
Vol.:(0123456789)1 3

Microfluidics and Nanofluidics (2023) 27:79 
https://doi.org/10.1007/s10404-023-02691-y

RESEARCH

Flow rate variations in microfluidic circuits with free surfaces

Taha Messelmani1 · Isabela Zarpellon Nascimento1 · Eric Leclerc1,2 · Cécile Legallais1 · Adam Meziane3 · 
William César3 · Rachid Jellali1 · Anne Le Goff1

Received: 3 July 2023 / Accepted: 22 September 2023 / Published online: 19 October 2023 
© The Author(s), under exclusive licence to Springer-Verlag GmbH Germany, part of Springer Nature 2023

Abstract
We investigate analytically and experimentally the flow rate through a biochip in a circuit involving a peristaltic pump and 
reservoirs with liquid/air interfaces. Peristaltic pumps are a convenient way to achieve recirculation in microfluidic circuits. 
We consider different cases: reservoirs in contact with ambient air, tight reservoirs, and imperfect tightness leading to air or 
liquid leaks. We demonstrate that if changes in hydraulic resistance are slow enough, i.e., if cells do not proliferate too fast, 
the system may reach an equilibrium, with a difference in liquid height between inlet and outlet reservoir compensating the 
pressure drop in the biochip. We compute the flow rate through the biochip in the transient regime as well as the characteristic 
time. We also show that depending on the circuit dimensions, this equilibrium may never be reached. We provide guidelines 
to design tubings and reservoirs to avoid this situation and ensure a smooth recirculation at a desired flow rate, which is a 
necessary condition for dynamic cell culture.

Keywords  Microfluidic · Pressure control · Free surface · Cell culture

1  Introduction

Different technologies exist to pump fluids through microflu-
idic cell culture chambers (Byun et al. 2013). Passive pump-
ing can be achieved (Narayanamurthy et al. 2020), thanks to 
gravity (Huh et al. 2007), surface tension (Jang et al. 2021), 
or osmosis (Xu et al. 2010). Placing the microfluidic circuit 
on a rotating disk allows to use centrifugal force as a driving 
force (Burger et al. 2012). In many microfluidic cell culture 
systems, however, medium is actively pumped through the 
culture chambers.

All types of pumps can either push the fluid through the 
inlet or suck it from the outlet (Teo et al. 2017). Syringe 
pumps are commonly encoutered in microfluidics labora-
tories but flows driven by syringe pumps are subjected to 
fluctuations (Li et al. 2014). It has been shown that the type 
of flow control can influence the polydispersity of emul-
sions generated in microsystems (Zeng et al. 2015). Pressure 
control has been proposed as an alternative. The difference 
between flow-rate control using syringe or peristaltic pumps 
and pressure pumps has mostly been studied in the case of 
immiscible (Ward et al. 2005) or miscible (Bihi et al. 2019) 
two-phase flows. Guidelines have been provided to adapt 
the design of channels to pressure flow control (Oh et al. 
2012; Minetti et al. 2020). Positive pressure at the inlet can 
be imposed by a pressure manifold fed with compressed air 
(Bong et al. 2011; Mavrogiannis et al. 2016) or by fluid 
columns (Gnyawali et al. 2017).

For organ-on-chip applications, the fluid needs to be 
recirculated through the system to mimic the closed loop 
circulation of blood in the body (de Graaf et al. 2022). Liq-
uid recirculation in such microfluidic circuits is a challenge 
(Futai et al. 2006; Garcia-Cordero et al. 2010) and requires 
pumps (Byun et al. 2013) and/or valves (Debski et al. 2018). 
In this manuscript, we investigate the flow in a microfluidic 
biochip installed between an inlet and an outlet reservoir, 
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in the presence of cells. The biochip accommodates cells 
that proliferate over time during the experiment, and require 
feeding and oxygenation with a culture medium. To achieve 
recirculation, a peristaltic pump drives the liquid from the 
outlet to the inlet reservoir. We study the influence of cell 
growth on the overall circuit resistance and compute the 
difference between the target flow rate Q imposed by the 
pump and the flow rate through the biochip Q′ under differ-
ent conditions: we consider a tight circuit, a leaking seal, 
and a leaking connector.

