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Abstract 

Multi-organ-on-a-chip have attracted extensive attention because they hold great potential for 

advancing drug discovery and development by recapitulating human physiological conditions. 

However, they often lack on-chip analytical technologies for the in situ non-invasive real-time 

monitoring of organ tissue responses to pharmaceutical compounds over extended durations. 

Here, we introduce the microfabrication of a multi-organ-on-a-chip by integrating two 

indispensable components into a polydimethylsiloxane (PDMS)-based microfluidic device: a 

pneumatic-actuated micropump to generate a circulation flow for organ-organ interaction and 

a parylene-insulated microelectrode array (MEA) for electrophysiological analysis. We 

demonstrated that the pumping performance of the micropump was sufficient for recapitulating 

the metabolite interaction, and the measured impedance magnitude was comparable to that of 

state-of-the-art MEA devices. The experimental results suggest that the present 

microfabrication has potential such as for measurement of electrophysiological parameters 

under recapitulating metabolite interaction, enabling a more comprehensive drug testing in vitro. 
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1. Introduction 

Microfluidic-based in vitro cell-culture models are termed “microphysiological systems 

(MPSs)” and are designed to mimic physiologically relevant functions of human organs and 

tissues [1-3]. Unlike conventional cell-culture models currently used in drug discovery and 

development, microfluidic-based cell-culture models can be more predictive of in vivo biology 

owing to the dynamic environment control in the microfluidic device for cell growth, 

differentiation, migration, and maturation. Therefore, these devices are expected to replace 

animal models, which are often inaccurate in predicting human physiology because of species 

differences, leading to reduced costs and time in pharmaceutical research and development [4, 

5]. Among on-chip platforms, compartmentalized multiorgan platforms with the circulatory 

system integrated into a single device, known as multi-organ-on-a-chip [6-9], hold great 

potential for advancing drug development, disease modeling, and precision medicine, because 

they can mimic the blood flow in the human body with closed-loop culture media by means of 

a micropump. Such medium circulation recapitulates organ-organ interactions and helps 

emulate the dynamic exposure of organ cells to drugs and drug metabolites, offering valuable 

insights into systemic toxicity [10-14]. However, we continue to rely on post facto methods for 

data collection, including histology, fluorescence imaging after sample cell fixation, and 

biomolecular assays [15-17]. Therefore, a crucial aspect in the device design is the integration 

of a measurement system that allows quantitative and non-invasive functional analysis of 

cultured cells in real-time. 

Currently, cardiotoxicity is a major cause of drug candidate failure in clinical tests and is 

responsible for the retraction of numerous drugs from the market [18-20]. For cardiotoxicity 

assessment in vitro, the employed device would require an electrical readout system for the 

electrophysiological parameters of cardiomyocytes corresponding to the changes in the 

electrocardiogram parameters such as the ventricular depolarization/repolarization (QT) 

interval and spontaneous beating frequency. Several detection methods are available to obtain 

key electrophysiological parameters [21], such as patch clamp electrodes [22], light-

addressable potentiometric sensors (LAPSs) [23], and field-effect transistors (FETs) [24]. 

Among the various methods, microelectrode array (MEA)-embedded culture dishes [25, 26] 

have been widely used as a non-invasive, electrical readout system to measure cardiomyocyte 

extracellular field potentials (FPs) at the cell population level. Additionally, the change in the 
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FP duration (FPD) measured with the MEA is directly related to the QT interval in the human 

heart’s electrical cycle [27, 28]. Thus, this method has been combined with single-organ chip 

devices and has been used to analyze cardiomyocyte responses to pharmaceutical compounds 

in situ over long durations [29-34]. However, although most of the reported MEA-integrated 

devices [30, 31, 33, 34] can help test cardiotoxicity, interactions with other organs cannot be 

tested. Moreover, to assess multiple organ interactions while reducing bubble formation and 

non-selective absorption of hydrophobic small molecules (e.g., metabolites and drug candidates) 

due to the additional tubing required for fluidic couplings, pneumatically or electrically actuated 

on-chip micropumps [35, 36] are required to reflect physiologically relevant interactions. 

Notably, none of the multi-organ-on-a-chip devices that allow the assessment of 

electrophysiological parameters have been coupled to microfluidic platforms with on-chip 

micropumps. Therefore, a novel microfabrication strategy that can help integrate MEA and 

micropump components into the same microfluidic device while maintaining the ease of device 

fabrication and process reliability of the functional components is desired in this field. 

