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SUMMARY 

This paper reports the design and numerical analysis of a three-dimensional biochip plasma blood 

separator using Computational Fluid Dynamics (CFD) techniques. Based on the initial 

configuration of a 2D separator, five 3D microchannel biochip designs are categorically developed 

through axial and plenary symmetrical expansions. These include the geometric variations of three 

types of the branch side channels (circular, rectangular, disc) and two types of the main channel 

(solid and concentric). Ignoring the initial transient behaviour and assuming that steady state flow 

has been established, the behaviour of the blood fluid in the devices is algebraically analysed and 

numerically modelled. The roles of the relevant microchannel mechanisms, i.e. bifurcation, 

constriction and bending channel, on promoting the separation process are analysed based on 

modelling results.  The differences among the different 3D implementations are compared and 

discussed. The advantages of 3D over 2D separator in increasing separation volume and effectively 

depleting cell-free layer fluid from the whole cross section circumference are addressed and 

illustrated.  

 

KEY WORDS: plasma blood separation; 3D microfluidic device; microchannel device; device 

design; modelling and simulation  

 

 

1. INTRODUCTION 

 

Traditionally, plasma is separated from blood by centrifugal methods [1]. This approach is however difficult 

to achieve in microsystem devices where viscous forces usually dominate inertial effects. This challenge has 

led to an interest in adopting new strategies for the separation of micron size particles [2]. These separation 

methods can be either classified under mechanical sorting e.g. filters [3,4] or through the use of dynamic 

forces applied to the cell trajectory. This latter class can be further divided into two categories: i) using 

external field forces, such as magnetic, electrical, optical, acoustic, thermal and centrifugal, etc. [5,6] and ii) 

using internal forces [7,8] such as viscous force, shear stress or generated by the device geometric features.  

Blood in microchannel systems is generally considered as a suspension of Red Blood Cells (RBCs) in 

plasma. The RBCs have a biconcave shape with a cytoplasm enclosed by a hyperelastic membrane without a 



nucleus [9]. The diameter of RBCs is approximately 8µm and the thickness of the membrane is 1µm in the 

centre and 2µm at the edge. RBCs behave like a liquid droplet even at a hematocrit level as high as 98% [10]. 

As the size of microchannels becomes comparable to the dimensions of the blood cells, the blood fluid is 

strongly affected by microchannel characteristics such as constrictions, bifurcations, bending channels, 

channel geometry and channel surface quality. 

A number of researchers have studied the use and behaviour of constrictions [11,12], bifurcations [13,14] 

and curved sections [15,16] in blood separator devices. A constriction accelerates the flow and increases 

inertial effects on the fluid. It can also largely increase shear stresses, stretching blood cells within high 

velocity layers. A bifurcation can be used for separating plasma and blood cell particles, as the particles have 

a tendency to travel into the channel with the higher flow rate. When the flow rate ratio reaches 8:1 [17], 

nearly all cells move through the high flow rate channel. A curve in the channel can create a centrifugal force 

on the fluid, although, in micro devices, a series of multiple curves may be required to enhance this effect 

[15].  

The microfluidic biodevices discussed above have all been built along a two dimensional (2D) 

architecture in which the microfluidic circuit is manufactured layer by layer and sits on a planar substrate. 

Existing know-how in traditional design and manufacturing technologies can be referred to or directly put 

into use for such an approach. With a good understanding of the physics and dynamics of biofluids, the focus 

of new studies may be shifted to the mechanics of a device for processing within 3D volumetric architecture. 

3D microfluidic devices promise some intrinsic potential benefits compared to more conventional 2D 

devices: i) space can be used more efficiently resulting in improved space integration, ii) the device 

functionality can be extended to the whole 3D space, iii) high-volume manufacturing technologies such as 

precision machining, milling and injection moulding are appropriate for the manufacture of complex 3D 

devices, iv) 3D configurations easily adapt to those applications that mimic the natural world, v) the issues 

associated with clogging can be rendered less critical as the blood has multiple pathways for separation. 

A 3D fluidic architecture at the micro-scale behaves differently from its counterpart at the macro-scale. 

The differences may be categorised as follows:  

i) Different channel configurations. In microfluidic systems, channels are integrated into 3D solid 

systems providing thereby increased structural integrity, strength and stability. A disadvantage is the 

low quality of the wall surfaces and transition locations such as corners. The choices for the surface 

material and treatment of the channels are also very limited.  

ii) Different geometry characteristics. Due to a high wall surface to volume ratio, microfluidic devices 

are affected heavily by the channel surface and its characteristics. This is further exemplified by 

very high length to cross-section ratios. This leads microfluidic channel systems to be relatively 

large systems and results in a long flow transient regime. Furthermore, when flow achieves a steady 

state, there is generally no free surface present and shear stress becomes therefore a dominant factor.  

The numerical approaches using Computational Fluid Dynamics (CFD) techniques in modelling 

biomicrofluidic devices generally fall into two categories: i) explicitly modelling of biocells using Eulerian-

Lagrangian model for investigating their detailed individual behaviour in local mechanisms by means of the 

immersed finite element/boundary method (IFEM/IBM) [18,19] or the moving particle semi-implicit method 

(MPS) [20,21], ii) modelling of the bulk bioflow field in the whole device for predicting the biofluid 



behaviour based on relevant effects or laws [17,22], such as the Fahraeus effect [23] and Fahraeus-Lindqvist 

[24] effect, the Zweifach-Fung bifurcation law [25], the cell-free layer phenomenon and the bending channel 

centrifugal effect. The bulk bioflow can be modelled as a single phase liquid, i.e. Eulerian one flow model 

[26,27], or a multiphase entity, i.e. Eulerian-Eulerian two-flow model [28-30]. This paper adopts the global 

modelling approach, in which two flows modelled are single phase. 