2 � Methods

2.1 � Bioreactor design and operation

Dynamic cell culture is performed in PDMS biochips. Each 
chip has a volume of 40 � L and a surface of 2 cm2 . Cells 
reside at the textured bottom while medium flows above 
them through the smooth top chamber. To operate in paral-
lel with 12 biochips, we use an Integrated Dynamic Cell 
Cultures in Microsystems (IDCCM) tool box, previously 
developed in our team and illustrated in supplementary fig-
ure A1 (Baudoin et al. 2012). Briefly, this platform, made of 
polycarbonate, consists of 3 parts: a 24-well plate equipped 
with connectors at the bottom of each reservoir that can be 
plugged into the biochips, a cover with connectors, and a 
PDMS seal. Tightness is achieved by inserting the assem-
bled platform in a metal frame maintained by a clamp whose 
strength can be adjusted.

2.2 � Tightness assays

The test is conducted using the 24-well platform. Using 
silicon tubes and T-connectors, the outlet of the pressure 
controller is connected to the inlet of 12 wells as illustrated 
in Fig. 1a. The pressurized wells are those of the rows placed 

at the edges of the platform. Their bottom outlets are sealed. 
This way, half of the wells are pressurized, mimicking what 
happens when the peristaltic pump is used to circulate the 
culture medium in the biochips. Wells that are not connected 
to the pressure controller can be either sealed or left open. 
The platform is then immersed in water in a glass container. 
The inlet pressure is increased by 20 mbar steps until vis-
ible bubbles indicate a leak. The test is performed twice 
with two degrees of fastening force. Two clamps on each 
side of the device squeeze the three layer between their jaws 
and tighten the wells. A threaded rod is used to adjust the 
tightening strength. We used two positions of the threaded 
rod in this study. The "loose" setting corresponds to a posi-
tion for which the assembly seems tight after a simple visual 
inspection of the device. The "tight" setting corresponds to 
a position beyond which most users find it difficult to fasten 
the clamp and seal the system. The two positions were 4 
screws away from one another.

2.3 � Cell culture

We use the hepatic cell line HepG2/C3A, a clone of the 
HepG2 line derived from human hepatocellular carcinoma 
(ATCC CRL-10741). Cells are cultured at 37◦ C and 5% 
CO2 in a humid atmosphere in 75 cm2 flasks. The culture 
medium is Minimal Essential Medium (MEM) with phe-
nol red (Pan Biotech, Aidenbach, Germany) supplemented 
with 10% (v/v) fetal bovine serum (Gibco, Waltham, MA, 
USA), 2 mM L-glutamine (Gibco), 0.1 mM non-essential 
amino acids (Gibco), 1 mM sodium pyruvate (Gibco), and 
100 U/mL penicillin/streptomycin (Pan Biotech). Cells are 
passaged weekly at a confluence of 80–90% and the culture 
medium is renewed every two days. Biochips coated with 
collagen (Corning, NY, USA) are seeded with the desired 
number of cells suspended in 80 � L of culture medium, 
kept 24 h in static conditions at 37◦ C and 5% CO2 . Then, 
a flow rate of 10�L/min is imposed by a peristaltic pump 

(a) (b)

Pressure 
controller

Water 
trap

Water tank

IDCCM

Fig. 1   Experimental setup to assess tightness. a Configuration mim-
icking the perfusion of 12 biochips. Wells in the top and bottom rows 
are pressurized. Those in the middle rows can be closed with a plug 

or left open. b Configuration used to assess the tightness of a single 
well. All the other wells are closed. The star indicates the location at 
which bubbles are observed when leaks occur
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(ISM949, ISMATEC) using silicone tubing of 0.089 cm 
internal diameter (PharMed BTP, Cole Parmer). The pro-
cess is illustrated in supplementary figure A1. The number 
of cells in a biochip is evaluated by injecting a known vol-
ume of a trypsin–EDTA solution (0.25%, Gibco) to detach 
the cells from the chip surface, and measure the final cell 
number using a Malassez slide. These measurements are 
performed 24 h after cell seeding to evaluate the adhesion 
rate and at different time points during microfluidic culture 
to evaluate the proliferation of adherent cells.

