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Chapter 4

Effect of cilia spacing and channel height

Abstract
In chapter we quantitatively analyse the performance of magnetically-driven artificial cilia for lab-on-a-chip applications. To perform the analysis we use a coupled
magneto-mechanical solid-fluid model that accurately captures the interaction between the magnetic field, cilia and fluid. The performance of the artificial cilia is
characterised for two channel configurations that are of practical importance: An
open-loop and a closed-loop channel. We show that the flow and pressure head generated by the artificial cilia can be as high as 70 microlitres per minute and 11 mm
of water, respectively. The obtained results can provide guidelines for the optimal
design of magnetically-driven artificial cilia for microfluidic propulsion.

4.1

Introduction

A typical lab-on-a-chip system for the biochemical analysis of small volumes of fluids consists of a network of microfluidic channels that connect microchambers where dedicated
tests are carried out. One of the challenges in the design of these microfluidic/lab-ona-chip systems is to propel the fluids through the channels at these small (micro- and
submicrometer) length scales. Fluid transport can be generated through physical forces
such as electro-osmosis (Chen et al., 2003; Zeng et al., 2002), magneto-hydrodynamics
(West et al., 2002), acoustic streaming (Marmottant & Hilgenfeldt, 2003), or by downscaling conventional pumping systems (Laser & Santiago, 2004; Jeon et al., 2000; Schilling
et al., 2002). Alternatively, nature can be used for inspiration by mimicking biological
fluid propulsion mechanisms by means of cilia, operative at typical microfluidic length
scales (den Toonder et al., 2008; Oh et al., 2009; van Oosten et al., 2009; Evans et al.,
2007; Dreyfus et al., 2005). Cilia are hair-like structures that cover e.g., the outer surface
of microorganisms (e.g. Paramecia) and the inner layer of mammalian trachea for the
expulsion of mucus from the lungs (Fulford & Blake, 1986), see Fig. 4.1.
At typical cilia and microfluidic length scales, viscous forces in the fluid dominate over
inertial forces and thus the Reynolds number is low. To effectively actuate fluids at low
Reynolds numbers an asymmetric motion is required, which, in nature, is provided by
ciliary beating through distinct effective and recovery strokes. Moreover, when many cilia
operate together, hydrodynamic interactions cause them to beat out-of-phase, leading
to the formation of metachronal waves, and an enhanced fluid flow (Satir & Sleigh,
1990). Many examples have appeared in the recent literature of synthesised artificial
Based on Khaderi, et al. Magnetically-actuated artificial cilia for microfluidic propulsion, Lab Chip,
2011, 11, 2002-2010.
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Figure 4.1: Cilia on the inner surface of mammalian trachea. These cilia work against gravity
expelling mucus from the lungs (www.differencebetween.net).

cilia for microfluidic applications, such as fluid mixing and transport. These artificial
cilia are actuated by various external forces, including electrostatic (den Toonder et al.,
2008), piezo actuation (Oh et al., 2009), light (van Oosten et al., 2009) and magnetic
(Evans et al., 2007; Fahrni et al., 2009; Shields et al., 2010; Timonen et al., 2010).
Different models have been developed to understand the behaviour of artificial cilia and
the related fluid motion (Kim & Netz, 2006; Gauger et al., 2009; Khaderi et al., 2009;
Baltussen et al., 2009; Alexeev et al., 2008a). The principal advantage of the modelling
not only lies in understanding the underlying physical behaviour of the artificial cilia,
but also in exploring their parameter space in search for an optimal design.
In the last chapter we designed nature-inspired super-paramagnetic artificial cilia
that exhibit an asymmetric motion when actuated by an external magnetic field, able
to generate microfluidic propulsion (see Fig. 4.2(c)). These artificial cilia can be realised
using thin polymer films, embedded by super-paramagnetic (SPM) nanoparticles, using
photolithography techniques and can be actuated by applying a rotating external magnetic field (see Fig. 4.3). It was shown, by means of coupled solid-fluid simulations, that
asymmetric motion can be achieved through the interaction between the applied field,
the magnetization of the cilia and the competing magnetic, elastic and viscous forces.
The flow generated was found to be proportional to the area swept by the cilia, see the
shaded region in Fig. 4.2(c).
In the present chapter we study how these magnetic artificial cilia should be designed
for typical lab-on-a-chip channel geometries, and how the generated flux and pressure
can be optimized. We answer these questions using a computational model that couples
all essential physical mechanisms (magneto-statics, solid dynamics and fluid dynamics)
to simulate fluid flow through a microchannel. Although the results presented are based
on magnetic artificial cilia, they are equally applicable to any ciliary system in which the
cilia exhibit an asymmetric and out-of-phase motion.
The chapter is organized as follows. In section 4.2 we briefly explain the computational model used. In sections 4.3.1 and 4.3.2, we analyse two different channel geometries
which are of practical interest: the closed-loop and the open-loop channel geometry, see
Fig. 4.2. We study how the generated pressure and fluid flow depends on the size and
spacing of the artificial cilia in relation to the height of the channel. Finally, conclusions
are drawn in section 4.4.

