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Abstract This work presents design, fabrication and test of a
microfluidic device which employs Fahraeus-Lindqvist and
Zweifach-Fung effects for cell concentration and blood cell-
plasma separation. The device design comprises a straight
main channel with a series of branched channels placed sym-
metrically on both sides of the main channel. The design im-
plements constrictions before each junction (branching point)
in order to direct cells that would have migrated closer to the
wall (naturally or after liquid extraction at a junction) towards
the centre of the main channel. Theoretical and numerical
analysis are performed for design of the microchannel net-
work to ensure that a minimum flow rate ratio (of 2.5:1, main
channel-to-side channels) is maintained at each junction and
predict flow rate at the plasma outlet. The dimensions and
location of the constrictions were determined using numerical
simulations. The effect of presence of constrictions before the
junctions was demonstrated by comparing the performances
of the device with and without constrictions. To demonstrate
the performance of the device, initial experiments were per-
formed with polystyrene microbeads (10 and 15 μm size) and
droplets. Finally, the device was used for concentration of
HL60 cells and separation of plasma and cells in diluted blood
samples. The cell concentration and blood-plasma purification
efficiency was quantified using Haemocytometer and
Fluorescence-Activated Cell Sorter (FACS). A seven-fold cell

concentration was obtained with HL60 cells and a purification
efficiency of 70% and plasma recovery of 80%was observed
for diluted (1:20) blood sample. FACS was used to identify
cell lysis and the cell viability was checked using Trypan Blue
test which showed that more than 99 % cells are alive indicat-
ing the suitability of the device for practical use. The proposed
device has potential to be used as a sample preparationmodule
in lab on chip based diagnostic platforms.

Keywords Microfluidics . Cell-plasma separation . Passive
separation

1 Introduction

Complete analysis of blood could provide a myriad of infor-
mation about the overall functioning of human body, since it
performs the most vital functions such as maintenance of ho-
meostasis, transportation of nutrients, oxygen and immune
cells to various tissues and organs (Hou et al. 2011). Blood
is a complex non-Newtonian fluid and comprises two compo-
nents - cell components suspended in protein rich plasma
component. The cells include the leukocytes or white blood
cells (WBCs) (typical size 10–15 μm) which occupy 0.7 % of
blood by volume, erythrocytes or red blood cells (RBCs) (typ-
ical size 8×2 μm)which comprise 45% of blood and platelets
(typical size 1–3 μm). Investigation of the physical properties
of cells present in blood samples could indicate presence or
progress of many cell-based diseases including cancer, sickle-
cell, sepsis and malaria (Gossett et al. 2010). The plasma is
clear and of straw colour and occupies 54.3 % of blood.
Monitoring the relative proportions of plasma proteins and
inorganic compounds, which change due to certain diseases,
can be a very effective diagnostic tool. A critical review by
Kersaudy-Kerhoas and Sollier (2013) enumerates the different
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analytes and biomarkers of interest present in blood plasma.
Separation of blood cells from plasma is one of the important
sample preparation steps that needs miniaturization to realize
lab on chip diagnostic devices (Sen et al. 2011).

Despite substantial automation of various blood tests avail-
able, the sample preparation is still being done in a crude
manner that can alter the results of the ensuing tests.
Conventionally, flow cytometry, centrifugation and filtration
are used to achieve this goal (Zhong et al. 2012), which are
associated with a number of limitations in terms of cost, time,
labour intensiveness and contamination due to cell damage
incurred during the process. Further, the sheer bulkiness of
these instruments deters their application in theranostics.
Efforts to use an egg beater to separate plasma from blood at
severely resource-limited settings voice the importance of
scaling down this process (Wong et al. 2008). Primary diag-
nostic tests in healthcare could be made accessible and afford-
able when the overall system could be miniaturized and sim-
ple. Thus, development of a simple microfluidic blood plasma
separation device is critical which could enable point-of-care
diagnosis, miniaturization of bulk assays, low sample and re-
agent volume, gentle manipulation, parallel processing, in-
creased portability, high accuracy, speed and affordability
(Zhong et al. 2012).

Attempts have been made to develop sample preparation
techniques that meet the above demands but adequate perfor-
mance levels in terms of purification efficiency and plasma
recovery have not been achieved yet (Kersaudy-Kerhoas and
Sollier 2013). The various cell-plasma separation techniques
reported in literature can be grouped into two categories: ac-
tive separation (Yeo et al. 2006; Nakashima et al. 2010; Liao
et al. 2013; Jiang et al. 2011; Lenshof et al. 2009; Xu et al.
1999; Furlani 2007; Nam et al. 2012) and passive separation
(Crowley and Pizziconi 2005; VanDelinder and Groisman
2006; Aran et al. 2011; Moorthy and Beebe 2003; Li et al.
2012; Chung et al. 2012; Homsy et al. 2012; Yoon et al. 2006;
Dimov et al. 2011; Zhang et al. 2012; Sun et al. 2012; Faivre
et al. 2006; Davis et al. 2006; Jaggi et al. 2007; Choi and Park
2007; Mach and Di Carlo 2010; Blattert et al. 2004; Haeberle
and Brenner 2006; Nivedita and Papautsky 2013; Yang et al.
2006; Fan et al. 2008; Kersaudy-Kerhoas et al. 2010a, b;
Bhardwaj et al. 2011; Prabhakar et al. 2015; Tripathi et al.
2013). Active separation techniques employ external fields
such as acoustic, electric and magnetic fields for cell-plasma
separation. Although, such techniques provide high purifica-
tion efficiency, they are associated with limitations in terms of
low input flow rate and throughput since a longer residence
time is required for the particles to experience the force field
for separation. On the other hand, passive separation is sim-
pler and utilize only hydrodynamic forces within the flow that
may occur due to the geometric features of the device, namely
sedimentation, microfiltration and cell deviation owing to ob-
stacles and various lift forces acting on the cell (Kersaudy-

Kerhoas and Sollier 2013). Here, separation is based on the
inherent mechanical properties of the particles, such as size,
shape and deformability. Since there can be considerable dam-
age to the cells due to the large magnitude of the forces acting
on the cells in active separation, passive mode of separation is
found to produce least damaging effects on the cells and also
could have advantages including high throughput, cost-
effectiveness in terms of fabrication, ease of operation, lower
power budget and portability (Kersaudy-Kerhoas and Sollier
2013; Prabhakar et al. 2015; Tripathi et al. 2013). Table 1
provides a summary of studies from literature on plasma sep-
aration employing active and passive techniques and the cor-
responding efficiency in terms of purification and plasma re-
covery. An extensive review of various methods that have
been developed for particle-liquid separation is reported else-
where (Hou et al. 2011; Gossett et al. 2010; Kersaudy-
Kerhoas and Sollier 2013; Pamme 2007; Sajeesh and Sen
2014; Toner and Irimia 2005; Bhagat et al. 2010; Kersaudy-
Kerhoas et al. 2008; Lenshof and Laurell 2010).

