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ABSTRACT 

Wearable electrochemical sensors are driven by the user-friendly capability of continuous 

monitoring of key biomarkers for diagnostic or therapeutic operations. Particularly, 

microneedle (MN)-based sensors can access the interstitial fluid (ISF) in the dermis layer of 

skin to carry out on-body transdermal detection of analytes. Interestingly, 3D-printing 

technology allows for rapid and versatile prototyping reaching micrometer resolution. Herein, 

for the first time, we explore 3D-printed hollow MN patches (1 mm height x 1 mm base with 

0.3 mm hole) which are modified with conductive inks to develop a potentiometric sensor for 

pH monitoring. First, the piercing capability of 3D-printed MN patches is demonstrated by 

using the parafilm model and their insertion in porcine skin. Subsequently, the hollow MNs are 

filled with conductive inks to engineer a set of microelectrodes. Thereafter, the working and 

reference electrodes are properly modified with polyaniline and polyvinyl butyral, respectively, 

toward a highly stable potentiometric cell. A full in vitro characterization is performed within a 

broad range of pH (i.e. pH 4 to pH 9). Besides, the MN sensor is analytically assessed in 

phantom gel and pierced on porcine skin to evaluate the resilience of the MN sensor. Finally, 

the MN sensor is pierced on the forearm of a subject and tested for its on-body monitoring 

capability. Overall, 3D-printed MN-based potentiometric sensing brings a versatile and 

affordable technology to minimally-invasively monitor key physiological parameters in the 

body. 

KEYWORDS. Microneedle-based potentiometric sensor, pH sensor, 3D-printing, hollow 

microneedle array, transdermal sensing, wearable electrochemical sensor 
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HIGHLIGHTS 

• A 3D-printed hollow microneedle array has been developed. 

• A hollow microneedle patch has been functionalized towards a miniaturized pH 

sensor. 

• The full analytical characterization including in vitro (phantom gel) and ex vivo 

(porcine skin) tests has been provided. 

• The pH monitoring of interstitial fluid has been demonstrated on a subject’s forearm. 

 

1. Introduction 

Today, wearable gadgets allow for the digitalization of a broad range of parameters from the 

human body or the environment. Indeed, commercial wearable devices are mainly focused on 

the monitoring of physical parameters such as position, heart rate, and movement [1,2]. Still, 

the holy grail is the democratization of biochemical monitoring by providing biosensing 

capabilities to wearable platforms. Fortunately, research efforts are being performed to bring 

wearable biosensors for the detection and monitoring of key analytes in non-invasive matrices 

[3] such as sweat [4], interstitial fluid (ISF) [5], or tears [6]. These wearable devices along with 

the use of artificial intelligence (AI) will empower the next generation of personalized clinical 

decision support systems that will enhance patient treatment and potentially prevent and 

predict disease emergence in the human body [7]. The age of digital health intervention will 

facilitate physicians’ decision-making processes or even provide closed-loop systems 

consisting of sensing and delivery for self-sufficient disease management [8].    

Wearable electrochemical sensors are widely used in wearable biosensing as they are the 

ideal transducer from the biochemical domain to the digital domain which can subsequently 

be directly integrated into proper data treatment and AI capabilities [9]. Besides, 

electrochemical sensors are excellent candidates as they are low-cost and can be produced 

at a mass scale [10]. However, in contrast with optical sensors in which a colorimetric reaction 

enables the analytical readout, electrochemical sensors need a power source to launch the 

analysis. Particularly, electrochemical sensors that use voltammetry techniques such as 

chronoamperometry [11] or square-wave voltammetry [12] for the detection of biomolecules 

might consume a high amount of power during continuous monitoring which hinders the 

lifetime of the battery in a miniaturized wearable device. For this reason, potentiometry as a 

passive electrochemical technique can play a role in wearable biosensing due to its low-power 

consumption [13,14]. Ultimately, the rise of energy harvesting systems integrated with 

electrochemical sensors can facilitate the next generation of wearable self-powered 

electrochemical devices which can autonomously gather biochemical information from our 

bodies without the need for exchanging batteries [15].  
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Wearable microneedle(MN)-based electrochemical sensors are bringing a new paradigm in 

continuous transdermal biomonitoring of biomarkers [5]. The monitoring of key analytes in ISF 

provides several advantages in biosensing: (i) it avoids the use of painful methods for blood 

extraction; (ii) it provides equivalent values of the target analytes from blood; (iii) the ISF matrix 

is less complex in terms of composition than blood; and (iv) it offers high body availability 

[16,17]. Different configurations can be utilized to reach the ISF for proper analysis: (i) the MN 

array being the sensor [18]; the sensor or electrode is embedded inside a hollow microneedle 

(HMN) [19], or (iii) a HMN array is used for the extraction of ISF toward the electrochemical 

sensor for the analysis [20].  