4.2. Computational model

4.2
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Computational model

We model the cilia as elastic Euler-Bernoulli beams taking into consideration geometric
non-linearity and inertia of the cilia in a Lagrangian framework. The magnetic field is
calculated by solving the Maxwell’s equations using a boundary element approach for
each ciliary configuration. The Stokes equations, which capture the behaviour of the fluid
flow at low Reynolds numbers, are solved within an Eulerian setting for the velocity and
pressure using finite elements. The velocity is interpolated quadratically, while the pressure is interpolated linearly within each element. The solid-fluid coupling is performed
by imposing the velocity of the cilia to be equal to the velocity of the fluid. This condition is enforced at the nodal points of the Euler-Bernoulli beam elements using Lagrange
multipliers (point collocation method) within a fictitious domain framework (van Loon
et al., 2006). Details concerning the governing equations and numerical implementation
can be found in chapter 2. The solution procedure can be summarized as follows. The
Maxwell’s equations are solved at every time instant to solve for the magnetic field, from
which the magnetic body couple acting on the cilia is calculated. This body couple is
provided as an external load to the implicitly-coupled solid-fluid model, which simultaneously solves for the cilia velocity, and the velocity and pressure of the fluid. The
velocity of the cilia is integrated using Newmark’s algorithm to calculate its new position, and this procedure is repeated. The particle tracking and streamlines calculations
are performed from the velocity field in the fluid using the visualization software Tecplot
(Tecplot, 2008).

Figure 4.2: Two possible applications of artificial cilia in microfluidics: (a) Closed-loop channel
and (b) open-loop channel. In the closed-loop channel, the cilia can be used to propel the fluid
inside a circular channel for a well-defined period of time. The closed-loop channel can, for
example, be used to perform a polymerase chain reaction (PCR). In the open-loop channel, the
cilia intake the fluid from one end of the channel and pump it to the other end. (c) Schematic
representation of the typical motion of a magnetically-actuated artificial cilium during its beat
cycle. The shaded region bounded by a dashed curve represents the area swept by the cilium.
The direction of motion of the cilium is shown using the arrow on the dashed curve. The effective
stroke is represented by the instances 1, 2 and 3, and the recovery stroke by the instances 4 and
5.
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Figure 4.3: Top-view of a surface covered with magnetic artificial cilia fabricated by the group
of Prof. Rühe at the University of Freiburg (Belardi et al., 2011). These magnetic artificial
cilia are polymer thin films manufactured using photolithography techniques and are embedded
with super-paramagnetic nanoparticles. Left: Artificial cilia in the unactivated state. Right:
Artificial cilia under the influence of a magnetic field.