Most of the passive separation techniques reported in liter-
ature are capable of providing good purification efficiency but
the plasma recovery is always compromised. For example,
fi l tration methods (Crowley and Pizziconi 2005;
VanDelinder and Groisman 2006; Aran et al. 2011; Moorthy
and Beebe 2003; Li et al. 2012; Chung et al. 2012; Homsy
et al. 2012) are capable of delivering ~100 % purification
efficiency but such methods give rise to clogging issues and
the plasma recovery is often found to be only ~15 %.
Sedimentation methods (Yoon et al. 2006; Dimov et al.
2011; Zhang et al. 2012; Sun et al. 2012) have limitations in
terms of the amount of time required for the separation process
to complete. Various passive separation techniques based on
migration of cells due to special geometry of the channels
have been developed (Faivre et al. 2006; Davis et al. 2006;
Jaggi et al. 2007; Choi and Park 2007; Mach and Di Carlo
2010; Blattert et al. 2004; Haeberle and Brenner 2006;
Nivedita and Papautsky 2013; Yang et al. 2006; Fan et al.
2008; Kersaudy-Kerhoas et al. 2010a, b; Bhardwaj et al.
2011; Prabhakar et al. 2015; Tripathi et al. 2013). Such tech-
niques enable separation of particles in a continuous manner
and also overcome the limitations of separation speed and
fabrication complexity. Among these, separation techniques
based on centrifugal effects have been found to provide
highest purification efficiency (Blattert et al. 2004; Haeberle
and Brenner 2006; Nivedita and Papautsky 2013). However,
the plasma recovery is found to be below 40 %. The
Deterministic Lateral Displacement (DLD) technique has the
potential to achieve high purification efficiency and plasma
recovery but it has limitations in terms of clogging and device
fabrication yield and more importantly the need for three-
stage separation (i.e., for WBCs first followed by RBCs and
platelets) (Davis et al. 2006). Kersaudy-Kerhoas et al. (2010a)
have reported a device based on the Zweifach-Fung effects

115 Page 2 of 19 Biomed Microdevices (2015) 17: 115



Table 1 Plasma separation techniques from literature showing purification efficiency and plasma recovery

Publication details Technique employed Sample Operating condition Device performance

Active method of separation

(Yeo et al. 2006) Electric tempest Sheep’s blood 0.94 kV rms
Freq -~90KHz
Time – 200 s

Haematocrit – 0.4 %
Plasma – 0.003 %

(Nakashima et al. 2010) Dielectrophoresis and
capillary forces

Human blood AC 10 V
1 MHz

Haematocrit – 4.4 %
Purification efficiency – 97 %
Plasma recovery – 6 %

(Liao et al. 2013) Capillary dielectrophoresis Human blood 20 Vat 100KHz
30s

Haematocrit – 10–50 %
Purification efficiency – 90 %
Plasma recovery – N/A

(Jiang et al. 2011) Electro-osmotic flow field Human blood 5 min Haematocrit – 6.7 %
Purification efficiency – 100 %
Plasma recovery – 26.6 %

(Lenshof et al. 2009) Acoustophoresis Human blood 80 μl/min Haematocrit – Whole blood
Purification efficiency – 100 %
Plasma recovery – 12.5 %

Passive method of separation

(Crowley and Pizziconi 2005) Transverse flow micro-filters Bovine blood Plasma flux – 35–175 μm/s Haematocrit – 40 %
Purification efficiency – ~100 %
Plasma recovery – 0.9 %

(VanDelinder and Groisman
2006)

Continuous cross-flow
filtration

Human blood 0.65 μl/min Haematocrit – 20 %
Purification efficiency –N/A
Plasma recovery – 8 %
Hemolysis – 11 mg/dl

(Aran et al. 2011) Cross-flow filtration
through membrane

Human blood 10 μl/min Haematocrit – 30 %
Purification efficiency –~100 %
Plasma recovery – 15 %

(Moorthy and Beebe 2003) In situ fabricated porous chip Rabbit blood 10–20 μl/min Haematocrit – 3.3–45 %
Efficiency comparable to

centrifuge

(Li et al. 2012) Dead-end filtration with
packed beads and capillary
actuation

Sheep blood 0.02 μl/min Haematocrit – Whole blood
Purification efficiency – 100 %
Plasma recovery – ~2 %

(Chung et al. 2012) Dead-end filtration with
membrane filters and
magnetic actuation

Human blood 50 μl/min Haematocrit – Whole blood
Purification efficiency – 100 %
Plasma recovery – 14 %

(Homsy et al. 2012) Filtration (Commercial
blood filter membrane)

Human blood <10 min
P- 40 mbar, 7 min

Haematocrit – Whole blood
Purification efficiency – N/A
Plasma recovery – 12 %

(Yoon et al. 2006) Sedimentation with
cross-flow filtration

0.1 μl/min Haematocrit – Whole blood
Purification efficiency – N/A
Plasma recovery – 20 %

(Dimov et al, 2011) Sedimentation in trenches Human blood 0.83 μl/min Haematocrit – Whole blood
Purification efficiency – 100 %
Plasma recovery – N/A

(Zhang et al. 2012) Sedimentation with
back-facing step

Human blood 15 μl/min Haematocrit – 8 %
Purification efficiency – 99 %
Plasma recovery – 66 %

(Sun et al. 2012) Sedimentation in
a plug

Human blood 0.5 μl/min Haematocrit – 8 %
Purification efficiency – 100 %
Plasma recovery – 60 %

(Faivre et al. 2006) Constriction Human blood 3.3×10−3 ml/min Haematocrit – 16 %
Purification efficiency – 100 %
Plasma recovery – 18 %

(Davis et al. 2006) Deterministic Lateral
Displacement

Human blood 1.0 μl/min Haematocrit – Whole blood
Purification efficiency – 100 %
Plasma recovery – 100 %

(Jaggi et al. 2007) High aspect ratio channels Human blood 5.0 ml/min Haematocrit – 4.5 %
Purification efficiency – 90 %
Plasma recovery – 2.5 %
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which provided a purification efficiency of ~96%withmussel
blood and ~60.8 % for human blood (3 % haematocrit). The
plasma yield of the device was measured to be ~40 %.
Kersaudy-Kerhoas et al. (2010b) reported an improved device
with modifications in the channel design which offered

~100 % purification efficiency of ~1.8 % haematocrit in a
20 μm plasma channel and 100 % purification efficiency with
35 % haematocrit in a 10 μm plasma channel. However, the
plasma yield was found to be only 30 % and 5 % with 20 μm
and 10 μm plasma channels, respectively. This plasma

Table 1 (continued)

Publication details Technique employed Sample Operating condition Device performance

(Choi and Park 2007) Slanted obstacles Human blood 4.0 μl/min Haematocrit – 10 %
Purification efficiency – N/A
Plasma recovery – 40 %

(Mach and Di Carlo 2010) Pure inertial force
(hydrodynamic lift force)

Human blood 8.0 ml/min Haematocrit – 0.5 %
Purification efficiency – 100 %
Plasma recovery – N/A

(Wong et al. 2008) Egg beater centrifuge Human blood Spinning – 1200 rpm,
8.0 min

Haematocrit – Whole blood
Purification efficiency –

Cell concentration in plasma
50000 cells/ml

Plasma recovery – 58 %

(Blattert et al. 2004) Bend structures Human blood 1.2 ml/min Haematocrit – 5 %
Purification efficiency – 90 %
Plasma recovery – 3 %

(Haeberle and Brenner 2006) Rotating disk -
Centrifugal effect

Human blood Spinning speed – 40 Hz, 20 s Haematocrit – Whole blood
Purification efficiency – 100 %
Plasma recovery – 40 %

(Zhong et al. 2012) Curved channel
FahraeusLindqvist
Zweifach Fung effect

Human blood 3.0 μl/min Haematocrit – Whole blood
Purification efficiency – N/A
Plasma recovery – N/A

(Nivedita and Papautsky 2013) Spiral inertial
microfluidic device

Human blood ~1.0 ml/min Haematocrit – 0.45 %
Purification efficiency – ~100 %
Plasma recovery – N/A