2.4 � Flow control

For most experiments, flow is driven by a peristaltic pump 
(ISM949, ISMATEC) using silicone tubing of 0.089 cm 
internal diameter (PharMed BTP, Cole Parmer). The flow 
rate varies between 10 and 25 �L/min.

To evaluate the time evolution of hydraulic resistance in 
biochips during cell culture, the flow rate is imposed, instead 
of a peristaltic pump, by a pressure controller (MFCS-EX, 
Fluigent, Le Kremlin-Bicêtre, France), a flowmeter (Flow 
Unit type M, Fluigent) and a feedback loop. The pressure 
drop (pressure difference between inlet and outlet reservoirs) 
required to achieve the target flow rate is measured for flow 
rates ranging from 0 to 30 �L/min. The ratio between pres-
sure drop and flow rate yields the total circuit resistance, 
from which the chip resistance is obtained by subtracting the 
constant resistance of the tubings and fittings.

2.5 � Numerical calculation

Numerical integration of differential equations is performed 
in Python using scipy.integrate subpackage. A fifth-order 
implicit Runge–Kutta method is chosen to avoid non-
physical oscillations. The resolution schemes for situations 
involving air and liquid leaks are, respectively, described in 
supplementary figures A2 and A3.

3 � Results

3.1 � Tightness assay

The dynamic culture system consists of a lid, a silicone seal, 
and a 24-well plate. In cell culture experiments, biochips 
can be installed between two neighboring wells by plugging 
them to the connectors found at the bottom of each well. In 
a similar manner, liquid can be transferred from one well 
to another using a peristaltic pump and deformable tubing 
inserted in two of the 24 holes pierced in the lid. Lid, seal, 
and well plate are aligned and assembled using a metal plate 

holder. For tightness assays, to mimic the conditions encoun-
tered in dynamic cell culture, we pressurized the wells of the 
two outer rows. Wells of the two central rows were closed 
with a plug. We used two positions of the threaded rod, 
respectively, corresponding to a loose and tight clamping. 
For the loosest clamping, air leakage was observed at the 
silicone seal when the relative pressure in the wells reached 
150 mbar, while for the strongest clamping, leakage at the 
seal only occurred for a pressure of 280 mbar, as indicated 
by Fig. 2a. When the central wells were left open, leaks 
occurred at lower relative pressure: 10 mbar for the loose 
clamping and 260 mbar for the tight one (Fig. 2b). In tight 
clamping conditions, leakage was only observed at the cen-
tral non-pressurized wells (positions B3 and B4, according 
to Fig. 1b). In a second experiment, only one well was pres-
surized at a time, as illustrated in Fig. 1b. When the wells 
in positions A1 and A6 were pressurized, no leakage was 
observed (the pressure was increased up to 750 mbar). On 
the other hand, for the wells in positions B2–B5, leakage 
at the seal occurred when the pressure reached 300 mbar. 
Each time, the bubbles formed at the same point of the seal, 
indicated by a blue star in Fig. 1b and by a in Fig. 4, in the 
center of the edge, indicating that the sealing is less effective 
at this region (Fig. 2).

