various sized particles. (d) Boundary position db changes at different channel height h. Grey

hollow circles represent the boundary position, while the blue solid circles represent focusing position of 21 lm particles. dm is

defined as a difference between the particle focusing position and location of the separation boundary, given as dm¼ dp – db.

The investigated area is the upper left quadrant of the channel cross-section, shaded blue area in the inset 3D schematic.
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increasing Re both numerically and experimentally using a device with r/R¼ 10 (Fig. 4).

Vortex area experiences an increase of two orders of magnitude as the Re increases from 0 to

88 (growing stage) occupying 50% of the chamber at Re¼ 88. The remaining 50% of the

chamber area is occupied by the sheath flow. As large particles migrate into the sheath flow

(Fig. 4(a) yellow dots), their motion is dominated by the fluid drag along the streamline of the

sheath flow. We experimentally showed that 23 lm diameter particles follow the sheath flow

for continuous release without recirculation in the vortex (Fig. 3(a), Re¼ 88). As Re increases

from 133 to 333, the vortex area increases from 60% to 70% (stable stage) with 30% of the

chamber area as the sheath region. Under these conditions, some particles begin to recirculate

in the vortex but are eventually released through the side-outlets (Fig. 3(a), Re¼ 133). Since

recirculating particles remain in the vortex for a short period of time, they may prevent more

particles from entering the chamber due to particle-particle interactions, which leads to lower

capture efficiency. For the r/R¼ 10 device, continuous release without recirculation is observed

at Re< 130 indicating the optimal condition for particle release. Next, we will examine the

impact of the outlet resistance ratio on the device performance.

FIG. 3. (a) Experimental observations demonstrating behavior of 23 lm diameter particles at different Re. Only one of the

two symmetric chambers is shown. (b) Concentration of 23 lm diameter particles from side outlet (green) and main outlet

(purple) at various Re. Inset figure shows the corresponding separation efficiency g at various Re. Error bars represent stand

deviation (n¼ 3).

FIG. 4. Optimization of flow conditions for particle release. (a) Experiments with tracer-beads (TRITC) demonstrating geo-

metric evolution of the vortex as Re increases. Only one of the two symmetric chambers is shown. The white dashed line

indicates the vortex area. Diagrams of the larger particle route show particle at different Re. (b) Experimental (red circle)

and simulation (blue circle) measurements showing the increasing vortex size at 0<Re< 400.
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Optimization of outlet flow resistance

The outlet influences the flow separation and vortex area by modulating the flow rate in

the side-outlets leading to distinct particle behavior. As the resistance ratio (r/R) of side-outlet

(r) to main-outlet (R) varies, the flow rate in the outlet changes, respectively, following the cor-

responding analogous electric circuit model (Fig. 5(a)).33 To investigate influence of the resist-

ance network on the separation boundary position, we developed CFD-ACEþ models for

1� r/R � 100 at Re¼ 88. We selected Re¼ 88 since continuous extraction starts to happen in a

r/R¼ 10 device at such Reynolds number (Fig. 3(a)). From the simulation, the boundary

streamline db was measured to be 15.3 lm away from the channel wall as r/R¼ 1(Figs. 5(b)

and 5(c)). In this condition, all the particles are directly located in the sheath region and exit

from the side-outlet matching the experimental observation at r/R¼ 1 (Fig. 5(f)). As the ratio

increases to r/R¼ 10, the separation boundary streamline shifts away from the wall to

db¼ 8.2 lm. Further increase to r/R¼ 50 pushes the separation boundary even closer to the

wall, to db¼ 5 lm. In these situations, particles initially locate in main flow region, thus require

shear-gradient induced lift force to push them into the sheath region for extraction from the

side-outlet. In our experiments, 23 lm diameter particles undergo larger shear-gradient induced

lift force and migrate into sheath region, while 15 lm diameter particles remain in main flow

region fulfilling size-based separation (Fig. 5(f)).