(Yang et al. 2006) Bifurcation law Defibrinated sheep
blood

1.67 × 10−3 ml/min Haematocrit - <25 %
Purification efficiency – 100 %
Plasma recovery – 19 %

(Fan et al. 2008) Zweifach Fung effect Human blood Plasma flux –>~0.1 mm/s Haematocrit – Whole blood
Purification efficiency – ~100 %
Plasma recovery – 100 %

(Kersaudy-Kerhoas et al. 2010a) T channels Mussel blood
Human blood

10 ml/hr
10 ml/hr

Purification efficiency - 76.3 %
Haematocrit – 3 %
Purification efficiency - 53 %
Plasma recovery – 40 %

(Kersaudy-Kerhoas et al. 2010b) Bifurcation law Human blood 2,5,10 ml/hr 20 μm wide plasma channel
Haematocrit – <10 %
Purification efficiency – 95–

100 %
Plasma recovery – 30 %
Haematocrit – 34 %
Purification efficiency – 32 %
Plasma recovery – 30 %
10 μm wide plasma channel
Haematocrit – 9–45 %
Purification efficiency – ~100 %
Plasma recovery – 5 %

(Prabhakar et al. 2015) Fahraeus effect
Bifurcation law

Cell-free region
centrifugal action

Constriction

Human blood 0.3–0.5 ml/min Haematocrit – Whole blood
Purification efficiency - 80 %
Plasma recovery – N/A

(Tripathi et al. 2013) Elevated T channel Human blood 0.15 ml/min Haematocrit – 45 %
Purification efficiency – 67 %
Plasma recovery – N/A
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recovery is low and could limit applications of such a
device for detection of analytes in plasma present at low
concentrations.

In this work, we present a blood-plasma separation device
based on Fahraeus-Lindqvist (Narsimhan et al. 2013) and
Zweifach-Fung (Yang et al. 2006) effects with a goal of
achieving high plasma recovery along with good purification
efficiency. The device also shows promise for use in cell con-
centration (e.g., concentration of pathogens in sample water).
First, a detailed description of the device geometry and the
operating principle are presented. Next, the theoretical ap-
proach and a numerical model are outlined which are used
for design of the microchannel network and overall device
geometry. Further, the experimental details including device
fabrication, materials and methods and the experimental setup

and procedure are detailed. Then, the results of the theoretical
analysis, numerical simulations and experiments with
microbeads, droplets, HL60 cells and blood sample are pre-
sented and discussed.

2 Device description and principle

A schematic of the proposed microfluidic device for blood
cell-plasma separation is depicted in Fig. 1a. The device com-
prises a straight main channel with a series of branched chan-
nels placed symmetrically on both sides of the main channel at
equal interdistance. The branched channels on both sides of
the main channel open into two wider channels which connect
at the plasma outlet. The blood sample is infused into the

(a)

Main channel

Cri�cal streamline

Bifurca�on point

Cell

Qm

Qs1

Qs2

Main channel

Cri�cal streamline

Constric�on

Cell

Qm

Qs1

Qs2

(b) (c)

Fig. 1 a Schematic of the
microfluidic device used for
blood cell-plasma separation,
illustration of a bifurcation and
the role of constriction showing b
the flow path of a cell at the centre
of the channel and a cell below
the critical streamline c the role of
constriction in focusing the cell
below the critical streamline to the
centre of the channel
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device through the inlet. When blood flows through
microchannels, two important effects are observed, namely
Fahraeus effect and Fahraeus-Lindqvist effect. Fahraeus effect
states that the tube haematocrit is lesser than the feed
haematocrit. This leads to Fahraeus Lindqvist effect, which
states that the apparent viscosity of blood flowing through a
tube (<300 μm) decreases with decrease in diameter. These
strongly correlated effects occurs due to the formation of cell
free layer by axial migration of cells towards the centre in a
microchannel (Tripathi et al. 2015b).

Studies showing the disproportionate distribution of RBCs
at bifurcation indicate that when the resistance in one of the
bifurcating channel is increased, the entry of RBC into that
channel can be prevented (Tripathi et al. 2015a). Thus, accord-
ing to Zweifach-Fung effect, at a junction, the cells have a
tendency to flow into the high flow rate branch provided a
flow rate ratio of at least 2.5 is maintained (Yang et al. 2006).
This can be taken care of by appropriate design of the
microchannel network, as demonstrated by (Tripathi et al.
2015a), where the effects of geometrical parameters on the
performance of microfluidic devices for plasma separation
have been studied. In the proposed design, a minimum main
channel to side channel flow rate ratio of 2.5 is maintained so
the cells continue to move along the main channel and are
collected at the cell outlet. The plasma is extracted through
the branched side channels and collected at the plasma outlet.
Although most of the cells would tend to migrate towards the
centre of the main channel (due to Fahraeus-Lindqvist effect),
particularly at high concentrations, some cells might be mov-
ing closer to the walls. Also, a recent work by Doyeux et al.
(2011) concludes that in a network of bifurcations, the initially
centred particles will migrate towards the wall after first bifur-
cation. However, such cells will be located only at a distance
of the order of half the cell size from the channel walls. It is
known that a particle present in a laminar flow move along a
streamline passing through its centre of mass (Yamada et al.
2004). So there is a chance that such cells could move into the
plasma channels thus affecting the purification efficiency. The
device could be designed such that the streamlines passing
through its centre of mass of cells do not enter the side branch
channels and stay in the main channel. But such small dimen-
sions of side channels could severely limit the plasma recov-
ery. Also, this would provide a very high flow rate ratio which
may lead to cell damage (Tripathi et al. 2013). Here, we intro-
duce constrictions immediately before each junction to ensure
that such cells are positioned at the centre at the junction and
continue to move only along the main channel while the plas-
ma is extracted through the side channels. The role of the
constriction immediately before each junction is illustrated
in Fig. 1b and c. The width of the main channel, Wm is
100 μm and the width of the side branch channels, Ws varies
from 25 to 43 μm. The side branch channels are placed at an
angle 130° with the main channel. The wider channels are of

250 μmwidth (Wc). The constriction is located just before the
junction and the throat width of the constriction is 40 μm. The
channel height h is 50 μm uniform throughout the fluidic
network.

The proposed device differs from the design reported by
Kersaudy-Kerhoas et al. (2010a) in that the dimensions of the
side channels have been optimized to achieve moderate flow
rate ratios at each of the junctions (4 to 7), which is critical for
cell viability (Tripathi et al. 2013). Also, in our design, con-
strictions are introduced in front of every junction to facilitate
alignment of the cells towards the centre, to improve the sep-
aration efficiency (section 6.4). Additionally, the proposed
device offers higher plasma recovery as compared to the de-
vice reported by Kersaudy-Kerhoas et al. (2010a)
(section 6.4).