Herein, we present the microfabrication of a multi-organ-on-a-chip with an MEA, by 

assuming the measurement of electrophysiological activities of cardiac tissues induced by 

heart-liver interactions. This device is fabricated mainly using PDMS through soft lithography, 

with a three-layer structure comprising a perfusion layer, an MEA layer, and a control layer, as 

illustrated in Fig. 1. The present microfabrication allows seamless integration of two 

indispensable components: a pneumatic-actuated micropump for accurate and reliable flow 

control and an MEA for the real-time monitoring of cells. To improve the metal adhesion 

between gold and PDMS and the process reliability of MEA integration into the PDMS-based 

microfluidic device, we employed an insulating and biocompatible material, parylene-C. On 

the parylene–PDMS hybrid MEA layer, a flexible-thin membrane for micropump actuation and 

parylene-insulated MEA components for the cell chamber are simultaneously realized. 

Therefore, this paper focuses on the seamless integration method of MEA in the PDMS-based 

device by considering each material properties related to the multilayer soft lithography process 

and the technical characterizations of micropump and MEA with analytical simulations. We 

demonstrated the efficiency of the micropump fabrication with simulation-aided grayscale 

lithography for accurate operation of the micropump through flow rate measurements and finite 

element method (FEM) simulation, and the electrical characteristics of a parylene-insulated 

electrode were assessed by electrical impedance measurements. 
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2. Multi-organ-on-a-chip with microelectrode array device 

2.1 Device configuration 

Figures 1a and b show illustrations of the multi-organ-on-a-chip with MEA device, wherein 

a structure with three layers is bonded to a glass substrate from top to bottom: a perfusion layer, 

an MEA layer, and a control layer. To achieve closed-loop culture-medium circulation in a 

single device, a pneumatic-actuated micropump and microvalves are directly embedded with 

soft-lithography process because pneumatic actuation method realizes large membrane 

deformation with an easily controllable hydraulic pressure and small footprint than the other 

methods, e.g., electromagnetic, and piezoelectric micropump [36]. The micropump located 

between two cell-culture chambers comprises three adjacent microvalves of square membrane 

with sequential actuation to provide periodic peristaltic motion. The flow within the device is 

controlled by selectively opening and closing normally open microvalves in the “push-up” 

configuration (Fig. 1b). In addition, a cross-section geometry of channel in the perfusion layer 

is analytically designed in rounded shape to be sealed completely by the deformed membrane. 

The microvalves enable individual accessibility for each cell culture chamber and a 

sophisticated control of the cell and culture medium for the test. The following are some of the 

requirements for the materials used in the device: 1) Biocompatibility, 2) Gas permeability, 3) 

Light transparency, 4) High moisture resistance to prevent electrode corrosion, and 5) Low 

stiffness to realize pneumatic-actuated pumping. Among several polymeric materials [37, 38], 

PDMS meets the above requirements as the structural material of the device [39, 40]. 

For mapping the cardiac electrophysiology, the Au electrodes in the MEA layer are arranged 

in the form of a 3×6 array and designed with a pitch of 260 μm along the length of one cell 

chamber to avoid the crosstalk of the electrical signals between the electrodes (Fig. 2). The 

electrical interconnects extend from the electrodes to the contact pads patterned on the surface 

of the MEA layer. The contact pads are defined to be 250 μm × 250 μm (length and width). The 

electrode traces are insulated by parylene-C, which has good material characteristics such as 

biocompatibility, low dielectric constant, and high resistivity [41-43]. Parylene-C also shows 

low water and gas permeability, light transparency, chemical inertness, nontoxicity, and 

nonbiodegradability. Moreover, it can prevent the poor adhesion and cracks in the Au film 

owing to the different degrees of thermal expansion between the metal and the PDMS [44, 45], 
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thus enabling a more repeatable and reliable fabrication of MEA patterns on the PDMS surface. 

Although parylene-C offers these advantages, it has a higher stiffness than PDMS [41, 46-48]. 

Use of substrates with low stiffness induces a more similar cardiac phenotype to that shown in 

vivo [49-52]. The parylene film deposited on PDMS affects the stiffness of the MEA layer, 

because of which the PDMS will no longer have the advantage of minimizing inhibition against 

cardiomyocyte response and realizing pneumatic-actuated pumping. Therefore, the parylene-C 

insulating layer for the MEA was thinned through an etching process and completely removed 

from the micropump locations for lower pressurization to deform the PDMS membrane. This 

PDMS–parylene hybrid MEA layer combining the advantages of both the materials shows a 

good balance between the stiffness of PDMS and the insulation of parylene while maintaining 

a metal adhesion between the PDMS layers. 