The resistance network influences vortex dimension by tuning the flow rate in the side out-

let thus relates to the particle releasing. The CFD-ACEþ simulations at Re¼ 88 show the

increase of vortex dimension as r/R increases (Fig. 5(d)). The vortex area at various r/R was

measured from both simulation and experimental results (Fig. 5(e)). At r/R¼ 1, considering the

current distribution in a parallel circuit, flow is distributed evenly in the three outlets

(ReQ1¼ReQ2¼ReQ3¼ 29.3). Accordingly, the vortex occupies only �36% of the chamber area

due to the fast release of flow from side outlet. At r/R¼ 10, the vortex area increases to �50%

as the flow rate in the side outlet decreases, respectively (ReQ1¼ReQ3¼ 7.3 and ReQ2¼ 74). As

the ratio increases further to r/R¼ 50, the vortex enlarges to occupy 73% of the chamber area.

The experimental results demonstrate particle releasing at different resistance network (Fig.

5(f)). At r/R� 10, the 23 lm diameter particles exit through the side-outlet without recirculation

in the vortex. However, at r/R¼ 50, due to the larger vortex size, particles become trapped

inside the vortex and can be seen as bright fluorescent orbits.

FIG. 5. Optimization of the outlets. (a) Microfluidic network of the device and the corresponding electrical circuit (EC)

model. (b) Schematics illustrating shift of boundary streamline at different r/R. (c) ESI CFD-ACEþ simulation illustrates

boundary streamline position db for 1< r/R < 100. (d) ESI CFD-ACEþ simulation demonstrates geometric progression of

the vortex at different r/R, and (e) the corresponding quantitative measurements of vortex dimension from both numerical

models (blue circles) and experimental (red circles) at for 1< r/R< 100. (f) Experimental observations illustrate motion of

the 23 lm (FITC) and 15.5 lm (TRITC) diameter particles at different r/R ratios at Re¼ 110.
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In summary, this study of outlet-resistance offers guideline in device design for achieving con-

tinuous extraction of particles. Selecting the appropriate resistance ratio (r/R) is essential for suc-

cessful particle separation and continuous release. The r/R¼ 1 or 2 leads to continuous release of

particles, but demonstrates no size-selectivity. For r/R¼ 50, good size-selectivity is observed, yet

the continuous release is limited. Ratios in the r/R¼ 5 � 10 range are found to be appropriate for

continuous extraction of> 20 lm diameter particles from a mixture.

Ultra-selective separation

Cellular or microparticle samples often exhibit heterogeneity in terms of size, making it

difficult to achieve efficient separation using existing inertial microfluidic systems. Selectivity

of a these systems must be considered. Here, we define size selectivity as the difference in par-

ticle diameter that can be separated. Our group reported spiral devices for continuous, high

throughput separation of cells, but with 5 lm size selectivity.6 Di Carlo et al.20,21 demonstrated

wavy channels for cell filtration that potentially could separate of 3 lm from 4.5 lm diameter

particles, but with efficiency of only 50%. Using the optimized experimental condition (at

Re¼ 110 and r/R¼ 5), the device presented in this paper is capable of separating particles with

down to 2 lm selectivity while remaining �90% efficiency and> 90% purity. To demonstrate

selectivity of separation, a mixture of 21 lm and 18.5 lm diameter particle (�2.5� 104/ml

each) was injected in the device. The experimental observations at the chamber illustrate

syphoning of the 21 lm diameter particles through the side outlets, while the 18.5 lm particles

travel to the main-outlet. The images of the inlet and outlet samples in Fig. 6(a) demonstrate

the population of each type of particles indicating the successful separation.