The current research presented in this article is developed from original studies carried out on a 2D T-

shaped microchannel separator [31] (Fig. 1). The purpose of this work is to investigate the differences 

between 2D and 3D architectures in the ongoing development of a 3D separator and discern the basic 

structure of 3D separators. At this stage only the steady state flow behaviour of the separator has been 

analysed. It should be noted however that the initial transient filling stage will be important and can affect 

the overall design, depending on how the device is intended to be used.  

 

 

2. DESIGN 

 

2.1. Topological development of 3D designs  

 

Figure 1 depicts the design of a 2D biochip which was the basis for developing the 3D designs detailed in 

this paper. The biochip consists of a main channel and a series of perpendicularly positioned branch/side 

channels. The fluid, introduced at the top of the main channel into the separator, passes through a 

constriction before reaching the bifurcation region where the flow directs the plasma depleted of RBCs 

through the side channels and an RBC-enriched flow continues through the main channel. The biochip is 

coupled with the macro part of the system, i.e. Level 2, through its inlet and outlets.  

 

 

Figure 1. 2D of microfluidic biochip device for plasma blood separation. Dimensions are in millimetres. 

 



The flow rate ratio between the main and side channels is a key parameter for blood plasma separation. 

To achieve a high flow rate ratio, the main channel is designed with a larger cross section than the side 

channels. The outlet of the main channel is also located closer to the bifurcation region than the outlets of the 

side channels.  

The proposed 3D devices are constructed with both axial symmetric and planar symmetric geometries. 

As axial symmetric systems can provide a uniform condition for flows towards all radial directions, the focus 

of this paper is put on axial symmetric systems but a design for planar symmetric devices is also discussed.  

Figure 2 shows the geometry of 3D Designs I, II and III, which are developed from axial symmetry. All 

three designs consist of ten layers of 20µm thick side channels. Considering the large number of side 

channels in each layer, the diameter of the main channel is increased to 150µm from 100µm in the 2D 

separator. The constriction is set to 75µm in diameter or a quarter of the area of the main channel. Other 

geometrical details of the designs are presented in Table I. Geometric parameters of Designs IV and V, the 

forms of the concentric channel of the device, as well as the 2D separator are also presented in Table I for 

easy comparison.   

 
  

(a) (b)| (c) 

Figure 2. Topological development of 3D designs, (a) Design I, circular channel; (b) Design II, rectangular 

channel; (c) Design III, disc channel. 

 

Table I. Shape and size of the 3D designs, length unit: µm 

 

Design 

Main channel Side channel 

Cross section Size Cross section Channel at 

each junction 

Size 

2D Rectangular 100x20 Square 2 20x20 

I Circular D=150 Circular 12 d= 20 

II Circular D=150 Rectangular 12 20x20; 

20x38 

III Circular D=150 Disc 1 T= 20 



IV Concentric 

circular 

D= 200; 

400 

Rectangular 12 20x102 

V Concentric 

square 

200x200; 

400x400 

Rectangular 4 20x400 

Note: D and d refer to the diameters of the main and side channels. T is the thickness of the disc. 

 

Design I, Design of circular channels, consists of radial branch channels with a pitch of 30⁰ and each 

layer consisting of 12 channels. Design II, Design of rectangular channel, is obtained by replacing the 

circular channels in Design I by rectangular channels. If the number of branch channels is increased 

indefinitely, the branch channels in each layer will be merged into a disc, resulting in Design III, Design of 

disc channel.  

Depending on the dimensions of the rectangular channels, two variations of Design II result and are 

referred to as Design IIa or IIb.  Design IIa refers to a square branch channel with channel width equal to the 

diameter of the side channel of Design I. This design is used to compare the flow behaviour between circular 

and square channels. Design IIb refers to a rectangular branch channel where the channel width is set to a 

size whose sum equals to the circumference of the main channel. Thus, the difference of Design IIb from 

Design III is the various straight axial directional channels being used to replace fan shape channels. This is 

used for a comparison of rectangular and disk channels.  

The long extension of the side channel for plasma outgoing region of the 2D separator - whose main 

functionality was to provide a geometric separation of the side outlets from the main outlet for an easy 

connection to the macro-world - was not included in the 3D designs. 

The above three designs represent the basic building structures of the axial symmetric systems 

considered. Alternative designs can be developed from changing channel cross-section and/or increasing the 

number of the main channels. The latter would help the stability of the separation process particularly during 

the transient filling stage. 

 

2.2. Designs with concentric main channel  

 

Fluid separation/skimming at the junctions applies to the fluid close to the wall of the main channel. The 

flow in the central region of the main channel does not play a part in this process. Accordingly, increased 

separation efficiency can be achieved by moving the flow in the channel central region to the circumference 

area. This approach is similar as adopting a concentric main channel. The channel wall interface with the 

side channels is expended by using a concentric main channel. Consequently, the separation volume is 

largely increased. 