3.2 � Cell growth and chip resistance

Cells tend to form a monolayer at the bottom of the biochip 
at low density and to assemble into multilayer structures 
when the number of seeded cells increases, as can be seen 
in supplementary figures  A1.E and A4. This decreases 
the cross section available for the fluid in the biochip. The 
hydraulic resistance of empty biochips has been estimated 
at 5.9 ± 0.4 ⋅ 1012 kg⋅m−4s−1 (Messelmani et al. 2022). When 
cells are seeded in the biochip, this resistance increases, as 
illustrated in Fig. 3(a), where the plain line represents the 
fitting equation R = 2.4 ⋅ 107N + 5.9 ⋅ 1012 kg ⋅ m−4 s−1 . 
Using this correlation and taking into account the doubling 
time of cells, we can foresee the time evolution of the total 
number of cells and thus the time evolution of chip resist-
ance for different seeding conditions. HepG2/C3A were 
cultured in parallel in several chips in dynamic conditions. 
Cells were detached and counted at different time points, 
which allowed us to estimated a doubling time of two days 
for HepG2/C3A cells cultured in dynamic conditions in the 
biochip. Fig. 3(b) shows that in our biochips, the predicted 
resistance varies from Rmin = 8.3 ⋅ 1012 kg ⋅ m−4 s−1 shortly 
after seeding at low density (100 000 cells in the biochip) to 
Rmax = 1014 kg ⋅ m−4 s−1 after a few days of culture for cells 
seeded at high density (1 million per biochip). These values 
will be used throughout the rest of the study.
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3.3 � Flow rate control in a tight circuit

In this section, we consider a biochip connecting two wells 
of a culture plate installed in a IDCCM tool box as sketched 

in Fig. 4. Initially, the wells, whose cross-section area A 
is considered constant, are filled with culture medium up 
to an height h0 inferior to the well depth Hw , so there is an 
air–water interface in each of the inlet and outlet wells. The 
circulation of liquid from the outlet well back to the inlet 
well is achieved by the means of a peristaltic pump, which 
may lead to the displacement of these air–water interfaces. 
H and h, respectively, represent the levels in the inlet and 
outlet wells. If the air–water interfaces are moving, then the 
flow rate Q imposed by the pump in the upper part of the 
circuit is not the same as the flow rate Q′ inside the biochip.

R represents the hydraulic resistance of the biochip, 
which is the ratio between the pressure drop ΔP across the 
chip and the flow rate Q′ through the chip. Since the fluid is 
at rest in the wells, the pressure at the bottom of inlet well 
is Pi + �gH (respectively, Po + �gh for the outlet well) and 
ΔP is the difference between the two:

(1)ΔP = Pi − Po + �g(H − h) = RQ�,
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Fig. 2   Tightness assessment in the configuration mimicking the perfusion of 12 biochips, with non-pressurized wells in the central area either 
sealed (a) or open (b)
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Fig. 3   Hydrodynamic resistance of a biochip seeded with cells. a 
Measurements performed for biochips seeded with variable amounts 
of cells, using a pressure controller, a flowmeter, and a feedback loop 
to impose a flow rate between 0 and 30 �L/min. b Expected varia-

tion of biochip resistance over time, assuming a doubling time of 2 
days, for three values of initial cell density (100,000, 500,000, and 
1,000,000 cells)

Fig. 4   Experimental setup for peristaltic pump-driven circulation of 
fluid through a biochip. a and b, respectively, indicate the locations 
where potential air and liquid leaks are considered
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where Pi and Po are the pressures measured in the air above 
the liquid in the inlet and outlet wells. If Q′ < Q , fluid accu-
mulates in the inlet well:

Since the bioreactors are placed in an incubator, the tem-
perature is fixed. Considering air as a perfect gas we get 
PiVi = PatmVi0

 , with Vi the volume of air in the inlet well. 
This leads to Pi = Patm

Hw−h0

Hw−H
 , where Hw is the well depth. 

Similarly, Po = Patm

Hw−h0

Hw−h
.

Mass conservation yields H + h = 2h0 , which makes it pos-
sible to eliminate h from (3):

(2)dH

dt
=

Q − Q�

A
.

(3)ΔP = Patm

[
Hw − h0

Hw − H
−

Hw − h0

Hw − h

]
+ �g(H − h).

Combining (2) with (4), we get

If H reaches an equilibrium value H∞ , then dH
dt

= 0 . We can 
then compute H∞ by solving the third-order equation:

with

The values of a, b, c and d are computed using the numer-
ical values of the physical parameters listed in Table 1. In 
Fig. 5a, pressures at equilibrium in the inlet and outlet wells 
are plotted against the flow rate Q imposed by the pump. For 
both wells, the amplitude of the relative pressure Peq − Patm 
increases with Q and with R, in a more pronounced way 
for the inlet well. Figure 5b shows the variations of H∞ 
with respect to Q for two different values of R. As long as 

(4)
ΔP = Patm

(
1 −

h
0

Hw

)[
1

1 − H∕Hw

−
1

1 + H∕Hw − 2h
0
∕Hw

]
+ 2�g(H − h

0
).