It is challenging to achieve high purity of targeted particles or cells in separation especially

when the sample is not homogeneous. Yet highly purified samples are critical in clinical analysis

and particle-related research such as subpopulation counts or bead-based filtration.34 The quanti-

tative analysis of downstream particle samples indicate highly purified 21 lm particles from side

outlet and 18.5 lm from main outlet (Fig. 6(b)). The purity of 21 lm diameter particles from the

side outlet is 93%, while the purity of 18.5 lm from main outlet is 91%. In addition, the concen-

tration of 21 lm particles from the side outlet is enriched 3� than the inlet. The enrichment is

caused by the sample volume distribution from side and main outlet (Fig. 6(c)). Since r/R¼ 5,

the sample volume of the two side outlets Vside and the total sample volume Vtotal has the rela-

tionship of Vside / Vtotal¼ 2/7. Normalized counts show a �90% separation efficiency of 21 lm

diameter particles from side outlet and 18.5 lm from main outlet (Fig. 6(c)).

Continuous extraction from blood sample

To demonstrate the potential to extract larger cells from blood as sample preparation proof-

of-concept, we spiked 21 lm diameter non-fluorescence particles to mimic spheroid cells with

larger size into diluted human-blood (particle concentration �1� 104/ml, RBC concentration

�1� 106/ml) and ran the sample through device for separation. The separation phenomenon

and the resulted outlet sample are presented in bright-field image Fig. 7(a). Particles appear to

follow the sheath streamlines to the side-outlets, while RBCs exit from the main-outlet.

Compared to inlet sample, particles are concentrated 5� in the side-outlet (Fig. 7(b)).

Normalized count shows �86% particle capture efficiency, while nearly all (�99%) RBCs exit

from the main outlet (Fig. 7(c)). These results indicate that the device is very promising in effi-

cient extraction of large cells from mixture continuously (no limitation on capture cell number)

and concentration enrichment by 5� . Furthermore, the operation of device only requires one

syringe pump and a single step injection thus lowering the cost of instruments while improving

the convenience of using.

DISCUSSION

This work reports on an inertial microfluidic building block that uses microvortices and

accompanied sheath flows for continuous size-based particle or cell passive separation with
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high throughput, selectivity as well as high efficiency and purity. The device was formed by a

high-aspect ratio channel for particle ordering followed by two symmetric chambers with side

outlets for vortex and sheath flow formation and target particle/cell extraction. The separated

cells follow the sheath flow to the side outlets while smaller cells exit from the main-outlet.

Flow conditions and resistance network of the outlets exhibit significant influences on particle

behavior and were discussed thoroughly to optimize the device performance. With proper

resistance ratio (r/R¼ 5�10) and flow rate (Re� 110), the device successfully separated

21 lm from 18.5 lm diameter particles with> 90% purity and �90% efficiency indicating the

high selectivity, high efficiency and purity. Besides, we presented separation of large particles

from human-blood sample with an efficiency of 86% and 5� enrichment by concentration,

FIG. 6. Ultra-selective separation of 21 lm from 18.5 lm diameter particles in a device with r/R¼ 5. (a) The top bright-

field image shows separation at the device chamber. The lower three images show particles at the inlet, side outlet and

main outlet. The black dots are 21 lm diameter non-fluorescent particles in bright-field view. The white dots are fluorescent

18.5 lm diameter particles. (b) Histograms of inlet, side outlet and main outlet samples indicate the efficient separation. (c)

Concentration of 21 lm and 18.5 lm diameter particles in inlet, side and main outlet samples. Normalized count shows a

separation efficiency of �90% for both particles. Error bars represent stand deviation (n¼ 3).
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implying the device could be applied for separation of biological sample in clinical sample

preparation.

The ultra-high selectivity stems from accurate modulation of the boundary-streamline and

inertial lift at the chamber by the flow rate and resistance network. By modulating the resist-

ance ratio (r/R) and the flow rate, the cut-off diameter of the separation can be precise deter-

mined leading to separation of particles with 2 lm size-selectivity. This feature enables precise

size-based purification which can be potentially used to continuously purify commercial particle

solution with large size variation with high throughput (0.5 ml/min for a single device), high

efficiency (�90%) and high purity (>90%). At this stage of work, we presented sharp separa-

tion of particles at 20 lm cut-off diameter. Future work is focusing on tuning the cut-off diame-

ter by modulating the flow condition and outlet resistance for separation of particles of other

sizes. For example, it is possible to locate separation boundary streamline (db) between the

focusing positions (dp) of WBCs (10�15 lm) and RBCs (7 lm) for separation. Separation of

smaller particles (<5 lm) is possible but will require scaling of the system into smaller

dimensions.