Two designs which include concentric main channels have been analysed. Design IV, Design of 

concentric circular channel, an extension of Design II, includes a circular concentric main channel, whereas 

Design V, Design of concentric rectangular channel, includes a rectangular main channel. Designs IV and V 

are shown in Fig. 3. Both sizes are shown in Table I.  

Design V is a planar symmetrical extension from 2D to 3D, where the 3D geometry is developed from 

the 2D through extruding the branch channels along two perpendicular directions. This may be viewed as 



four identical planar separators rolled around the main channel. For easy operation, the four out corridors of 

the branch channels can be connected and merged. In a mathematical model, their behaviours are nearly the 

same as the current model.  

 

  

(a) (b) 

Figure 3. Designs with concentric main channel, (a) Design VI, circular concentric channel; (b) Design V, 

rectangular concentric channel. 

 

2.3. Geometric variations between the designs 

 

The geometric differences between the five designs lie in the variations of the main and side channels. The 

design variations for the side channels include circular, rectangular and disc channels. The variations for the 

main channel include solid and concentric channels.  

Table II shows the areas of the cross-sections of the main and side channels for all the designs and the 2D 

separator. Also presented in the Table II are the total intersection areas between the main and side channels. 

As the separation process is concentrated in the intersection region, the intersection area gives an instant 

indication of the separation efficiency. 

 

Table II. Cross-section areas between main and side channels at each junction (mm
2
) 

Design Main 

channel 

Side 

channel 

Channel 

number 

Intersection of 

main and side 

channels 

2D 0.002 4×10
-4

 2 8×10
-4

 

I 0.01767 3.142×10
-4

 12 3.770×10
-3

 

IIa 0.01767 4×10
-4

 12 4.8×10
-3

 



IIb 0.01767 7.6×10
-4

 12 9.12×10
-3

 

III 0.01767 9.425×10
-3

 1 9.425×10
-3

 

IV 0.09425 2.04×10
-3

 12 2.448×10
-2

 

V 0.12 8×10
-3

 4 3.2×10
-2

 

 

The following geometric differences between designs can be identified from Table II.  

i) Square and circular channels. With the same channel sizes, i.e. diameter and/or width of the 

channels, the total intersection area of a square channel is larger than a circular channel. This is 

evidenced between the side channels of Designs IIa and I and between the main channels of Designs 

V and IV.  

ii) Rectangular and disc channels. The total intersection areas are nearly the same, i.e. between Design 

IIb and III. However, while the upstream ends of the side channels have a similar cross-section, the 

downstream end of the side channels is very different.  

iii) Concentric and solid channels. The total intersection area of the concentric main channel is much 

larger than the solid centric main channels, as evidenced by Designs IV and IIb.  

iv) 2D and 3D channels. 3D separator has a much higher intersection area than the 2D separator. In 3D 

devices, all the circumference of the main channel is coupled with side channels. By contrast, in 2D 

devices, the main channel can only couple with in plane side channels. 

Based on the above differences, it can be initially concluded that i) the concentric channel can result in a 

higher separation volume than the solid centric channel; ii) the square channel can lead to slightly higher 

volumetric throughput than the circular channel; iii) the disc channel will behave differently from equal cross 

section side channels; and iv) a 3D separator designs can give a much higher volumetric separation at each 

junction than the 2D separator.  

 

 

3. METHOD AND ANALYSIS 

 

3.1. Numerical method   

 

The Navier-Stokes equations for the conservation of mass/continuity and momentum can be expressed as [32]  

  0)( =⋅∇+ v
t

ρ
δ

δρ
       (1) 

  fvv
t

v
ρσρ

δ

ρδ
+⋅∇=⋅∇+ )(

)(
      (2) 

where ρ (x, t) and v (x, t) denote the flow density and velocity fields at any position x and time t, σ is the 

stress tensor applied on the enclosing surface and f  is the body force applied per unit volume.  



In this study, the flow is treated as incompressible and the slight change of fluid density due to varying 

hematocrit level across the channel is neglected. Correspondingly ρ is considered as a constant. The flow 

field is assumed well developed and shows characteristics of a steady flow without change with time. Eqs. (1) 

and (2) can therefore be simplified as 

  0)( =⋅∇ v         (3) 

  fvv +⋅∇=⋅∇ σ
ρ

1
)(        (4) 

The Finite Volume (FV) method is used to process the numerical solution of Eqs. (3) and (4). This is a 

Control Volume (CV) based method, in which the whole domain is firstly discretised into numerical CVs for 

analysis. The algebraic results are then reassembled to represent the system. The conservation equations of 

the fluid in a CV can be obtained by an integral of the physical conservation property in the infinitesimal 

volume expressed by Eqs. (3) and (4) [33], 

  ∫ =⋅
S
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where Ω and S refer to the volume and the enclosing surface of  the CV, n denotes the unit vector orthogonal 

to S and directed outwards, 
S

S
n

∇

∇
= .  

The convective terms in the left hand of the equations are numerically solved through interpolation 

methods. The integrals of the external force and stress tensor in the CV, i.e. the items in the right hand side 

of Eq. (6), are numerically solved in FV method by the average unit force multiplied by the area or volume 

of the control volume. That is, ∫ ∑∫=⋅
S

k
Sk

TdSndST for pressure and stress and ∫Ω ΔΩ=Ω⋅ fndf  for 

gravitational and centrifugal forces, in which k denotes the surface number of the control volume, f and 

σ
ρ

1
=T  the average values in volume Ω and enclosing surface S. 