(5)

dH

dt
=

Q

A
−

Patm

AR

(
1 −

h
0

Hw

)

[
1

1 − H∕Hw

−
1

1 + H∕Hw − 2h
0
∕Hw

]

−
2�g

AR
(H − h

0
).

(6)aH3
∞
+ bH2

∞
+ cH∞ + d = 0

⎧⎪⎨⎪⎩

a = 2�g

b = −RQ − 6�gh0
c = 2RQh0 − 2Patm(Hw − h0) − 2�g(H2

w
− 2h0Hw − 2h2

0
)

d = RQHw(Hw − 2h0) + 2Patmh0(Hw − h0) − 2�gh0Hw(2h0 − Hw).

Table 1   List and values of parameters used in the study

Sym-
bol

Definition Value or range

A Area of well cross section 2.01 cm2

h0 Initial position of the free surface 2–10 mm
H

w
Well depth 16.5 mm

R Biochip resistance 5 ⋅ 1012 − 1014 kg

⋅ m−4 ⋅ s−1

Q Flow rate imposed by the pump 10 - 25 �L/min
� Density of culture medium 1000 kg/m3

P
atm

Atmospheric pressure 101 325 Pa

Fig. 5   Equilibrium in a tight circuit, for two different values of 
the chip resistance R. a Relative pressures Peq − Patm after equi-
librium has been reached in the inlet ( ⋄ ) and outlet ( ◻ ) wells. 
b Position H∞ of the free surface in the inlet well after equilib-

rium has been reached. Red and black curves, respectively, indi-
cate values obtained for R = Rmin = 5 ⋅ 1012 kg ⋅ m−4

⋅ s−1 and 
R = Rmax = 1014 kg ⋅ m−4

⋅ s−1
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the biochip resistance is close to its initial value Rmin , H∞ 
remains extremely close to its initial value h0 . To increase 
the level of the free surface by 1 mm, the resistance needs to 
be much larger: Rmax = 1014 kg ⋅ m−4

⋅ s−1 , which is also 
larger than the value measured after 3 days of culture, as 
seen in Fig. 3.

For each condition, we compute the time t90 required 
for Q′ to reach 90%Q. Figure 6 shows that Q has a limited 
influence on t90 , especially at the beginning of the experi-
ment, when R is close to Rmin . It is much more sensitive 
to variations in biochip resistance, with a quasi-linear 
dependency with R. The time to equilibrium also strongly 
depends on the amount of air initially present in the cir-
cuit. It takes more time to balance pressures in wells con-
taining little liquid, while fuller circuits reach equilibrium 
sooner. To reach the target flow rate Q, the pressure differ-
ence Pi − Po must match the product RQ, which, even for 
en empty biochip, corresponds to a liquid head of 12 cm 
for Qmin and 60 cm for Qmax . This means that, if the wells 

were to be open to atmospheric pressure instead of closed, 
the difference H − h should be way too large for the device 
to be practical. This, as well as the desire to avoid possi-
ble airborne contamination, explains why inlet and outlet 
wells are sealed closed. When computing Pi(t90) we notice 
that the pressure variations in the inlet well remain mod-
erate as long as the biochip is not too resistive, but it can 
reach the tightness limit if R increases due to cell growth.

3.4 � Influence of an air leak

As can be observed in Fig. 6, pressure in the inlet well 
reaches values at which leaks have been shown to occur in 
the system. In this paragraph, we, therefore, investigate the 
behavior of the free surface in the case an air leak occurs 
in the inlet well. We model the leak by introducing a 
threshold pressure Pm above which air can escape through 
the joint: Pi = min (Pm,Patm

Hw−h0

Hw−H
) . This means that the 

pressure drop across the biochip is smaller than the one 

Fig. 6   Equilibrium in a tight circuit. Estimation of the time to equilibrium t90 and relative pressure in the inlet well as a function of Q for 
R = Rmin = 5 ⋅ 1012 kg ⋅ m−4

⋅ s−1 and R = Rmax = 1014 kg ⋅ m−4
⋅ s−1



Microfluidics and Nanofluidics (2023) 27:79	

1 3

Page 7 of 10  79

predicted by Eq. (3). The leak triggers a decrease of the 
flow rate through the chip Q′ and thus tends to amplify the 
accumulation of fluid in the inlet well.