3 Theoretical model

The entire fluidic network was analysed to predict the flow rate
ratio (main-to-side branch channels) at each junction and the
total flow rate at the plasma outlet. First, the fluidic network is
converted to an equivalent electrical network with the hydrody-
namic resistance R defined as R=ΔP/Q, whereΔP is the pres-
sure drop and Q is the flow rate, which are related as follows,

Q ¼ h4ΔP

12μLα
1−

X∞

n¼1;3;5

192α

nπð Þ5 tanh
nπ
2α

� �" #
ð1Þ

Where α=h/w is the aspect ratio of the channel, w is the
width of the channel of length L. A schematic of a part of the
fluidic network with only first two junctions and its equivalent
resistance network are depicted in Fig. 2a and b. Here, Rm0 is the
resistance of the channel from the inlet to the first junction, Rsm1
are the resistances of the first two side branch channels (which
are equal) and Rs1 is the resistance of the wider channels be-
tween first two branches and Rm1 is the resistance of the channel
between first and second bifurcations. Similarly, Rsm2, Rs2 and
Rm2 can be defined at the second junction. Using analogy be-
tween the hydrodynamic and electrical circuits for this section of
the channel, if the hydrodynamic resistances are directly used as
electrical resistances, the pressure dropΔP1,2 across the channel
can be replaced by equivalent voltage drop V1,2 and flow rate by
current I1,2. Such an equivalent electrical circuit is depicted in
Fig. 2c. Now, if we apply Kirchhoff’s law for this circuit,

V 1;2 − I1;2Rm0 − I1;2 − I2
� �

Rm1 − I1;2 − I3
� �

Rm2 ¼ 0 ð2Þ

−
Rsm1

2
þ Rs1

2

� �
I2 −

Rsm2

2
I2 − I3ð Þ − Rm1 I2 − I1;2

� � ¼ 0 ð3Þ

−
Rsm2

2
I3 − I2ð Þ − Rs2

2
I3ð Þ − Rm2 I3 − I1;2

� � ¼ 0 ð4Þ
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The above equation can be presented in matrix form as
follows,

Rm1 −Rsm1−
Rs1

2
−Rm1

� �
Rsm1

2

Rm2
Rsm2

2
−
Rsm2

2
−
Rs2

2
−Rm2

� �

R0 þ Rm1 þ Rm2ð Þ −Rm1 −Rm2

0
BBBB@

1
CCCCA

I2
I3
I1;2

0
@

1
A ¼

0
0

V 1;2

0
@

1
A

ð5Þ

We can generalize the above matrix for the entire
microchannel network with n number of bifurcations to ob-
tain,

λ1 A1 η1 0 0 0 0 0 0 0
λ2 η2 A2 η2 0 0 0 0 0 0
λ3 0 η3 A3 η3 0 0 0 0 0
: 0 0 η4 A4 η4 0 0 0 0
: 0 0 0 : : : 0 0 0
: 0 0 0 0 : : : 0 0
: 0 0 0 0 0 : : : 0

λn−1 0 0 0 0 0 0 ηn−1 An−1 ηn−1
λn 0 0 0 0 0 0 0 ηn An

λ* −λ1 −λ2 : : : : : : −λn

0
BBBBBBBBBBBBBB@

1
CCCCCCCCCCCCCCA

I2
I3
I4
:
:
:
:
:

Inþ1

I1;n

0
BBBBBBBBBBBBBB@

1
CCCCCCCCCCCCCCA

¼

0
0
0
0
0
0
0
0
0

V 1;n

0
BBBBBBBBBBBBBB@

1
CCCCCCCCCCCCCCA

ð6Þ

Where λi=Rm,i and ηi=0.5Rsmi with i=1,n,Ai=−(0.5Rsi+
λi+2ηi), with i=1,n−1 and An ¼ − 0:5Rsn þ λn þ ηnð Þ
; λ* ¼ R0 þ ∑

n

1
λi. The above matrix is solved using

MATLAB to determine flow rates (i.e., Ii with i=1,n+1) in
each branch of the microchannel network. Additionally, the
flow rates in each branch of the equivalent electrical circuit
were also calculated by modelling the electrical circuit using
TINA-TI software (Texas Instruments, USA), a SPICE based
Analog Simulation program, as shown in Fig. 2d. First, the

above model is used to determine flow rates in all channels
and at the cell and plasma outlets by considering water as the
working fluid. Further, the flow rate ratios at each junction are
calculated which is used for calculating the particle concen-
tration after each junction (Xue et al. 2012), which affects
viscosity. Thus, viscosity varies along the main channel after
each bifurcation. Assuming diluted blood as Newtonian fluid
at higher shear rates (>576 s−1) and higher dilutions (>50×)
(Nivedita and Papautsky 2013; Tripathi et al. 2013;
Xiangdong et al. 2007) and 100 % purification efficiency at
every bifurcation, the plasma recovery is predicted and com-
pare with that obtained from experiments. The particle con-
centration Hn (% Haematocrit) after n bifurcations was de-
rived as (Xue et al. 2012).

Hn ¼ H0 Π
n

j¼1
1þ 1

Rj

� �
ð7Þ

Where Rj is the flow rate ratio at jth bifurcation. The Eq. (7)
is used to determine the haematocrit after every bifurcation.
The relative viscosities for these haematocrit are calculated
using Eqs (8–10) as (Pries et al. 1992),

ηrel ¼ 1þ ηrel;0:45−1
� � 1−Hð ÞC−1

1−0:45ð ÞC−1 ð8Þ

ηrel;0:45 ¼ 220 :e−1:3D þ 3:2−2:44 :e−0:06 :D
0:645 ð9Þ

C ¼ 0:8þ e−0:075D
� �

−1þ 1

1þ 10−11 :D12

� �
þ 1

1þ 10−11 :D12

� �
ð10Þ

Fig. 2 Schematic of a a part of the fluidic network with two junctions and b its equivalent electrical network and c the reduced circuit d entire reduced
circuit modelled in TINA-TI
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Where ηrel and ηrel,0.45 are relative viscosities for
haematocrit H and H=0.45 respectively, D is the diameter of
the channel (in μm). The actual viscosity ηa was calculated
from ηrel using a relation as follows.

ηa ¼ ηrel :ηs ð11Þ

Where ηs is the viscosity of the solvent. Here, phosphate
buffered saline (PBS) was used for dilution of the blood sam-
ple (ηs=0.00115Pa.s). The viscosity values calculated for dif-
ferent haematocrit in each channel section of the device were
used in TINA-TI for calculating the flow rate at the plasma
outlet. The results are later compared with that measured using
experiments with diluted blood sample of haematocrit 0.4 %.

4 Numerical model

Numerical simulations (two-dimensional) were performed using
volume of fluid (VOF) model in ANSYS-Fluent with mineral
oil (density ρ =840 kg/m3, dynamic viscosity μ=0.05 Pa.s) as
the primary phase andwater (ρ=1000 kg/m3,μ =0.001003 Pa.s)
as the secondary phase. Assuming flow to be incompressible,
laminar and fully developed, the governing equations for mass,
momentum and fluid fraction function are as follows:

∇⋅u ¼ 0 ð12Þ

∂ρu
∂t

þ ∇:ρuu ¼ −∇P þ ∇⋅ μ ∇uþ ∇Tu
� �� �þ Fs ð13Þ

∂F
∂t

þ u⋅∇F ¼ 0 ð14Þ

Where μ is the flow velocity, p is the pressure, ρ and μ are
the density and viscosity of the fluid, respectively, Fs is the
interfacial tension force which is added to the momentum
equation as a source term and F is the volume fraction in a
cell which has a value between 0 and 1. A detailed description
of the VOF model is reported elsewhere (Sajeesh et al. 2014).
Equations (12–14) are solved using appropriate boundary and
initial conditions (for transient simulations with droplets).
Velocity boundary condition is applied at the inlet and atmo-
spheric pressure boundary condition is used at the outlets.
Steady state simulations were performed with water as the
working fluid to determine the location of the critical stream-
line (i.e., the streamline that separates the flow entering the
side channels from that flowing along the main channel). The
location and throat size of the constriction were also deter-
mined using the numerical simulations.