The boundary conditions in this paper are set as below. 

i) Inlet. A specific velocity is applied on the inlet in its normal direction, i.e. CU
inletn

=
,

and 0=
in
n

U

δ

δ . 

ii) Outlet. A static pressure is applied on the outlet boundary, i.e. 
0,
pp outletstat = .  

iii) Channel wall. No-slip wall condition: the velocity of the fluid at the wall boundary is set to zero, i.e. 

0=
wall

U .  

iv) Symmetry plane. The normal velocity component and the scalar variable gradients normal to the 

boundary are set to zero, i.e. 0=
n

U and 0=
∂

Φ

n

δ .  

 

3.2. Flow field in the designed biochips  

 



3.2.1. In main channel 

At the inlet, for the inlet boundary condition of a constant flow velocity, the flow rate at the inlet is 

determined by the cross section of the main channel at the inlet, 

∫∫ =⋅=
mm A

axial
A

dAvndAvQ       (7a) 

Expressed with average velocity, Eq. (7a) becomes 

maxial AvQ =        (7b) 

where v denotes the flow velocity, 
axial
v and

axial
v  the flow velocity and its average in the axial direction of 

the channel, Q the flow rate at the inlet, Am the cross section of the main channel at the inlet.  

Through a constriction the velocity change can be obtained by the mass conservation equation given by 

Eq. (5). In this paper, the flow velocity in the main channel along the axial direction of the channel is far 

higher than in the cross-section of the channel. We thus have 

∫ ∫=
con chaA A

chacon
dAvdAv       (8a) 

where A denotes the channel cross section of the constriction or main channel, v the axial flow velocity in the 

channel, prefixes con and cha refer to the constriction and main channel, respectively. Using average 

velocity, Eq. (8a) becomes 

chachaconcon
SvSv =        (8b) 

where 
con
v and

cha
v denote the average flow velocity in a constriction and the main channel, respectively.  

In the junction region of the main channel, the flow velocity varies with the change of flow rate. At 

junction i, the relationship between the flow velocity of the main channel and flow rate can be expressed as 
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=

−===⋅
i

k

k
A

i
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m m

1
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where Q and q denote the flow rates in the main and side channels, respectively. Define 

k

k
k

q

Q
R = as the flow 

rate ratio at junction k, Eq. (9a) becomes 
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Expressed by average velocity, we have 

∑
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where, 
axiali

v
,

 and 
axiali

v
,

 denote the flow velocity and average velocity in the axial direction of the main 

channel at junction i, Am the channel cross section of the main channel. Prefix i, i = 0, 1, 2, …, n, refers to the 

junction, in which 0 denotes the inlet end, 1 the most upstream junction and n the last downstream junction. 

Note that, since Qk is determined by Q0 and Rk, the velocity of the main channel is a function of Q0 and Rk. 

Summarising above, we can conclude that: 

i) At the inlet, between different designs the flow rate is proportional to the cross section of the main 

channel, as shown by Eq. (7). 



ii) For a constriction where stable flow has been developed, the average channel velocity is inversely 

proportional to channel cross-section, as shown by Eq. (8b). 

iii) In the junction region, the flow velocity in the main channel decreases with the increase of 

bifurcation from upstream to downstream, as shown by Eq. (9). The decrease rate is determined by 

the flow rate ratios at the junctions. 

 

3.2.2. Side channels 

The flow velocity and flow rate remain the same in the side channels, for the designs with equal cross-

section of side channels, i.e. Designs I, II, IV and V. The flow velocity with disc branch channels, i.e. for 

Design III, however varies along the radial direction. The cross-section of a disc is increased by a rate  

 HrH
dr

d

dr

dA
S ππ 2)2( ==       (10) 

where r denotes the radial distance from the centre of the disc, As the circumference cross-section and H the 

thickness of the disc. Eq. (10) shows that the cross-section of a disc channel is increased by a constant rate 

2πH. For an incompressible flow, based on continuity condition, the flow rate in a disc is constant in any 

circumference, i.e. 
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Expressed with average velocity,  
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where 
radial
v denotes the average flow velocity in the radial direction, q the constant flow rate in the disc. 

The rate of change of velocity can be then expressed as 
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Besides flow rate/velocity, the development of flow field is also affected by the volume of the channel. 

The ratio of the channel volumes between disc channel, i.e. Design III, and rectangular channel, i.e. Design 

IIb, can be expressed as 
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where r2 and r1 denote the disc radius at circumference and the radius of the main channel. For this design, 

5.2=
vol
λ . With the same size of the main channel and input flow rate, the separated flow rate from the 



side channels of Design III is similar to that of Design IIb. The development period of flow field in Design 

III is thus much slower than Design IIb. We can therefore conclude for the design of the disc channel, that:  

i) The velocity is a function of the radial distance and is hyperbolically distributed along radial 

direction of the disc, as shown by Eq. (12). 

ii) The flow velocity decreases with a rate of square radius of the disc when the fluid flows from the 

centre to the edge of the disc, as shown by Eq. (13). 

iii) Comparing with the designs with equal cross-section of side channels, the design with disc channel 

requires more time to develop the flow field and to achieve a converging solution.  