As long as the system is leaking, Eq. (3) is replaced by

The time evolution of the system is governed by

This time the equilibrium height is found by solving a sec-
ond-order equation

(7)ΔP = Pm − Patm

Hw − h0

Hw − h
+ �g(H − h).

(8)
dH

dt
=

Q

A
−

Pm

AR
+

Patm

AR

Hw − h0

Hw − 2h0 + H
−

2�g

AR
(H − h0).

(9)H2
∞
+ fH∞ + g = 0

with

The resolution scheme is represented graphically in sup-
plementary figure A2. In Fig.  7, Eq. (9) is solved for the 
extreme values of Q and R used in this study. A solution 
can be found but we observe that in most conditions, this 
solution is non-physical since the equilibrium height H∞ 
is much larger than the well depth Hw . We observe that 
H∞ decreases with Pm . If the circuit is sufficiently tight, 
an equilibrium might be reached. Figure 7 shows that to 
reach an equilibrium height H∞ < Hw , the system must be 

⎧
⎪⎨⎪⎩

f = Hw − 3h0 +
Pm−RQ

2�g

g = −
Patm

2�g
(Hw − h0) −

�
RQ−Pm

2�g
+ h0

�
(Hw − 2h0).

Fig. 7   Equilibrium height in the inlet well H∞ in a leaking circuit: solutions for Eq. (9). a R = Rmin = 5 ⋅ 1012 kg ⋅ m−4
⋅ s−1 (b) 

R = Rmax = 1014 kg ⋅ m−4
⋅ s−1.
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able to withstand an inlet pressure of at least 507 mbar for 
R = Rmax = 1014 kg ⋅ m−4

⋅ s−1 and Q = 10 �L/min, and 
this value increases with both R and Q. In many cases, how-
ever, the level keeps growing in the inlet well.

To determine the limit beyond which no equilibrium 
value is found, we proceed as sketched in Fig. 8a. We plot 
the time evolution of H in a tight circuit, then in a leaking 
circuit, starting with a large value of Pm that is progressively 
reduced until H∞ = Hw . Figure 8b shows how the pressure 
Pmmin

 at which H∞ = Hw depends on the initial liquid index 
h in the wells.

3.5 � Influence of a liquid leak

We also considered the case of a loss of liquid occurring 
at the inlet of the biochip due to an imperfect connector, 
corresponding to the situation b in Fig. 4. We modeled this 
liquid leak as an outward flow with a constant flow rate ql 
that takes place as soon as the pressure at the bottom of 
the inlet well reaches a limit Pl , and stops when Pi ≤ Pl , 
as sketched in the diagram A3. When the circuit resistance 
is low ( R = Rmin ), no leak is observed unless the threshold 
Pl is extremely low (5 mbar). For larger values of Pl , more 
compatible with experimental evaluations, the pressure 
drop in the biochip is so low, even for the maximal flow 
rate, that the inlet pressure never reaches Pl . The system 

keeps behaving as a tight system. On the other hand, when 
R = Rmax , leaks occur for relevant values of Pl . The time 
evolution is visible in Fig. 9: the initially linear decrease 
of Ht = H + h indicates that the system leaks in a constant 
manner at short times; the leak then becomes intermittent 
in a second, transient phase; after which finally stops and 
Ht reaches a plateau. The duration of each of these steps 
decreases with ql , since the excess liquid is drained faster 
in these conditions, and with Pl . When Pl is large, the final 
plateau is reached sooner and the cumulated liquid loss is 
smaller than for small values of Pl . In all the studied cases, 
the flow rate Q′ through the biochip is larger than 90% of 
the requested flow rate Q, apart from a few minutes after 
the pump is turned on.