5 Experiments

5.1 Device fabrication

For the fabrication of the polydimethylsiloxane (PDMS)
device, the optimised design of the device was made in
AutoCAD LT 2008 which was printed on a flexi mask at
40000dpi (Fineline Imaging, USA). The silicon wafer
(Semiconductor Technology and Application, Milpitas,
USA) was cleaned using hydrofluoric acid (HF) solution
(1:10) followed by deionised (DI) water and kept in oven
(120 °C) for 2 min. To obtain a coating of thickness
50 μm, the negative photoresist SU8 2075 (MicroChem
Corp, Newton, USA) was spun at 4000 rpm for 30s with
an acceleration of 300 rpm/s. This was followed by soft
baking at 65 °C for 3 min and hard baking at 95 °C for
6 min. The baked photoresist was then exposed to UV
light (J500-IR/VISIBLE, OAI Mask alligner, CA, USA)
through the mask for 6 s. Next, the wafer was then baked
at 65 °C for 1 min and 95 °C for 5 min. The pattern was
then developed by exposing it to SU8 developer and
placed inside oven at 120 °C for 30 min. The PDMS
monomer and the curing agent (Sylgard 184, Silicone
Elastomer kit, Dow Corning, USA) at a ratio of 10:1
(by weight) was mixed and degassed. It was then poured
onto the silicon master and was placed in a vaccuum oven
at 65 °C for 3 h for curing. The PDMS was peeled off
from the master carefully and cut to size. Inlet and outlet
holes were punched using 1.5 mm biopsy punch (Shoney
scientific, Pondicherry, India). This PDMS layer was then
bonded to a glass slide using an oxygen plasma bonder
(Harrick Plasma, Brindley St., USA). Fluidic connections
were provided to the device with the help of polyethylene
tubings fitted with Luer stubs (Instech Laboratories, PA,
USA). The photograph of the device and an optical image
of the microchannel network are depicted in Fig. 3a and
b, respectively.

5.2 Materials and methods

5.2.1 Droplets

It is reported in literature that RBCs can be assumed to behave
like a liquid droplet wrapped in a membrane (Fung et al.
1993). So our initial experiments were performed using drop-
lets. A droplet generator was introduced before the device
inlet to generate discrete droplets which were separated from
the continuous phase. Mineral oil (Acros Organics, Thermo
Fisher Scientific, New Jersey, USA) with 5 % wt/wt Span 85
(Sigma Life Science) and DI water were used as the continu-
ous and discrete phases, respectively. The flow rate of the
discrete to continuous phase flow rate was adjusted to control
the droplet size.
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5.2.2 Microbeads

The bead sample was prepared by suspending 10 μm polysty-
rene beads (Sigma Aldrich, Bangalore, India) and 15 μm
FluoSpheres (Life Technologies, USA) in 22 % wt/wt aqueous
glycerol mixture to match the densities to prevent sedimenta-
tion (Sajeesh et al. 2014). Then, 5 % wt/wt Tween 80 (Sigma
Aldrich, Bangalore, India) was also added as surfactant to en-
sure stability of the suspension throughout experiments. Three
different concentrations of beads were prepared (1–3 μl/ml)
and the mixture was sonicated for 3 min prior to use.

5.2.3 HL60 Cell line

HL60 (Human promyelocytic leukemia cells) cells purchased
from NCCS (National Centre for Cell Sciences, Pune, India)
were used as the cell model in our studies. These cells are
predominantly a neutrophilic promyelocyte (precursor) which
participate in the formation of certain types of bood cells. The
cell size ranges from 10 to 20 μm. The cells were revived with
Iscove’s Modified Dulbecco’s Medium (IMDM) (Himedia,
India) containing 20 % FBS (Foetal Bovine Serum) (Gibco,
Thermo Fisher Scientific). The cells were grown to 70–80 %
confluency and seeded into suitable culture dishes of tissue
culture grade for experiment. When confluence is attained, the
cell culture medium was removed and the cells were washed
twice with 1X PBS. Fresh medium containing 10 % serum
was added to the cell pellet and re-suspended gently using
micropipette. Cells were counted using a Improved
Naeubaer Haemocytometer (Marienfeld, Germany) and a
fixed number of cells were seeded into suitable dishes and
maintained at cell culture growth conditions for experiments.
The cells were transferred to 15 ml falcon tubes, with media

and centrifuged at 1700 rpm for 5 min. The supernatant was
discarded and the pellet was re-suspended in 1.0 ml fresh
media with Rhodamine (0.5 mg/ml) and incubated for
30 min. The cells were then pelleted down at 1700 rpm and
the supernatant was discarded. The pellet was again re-
suspended in 1.0 ml fresh media. With the help of
Haemocytometer, samples of different concentrations i.e.,
5×104 cells/ml, 1×105 cells/ml, 3×105 cells/ml, 5×105

cells/ml and 1×106 cells/ml were prepared and experimented.

5.2.4 Human blood sample

Samples of human blood from healthy donors were col-
lected from hospital (Institute Hospital, IIT Madras) in
vacutainers with 7.2 mg K2 Ethylene diamine tetraacetic
acid (EDTA) (BD, New Jersey, USA). It was diluted to
different haematocrits, namely 45 %, 20 %, 2 %, 0.04 %,
0.008 % with PBS.

5.2.5 Quantification of the separation process

(i) Purification Efficiency
Improved Neubaeur Haemocytometer (Marienfeld-

Superior, Germany) was used to count the number of
beads or cells present in the samples at the device inlet
and outlets. An aliquote of 10 μl of the sample was added
to each of its chamber and viewed under microscope. The
number of particles in a square of side 1.0 mmwas count-
ed on both the chambers and averaged to determine the
number of particles present in 10 μl of sample. The %
Purification Efficiency was calculated from the experi-
ments as follows,

%Purification Efficiency ηð Þ ¼ 1−
Numberof beadsat plasmaoutlet

Numberof beadsat cell outlet þ Numberof beadsat plasmaoutlet

� �
� 100 ð15Þ

(ii) Plasma Recovery
The fluids obtained at the two outlets were collected

for a particular time interval and measured. The plasma
recovery of the device was calculated as follows,

%Plasmarecovery ¼ VolumeatPlasmaOutlet

VolumeatPlasmaOutlet þ VolumeatCellOutlet
� 100 ð16Þ

(iii) Cell count and damage
In order to obtain information about the cell damage

incurred during the process and to complement the pu-
rification efficiency measurements, flow cytometry
studies were performed in a FACS Scan Instrument
(Calibur, BD Biosciences). The inlet, cell outlet and

plasma outlet samples from experiments with HL60
and blood sample were appropriately diluted and tested.
The Forward Scatter (FSC) is a measure of the size of
the particle. Therefore a plot of FSC against the particle
count in the inlet and outlet samples will provide an
understanding of the number of cells of different size
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groups present in the samples which can be used to
validate cell separation. Also, comparison of FSC of
outlet with the inlet sample will help in deduction of cell
damage, if any, happening during the process.