Figure 1c shows a photomask design of three-layer structure and realistic top view of the 

device. The perfusion layer contains three sets of two compartmentalized cell-culture chambers 

(length: 4650 μm; width: 2150 μm; height: 220 μm) and the sample inlet/outlet holes indicated 

in blue, in which cardiomyocytes and hepatocytes are cultured. This cell-culture chamber size 

is designed to supply the required growth factors, the drugs, and allowing for reduced shear 

stress [14]. Microchannels (width: 200 μm; height: 45 μm) called “flow channels” were 

designed for easy introducing of the cells from the inlet holes and used to interconnect the two 

cell-culture chambers. The control layer contains dead-end microchannels (width: 15 μm; 

height: 45 μm) called “control channels” and the pressure inlet holes indicated in green, which 

are routed to cross the flow channels, forming a thin, flexible PDMS membrane for micropump 

and microvalves (200 μm × 200 μm; thickness: 20 μm) at their intersection by the MEA layer 

and supplying hydraulic pressure to the membrane. Thus, to form the 200×200 μm2 square 

PDMS membrane, the narrow control channels at the location of the micropump and 

microvalves were designed to be 200 μm wide (length: 1.6 mm). The location of the micropump 

and valves and the routing of the control channels were carefully designed so that the operation 

of the micropump does not interfere with the electrical measurement with the MEA. 

 

2.2 Design of flow channel for micropump 

For an effective micropump operation, the flow channels at microvalve locations have a 

rounded cross-sectional profile because at least one of the microvalves should always seal the 
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channel completely to generate a net flow rate in a specific direction without leakage [53-56]. 

The microvalve with a square membrane can generate a larger deformation compared to a 

circular membrane. Thus, the micropump structure with square membranes and rounded cross-

sectional channel can completely block the fluid flow and provide accurate and reliable control 

over the fluid flow in the perfusion layer with small footprint. 

To achieve the design optimization of micropump through analytical simulation, a square 

PDMS membrane deformation was first analyzed using finite element analysis (FEA) with 

COMSOL Multiphysics (v.5.2, COMSOL). Here, a Young’s modulus (E) of 1.9 MPa and a 

Poisson’s ratio (v) of 0.499 were employed, under a PDMS curing process condition at 80 °C 

[48]. This primary simulation was implemented in a simplified square PDMS membrane 

structure using the Neo-Hookean hyperelastic material model, which, although a simple 

approach to model hyper-elastic materials, is sufficiently accurate in the case of small strains 

[46]. The initial bulk modulus (κ), Lame parameter (μ), and density of the material (ρ) were set 

to 5.0×108 Pa, 1.0×105 N/m2, and 970 kg/m3, respectively. Figure 3a shows the simulated result 

on a 200×200 μm2 square PDMS membrane having a thickness of 20 μm for a 45 μm high flow 

channel. This PDMS membrane profile at a pressure of 65 kPa was transformed into the target 

flow channel profile of the photoresist mold, that is precisely fabricated by grayscale 

lithography with numerical process optimization. In this configuration, the ideal volume of 

swept liquid in one cycle of peristaltic micropump consisting of three chambers is 1.23 nL. 

Here, the total liquid volume of the present device, including the flow channels and two cell-

culture chambers, was approximately 260 nL. At a driving frequency of 1 Hz, circulatory can 

be achieved in about 210 seconds, which is sufficient for recapitulating the metabolite 

interaction between two organs in the device [14]. Furthermore, to discuss relationship between 

the applied pressure and measured flow volume, a contact analysis of the membrane 

deformation in the flow channel was performed as shown in Figures 3b and c. 

 

2.3 Design of microelectrode array 

The MEA requires a low impedance to achieve a high signal-to-noise ratio (SNR). The 

recording electrodes are typically characterized and discussed by their impedance at 1 kHz. 

Based on the previously reported measurements [57], the target impedance was set to 90 kΩ at 

1 kHz. Below this impedance value, the electrical signal of the cardiomyocyte could be detected. 

A suitable electrode diameter for cardiomyocytes can be numerically analyzed with the cell-
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electrode model [58-60] by considering the electrical double layer formed at the electrode–

electrolyte interface. The corresponding capacitance of the electric double layer can be 

described by the Gouy–Chapman–Stern model as a series capacitance of the Helmholtz double-

layer capacitance and the Gouy–Chapman diffuse layer capacitance [61]. The values for these 

numerical simulations can be found elsewhere [62, 63]. Based on the numerical simulation 

results and the size of the cardiomyocytes, the diameter of the MEA electrodes was finally 

designed, ranging from 80 to 100 μm. 

 

3. Fabrication 

The microfabrication technique employed for the device (Fig. 1d) is the typical multilayer 

soft lithography that combines soft lithography with the capability to bond multiple patterned 

layers of PDMS [64, 65]. Figure 4a shows the schematic of the detailed fabrication procedure 

for the entire device. In this process, a uniform PDMS mortar (uncured PDMS) was achieved 

using a thin-film PDMS microcontact printing method [66, 67] and was used for bonding each 

layer. Prior to the bonding process, the perfusion layer was cut partially to accommodate the 

contact pads of MEA as shown in Fig. 1a. The entire device bonded to the glass substrate was 

finally cured in a convection oven at 80 °C for 12 h. 

 

3.1 Perfusion and control layers 

The perfusion layer comprises cell culture chambers and flow channels of different heights. 