4 � Conclusion

The idea to use numerical simulations and modeling to 
help design microfluidic circuits and experiments is not 
new (Erickson 2005). As microfluidic systems grow more 
complex, experiments involve a vast number of physical, 
biological and chemical parameters. One way to deal with 
this increasing complexity is the use of machine learning to 
build microfluidics databases and experimental plans but it 
is time- and resource-consuming (McIntyre et al. 2022). In 

Fig. 9   Effect of a leaking connector. Time evolution of the total amount of liquid in the reservoirs Ht normalized by its initial value and of the 
flow rate Q′ through the chip normalized by the target flow rate Q, for R = Rmax , Q = Qmax and different values of the leaking flow rate ql



Microfluidics and Nanofluidics (2023) 27:79	

1 3

Page 9 of 10  79

this work, we present a set of experimental data and simple 
simulations regarding the flow rate control in a microfluidic 
circuit involving free surfaces and living cells whose prolif-
eration alter the circuit resistance.

By modeling the peristaltic pump-driven flow through 
a biochip installed between two wells containing a liq-
uid–air interface, we demonstrate that, in most situations, 
an equilibrium state can be reached in which the flow 
rates through the pump and through the biochip are equal. 
We also found that the time to reach this equilibrium is 
shorter than the characteristic timescale of cell prolif-
eration, which governs changes in hydraulic resistance. 
The system can thus be considered as quasi-static, with a 
slowly varying resistance that can be considered constant 
to compute the flow rate and the liquid head in both reser-
voirs. This result depends of course on the chosen cell line 
and the culture conditions. We chose the hepatic cell line 
HepG3/C3A as a test case in this study because of its ten-
dency to form large, sometimes multilayer structures when 
cultured in collagen-coated biochips in dynamic condi-
tions, causing an increase in biochip resistance. A similar 
behavior can be expected with other cell lines and even 
with induced pluripotent stem cells. The time evolution of 
hydraulic resistance proposed in this paper should by no 
means be considered universal, but it illustrates the fact 
that cell-induced resistance can trigger significant changes 
in a microfluidic setup. These changes need to be taken 
into account when designing long experiments to avoid 
risks of leaks associated with high internal pressures. One 
should also keep in mind that when cells proliferate in a 
biochip where medium circulates at constant flow rate, 
they are exposed to an increasing shear stress. The tar-
get flow rate should ensure sufficient nutrient supply but 
prevent excessive shear stress and its value could change 
over the course of an experiment, depending on the way 
the growing cells self-organize in the biochip.

We considered different leakage scenarios and demon-
strated that most of them do not compromise the possibil-
ity to reach equilibrium and reach the desired flow rate. 
So the fact that a stable liquid head is reached in both inlet 
and outlet wells does not mean that there were no leaks 
during the experiment. Achieving tightness is crucial when 
manufacturing a microfluidic chip and assembling a micro-
fluidic circuit, as leaks provoke losses of culture medium 
and/or increased risks of contamination. The methods 
described in the present paper aim at providing insight as 
to what is an acceptable limit of tightness, depending on 
the application. The objective is to help users implement 
meaningful quality control.

We evaluated the tightness of our device at different 
stages of clamping force. We found that leaks occur prefer-
entially at the wells located at the center of the device, which 
suggests that these wells should be used as outlet rather than 

inlet wells, to avoid excessive pressure and air leaks. Else, 
they can be reserved to experiments in which the hydrau-
lic resistance is expected to remain low enough so that no 
leaks occur. When the device is used to run different experi-
ments in parallel, conditions associated with a high expected 
resistance should be tested on the most robust wells. Also, 
in the case of future design changes, if an additional effort 
should be made to enhance tightness, these wells should be 
addressed first.

Our results suggest that a preliminary evaluation of cell 
growth, 3D organization and biochip resistance over time 
can be useful to design long-term experiments involving 
recirculation and avoid leaks and contaminations, by adjust-
ing the dimensions of biochips, volume of culture medium 
and degree of clamping.
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