The extraction efficiency for particle separation and particle-blood separation reaches 90%

and 86% with continuous manner. These results are 2� higher than previously-reported results

in non-continuous vortex-trapping devices.15,16,28 This high efficiency comes from two factors:

(1) design of the focusing channel length that enables equilibration of target particles into two

bands which is favorable for vortex capture;15 and (2) The inducing of the sheath flow shifts

the separation boundaries (db) closer to the particle focusing position (dp) indicating shorter

migration distance for isolation. In addition to high separation efficiency, there is no limit on

trapping capacity due to the continuous release from the chambers. The device is capable of

FIG. 7. Continuous extraction from blood sample. (a) Separation of 21 lm diameter particles from human blood in a device

with r/R¼ 10. The top bright-field image shows separation at the device chamber. The lower three images show the par-

ticles at the inlet, side outlet and main outlet. (b) The concentration of 21 lm diameter particles in the side outlet increases

5� as compared to the inlet. Normalized count of 21 lm diameter particles in side and main outlets shows a capture effi-

ciency of 86%, while 99% RBCs exit through main outlet. Error bars represent the stand deviation of three individual

experiments.
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continuous manipulation of large sample volume containing higher concentration of target cells

(e.g.> 1,000/mL) with high-throughput (0.5 ml/min for a single device). A further increase of

the device-throughput can be achieved by paralleling the devices into an array while retaining

the simplicity of the device operation.

As an inertial microfluidic building block with simple geometry, it may be convenient to

cascade several chambers to build an integrated inertial microfluidic system capable of separat-

ing particle or cell mixtures of three or more sizes in a single run. It can potentially be used for

single step separation of cellular or particle samples with broad size variation, e.g., single, dou-

blet, and triplet cells. The vortex-aided inertial microfluidic building block provides a simple,

cell-separation platform with ultra-high selectivity, efficiency and ease of cascading and paral-

leling. We envision numerous broader applications in separation of cells or particles for sample

preparation or purification.

EXPERIMENTAL METHODS

Fabrication

We fabricated microchannels in polydimethysiloxane (PDMS, Sylgard 184, Dow Corning)

with standard soft lithography process. We used a 100 lm high master formed in SU-8 photore-

sist (2075, Microchem Corp.). A mixture of PDMS base and curing agent (10:1 ratio) were

poured on the master; after degassing PDMS was cured for 4 h on a 60 �C hotplate. The cured

PDMS devices were peeled off, and inlet/outlet ports were punched with a 14 gauge syringe

needle. PDMS was bonded to standard glass slide using a hand-hold plasma surface treater

(BD-20AC, Electro-Technic Products Inc.).

Characterization

To demonstrate the device performance, we dispensed non-fluorescence 21 lm diameter par-

ticles (Polyscience, Inc.) and 15.5 lm diameter particles (Invitrogen) at 0.1% (v/v) in deionized

(DI) water to form a solution of particle mixture. For the experiment of extraction of 23 lm

diameter particles (Polyscience, Inc.), we prepared FITC-labeled 23 lm diameter particles in

deionized water to obtain a concentration of �1� 104/ml. To visualize vortex, we prepared

200 nm diameter DAPI-labeled tracer beads (Bangs Laboratories) at 0.05% (v/v) in DI water.

For the experiment for the outlet optimization, we dispensed FITC-labeled 23 lm diameter par-

ticles (Polyscience, Inc.) and TRITC-labeled 15.5 lm diameter particles (Invitrogen) in DI water

to form particle mixture (�1� 104/ml for each particle). In the experiment of ultra-selective sep-

aration, we mixed 21 lm diameter non-fluorescent particles (Polyscience, Inc.) with 18.5 lm

FITC-labeled particles (Polyscience, Inc.) to obtain a concentration of � 2.5� 104/ml for each

of the species. We added Tween-20 at 0.1% v/v (Fisher Scientific, Inc.) to the particle solution

to avoid issue of particle clogging. For particle-spiked blood separation, we diluted human blood

in 0.9% sodium chloride and spiked 21 lm diameter non-fluorescent particle (Polyscience, Inc.)

to obtain a sample solution with RBC concentration of �1� 106/ml and particle concentration

of �1� 104/ml.