 

 

4. MODELLING 

 

4.1. CFD Model  

 

Two flow models have been used too represent the separation feature. The fluid in the side channels and 

subsequent the outflow region is modelled as a plasma of constant viscosity of 0.0015 Pa·s and constant 

density of 1025kg/m
3
. The flow in the main channel is modelled as a non-Newtonian bulk blood fluid.  

The Carreau-Yasuda model, shown below, is used for modelling the shear-thinning non-Newtonian 

behaviour of the fluid [34]: 

 
ab ))(1(
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where γ is the shear rate, µ∞ and µ0 are the infinite shear viscosity and the zero shear viscosity, respectively; 

λ, a and b are constants. Parameter values are as follows [35]: µ∞ = 0.0035 Pa.s, µ0 = 0.16 Pa.s, λ =8.2 s, a = 

1.23 and b = 0.64. The fluid density is taken as ρ = 1060kg/m
3
. 

Symmetric computational models are used to simplify the simulation process. Based on the symmetric 

nature of the device, the half models shown in Figs. 2 and 3 are further simplified. A quarter of the geometry 

is modelled for Designs I, II, IV, V and a 30⁰ section of geometry for Design III. Figure 4 shows the 

computational models for Designs II and V. The numbers of nodes and elements of all the models are 

detailed in Table III. 

 For the boundary conditions, the inlet is set to a constant velocity of 50mm/s along its normal direction. 

This corresponds to a constant flow rate of 3.18ml/h for Designs I, II and III, 16.9ml/h for Design IV and 

21.6ml/h for Design V. The boundary conditions at the main and side outlets are set to 0Pa pressure.  
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Figure 4. Computational models of Designs (a) IIb and (b) Design V  

Table III. Numbers of nodes and elements contained in designs 

Design I II III(b) IV V 

Node 886053 1179606 1429084 7036301 2117091 

Element 3396624 4541598 5673705 1700454 8303705 

 

The accuracy and stability of the numerical process is affected by three aspects: i) Mathematical 

modelling error, i.e. how different the governing Navier-Stokes equations and relevant assumptions are from 

the reality; ii) Numerical modelling error, i.e. how different the numerical discretization and boundary 

conditions in FV method are from the governing equations; iii) Solution process error, i.e. how accurate the 

iterations and convergence are in solving the numerical model. The considerations for these three aspects are 

as follows. 

i) Assumptions in mathematical modelling. The assumptions of steady and incompressible flows have 

been well-accepted for microfluids with low Reynolds numbers. The effect of the channel size on 

viscosity and heamatocrit, which is related to Fahraeus effect [23] and Fahraeus-Lindqvist effect 

[24], has little effect on the discussed models. As two flows, bulk blood and plasma, are modelled 

for the flow in the main and side channels respectively, the channels where sizes change appear 

only in the plasma region.  

ii) Discretization in numerical modelling. In FV method, the information of a discretised CV is 

concentrated at a single central grid and the entail region in the CV adopts a constant value. As a 

result, the larger the CV size and the gradient of the flow field, the higher the discretization error. In 

order to reduce discretization error and also keep the model in a reasonable size, different densities 

of elements are assigned in different regions based on the gradient of the flow field. Accordingly the 



intersection region between the main and side channels and the constriction are assigned to meshes 

finer than the outgoing region of the plasma and the central region of the main channel. To take into 

account the sharp change of the flow field close to the wall, three thin layers are set in wall 

boundary layer. See Fig. 4 for details.  

iii) Solution setup. (a) Interpolation scheme: The high resolution scheme in CFX5, a second order 

scheme, is adopted for solving the equations. (b) Timestep: Auto timestep which is internally 

calculated based on boundary conditions, flow conditions, physics and geometry, is used. This 

yields a timestep of 4.7×10
-3

s for Designs I, IIa and IIb and 3.4×10
-3

s for Design III. (c) 

Convergence criteria: 10
-6

 root mean square (RMS) as a normalised residual, referring to a tight 

convergence, is used for convergence criteria. (d) Boundary conditions: Constant flow rates on the 

Inlet and static pressure of 0Pa at outlets, a robust boundary condition, are adopted. As the flow 

field in the biochip is only determined theoretically by the relative pressure between the inlet and 

outlets, the result is also applicable to realistic pressure levels which are non-zero as the biochip is 

coped within the macro part.  

iv) Convergence history. Figures 5 and 6 respectively show the convergence histories of U momentum 

(axial direction of the side channel) and V momentum (axial direction of the main channel) for 

Designs I to III. For an effective comparison, these were given the same settings for mesh densities 

and distribution. For a clear view, some data in earlier iterations have not been included in the 

figures. Comparably, U momentum converged faster than V momentum. The designs with equal 

cross section channels, i.e. Designs I, IIa and IIb, converged faster and more stable than the design 

with disc channel, i.e. Design III. Part reason of this is due to the different channel volume of 

Design III from others, as shown in Eq.(14).   
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Figure 5. Convergence history of RMS residual of U-momentum equation 
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Figure 6. Convergence history of RMS residual of V-momentum equation 

 

4.2. Common features among the designs 

 

Designs I, II and III are modelled as three basic designs. The three designs are built with a same main 

channel and varying shaped side channels. The flow field in the main channel is analysed firstly to 

investigate the general common features of the designs. The flow fields in the side channels are then 

analysed to examine the differences between designs.  