4.3

Results and discussion

We study two channel configurations that are typically encountered in lab-on-a-chip
applications: (i) A closed-loop channel (see Fig. 4.2(a)), and (ii) an open-loop channel
(see Fig. 4.2(b)). In the closed-loop channel, fluid is initially pumped in by an external
device and then it is propelled around the channel. Closed-loop channels are used, for
instance, to perform polymerase chain reaction (PCR) (West et al., 2002). In an openloop channel we have well-defined inlet and outlet points for the fluid to enter and leave
the channel. The fluid is propelled by an array of artificial cilia inside the channel. For
example, the open-loop channel can be used to supply the fluid to a closed-loop channel.
For the closed-loop channel, we assume the radius of the loop to be much larger than the
width of the channel and the spacing between the cilia. In that case, the analysis can
be performed by using a periodic unit-cell which contains one cilium. However, in the
case of the open-loop channel there is a no periodicity due to the presence of the inlet
and outlet, and the analysis has to be performed with the channel containing multiple
cilia. The cilia span the entire width of the channels for an optimal performance (see
Fig. 4.2), and the width of the channels is taken to be larger than the height. As a result,
two-dimensional simulations are sufficient for both channel geometries.
The performance of the artificial cilia is quantified by the flux and pressure they can
generate. We describe the performance of the artificial cilia for a given set of parameters
as a function of the channel height H and cilia spacing a, normalised by their length L.
The following set of parameters are used: The length of the super-paramagnetic cilia (L)
is 100 microns, they have linearly varying tapered cross-section with a thickness being
h = 2 µm at the fixed end and 1 µm at the free end, an elastic modulus E = 1 MPa, and
density ρ = 1600 kg/m3 . The fluid viscosity µ = 1 mPas. The super-paramagnetic cilia
are subjected to a magnetic field with magnitude B0 = 31.5 mT that is rotated from 0◦
to 180◦ in t = 10 ms and then kept constant during the rest of the cycle. At 0◦ , the
magnetic field is directed along the original length of the cilia (instance 1 in Fig. 4.2(c)).
The anisotropic magnetic susceptibilities of the cilia are 4.6 along the length and 0.8
along the thickness (van Rijsewijk, 2006).
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(a) Effective stroke
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Figure 4.4: Velocity field and streamlines during the effective stroke (a) and recovery stroke
(b) for H = 2L, a = 2L. The contours represent the absolute velocity along the channel
(positive to the left) normalised with L/tref . The dashed box represents the unit-cell used for
the simulations. The top and bottom boundaries of the unit-cell are no-slip boundaries, while
the left and right are periodic in velocity. The magnetic field is shown by black arrows.

4.3.1

Closed-loop channel

The unit-cell for the closed-loop channel has a width a and height H, containing one
cilium of length L (see the dashed box in Fig. 4.4). The top and bottom surfaces of
the unit-cell are no-slip boundaries, while the left and right boundaries are periodic in
velocity. This results in a pressure distribution which is also periodic, so that no pressure
gradient can be generated by the closed-loop channel.
The velocity field in the closed-loop channel during the effective and recovery stroke
is shown in Fig. 4.4 for H/L = 2 and a/L = 2. The effective stroke is to the left,
during which the cilia remain straight and rotate about their fixed end (see Fig. 4.4(a)),
thus propelling a large amount of fluid to the left. During the recovery stroke, the cilia
become curved and stay closer to the bottom boundary (see Fig. 4.4(b)), propelling less
fluid compared to the effective stroke. The fluid transported shows a pulsating behaviour,
but since the flux transported during the effective stroke is larger than during the recovery
stroke, the net fluid transport occurs in the direction of the effective stroke (i.e., to the
left).
To obtain the fluid flow created, we first integrate the velocity field over the height
of the channel (at e.g., the inlet), which is then integrated over the ciliary cycle time to
give the net “area flow” per cycle. Figure 4.5 shows the area flow per cycle normalised
by (πL2 /2), as a function of the cilia spacing a/L for various channel heights H/L. Also
shown is the corresponding volume flow assuming an out-of-plane channel width of 1
mm. It can be seen that the flow decreases as the cilia spacing is increased. There
can be two reasons for the decrease in the flow. Firstly, a decrease in the area swept
by the cilia tip decreases the area flux (Khaderi et al., 2009). Secondly, when the cilia
spacing is increased, the fluid drag forces imposed by top and bottom channel surfaces
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increase and thus the flux gets reduced. It can be seen from Fig. 4.5 that the swept
area shows a minor increase for large a/L, indicating that only a limited amount of
hydrodynamic interaction is operative when the cilia move apart. Hence, the reduction
in flow (as we increase the spacing) is only due to increased fluid viscous forces when the
cilia spacing becomes larger. It can also be observed from Fig. 4.5 that the fluid flow
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Figure 4.5: Volume flow (left axis), area flow (left axis) and area swept (right axis) as
a function of the cilia spacing (a/L) for different channel heights (H/L) for the closed-loop
channel, L is the cilia length. The solid lines correspond to the left axes, and the dashed lines
correspond to the right axis. The volume flow is calculated by taking the out-of-plane width of
the channel to be 1 mm. The fluid flow increases when the cilia spacing is decreased, and when
the channel height is increased. The area swept by the cilia is not substantially influenced by
either the cilia spacing or the channel height.

scales almost linearly with the height of the channel. When the height of the channel is
substantially larger than the cilia length (H > L), the cilia can be considered to create
a fluctuating Couette flow (shear flow) in the channel, with the top boundary being a
no-slip boundary and the bottom boundary being displaced with a tangential velocity as
imposed by the cilia. In such cases, the flow scales linearly with the height of the channel
(Kundu & Cohen, 2008). The typical volume flow rates that can be created with the
current configuration is tens of microlitres per minute (for a frequency of 50 Hz), which
is comparable to the flow generated by typical dynamic pumps (Laser & Santiago, 2004).