We first loaded a syringe with particle solution and connected it to the device by using a

1/1600 peek tubing (Upchurch Scientific) with proper fittings (Upchurch Scientific). We drove

the syringe with a syringe pump (NE-1000, New Era Pump Systems, Inc.). To take fluorescent

vortex images or particle stream images, we used an inverted epi-fluorescence microscope

(IX71, Olympus Inc.) equipped with a 12-bit high-speed CCD camera (Retiga EXi, QImaging).

We overlay 20 images and added pseudo-colors to form fluorescent particle-stream pictures in

ImageJ. To exhibit trajectory of particle in bright-field, we used the same equipment while set-

ting the exposure time to minimum value (10 ls) and sequentially took 300 images with mini-

mum time interval. We stacked 300 images in ImageJ to establish a complete view of particle

motion.

We used a hemocytometer (Hausser Scientific) to measure the concentration of inlet, side

and main outlets in the experiment of extracting 23 lm diameter particles. To calculate the
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extraction efficiency (normalized count), we combined the concentration with the sample vol-

ume from the side and main outlets. For example, the concentrations of 23 lm diameter par-

ticles in two side-outlets and one main-outlet are C1, C2, and C3. Using a device of r/R¼ 10,

the sample volume from side-outlet (V1) and main-outlet (V2) has the relationship: 10V1¼V2

according to the electrical circuit model of the microfluidic network (We also injected DI water

through the device to prove the relationship of the volume from main and side outlets). Thus,

the efficiency (normalized count) of 23 lm diameter particle from side-outlet is calculated to

be: (C1V1þC2V1)/(C1V1þC2V1 þ10V1C3)¼ (C1þC2)/(C1þC2þ10C3). The similar process was

carried out to get the normalized counts in Figs. 6(c) and 7(b). We should note that in the

experiment of ultra-selective separation, since 21 lm and 18.5 lm diameter particles have very

small size-variation, it is hard to tell the difference in bright field. To count the particles in

hemocytometer, we first count the total number of particles in bright field and then we turned

on the excitation light source with the FITC filter so that FITC-labeled 18.5 lm diameter par-

ticles appeared to be bright dots (Fig. 6(a)). To measure size distribution of particles, we first

injected an outlet sample into a hemocytometer to form monolayer of particles and then took

bright field images using the same equipment and used Image Pro Plus to automatically mea-

sure the particle size. We repeated the process until measuring 300 particles in each sample and

plotted the histogram to show the size distribution of particles (Fig. 6(b)).

Numerical models

We modeled the device using a commercial computational fluid dynamics software CFD-

ACEþ (ESI-CFD Inc., Huntsville, AL). The module we used to solve for fluid motion in the ge-

ometry is FLOW. The physical properties of water was applied to the fluid in the simulation (den-

sity q¼ 1000 kg m�3 and dynamic viscosity l¼ 10�3 kg m�1 s�1). The velocity of x-direction

(m/s) calculated from the flow rate was applied to initial inlet velocity. We set the convergence

limit for mass fraction to 10�6 and run the simulation for 3000 time steps to ensure the conver-

gence of the simulation.

We analyzed the simulation results in CFD-VIEW. To find the boundary-streamline from

the simulation, we first fixed z-plane at half of the channel height, we moved the y-position of

the streamline from the center-line of the channel towards the sidewall until the point that the

streamline started to stretch to the side outlet. To visualize the vortex in the simulation, we

added multiple streamlines at different x or y locations until the vortex were clearly defined.

We measured the vortex dimension from these pictures in ImageJ.
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