The flow separation efficiency is mainly determined by the flow rate ratio between the main and side 

channels. Based on Zweifach-Fung bifurcation law [25], when the flow rate ratio reaches 8:1 and above, 

nearly all plasma can be separated from the blood via the daughter channel with low flow rates [17].  

Figure 7 shows the profiles of the flow rate ratios for Designs I, II and III over different junctions. All 

flow rate ratios in the three designs are higher than 8:1, indicating a potential successful separation. As the 

main channel is the same between different designs the flow rate ratio decreases with an increase of side 

channel cross sections. From a flow rate ratio point of view, Designs III and IIb have a similar separation 

behaviour among different junctions, which is more balanced than Designs I and IIa.  
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Figure 7. Flow rate ratio profiles of Designs I (Circular), IIa (Square), IIb (Rectangular) and III (Disc) 

 

Figure 8 shows the Reynolds number at the inlet and outlet ends of the main channel for Design IIb. The 

Reynolds numbers at the other junctions of this design falls within the region between the two curves. 

Between Designs I, IIa, IIb and III, the Reynolds numbers are the same at the inlet end and show only slight 

differences at the outlet end. The low Reynolds number confirms that the flow is laminar in behaviour. The 

cell-free layer is thus kept in the slow moving fluid within the laminar layers close to main channel wall.  



RBC behaviour is closely related to Reynolds number and the viscosity of the bulk fluid [31,36]. When 

the Reynolds number is higher than 1 but still in the laminar regime, RBCs flip around themselves, a 

behaviour generally referred to as tumbling motion. This is the case for the current designs. As the Reynolds 

number becomes less than 1, RBCs are difficult to move as a whole due to the restriction from increased 

viscous effect in the blood flow. Relative shear motions between the membrane and the centre of the cell are 

then induced, appearing either as a tank-treading or swinging motion [39,40].   

 

  

Figure 8. Reynolds number in main channel, Design IIb 

 

Figure 9 shows the flow velocity profiles of Designs I, II and III when passing through the constriction 

and within the main channel. The velocity of the flow displays a parabolic behaviour. The ratio between the 

constriction and main channel peak velocities is around 4. This is equal to the difference of the cross section 

areas in agreement with Eq. (8b). Under parabolic distribution, the gradient of the velocity and shear rate 

close to the wall is much higher than at the central region of the main channel. In the region close to the wall, 

cells are more susceptible to be deformed and can exhibit cross layer motion.  

The constriction may also induce a difference in velocities between RBCs and plasma. Based on 

Fahraeus effect [23], the flow hematocrit in the constriction is lower than the main channel. It was observed 

[39] that, in a diameter of 20µm channel, the flow viscosity is about half of the normal value. As the 

thickness of the cell-free layer is relatively constant [11,40], to keep the same hematocrit between the main 

channel sections coupled with the two ends of the constriction, RBCs have to move faster than the plasma. 

The induced velocity difference can increase the hydrodynamic effect between RBCs and plasma.  

Due to the higher velocities through the constriction and thus higher shear gradient, the hyperelastic 

membrane of the blood cells is likely to be stretched along the streamlines. The cells are likely therefore to 

be located in the layers close to the channel centre. This helps enhance the separation process which takes 

place in the region close to the main channel wall.   

 



	    

Figure 9. Flow velocity around the constriction with velocity contour inserted 

 

Figure 10 shows the flow velocity vectors at the second junction of Design IIa. Other junctions and other 

designs show a similar pattern. The laminar flow feature can be clearly seen. Only the fluid close to the main 

channel wall where the cell-free layer is located is skimmed into the side channel. For a particle located at 

the stagnant point, the velocity at the main channel side is higher than the side channel side. Higher friction 

force and lower pressure will thus be formed in the main channel side, inducing the movement of the particle  

towards the main channel. Taking the side channel (20µm in width) as a reference for size, the thickness of 

flow layers which enter the side channel from the main channel ranges between 9-10µm. As this is thicker 

than the 8µm cell-free layer in microchannels [39], some other separation effects could also come into play. 

These could include: 

i) Bending channel effect. As the flow enters the side channel, it experiences a curved trajectory. Under 

centrifugal force the blood cell which has a higher mass density than the surrounding plasma has a 

tendency to escape the bending flow and returns to the main channel. 

ii) Magnus effect [41] and Saffman effect [42]. The shear stresses across the RBC cell in the direction of the 

cross-channel direction are different due to the parabolic profile of the flow velocities. This may cause 

the particle to spin. The whirl field produced by the spin in turn increases the velocity difference. A 

pressure gradient is thus formed and a transverse force pointing to the side of higher flow velocity, i.e. 

the channel centre, is induced.  
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Figure 10. Velocity vector at the second junction of Design IIa 



 

4.3. Differences between the designs  

 

4.3.1. 3D versus 2D systems 

There are two clear differences between 2D and 3D designs as far as the separation process is concerned. 

One is the difference in volumetric separation which has been indicated in Table II by the difference of the 

cross section interface between the 3D designs and the 2D separator. Figure 11 shows the modelling result of 

the ratio of the flow rates between the side channels of 3D Design IIb and 2D separator. The difference in 

separated volumetric flow rate between 3D and 2D separators is about one order of magnitude.  3D separator 

thus has far higher volumetric separation efficiency than the 2D device.  