MN-based electrochemical sensors have been mainly designed for their use under 

voltammetric configuration for the detection of drugs [21], glucose, lactate and ethanol [18]. In 

contrast, MN potentiometric sensors have been scarcely developed, although showing 

advantages such as being area-independent and low-power consumption. Potentiometric 

sensors based on solid MNs have been engineered to monitor pH [22], β‑lactam antibiotics 

using pH change as an indirect indicator of the target [23], and potassium [24]. Some authors 

reported the use of needle-based potentiometric sensors (i.e. a multiplexed array of electrodes 

embedded in the tip of a regular hypodermic needle) enabling the detection of sodium and 

potassium in ISF [25] or a pH sensor for real-time detection of pH in mice cerebrospinal fluid 

[26] or rat brain [27]. However, the needles used cannot be considered as a MN sensing patch 

due to the size and shape of the devices which usually employ a functionalized regular 

hypodermic needle. Therefore, this kind of arrangement cannot be considered a MN type 

sensor. 

pH has been a highly relevant biomarker for monitoring health status as its alteration 

influences many biological processes [28]. For example, pH has shown relevance as a 

biomarker in extracellular fluid for the detection of breast cancer [29], in exhaled breath for 

chronic obstructive pulmonary disease [30], or in ISF for diabetes mellitus regulation [31]. 

Importantly, pH has also been reported as a biomarker for the control and monitoring of wound 

healing [32,33]. In this direction, innovative wound dressings with pH sensing capabilities allow 

for continuous monitoring of the wound status which enables optimal wound care and avoids 

chronic wounds in hospitalized patients [34]. Advanced wearable sensors have been designed 

as bandages and patches that incorporate flexible potentiometric sensors as a reliable and 

simple technique for pH monitoring [35]. Moreover, a MN-based platform has been also 

reported for the mapping of peripheral artery disease by coating polyaniline (PANI) on the 

metallic MN array as a selective layer for pH sensing [22]. In contrast, our work embeds the 

pH sensor inside 3D-printed MNs to protect the sensor from the mechanical force exerted 

during the insertion, avoiding any potential damage to the electrode. Importantly, MN-based 



4 
 

pH sensors can also offer advantages in wound monitoring due to the irregularity of wounds 

which MNs can overcome by monitoring the pH at a certain depth and not only in the outer 

layer of the wound as regular dressings. 

Herein, we present for the first time a 3D-printed HMN array as a wearable platform to develop 

miniaturized potentiometric sensors for the continuous monitoring of pH in ISF (Fig. 1). A 

highly versatile 3D-printing technique based on low-force stereolithography is employed to 

fabricate HMN arrays with MNs of 1mm height x 1 mm base with 0.3mm hole (Fig. 1A). 

Subsequently, MN arrays are functionalized with conductive materials to confer the pH sensing 

capability. Importantly, the 3D-printed MN arrays can pierce the skin which is evaluated by 

means of the parafilm test and porcine skin. To convert the MN array into a potentiometric 

sensor, the holes on the MNs are first filled with conductive pastes, and thereafter, PANI is 

used as the pH-sensitive layer. The embodiment of the electrodes inside the HMN is 

paramount to avoid damaging the electrode during the insertion in the skin (Fig. 1B). A full 

analytical characterization of the MN pH sensor is performed making emphasis on the 

reversibility to probe the ability of the MN sensor to monitor fluctuations. Besides, the analytical 

performance is assessed: (i) in vitro using a phantom gel mimicking different pHs, (ii) ex vivo 

by piercing the MN sensor in porcine skin to demonstrate the mechanical robustness, and last 

but not least, (iii) on-body by piercing the MN sensor on the forearm of a subject to monitor 

the ISF pH in real-time. Overall, the use of wearable 3D-printed platforms along with 

potentiometric sensors will provide an advent in the manufacturing of versatile MN patches of 

different shapes that will encourage the innovative development of wearable devices to detect 

and monitor a wide range of biomarkers relevant to personalized medicine (Fig. 1C). 
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Fig. 1. Wearable 3D-printed microneedle-based potentiometric pH sensor. A) Fabrication of 

the 3D-printed hollow microneedle (HMN) array. B) Functionalization of the HMN array into a 

MN-based potentiometric sensor for pH monitoring showing the backside (left image) and 

frontside (right image) of the MN sensor. C) Concept of the MN-based pH sensor pierced on 

the forearm of a subject for the transdermal monitoring of pH and full connectivity to healthcare 

service. 