The mold fabrication for the perfusion layer followed the multilayer lithography principle, 

which combines standard and grayscale lithography (for cell culture chambers and 

microchannels, respectively). First, a dry-film type of negative photoresist (45μm; TMMF 

S2045, Tokyo Ohka Kogyo) was laminated 4 times on the surface of a 4-inch Si wafer with a 

thickness of 180 μm. UV exposure was carried out on a mask aligner (MUM-0001 [68], Japan 

Science Engineering) using a Cr-patterned glass mask for the thick mold of cell culture 

chambers. Then, a post-exposure bake (PEB) at 90 °C for 5 min was performed after the UV 

exposure process. The sample was developed in a propylene glycol monomethyl ether acetate 

(PGMEA) solution at a temperature of 23 °C. Next, a positive photoresist (PMER P-LA900PM, 

Tokyo Ohka Kogyo) for grayscale lithography was spin-coated twice with a final thickness of 

45 μm on the Si wafer. A pre-bake process was performed at 115 °C for 12 min in a convection 
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oven. A relaxation time (20 min at a temperature of 23 °C and a humidity of 40%) for 

photoresist rehydration was provided between pre-bake and the UV exposure process. 

Subsequently, digital micromirror device (DMD)-based grayscale lithography (DL-

1000GS/KCH, NanoSystem Solutions) was used to fabricate the target flow channel profile, 

shown in Fig. 3a, which was analyzed by the FEM simulation. The development temperature 

was 21 °C, which is controlled carefully to not affect the dissolution rate of photoresist. 

Digital grayscale lithography is an effective method to obtain arbitrary three-dimensional 

(3D) photoresist profiles by modulating the intensity of ultraviolet (UV) light according to the 

grayscale mask data. However, the fabrication of the target profile using 3D lithography is not 

straightforward because of the complex photoresist interaction with UV light and the 

development process [69-72]. To compensate for the two nonlinear effects and generate optimal 

process parameters, we adopted a numerical simulation approach that can automatically 

determine the best combination of the four process parameters summarized in Table I: 1) 

Exposure dose, 2) 256-level digital grayscale mask, 3) Focal position of the DMD-based 

lithographic projection apparatus, and 4) Development time, which has been previously 

described [71]. In contrast, the control layer was simply cast from a 30 μm-thick negative 

photoresist mold (TMMR S2000, Tokyo Ohka Kogyo). 

After mold fabrication, the PDMS base and curing agent (Sylgard 184 kit, Dow Corning) 

were thoroughly mixed at a ratio of 10:1 (w/w) and poured onto the molds. Here, peeling a thin 

MEA–control bonded layer from the Si substrate would cause mechanical stress to the 

multilayer, potentially resulting in cracks in Au electrodes, wrinkles, and damage on Parylene–

PDMS interfaces. In order to avoid these negative effects and allow for cells observation under 

the invert microscope, PDMS thickness for the control layer was carefully controlled to 2.5 ± 

0.5 mm. Finally, the PDMS for the control and perfusion layers was cured in a convection oven 

at 80 °C for 20 min and 4 h, respectively. 

 

3.2 Microelectrode array layer 

To deposit the electrodes on the PDMS layer while avoiding the poor metal adhesion and 

cracks, we employed parylene-C, which can be conformally vapor deposited as an insulator and 

used as a substrate material for MEA fabrication. The PDMS–parylene hybrid MEA layer was 

fabricated using the following process (Fig. 4b). First, Si carrier wafer was dehydrated at 150 °C 
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then deposited 5 μm-thick parylene-C using a parylene deposition system (Labcoter PDS 2010, 

KISCO). Next, a Hexamethyldisilazane (HMDS; OAP, Tokyo Ohka Kogyo) and positive 

photoresist (2 μm; OFPR-800 54cp, Tokyo Ohka Kogyo) was spin coated, and patterned at the 

electrode sites and contact pads by standard lithography. The parylene layer for the electrode 

sites was then etched 3 μm thick using O2 plasma (Power 100 W: Pressure 40 Pa: Flow rate 40 

sccm; FA-1, SAMCO). A 200 nm-thick Au film was deposited on the surface using electron 

beam deposition (EB-1200, Canon Anelva) and patterned through a photoresist mask, 

comprising the electrodes, associated traces, and contact pads. The Au film of the MEA pattern 

was created by wet-etching (Aurum, Kanto Kagaku) at 27 °C. Subsequently, the MEA pattern 

was covered by another parylene-C layer with a thickness of 2 μm. The Au film sandwiched 

between the parylene-C layers was spin-coated in a final 20 μm-thick PDMS membrane for the 

pneumatic-actuated micropump. After bonding to the control layer by curing in a convection 

oven at 80 °C for 4 h, the MEA–control bonded structure was mechanically peeled off from the 

carrier wafer. Finally, the parylene-C layer on the backside was removed about 2 μm thick by 

O2 plasma etching (Power 100 W: Pressure 40 Pa: Flow rate 40 sccm) to open at the location 

of the electrode sites and contact pads to allow direct contact. 