(iv) Cell Viability
Cell viability after the separation process was

assessed using Trypan Blue Test. Viable cells with intact
cell membrane retain their original colour while dam-
aged cells allow the entry of dye through the disrupted
membrane to take up the colour of the dye. As part of the
test, 10 μl of the sample and 10 μl of the Trypan blue
dye were mixed. From the mixture, a 10 μl aliquot was
taken to the haemocytometer chamber and viewed under
the microscope. The number of non-viable cells were
counted and the % cell viability was calculated as fol-
lows,

%Cell Viability ¼ Total no:of cells−No:of non−viablecells
Total no:of cells

� 100

ð17Þ

5.3 Experimental setup

A schematic and a photograph of the experimental setup used
for the cell-plasma separation experiments are shown in
Fig. 4a and b, respectively. The sample fluids (containing
droplets, particles or cells) were infused into the microfluidic
device using a programmable syringe pump (Model 540060,
TSE systems, Germany). The fluidic connection between the
syringe pump and the device was established using polymer
tubing (Instech Laboratories Inc, USA). After separation in-
side the device, the samples at the device outlets were collect-
ed in eppendorf tubes and used for further analysis. In order to
reduce cell adhesion problem (i.e., sticking of cells with the
channel wall), the microchannel device was initially filled
with filtered 1%Bovine SerumAlbumin (BSA) in PBS buffer
and left undisturbed for 30 min before cell samples were used.
The motion of droplets, beads and cells were observed and

captured using an inverted microscope (Carl Zeiss Axiovert
A1) coupled with a high-speed camera (FASTCAM SA3
model, Photron USA, Inc.) interfaced with PC via Photron
Fastcam Viewer 3 software. The images of the samples were
captured using reflecting type microscope (Carl Zeiss Axio
Scope. A1) coupled with a CCD camera (ProgRes 391CF
Cool, Jenoptik, Germany) interfaced with PC via ProgRes
CapturePro v2.8.8 software.

6 Results and discussion

6.1 Design of the microchannel

The microchannel network (shown in Fig. 3b) was designed
using the theoretical model and numerical simulations pre-
sented in section 3 and 4, respectively. It is reported in litera-
ture that the Fahraeus-Lindqvist effect is effective for a chan-
nel size in the range 40–300 μm (Fahreaus and Lindqvist
1931) and the effect is pronounced for a smaller channel size.
Smaller channel sizes lead to higher chances of clogging and
larger channel sizes weaken the effect and offer larger dead
volume. Thus, in our design, the width of the main channel
was selected to be 100 μm. In order to determine the width of
the side channels, the effect of the side channel width on the
total flow rate at the plasma outlet was studied, considering DI
water as the working fluid (ρ = 1000 kg/m3, μ =
0.001003 Pa.s). Figure 5 shows the variation of the ratio of
the total flow rate at the plasma outlet to the inlet flow rate
(i.e., Qp/Qi) with the ratio of the widths of the side channel to
that of the main channel (i.e., ws/wm). It is observed that the
total flow rate at the plasma outlet initially increases with
increase in the width of the side channel and finally reaches
a steady value. For ws/wm>0.25, no significant change in the
total flow rate at the plasma outlet is observed. So, the size of
the side channels was selected to be 25 μm. The theoretical
model was used to obtain the flow rate ratios Qmi

=Qpi (i.e.,

ratio of flow rate in the main channel to that in the side chan-
nels) at each bifurcations and the results are presented in

Fig. 3 a Photograph of the cell-plasma separation device filled with dye b Optical image of the microchannel network
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Fig. 6. As observed, the flow rate ratios increase at each bi-
furcation downstream which indicates that use of more num-
ber of bifurcations would not have considerable influence on
the plasma extraction beyond a certain number of branches.
Thus in our design the maximum number of side channels
were limited to 10. A further increase in the number of side
channels would result in much higher flow rate ratio which
may cause cell damage (Tripathi et al. 2013) and excessive
back pressure in the device. Then, variation of the total flow
rate at the plasma outlet for different inlet flow rates was
studied using experiments and compared with that predicted
using the theoretical analysis and numerical simulations, as
shown in Fig. 7. It was observed that the total flow rate at
the plasma outlet increases linearly with the inlet flow rate,
as expected and a very good match between the theoretical
analysis/simulations and experiments was found (within
10 %). Similarly, the total flow rate at the plasma outlet for
diluted blood (0.4 % haematocrit) was calculated using the
Eqs. 7–11 and compared with that obtained using experiments
as shown in Fig. 8. Thematch was found to be reasonable with
a maximum error of 17 % which may be due to the approxi-
mations employed in the model.

Next, the variation in the distance of the critical streamline
from the side wall with flow rate ratio (observed at different
bifurcations) was studied for droplets of radius 5 μm and
10 μm (size comparable to that of RBCs 6–8 μm size and
HL 60 cells 10–20 μm size), as shown in Fig. 9. In these
VOF simulations, mineral oil (ρ=840 Kg/m3, μ=0.05 Pa.s)
was taken as the primary phase and water (ρ=1000 Kg/m3,
μ=0.001003 Pa.s) as the secondary phase. The interfacial ten-
sion was taken to be 24.4 mN/m. From literature (Narsimhan
et al. 2013), it is known that the cell free layer thickness is
equal to half the cell size. Therefore, in order to achieve 100%
purification efficiency, the critical streamline for a particular
flow rate ratio must lie below Ts, where Ts is the total of the
thickness of the cell free layer and the radius of the cell as
shown in Fig. 10. It is observed that at all bifurcations except
bifurcation 9, where the flow rate ratio is 6, the critical stream-
line width is much higher than Ts (e.g., at bifurcation 4, the
critical streamline width of 21.5 μm is higher than Ts (10 μm)
for a 10 μm droplet). Thus, a cell which is located close to the
wall (which is possible particularly at high concentrations),

the cell would enter into the plasma channels. In order to take
care of this, the device design was improved by introducing
constrictions before each junctions. The constrictions are ex-
pected to direct cells flowing closer to the side walls towards
the centre of the channel. The constrictions were designed
such that the critical streamlines are located at a distance less
than Ts (which is typically 2 μm for blood cells (Narsimhan
et al. 2013)).

The variation of the location of the dividing streamline as a
function of constriction width and length is given in Table 2.
In this study, a bifurcation with a flow rate ratio of 3.6 was
designed and a constriction was included at the junction and
the critical stream width was verified. Initially, the length of
the constriction was kept fixed at 40 μmwhile the constriction
width was examined in the range 20–50 μm. Later, the width
of the constriction was kept constant at 40 μm and the length
was varied in the range 20–100 μm. It is observed that a
constriction width <30 μm is required to provide the required
drifting to cells to the desired location. However, such small
dimensions of the constriction may lead to clogging issues.
Also, at 20 μm, the simulation indicated a reverse flow from
the plasma channel into the main channel and at 30 μm, the
flow rate ratio was as high as 42.5 which could damage the
cells. So, in our device a constriction width of 40 μm was
used. The variation of constriction length showed negligible
effect on the location of the streamlines. A constriction length

Syringe pump

Inlet

Inverted 
microscope

Haemocytometer
FACS

Samples collected in 
eppendorf tubes

Cell outlet

Plasma outlet

Outlets collected in 
eppendorf

Microscope

Microfluidic chip

Syringe pump

(a) (b)
Fig. 4 a Schematic and b photograph of the experimental setup used for cell-plasma separation experiments
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Fig. 5 Variation of the total plasma flow rate with width of the side
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of 40 μm was found to have a safe non-detrimental flow rate
ratio (<10). Further, the location of the constriction was decid-
ed by studying the effect of the distance of the constriction
from the junction on the location of the dividing streamline
using VOF method. There was not much variation in terms of
the location of constriction observed by changing the distance
of the constriction from the junction in the range 25 to
100 μm. However, the least critical stream width of 15 μm
was observed when the constriction was placed right at the
junction. A slanting constriction was observed to be the opti-
mum geometry providing lesser critical stream width (12 μm)
as compared to that in case of a straight geometry. Thus, the
dimensions, location and the geometry of the constriction was
optimized. Hence, a slanting constriction of 40 μm neck
width, 40 μm length as shown in Fig. 11 was incorporated
at every junction along the channel. The constrictions also
give rise to the formation of recirculation zones (indicated in
Fig. 11) at the wake of the constrictions where plasma is ex-
tracted into the side channels.