4.3.2

Open-loop channel

Flux calculation
The open-loop microfluidic channel has well-defined inlets and outlets, between which
the fluid is propelled by an array of artificial cilia, see Fig. 4.6(a). As mentioned earlier,
the performance of any pumping device is characterised by the flux and pressure it
can generate. Different experimental set-ups are usually adopted to probe the flux and
pressure. The flux measurement for an open system is typically performed by maintaining
constant fluid levels at the inlet and outlet when the pumping mechanism is switched
on (Jang & Lee, 2000) (see Fig. 4.6(a), top). As a result, the actuating mechanism does
not have to work against a pressure gradient, but only has to overcome the frictional
resistance of the channel, as in the closed-loop channel of the previous section. The
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fluid that spills out at the outlet and that is replenished at the inlet equals the fluid
transported by the artificial cilia.
To perform numerical simulations, we neglect the frictional loss in the regions L1 and
L2 and model only the portion of the channel where the cilia are placed (see Fig. 4.6(a),
bottom). By assuming the left and right boundaries of the channel to be traction free,
we properly account for the constant fluid levels at the inlet and outlet. For a given
cilia spacing, we increase the number of cilia and compute the area flow per cycle. By
plotting the area flow as a function of cilia spacing a/L, we found that the open-loop
results converge to the closed-loop results depicted in Fig. 4.5 when large number of
cilia are used. From this it can be concluded that the dependence of the flux generated
by an open-loop channel on the channel height and cilia spacing is the same as that
of a closed-loop channel, in situations where sufficiently many cilia are present in the
open-loop channel1 .
Pressure calculation
The pressure in the open-loop channels is experimentally measured by comparing the
fluid heights between two capillary tubes at the inlet and outlet of the channel (Jang &
Lee, 2000; Chen et al., 2003) (see Fig. 4.6(b), top). When the pumping mechanism is
switched on, the initially equal fluid heights (h1 = h2 ) will become different. After this
transient phase, the system reaches a steady state in which h1 and h2 remain constant.
This level difference h1 − h2 gives the pressure difference generated by the pumping
system. In the numerical analysis, we neglect the transient phase during which the fluid
levels are changing, but focus on the steady state. At steady state, the fluid will be in
motion only near the artificial cilia. At a distance LD away from the cilia the velocity
will be zero (see Fig. 4.6(b), top). Within this region a circulating flow is established
that generates a mean pressure of ρgh1 and ρgh2 at the left and right of this region,
respectively2 . This gives a pressure difference ∆p = ρg(h1 − h2 ), with ρ the density of
the fluid and g the acceleration due to gravity.
Motivated by this, we choose our computational domain to comprise of a closed
channel containing multiple cilia, with the distance between the cilia and the left and
right channel boundaries being LD (see Fig. 4.6(b), bottom). We now choose LD to be
large enough, so that the fluid at distances larger than LD away from the cilia remains
static. By performing simulations for different heights and LD values, we found that the
minimum LD required is equal to the height of the channel (H). Figure 4.7 shows the
pressure field for LD = H, H = 2L, a = 2L and for 4 cilia (n = 4) at a particular instant
during the effective stroke. Since the effective stroke is to the left, the pressure builds
up to the left, and the fluid circulates clockwise in the channel.
We now calculate the pressure gradient by integrating the pressure difference ∆p
(between the left and right boundaries) over a cycle and Rdivide by the channel length
na3 . Figure 4.8 shows the normalised pressure gradient L cycle ∆pdt/nµa as a function
of normalised cilia spacing (a/L) for different channel heights. It can be seen that as the
cilia spacing and channel height decrease, the pressure gradient increases. The slope of
1 For

the heights and spacings studied, two cilia (n = 2, see Fig. 4.6(a)) placed in the open-loop channel
were found to be sufficient to retrieve the results of Fig. 4.5 within 8% error.
2 Assuming h and h to be much larger than the height of the channel.
1
2
3 We found that by changing the number of cilia in the channel for a fixed a (i.e., by varying n), the
pressure gradient remains unaffected for LD = H, so that it is sufficient to perform the calculations for
n = 1.
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(a)