Additionally, in the present fabrication of the MEA layer, parylene-C on the entire area 

except for MEA insulation was mechanically removed using a tweezer after O2 plasma etching 

of the parylene in the small gap formed by the bulk-PDMS mask (Fig. 4c). Parylene removal 

of the MEA layer and increased PDMS area is useful for maintaining the flexibility of the 

PDMS membrane as much as possible to actuate the pneumatic-actuated micropump. This 

fabrication sequence can prevent functionalization of the PDMS surface due to O2 plasma 

treatment and sticking of the deformed PDMS membrane to the flow channel during the 

micropump operation. Moreover, the surface area of PDMS on the MEA layer facing the 

perfusion layer is increased by the etching of parylene-C, resulting the strong bond and 

fabrication of leakage-free devices. Therefore, the PDMS–parylene hybrid MEA layer 

combining the advantages of both materials shows a good balance between structural stiffness 

and MEA insulation while maintaining a simple microfabrication process. 
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4. Experimental setup 

4.1 Micropump control 

The pneumatic micropump was actuated by applying a positive hydraulic pressure from 

the control layer. The control channel was first filled with distilled water to prevent gas 

permeation across the PDMS membrane and the consequent formation of bubbles in the liquid-

filled flow channels. Subsequently, metal pins and Teflon tubes were used to connect the inlet 

of the control channels and the pneumatic system to a compressed nitrogen gas source 

(regulated in the 0–200 kPa pressure range). The pressure actuation and release of the 

microvalves were controlled and operated using a real-time controller (cRIO-9022, National 

Instruments) via electromagnetic valves controlled using a custom-made LabVIEW software 

(Ver. 2019, National Instruments) in terms of the frequency and sequence of the ON/OFF 

control. In this study, a six-stage actuation pattern was employed to control the ON/OFF 

operation of the solenoid valves as shown in Fig. 5 [65]. The flow rates were regulated by the 

actuation frequency for the sequential opening and closing of a set of three microvalves acting 

as a micropump. 

 

4.2 Flow rate measurement 

To evaluate the flow rates, micro-beads (20 μm in diameter; Polysciences) were used to 

visualize the culture medium flow and measure the flow distance. Prior to the measurements, 

the microfluidic channel was coated with 1% (w/v) bovine serum albumin (BSA, Sigma-

Aldrich) in PBS for 2 h at 25 °C to prevent non-specific adhesion on the flow channels and cell 

culture chambers. Micro-beads were suspended in 1% (w/v) BSA solution at 1×106 beads/mL. 

Subsequently, a bead-containing solution was introduced into the device. After the flow 

stabilized using the micropump, the movement of the micro-beads was captured using a CMOS 

camera (EO-4010, Edmund Optics) at a flame rate of 60 fps. A self-written MATLAB (Ver. 

R2019b, MathWorks) program was used to detect the positions of individual micro-beads in 

each image, which are linked over the image sequence and resulted in individual trajectories. 

From the trajectories recorded in the center line of the flow channel, the individual flow rates 

of the micro-beads were determined by averaging the pulsatile characteristics of the flow 

generated by the peristaltic working principle. 
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The average flow velocity 𝑢 was half the micro-bead velocity at the centerline (Umax), as 

defined by the Navier–Stokes equation: 

𝑢  
1
2
𝑈                                   1  

The volumetric flow rates were calculated by multiplying the flow velocity with the cross-

sectional area of the microfluidic channel. 

 

4.3 Impedance measurement 

The MEA was characterized by electrical impedance spectroscopy (EIS) in a three-

electrode measurement setup. The impedance and phase measurements were carried out using 

an impedance/gain-phase analyzer (Frequency Response analyzer 1260, Solartron) by applying 

an AC amplitude of 50 mV in the frequency range of 10 Hz–100 kHz. The measurements were 

performed in the presence of a phosphate buffer saline (PBS) solution (D-PBS, Fujifilm Wako). 

 

5. Results and discussion 

5.1 Micropump characterization 

The driving pressure and actuation frequency of cyclic operation in Fig. 5 are two key 

factors affecting the performance of the micropump. First, the effect of the driving pressure on 

the volumetric (pumping) flow rate was investigated at a frequency of 1.5 Hz, as shown in Fig. 