The other difference between 2D and 3D designs refers to the efficiency in draining the cell-free layer 

flow. Figure 12 shows the simulation result of the velocity profiles at a 2D bifurcation and a 3D junction, 

respectively. While the 3D design can separate the fluid from the cell-free layer in all the circumference of 

the main channel, the 2D separator can only deplete the fluid from the cell-free layer in the two in-plane 

sides. Featured with laminar flow, the cell-free layer fluid close to the in-plane wall in the 2D separator 

becomes difficult to collect. Comparing with its 2D counterpart, 3D separator thus has an advantage in 

depleting cell-free layer flow from the whole circumference of the channel.  
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Figure 11. Flow rate proportion between the 3D and 2D side channels  
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Figure 12. Velocity profiles at (a) 2D bifurcation and (b) 3D junction (warm colours represent high velocity) 

 

4.3.2. Disc versus rectangular channels 

The disc channel differs from equal cross-sectional channel by its varying cross-section in the axial direction. 

The fluid experiences a fan section and thus an increased channel cross section when moving from the centre 

of the disc to the edge. Based on the continuity condition given by Eqs. (5) and (11), the flow velocity 

changes along the axial direction of the disc. Figure 13 shows the modelling results for the peak velocity 

profile in the radial direction for Design III. The profile of curves shows hyperbolic distribution, as expected 

by Eq. (12).  

The other geometrical feature of a disc is that it possesses a single side channel to deliver the fluid to all 

directions. As there is no vertical wall along any axial direction, the channel resistance is low, resulting in 

increased volumetric separation.  However, without restriction in the lateral direction, the flow can easily be 

deflected laterally. Hence, from the point of flow field stability, equal cross section channel like Design IIb 

has an advantage over the disc channel. This is evidenced by the convergence histories shown in Figs. 5 and 

6. 

Design IIb by rectangular channel is compared with Design III, as they have the same intersection 

between the main and side channels. Figure 14 shows the modelling results for the flow rate separated by the 

side channels from different junctions of Designs IIb and III. The disc channel design gives more volumetric 

separation, due to less channel resistance. The rectangular channel shows a near straight line, indicating a 

more stable performance than the disc channel.  

Figure 15 shows the pressure profiles for Designs III and IIb at the ends of the side channels. Due to its 

higher channel resistance, the rectangular channel in Design IIb requires higher pressure than the disc 

channel in Design III.  

 



  

Figure 13. Velocity profile of Design III along disc radial direction (upstream channels located in the top 

region) 
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Figure 14. Flow rate of side channels of disc channel (Design III) and rectangular channel (Design IIb)  

 

  

Figure 15: Pressure drop on side channels for Designs IIb (rectangular) and III (disc) 

 

4.3.3. Solid versus concentric channels  

Geometrically the difference between a concentric channel and a solid channel lies in the much larger 

intersection area between the main and side channels for the concentric configuration as indicated in Table II. 

Concentric main channels can thus increase the separation volume.  



Figures 16 and 17 show the profiles of the flow rate ratio and flow rate, respectively, of concentric 

designs IV, V and solid rectangular design IIb over different junctions. A common geometrical feature of 

these three designs is that the rectangular side channels are mounted in all circumferences of the main 

channels. The trends of the curves of the flow rate ratio are similar among the three designs, indicating a 

similar separation pattern over the junctions. The development of flow rate separated by the side channels is 

however very different between two concentric channels and the solid channel. The concentric designs have 

separated a much higher flow through the side channels than the solid design. We can thus conclude that 

concentric designs have a similar separation pattern as the solid designs but can lead to a much higher 

volumetric separation of the fluid.  

Note that Designs IV and V belong to the axial and planar symmetric systems, respectively. Based on 

Figs 16 and 17, these two symmetric systems behave similarly in both separation pattern and separation 

volume.  
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Figure 16. Flow rate ratio of Designs IV, V and IIb across different junctions 

0

0.1

0.2

0.3

0.4

J1 J2 J3 J4 J5 J6 J7 J8 J9 J10

F
lo

w
 r

a
te

, 
µ

l/
s

Junction

Concentric circular

Concentric rectangular

Solid rectangular

 

Figure 17. Flow rate separated by side channels, of Designs IV, V and IIb 

 

4.3.4. Circular versus square channels  

The comparison refers to Designs I vs. IIa and Design IV vs. V, respectively. The diameter of the circular 

side channel of Design I is equal to the edge length of the square side channel of Design IIa. The diameters 

of the concentric circular channel of Design IV are also equal to the edge lengths of the concentric square 

channels of Design V. Designs I and IIa and Designs IV and V are thus comparable.  

Table VI shows the area rate of cross sections between Designs I and IIa and between Designs IV and V. 

With the same character size, for both solid and concentric channels the cross section area of a square 



channel is 1.27 times that of a circular channel. This indicates that a square channel can separate more 

volumetric fluid than a circular channel, as illustrated by Eq. (8).  

 

Table VI.  Difference of square and circular channels with same dimensions 

Cross section 

 

Side channel  

Designs I (circular)  

Design IIa (square) 

Main concentric channel  

Design IV (circular)  

Design V (square) 
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Figures 18 and 19 show the flow rate of the total side channels and the flow rate ratio of Designs I and IIa. 

The square side channel of Design IIa has separated more flow than the circular side channel of Design I. 

The increased volumetric separation by the side channels of Design IIa leads to a decrease of its flow rate 

ratio.  