Next, VOF simulations were performed to show the dy-
namics of droplets of radius 5 μm at the junction with and

without bifurcations. Figure 12 shows that without constric-
tions a droplet which is located closer to the wall (at a distance
of 20μm from the wall) moves into the side channel. By using
a constriction before the junction, for the same flow rate ratio,
the droplets get drifted towards centre of the channel and
move along the main channel.

6.2 Experiments with droplets and microbeads

Before using the device for cell-plasma separation, experi-
ments were performedwith droplets andmicrobeads. DI water
droplets were generated by using mineral oil as the continuous
phase and DI water as the discrete phase. The flow rates of the
continuous and discrete phases were 8 μl/min and 0.25 μl/
min, respectively to generate droplets of 20 μm size. These
droplets are larger in size (as compared to the channel size)
and thus always move towards the centre of the channel
(Geislinger and Franke 2014). Because of the presence of
droplets at the centre of the main channel and use of higher
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flow rate ratio (than the critical flow rate ratio) at each junc-
tion, the droplets continue to move along the main channel
only and are collected at the cell outlet. A 100 % purification
efficiency is observed in the case of droplets. Thus we could
expect that RBCs which behave similar to droplets (Fung et al.
1993), if positioned at the centre of the channel, would follow
bifurcation law and continue to flow along the main channel
and get collected at the cell outlet to provide higher purifica-
tion efficiency.

Experiments were performed using 10 μm polystyrene
microbead samples suspended in 22 % glycerol solution at
different concentrations in the range 1–3 μl/ml at various flow
rates between 2 and 10 ml/hr. For better visualization, images
were taken for the movement of 15 μm red FluoSpheres.
Figure 13a-b and c-d shows the movement of microbeads
inside devices with and without constrictions, respectively.
As observed in Fig. 13a, in a device without constrictions,
the microbeads which are positioned at the centre of the chan-
nel continue to move along the main channel and get collected
at the cell outlet. However, the microbeads that are located
closer to the wall (at a distance below the critical streamline)
enter into the side channels as seen in Fig. 13b. In a device
with constrictions, depending on the initial location of the
microbeads across the section, most of the beads are focused
towards the centre of the chanel at each junction and thus

move along the main channel, as shown in Fig. 13c. The beads
which are in contact with the side walls still enter the side
channels, as shown in Fig. 13d, and the throat of the constric-
tion required to further avoid this is too small which may
provide clogging problem. The concentrated microbead sam-
ple at the cell outlet was collected in an eppendorf tube and the
microbead concent ra t ion was de te rmined us ing
haemocytometer. At a given flowrate, the concentration of
microbeads at the device inlet and the cell outlet was used to
calculate the purification efficiency using Eq 15. The effects
of the inlet flow rate and microbead concentration on the pu-
rification efficiency in device without and with constriction
was studied and the results are shown in Fig. 14a and b,
respectively.

Figure 14a and b show that there is an increase in the
efficiency when flow rate is increased upto 6 ml/hr beyond
which a decrease is observed. The initial increase may be
because the initially randomly distributed beads at low flow
rates comes under the influence of higher wall and shear in-
duced lift forces at increased flow rates. Spherical rigid parti-
cles are aligned at a thin annulus around 0.6 radii (0.6 R) from
axis of the tube at higher flow rates (Geislinger and Franke
2014). This is the equilibrium position under the action of wall
induced and shear induced lift forces. Here, highest purifica-
tion efficiency is obtained at a flow rate of 6 ml/hr (Re=15).
Further, it is known that the equilibrium position gets shifted

Fig. 10 Illustration of the critical streamline and the width Ts at a
bifurcation

Table 2 Comparison of flow rate
ratio and corresponding critical
streamline position for different
constriction width

Width of the
constriction (μm)

Length of the
constriction (μm)

Critical streamline
width (μm)

Flow rate ratio

20 40 0 Reverse flow in the plasma channel

30 5 42.5

40 12 9.95

50 16 6.4

40 20 12 11.05

40 12 9.95

60 12.7 9.42

80 13.2 9.2

100 0 Reverse flow in the plasma channel

40μm

40μm

Recircula�on zoneCri�cal streamline

Fig. 11 Image showing the optimised constriction dimension with the
streamlines showing the recirculation zone
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towards wall at high Re (Geislinger and Franke 2014). This
may be the reason for the drop in the efficiency beyond a flow
rate of 6 ml/hr. Also, the purification efficiency decreases with
increase in the particle concentration which may be due to the
interaction between the beads to get focused below the critical
streamlines and enter into the side channel. The purification
efficiency obtained with the microbeads is smaller (~60 %)
even when constrictions were employed which may be due to
lesser force acting on the rigid spheres. The constrictions help
in increasing the efficiency by pushing the critical streamline
nearer to the wall. From Fig 14b, it can also be seen that
constriction reduces the effect of concentration since more
streamlines enter the main channel.

6.3 Experiments with HL60 cells

Experiments were performed with HL60 cells suspended in
IMDMmedium at different concentration in the range 5×104–
1×106 cells/ml at various flow rates between 2 and 10 ml/hr.
The size of the HL60 cells is measured to be 18±3 μm. The
cells are labeled with Rhodamine dye (λex=541 nm, λem=
565 nm) and observed with the help of a fluorescence attach-
ment (HB0100 illumination system and FS14 filter, Carl
Zeiss) with the inverted microscope which allows spectral
width 510–560 nm. Figure 15a and b shows the movement
of HL60 cells inside the device with and without constrictions,
respectively. In device without constriction as seen Fig. 15a,
similar to the microbeads, the cells which are positioned at the
centre of the channel continue to move along the main channel

and get collected at the cell outlet. However, the cells that are
located closer to the wall (at a distance below the critical
streamline) enter into the side channels and thus affect the
purification efficiency. In a device with constrictions, depend-
ing on the initial location of the cells across the section, most
of the cells are focused towards the centre of the channel at
each junction and thus move along the main channel, as
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Fig. 12 VOF simulations showing the movement of droplet placed close
to a wall in a channel with and without constriction. a movement of the
droplet following the streamline into the side channel b constrictions help

in the movement of the droplet into the main channel by lowering the
critical streamline width
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Fig. 13 Images showing the movement of beads in device a without
constriction bead located closer to the centre moves along the main
channel to cell outlet b without constriction bead very close to the wall
moving into the side channel c with constrictions, the beads are focused
towards the centre of the channel before a bifurcation, d with
constrictions, beads sticking to the channel wall moving into the side
channel
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shown in Fig. 15b. Some of the cells which are located closer
to the side walls (within a distance of the order of the cell
radius) their centre may get further close to the side walls
due to cell deformation when cells are subjected to fluid shear.
Such cells enter the side channels and affect the purification
efficiency. The concentrated cells are collected at the cell out-
let in an eppendorf tube and their concentration was measured
using haemocytometer which was used further to calculate the
purification efficiency using Eq. 15. The effects of inlet flow
rate, constriction and cell concentration on the purification
efficiency was studied and the results are presented in
Fig. 16. From Fig. 16a, it is observed that, at a cell concentra-
tion of 1×106 cells/ml, a maximum purification efficiency of
~70 % is achieved with the device without constriction at a
flow rate of 6.0 ml/hr. However, in case of a device with
constrictions, the purification efficiency was improved to
~99 %. This is possibly due to the high shear stress zone

created locally as a result of the constriction which pushes
the cells towards the channel centre (Faivre et al. 2006).