5a. Each dot represents the mean ± standard deviation (SD) (n = 3). The pumping flow rate was 

constant at 0 nL/min until reaching a pressure of 50 kPa, at which the PDMS membrane 

contacted the flow channel, and then increased gradually with pressure, exhibiting a maximum 

at a pressure of approximately 150 kPa owing to the full sealing of the flow channel. At 

pressures >150 kPa, the flow rate stabilized at 36.0 nL/min. The validity of this pressure 

dependence of the flow rate was confirmed by the FEA results, considering a contact analysis 

of the PDMS membrane deformation in the flow channel, as shown in Figs. 3b and c. The 

pressure of 50 kPa in the experiment agrees well with the pressure of 57 kPa in the analysis 

where the deformed PDMS starts to seal the flow channel. In addition, the pump chamber was 

fully sealed at pressures >140 kPa in the analysis, resulting in a constant membrane stroke 

volume in the pump chamber (the difference between the maximum and minimum chamber 

volumes as the membrane actuates once) and therefore a constant flow rate in the measurements. 

Because the photoresist profile measured using a mechanical stylus profiler (Dektak XT-S, 
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Bruker) agreed well with the target profile (Fig. 6) and parylene-C on the MEA layer was 

completely removed, the error between the measurements and FEA results, albeit small, may 

have resulted from the material properties of the PDMS. For example, the Young’s modulus of 

PDMS can vary from 50 kPa to 4 MPa depending on the process conditions [48, 73]. The flow 

rate became less stable when the pressure was increased above 200 kPa. Therefore, a pressure 

of 150 kPa was selected because achieving a constant and reliable pumping is an important 

feature of a micropump particularly when integrated in multi-organ-on-a-chip devices. 

Next, the frequency response under a pressure of 150 kPa was investigated, as shown in 

Fig. 5b. Each dot represents mean ± SD (n = 3). The flow rate shows a consistent trend with the 

driving frequency and almost linearly increases with the frequency until it reaches a peak value 

of 63.0 nL/min at a frequency of 2.9 Hz. Based on our previous experiments [14], this pumping 

performance is sufficient for recapitulating the metabolite interaction between cardiomyocytes 

and hepatocytes in the present device. The flow rate then decreases with further increase in the 

frequency because the membrane deformation could not synchronize with the pneumatic 

actuation at higher frequencies, resulting in a decreased membrane stroke volume in the pump 

chamber. Additionally, the flow rate and frequency exhibit a nonlinear relationship because of 

the complex nonlinear interaction between the PDMS membrane deformation, driving pressure, 

and hydrostatic pressure present in the micropump [74-76]. These results demonstrate that the 

present micropump fabrication with the combination of simulation-aided grayscale lithography 

and removal of parylene-C on the MEA layer can ensure a complete sealing of the flow channel 

at the designed pressure, enabling accurate and reliable micropump operation in the device. In 

addition, the flow rate in this micropump can increase linearly in a certain frequency range and 

can be adjusted easily and accurately using the magnitude of the pressure and frequency. 

 

5.2 Electrochemical characterization 

To characterize the MEA, the influence of the electrode size on the surface impedance was 

first investigated under static conditions (i.e., without the medium flow in the device). Figure 7 

compares the impedance magnitude and phase measured under different diameters of the MEA 

electrodes (80, 90, and 100 µm). Generally, the spectrum of an Au electrode–PBS solution is 

dominated by the impedance of the electrode–electrolyte interface; the low-frequency part of 

the curves is mostly related to the electrode impedance contribution, whereas the high-

frequency part is related to the electrolyte impedance. In the measurements, the decrease in the 
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impedance magnitude with increasing frequency and the reversal of the phase angle from 

almost 90° toward 0° suggest a capacitive behavior. By comparing the impedance magnitude 

at 1 kHz, which is the typical frequency used for signal recording, electrodes having a larger 

diameter were found to have a lower impedance value, as summarized in Table II. These values 

were obtained by averaging the impedance spectra of eight randomly selected electrodes. For 

example, the impedance value (mean ± SD) at 1 kHz was 36.9 ± 5.5 kΩ for electrodes with 

a diameter of 90 μm, which falls in the anticipated range for metal electrodes with an exposed 

surface dimension of 6362 μm2 in area and satisfies the requirement for cardiomyocyte FP 

detection, i.e., below 90 kΩ at 1 kHz. The variation in the impedance magnitude from electrode 

to electrode on the same MEA layer is crucial in assessing the detection of similar signals. The 

measurements indicate a small variation from electrode to electrode on the same MEA layer 

and thus validate the good quality of the present microfabrication. The measured impedance 

values of the Au electrodes at 1 kHz are comparable to the impedance values of state-of-the-art 

MEA devices [26, 77]. 