(b)
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Figure 4.6: Schematic pictures representing the approaches taken to calculate the flow (a) and pressure (b) for an open-loop channel. (a) Flow
calculation: (Top) Experimental method: The cilia inside an open-loop channel intake the fluid from one end and pump it to the other end.
The levels of the inlet and outlet are maintained at the same elevation. (Bottom) Computational model: Simplified model to calculate the flow
through an open-loop channel. The pipings L1 and L2 are ignored for simplicity. (b) Pressure calculation: (Top) Experimental method: The
channel on both the ends is attached with capillary tubes. When the cilia operate, there will be a difference in the levels of the liquid between
the left and the right capillary tubes, which gives the pressure generated by the cilia. The fluid will be in motion only near the cilia, while far
away from the cilia (beyond a distance LD ) the fluid will be stationary. (Bottom) Computational model: In the simulations, the cilia are made
to operate in a closed channel with the distance between the left/right boundaries and the cilia is LD . The difference between the pressure
calculated on these two boundaries gives the pressure generated by the cilia.
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Figure 4.7: Pressure contours with multiple cilia for H/L = 2, a = 2L, n = 4 and LD = H.
Because the channel is closed, the fluid simply circulates in the channel. As the cilia are moving
to the left, we see a uniform positive pressure on the left boundary and a uniform negative
pressure on the right boundary. The gradual build-up of the pressure due to multiple cilia can
be seen.

a/L

Figure 4.8: Variation of the pressure gradient generated with cilia spacing a/L for different
channel heights (left axis). Also shown (right axis) is the corresponding pressure head generated
assuming a total channel length of 10 cm and fluid density of 1000 kg/m3 . The pressure
generated decreases when either the cilia spacing or the channel height increase. The inset
shows the pressure gradient as a function of the height of the channel for a = 2L. The pressure
generated decreasing drastically when the height of the channel is increased.

the lines in Fig. 4.8 is -1, indicating that the pressure jump ∆p generated by a cilium is
independent of the cilia spacing a. As a result, the total pressure difference generated
by an array of n cilia is simply n∆p. On the right axis of Fig. 4.8 the pressure head
generated assuming a total channel length of 10 cm and fluid density of 1000 kg/m3 is
shown. This pressure jump per cilium decreases with the height of the channel.
To investigate the height dependence we plot the pressure gradient as a function of
height for a = 2L in the inset of Fig. 4.8. The dashed line is a fit to the data in LogLog scale. The slope of the fitted line is -2.4. This relatively strong dependence on the
height of the channel may be related to two contributions - Firstly, the fluid can more
freely flow backwards as the height H is increased, so the cilia have to exert less force.
Secondly, the pressure on the boundaries is due to the force exerted by the cilia divided
by the boundary area. Since the boundary area scales with H, the pressure is further
decreased. It is to be noted that the maximum pressure generated by the cilia is 11 mm,
which is lower than the pressure generated by typical dynamic pumps (Laser & Santiago,
2004). Therefore, the artificial cilia can find applications in microfluidic channels where
the back pressure to be overcome is moderate.
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Conclusions

Attractive fluid manipulation systems can be created for lab-on-a-chip biochemical analysis by mimicking natural cilia. Using coupled solid-fluid simulations we have quantitatively studied the performance of magnetically-actuated artificial cilia, with a typical
length of 100 µm, in propelling fluids in a microfluidic channel, with the height of the
channel varying between 200 and 800 µm. Two practically-relevant cases were considered: An open-loop channel and a closed-loop channel. For efficient use, the artificial
ciliary systems should generate considerable flow and be able to operate against large
pressure gradients. From the analysis performed in this work, it follows that volumetric
flow rates on the order of 20-70 microlitres per minute and pressure heads of 0.2-11 mm
of water can be achieved by decreasing the spacing between cilia. However, simultaneously achieving a high pressure gradient and large flow by tuning the height for a given
inter-ciliary spacing is not possible, because the flow was found to increase linearly with
channel height, whereas the pressure gradient generated decreases with an increase in
height, following a power law with a slope of -2.4. The flow rates generated by the artificial cilia are of the same order as typical dynamic pumps (Laser & Santiago, 2004)
(for a frequency of 50 Hz), but the generated pressures are relatively low. This suggests
that the magnetic cilia can find application in channel configurations in which the back
pressure to be overcome is moderate. Our results can provide guidelines for artificial cilia
dimensions and spacings to achieve practically relevant microfluidic channel geometries
with optimal flow characteristics.