The comparison of concentric and solid channels for Designs IV and V with regards to the main channel 

is different from the previous discussion. The input flow rate of the concentric square Design V should be 

27% larger than the concentric circular design IV, as shown in Table V later. The flow rate and flow rate 

ratio of Designs IV and V have been shown in Figs. 16 and 17. For the volumetric separation through the 

side channels (Fig. 17), the flow rate curves of Designs IV and V are very similar indicating the same 

volumetric separation between Design IV and V. As the input flow rate in the main channel of Design V is 

higher than Design IV, Design V has a higher flow rate ratio than Design IV (Fig. 16). We can thus conclude 

that, when used for side channels, a circular and a square channels can lead to 27% difference in volumetric 

separation, whereas when used for main channels, circular and square channels do not result in significantly 

different volumetric separation.   

	  

d = 20µm 
Din= 200µm 

Dout= 400µm 
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Figure 18. Flow rate of side channels of Designs I and IIa 
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Figure 19. Flow rate ratio of Designs I and IIa 

 

4.3.5. Flow rate and flow rate ratio of the devices 

Table V summaries the flow rate at the inlet and outlet boundaries of different designs. The increase in 

flow rate by the concentric designs from the solid designs is equal to the increase of the cross section of the 

main channel as shown in Table 2 and Eq. (7). 

Table VI shows the flow rate ratio at different junctions of the designs. The flow rate ratio here is 

calculated by taking into account the sum of the flow rates of all the side channels. All flow rate ratios are 

higher than the threshold 8:1, indicating numerically that all the designs can lead to a successful separation of 

plasma from the main channel. Their distribution is however unbalanced among different junctions, implying 

the need for optimization for improved performance.  

 

Table V.  Flow rate for designs at inlet and outlet (unit: µl/s) 

Design 2D I IIa IIb III IV V 

Inlet 0.01 0.882 0.882 0.882 0.883 4.71 6.0 

Main outlet 0.00595 0.709 0.653 0.406 0.0867 2.59 3.44 

Side outlet 0.00405 0.176 0.230 0.478 0.800 2.11 2.56 

 

Table VI.  Flow rate ratio of designs through all side channels 

Design 2D I IIa IIb III IV V 



Jun 1 14.5 31.7 21.5 9.73 10.2 9.78 12.6 

Jun 2 15.3 34.0 22.9 10.1 10.2 10.7 13.2 

Jun 3 16.0 36.9 24.6 10.5 10.1 11.2 13.9 

Jun 4 17.2 40.5 26.9 11.2 10.2 12.0 15.0 

Jun 5 18.7 45.2 29.9 12.0 10.4 13.1 16.3 

Jun 6 20.6 51.4 33.7 13.2 10.5 14.5 18.2 

Jun 7 23.5 59.9 39.1 14.9 10.9 16.4 20.9 

Jun 8 27.6 71.9 47.4 17.6 11.8 19.8 24.8 

Jun 9 33.8 92.7 60.1 21.7 13.2 24.7 31.2 

Jun 10 44.6 128 83.1 29.6 16.5 33.9 43.2 

 

 

5. CONCLUSIONS 

 

Five variants of 3D biochip separators have been developed by way of axial and planar symmetric 

expansions. The designs adopt circular, rectangular and disc channels for the side branch channels and solid 

and concentric channels for the main channel. From the results presented above the following can be 

concluded: 

1) Numerically all designs can successfully separate plasma from bulk flow. Overall, all designs with the 

side channels of equal cross sections show an increasing trend of flow rate ratio from upstream to 

downstream junctions as illustrated by the 2D separator [43]. The design with disc side channels shows a 

different pattern due to varying cross section of the side channels in the radial direction.  

2) The channel characteristics of constriction, bifurcation and channel geometry show strong effects on the 

blood flow field and play an important role in promoting plasma blood separation. 

3) Comparing with the 2D separation device, the cross section of the main channel and the coupled 

intersection between the main and side channels are largely increased in 3D separator, leading to a much 

higher throughput and separated flow rates than the 2D separator. Different from the in-plane separation 

mode by the 2D separator, 3D separator can deplete plasma in the cell-free layer from the whole 

circumference of the channel cross section, bringing in an increase of the separation efficiency.  

4) Comparing the separation efficiency between solid and concentric main channels, the separation volume 

of the concentric channel is largely increased with increase in intersection area. Comparing the separation 

between circular and square cross sections of the side channels, a square channel can separate slightly 

more flow rate than a circular channel.  

5) In terms of separation volume, the design using a disc channel has a lower resistance than the design of 

circular and rectangular channels and results in more volume separated. In terms of flow field stability 

and convergent speed, as the cross section of Disc Channel is gradually changed when flow going to the 

circumference of the disc from the centre, flow velocity field is nonlinearly changed and converges 

slower than the designs with equal cross section channels.  

The five proposed designs offer flexible choice depending of the field of application. In terms of 

separation performance, the square channels device can produce more volumetric separation than the circular 



channel, and the channels with equal cross sections have an advantage for flow field stability over disc 

channel. Therefore, Design II and its concentric channel version Design V are recommended when high 

throughput and high flow stability are required.   

In the current study the focus is on the conceptual designs and patterns of the 3D separators. Future work 

will address the fabrication of the proposed devices to validate the paper results. In particular i) a further 

modification of the 3D biochip based on the application requirements in manufacturing; ii) a study of a new 

design with multiple feed channels for increased volumetric separation of the device.  
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