Generally, additional process such as Pt black or poly (3,4-ethylenedioxythiophene) doped 

with poly(styrene sulfonate) (PEDOT:PSS) are employed to fabricate electrodes with low 

impedance [26]. The low impedance values obtained at 1 kHz without any additional process 

can be attributed to the relatively large surface roughness of the Au film deposited on parylene-

C and exposed to O2 plasma because the increased effective surface area leads to lower the 

electrode impedance. Atomic force microscopy (AFM) in the tapping mode (MultiMode 8, 

Bruker) was carried out to measure the surface morphology of the electrode surface. The surface 

roughness (Ra) in the probed sample area of 1×1 μm2 was 15.4 nm, which is higher than that of 

the same 200 nm-thick Au film deposited on a glass [78]. In addition to the impedance 

measurements under the temporal static condition, measurements under sequential medium 

perfusion are anticipated. The impedance changes in the MEA due to the maximum flow rate 

of 63.0 nL/min were also measured with a diameter of 90 μm. The measured impedance was 

lower than that under the static condition, though the difference was less than 1%. The 

impedance could be further optimized by tuning the thickness and deposition rate of parylene-

C and Au films. 

Next, the Au electrode–PBS electrolyte interface was characterized using an electrical 

equivalent circuit model. As mentioned previously, when a metal electrode is immersed in an 
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electrolyte, an electrode–electrolyte double-layer capacitance is formed on its surface. The 

equivalent circuit for the Au electrode–PBS electrolyte, called the Randles circuit model [79-

81], can be modeled using a constant phase element (CPE), replacing the electric double-layer 

capacity in parallel with the charge transfer resistance Rtr, which are then connected in series 

with the solution resistance Rs. The mathematical expression of the CPE electrode element 

impedance is [82]: 

𝑍  
1

𝐾 𝑗𝜔
                                  2  

where K is the frequency-independent, phenomenological parameter, ω is the angular frequency, 

and n is the fractional exponent indicating the deviation in the CPE from ideal capacitive 

behavior. When n = 1, it behaves as an ideal capacitor, whereas when n = 0, it behaves as an 

ideal resistor. The parameter K has a complex unit of Fꞏsn–1, where F is Farads, and s is seconds. 

Applying this Randles circuit model and fitting the impedance plots, shown in Fig. 7a, with the 

MATLAB software, we can obtain approximate numerical values for the individual electrical 

components. The fitted values of RS, Rtr, and K for electrodes with a diameter of 90 μm (area: 

6.36×103 μm2) were 2.14 kΩ, 29.6 MΩ, and 99.2 μFꞏsn-1/cm2, respectively. The conductivity of 

PBS is estimated to be 2.59 S/m, which is close to that of typical PBS. In addition, n is 

determined to be 0.94, which is close to 1 for an ideal capacitor, and the value of K is similar 

to that reported for Au electrodes [83]. These experimental results demonstrated that the 

electrode sites in the MEA were completely opened by the final O2 plasma etching and worked 

as well as typical Au electrodes. 

 

6. Conclusions 

We presented the design, fabrication method, and preliminary characterization of a multi-

organ-on-a-chip with MEA. This device was fabricated mainly using PDMS through soft 

lithography, where a three-layer structure was bonded to a glass substrate, considering the 

material properties related to the process. For accurate and reliable micropump operation in the 

device, we combined DMD-based grayscale lithography optimized by numerical optimization 

methods for soft lithography. The parylene–PDMS hybrid MEA layer enabled the monolithic 

integration of the pneumatic micropump and MEA in the multi-organ-on-a-chip. The 

measurement results of the pumping flow rate in the device showed that drugs and metabolites 

can move from one chamber to another within 2.5 min, which is sufficient for recapitulating 
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metabolite interactions between cardiomyocytes and hepatocytes in the. In addition, the 

impedance measured at 1 kHz was 36.9 ± 5.5 kΩ for electrodes with a diameter of 90 μm; this 

value is comparable to those of state-of-the-art MEA devices. 

The present device comprising a multi-layer PDMS structure is not optimal, as the 

applicability is limited due to the absorption of hydrophobic small molecules by the PDMS [84-

86]. Such absorption causes a discrepancy between the nominally administrated concentration 

and actual cellular exposures. These absorption problems can be prevented by lipophilic 

coatings [87] or compensated using experimental measurements combined with simulation 

models [88, 89]. Further efforts to realize the full potential of mechanically actuatable devices, 

novel materials that are both flexible and optically transparent, while being minimally 

absorptive for small molecules, will need to be developed. Finally, the present device is 

expected to be substituted for conventional end-point assays and help fill the gap between in 

vivo and in vitro conditions, serving as an excellent platform for drug testing. With the 

incorporation of appropriate model tissues, both physiological and pathological conditions can 

be studied thoroughly for better clinical treatments. 
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Figure Captions 

Fig. 1: Design of the multi-organ-on-a-chip with a MEA, by assuming the measurement of 

electrophysiological activities of cardiac tissues. (a) Schematic zoomed-in view of the device, 

showing a structure with three PDMS layers bonded to a glass substrate, from top to bottom: a 

perfusion layer, an MEA layer, and a control layer. (b) Schematic of the side view of the device. 