From Fig. 16b, it is observed that the purification efficiency
using device with constriction is higher at lower cell concen-
trations and is highest at a flow rate of 6 ml/hr. This could be
because of absence of cell-cell interaction at lower cell con-
centrations which may be adversely affecting the cell migra-
tion towards centre due to the wall-induced lift force. It is
observed that a purification efficiency of ~100 % is achieved
for lower cell concentrations (i.e., within 5×104 cells/ml to 1×
105 cells/ml). The purification efficiency increases with flow
rate since the lift forces and the cell migration increases with
flow rate (Geislinger and Franke 2014). After 6 ml/hr (Re=
28), the efficiency decreases with flow rate. The cells being
deformable take an elongated discoid shape and aligns parallel
to the flow at higher flow rates which reduces the radius in the
cross-stream direction and thus Ts decreases bringing it below
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Fig. 14 Plots showing
purification efficiency versus
flow rate at three different
concentrations a without
constriction and b with
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the critical streamline. This may be the reason for the drop in
efficiency. Another possible reason may be the high shear
developing in the centre of the channel at high flow rates that
increases the shear induced lift force thus breaks the equilib-
rium and pushes the cells towards the wall. A comparison
of the purification efficiency achieved with microbeads ex-
plains the influence of deformability in the Fahraeus phenom-
enon which agrees with literature (Faivre et al. 2006; Tripathi
et al. 2013; Narsimhan et al. 2013; Geislinger and Franke
2014). The purification efficiency was further validated using
FACS. A cell sample at concentration 1×106 cells/ml is used
at the device inlet at an inlet flow rate of 6.0 ml/hr and at the
device outlets the cell and cell-free medium samples are col-
lected separately. The separated cells as well as the cell-free
medium are further diluted six-times to bring the total number
of events in the sample below the maximum number of events
set in the FACS instrument. A plot of FSC vs. Count was
made after FACS measurement for the inlet sample, concen-
trated cell sample and cell-free medium as depicted in Fig. 17.
It is observed that the number of events in the concentrated
sample is very high indicating that most cells are collected at
the cell outlet. Also, the number of events in the cell-free
medium is extremely low which indicates that the device is
capable of providing efficient cell separation and
concentration.

6.4 Experiments with blood sample

Finally, experiments were performed with diluted blood sam-
ples (with PBS) at different dilution ratios in the range from
whole blood to 1:5000 (haematocrit % in the range 45 %–
0.008 %) at various flow rates between 2 and 10 ml/hr.
Images showing separation of diluted blood sample into cells
and plasma is depicted in Fig. 18a and b. In Fig. 18a, it can be
seen that blood cell too close to the wall moves into the side
channel, and in Fig. 18b, it is seen that the cells pushed to-
wards nearer to the centre of channel than in the previous case

continue to move along the main channel whereas plasma is
extracted through the side-channel. Figure 19a shows the ef-
fect of constriction and flow rate on purification efficiency and
Fig. 19b shows the effect of dilution ratio on the purification
efficiency. Similar to experiments with beads and cells, the
purification efficiency was observed to be higher (>15 % at
a haematocrit of 2 %), in case of a device with constriction as
compared to a device without constriction. It can also be seen
that the purification efficiency is maximum at 6.0 ml/hr as in
the previous experiments. Study of the effect of dilution ratio
in a device with constriction, presented in Fig. 19b, shows that
a purification efficiency of 98 % is achieved at a dilution ratio
of 1:5000 (haematocrit 0.008 %) and which reduces to 35 %
for whole blood (haematocrit 45 %). A purification efficiency
of 70 % and plasma recovery of 80 % is achieved with 2 %
haematocrit (or 1:20 dilution) using this device, which is

Fig. 17 Results of FACS studies with HL60 cells showing the number of
events vs. forward scatter

Fig. 16 a effect of constriction
and flow rate on the purification
efficiency, HL60 cells,
concentration 1×106 cells/ml, b
effect of HL60 cell concentration
on purification efficiency at
different flow rates in a device
with constriction
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better than the performance efficiency reported by Kersaudy-
Kerhoas et al. (2010a) with a similar design. With all the
dilution ratios, the efficiency is maximum at 6.0 ml/hr
(Re=20). The trend in the purification efficiency is similar
to HL60 cells due to the same reasons as mentioned in the
previous section. Smaller size and higher deformability of
RBC accounts for the lower efficiency as compared to the
HL60 cells since the Ts is lower.

The effect of flow rate on plasma recovery is studied and it
was found that plasma recovery is independent of the flow
rate. The plasma recovery is found to be >80 %, which is
higher as compared to what has been reported in literature.
A comparison of performance of the proposed device with
some of the cell-plasma separation devices (and the conven-
tional centrifugation method) reported in literature is present-
ed in Table 1. It is observed that our device has very good
performance in terms of plasma recovery (>80 %) and purifi-
cation efficiency (~70% at haematocrit of 2 %). FACS studies
were carried out for a blood sample at dilution ratio of 1:1000
(Haematocrit −0.04 %) and 1:20 (Haematocrit – 2 %). After
separation, the cell and plasma samples are collected at the
device outlets and further diluted to reduce the number of

events for measurements as in FACS study with HL60 cells.
Figure 20 presents the plot of FSC vs. cell count. It is evident
from the peaks in the plot that the cell concentration (RBCs
and WBCs) has increased in the cell outlet and decreased in
the plasma outlet, when compared with the inlet. While HL60
cells are ~20 μm, RBC are only ~8 μm. Since the lift forces
depending on the cell size, in addition to the flow rate
(Geislinger and Franke 2014), the design shows better effi-
ciency with HL60 than with blood cells. The cell viability
measurements using Trypan Blue test showed that the % cell
viability (from Eq 17) is >99 %, which indicates that the
device does not affect the cell viability and can be used for
providing healthy blood cells for downstream analysis.

7 Conclusion

In this work, a microfluidic device for separating cells from a
suspending fluid has been designed, fabricated and tested. A
device with a series of bifurcations with dimensions optimized
for flow rate ratios greater than the critical flow ratio, was
designed and tested with droplets, polystyrene beads, HL60
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and finally blood sample. Constrictions of neck width 40 μm
and length 40 μm placed at the front of every bifurcation was
found to increase the separation efficiency. The device with
constrictions demonstrated a separation efficiency of ~99 %
with 1×106 HL60 cells/ml. It was capable of removing cells
completely when lesser concentrations were tested at a flow
rate of 6.0 ml/hr. A seven-fold cell concentration was obtained
with HL60 cells. The difference between the separation of
beads and cells implies the role of deformability and lift forces
acting on the particles. When plasma separation from blood
was investigated, it was found that considerable dilution
(0.008 % haematocrit) is required to reach ~100 % separation.
A purification efficiency of 70% and plasma recovery of 80%
was observed for diluted (1:20 or 2 % haematocrit) blood
sample. The high plasma recovery of 80 % makes the device
stand out from previous works. The difference between the
separation efficiencies achieved with HL60 and blood cells
can be attributed to difference in the cell size. FACS studies
on HL60 and blood sample further validates the working of
the device and also showed that the device is more successful
in separating HL60 cells from the sample. This is predicted in
simulation that bigger particles will have its critical streamline
closer to the wall, thus having better probability to flow into
the main channel at every bifurcation. We believe that further
improvements on the device to increase the flow rate ratios
would improve the separation of RBCs at higher concentra-
tions as well. Results from FACS and Trypan Blue test assure
that the device is safe for cells (i.e., cells remain viable).
Therefore, this device is a good candidate for blood plasma
separator for integration with diagnostic device.
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