The parylene-C insulating layer for the MEA is indicated in green. The inset shows a 

microvalve in normally open “push-up” configuration. (c) Photomask design of three-layers 

structure and its realistic top view. The microchannels and two cell culture chambers and the 

sample inlet/outlet holes in the perfusion layer are indicated in blue, whereas the control channel 

and the pressure inlet hole in the control layer is indicated in green. The peristaltic micropump 

consisting of three chambers arranged at 500 μm intervals is located between two cell-culture 

chambers. The MEA and the reference electrode are indicated in orange. 1) Heart cell chamber, 

2) Liver cell chamber, 3) MEA, and 4) Micropump. (d) Image of the device and close-up views 

of the heart cell chamber and microvalve. The rounded profile makes the (air-filled) flow 

channel appear darker than the control channel with a rectangular cross-section in the 

brightfield micrograph. 

 

Fig. 2: Electrode layout and relevant dimensions of the MEA. 

 

Fig. 3: Finite element analysis of the 200×200 μm2 square PDMS membrane deformation. (a) 

Simulated cross-sectional profile of the deformed PDMS membrane having a thickness of 20 

μm; the applied pressure ranges from 5 to 65 kPa with a step of 15 kPa. (b) Design of the 

microvalve formed by the flow channel crossing control channel and 3D profile of the PDMS 

membrane deformed at a pressure of 57 kPa to seal the follow channel with a height of 45 μm, 

considering a contact analysis of the PDMS membrane deformation in the flow channel. The 

red line on the flow channel represents the simulated profile under a pressure of 65 kPa, in Fig. 

3a. (c) Simulated 3D profiles of deformed PDMS membrane contacting the flow channel. 

 

Fig. 4: Schematic of the microfabrication of the device. (a) Fabrication process of the device. 

Perfusion layer: (p-1) Standard lithography for the cell culture chambers. (p-2) UV exposure 

with DMD-based grayscale lithography for the fluidic channel. (p-3) Development. (p-4) 
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PDMS casting and cutting partially at the cut line to accommodate the contact pads of MEA. 

MEA layer: (m-1) Patterning Au electrodes and sandwiching parylene-C layer. (m-2) Spin-

coating the PDMS film. Control layer: (c-1) Standard lithography for the control channel. (c-2) 

PDMS casting. After the MEA and control layer fabrication: (m/c-1) Bonding two layers with 

uncured PDMS adhesive and peeling off from the Si substrate. (m/c-2) O2 plasma etching for 

opening the electrode site and parylene-C removal except for the MEA components. Finally, 

this structure is bonded to the perfusion layer, followed by the glass substrate, using uncured 

PDMS adhesive (in p/m/c/glass). (b) Cross-section view of the MEA layer fabrication process 

in detail. (m-1a) Parylene-C deposition. (m-1b) Positive photoresist patterning. (m-1c) O2 

plasma etching for the electrode sites. (m-1d) Au deposition. (m-1e) Patterning the Au film for 

MEA. (m-1f) Parylene-C deposition. (c) Cross-section view of the bonded MEA and detailed 

control layer fabrication process. (m/c-2a) Removal of Si carrier substrate. (m/c-2b) O2 plasma 

etching for opening the electrode site. (m/c-2c) O2 plasma etching of parylene-C in the small 

gap formed by the bulk-PDMS mask. (m/c-2d) Mechanical removal of parylene-C for the MEA 

components. 

 

Fig. 5: Schematic illustration for sequence of the micropump actuation units from top view 

and actuation time intervals for each solenoid valve. 

 

Fig. 6: Measured volumetric flow rates of the cell-culture medium in the device operated using 

the integrated micropump. (a) Pressure-dependent actuation at a frequency of 1.5 Hz. (b) 

Frequency-dependent actuation at an applied pressure of 150 kPa. 

 

Fig. 7: Comparison between the stylus measurement and the target profile. 

 

Fig. 8: Impedance magnitude (a) and phase (b) spectra of electrode sites with different 

diameters in a PBS solution. The inset shows the image of the fabricated parylene-C-

sandwiched Au electrodes arranged in the form of a 3×6 array. The frontside of the electrodes 

is etched open under O2 plasma. 
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Table I: Summary of the process parameters optimized for the flow channel fabrication with 

DMD-based grayscale lithography. 

Process Parameter  
UV Exposure Maximum dose 2000 mJ/cm2 

Digital mask data 

 
Focal position 22.5 μm 

Development (at 21 °C) Time 550 s 
 

 

Table II: Measured impedance and phase values at 1 kHz of MEA electrodes. 

Diameter [μm] Impedance [kΩ] Phase [°] 
80 48.2 ± 6.44 −79.2 ± 2.32 
90 36.9 ± 5.54 −80.2 ± 1.98 

100 33.2 ± 6.03 −81.0 ± 0.84 
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Fig. 1. 

 

 

 

Fig. 2. 
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Fig. 3. 
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(b) 
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Fig. 4. 
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Fig. 5. 
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Fig. 6. 
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Fig. 7. 
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Fig. 8. 
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