 

2. Experimental section 

2.1. Development of the MN potentiometric sensor 

Hollow 3D-printed MN arrays (HMN) were designed as the platform to construct the 

potentiometric sensor (Fig. 1). Low-force stereolithography was utilized for the printing of the 

HMN as a 3D-printing technique that exhibits the highest resolution (25 µm) enabling the 

production of sharp HMNs (Fig. 1A). This form of rapid prototyping uses a focused laser to 

polymerize photo-curable resins. By moving up the z-axis, layers are cured and stacked to form 

objects with arbitrary geometry. This method provides excellent accuracy and reproducibility. 

Apart from the fabrication of MNs devices [36,37], 3D-printing has been used for the construction 

of electronics and electrochemical sensors [38,39], depicting the high versatility of this technique 

in several fields. Fig. 2A and 2B depict scanning electron microscopy images of the 3D-printed 

HMN array and a HMN, respectively. Interestingly, 3D printing offers high versatility allowing fast 

prototyping of different MN patches with conformable shapes (Fig. S1). Detailed information on 
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the evaluation of the piercing capability of the 3D-printed MN is described in the supplementary 

material. Besides, information on the fabrication and optimal parameters for the printing of the 

HMN array, as well as the materials and methods for their characterization are described in the 

supplementary material. 

Once the HMN patch is printed, cured, and thoroughly rinsed with ethanol and water to remove 

any residues, half of the HMN array (10 MNs) was filled with a conductive paste (i.e. 50/50% 

graphite and paraffin oil) for the working electrode (Fig. 1B and Fig. S2A) and the other half of 

the HMN array (10 MNs) was filled with commercial Ag/AgCl paste (Fig. 1B and Fig. S2B). 

Once the hole of each MN is filled by using a spatula (Fig. S2C), the excess of the corresponding 

pastes was carefully removed from the hole using a scalpel following the angle of the MN (Fig. 
S2D). This is a critical step to avoid any paste above the MN as the polymeric material of the 

MN needs to protect the electrode. It is necessary to mention that the manufacturing of the MN 

sensor is currently performed manually. This is the reason for using a MN array that minimizes 

potential errors in a single MN electrode produced during manufacturing. Fortunately, the 

employment of a potentiometric sensing approach in which the analytical response does not 

depend on the area of the electrode minimizes the potential irreproducibility of the manual 

method. Still, the scalability of the production and functionalization of the MN array needs to be 

addressed in future work. Thereafter, Ag/AgCl paste was cured at 80 °C for 30 min in an oven. 

Electrical contacts were established using stainless steel wires connected at the backside of 

each of the conductive pastes to realize the working and reference electrode (Fig. S2E). Finally, 

the patch is placed on a PET substrate with the electrical contacts faced down and glued with 

silicon glue to cover the backside and secure robust electrical contacts that can withstand 

mechanical force during the piercing action (Fig. 1B). Interestingly, the HMN array consisting of 

25 HMNs can be also divided into multiple electrodes. In this work, we first divide the whole 

HMN array into two electrodes, and later into 8 electrodes. This latter configuration can provide 

future multiplexing capability to the MN sensor for the monitoring of multiple analytes by only the 

modification of each of the working electrodes.  

To develop the MN potentiometric sensor for pH monitoring, the MN-based electrodes were 

functionalized by electrodeposition of PANI. Hence, cyclic voltammetry from -0.2 V to 1.2 V at 

a scan rate of 100 mV s-1 (12 scans) in a solution of 0.1 M aniline and 1 M HCl was used for 

the electrodeposition of the PANI on the working electrode. The same procedure was repeated 

twice to generate a homogenous PANI layer. Subsequently, the MN sensor is rinsed with 

double-distilled water and stored overnight before use. 

2.2. In vitro analytical characterization of the MN sensor 
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The analytical performance of the MN sensor was assessed by measuring the open circuit 

potential (OCP) between the reference electrode and the PANI-functionalized working electrode 

on the same MN platform. A set of Britton-Robinson buffer (BR) solutions from pH 4 to pH 10 

was utilized to run all the experiments (e.g. calibration curve, repeatability, stability, reversibility). 

The electrochemical evaluation of the MN sensor was subsequently performed by drop-casting 

100 µL of BR on the MN patch. A selectivity study was performed by adding the corresponding 

amount of the interferent (i.e. glycine, tyrosine, phenylalanine, paracetamol, caffeine, ascorbic 

acid, and uric acid) into the corresponding pH solution. The oxygen interference was performed 

by removing the dissolved oxygen from the solution using argon flow for 5 min in the solution. 

The temperature study was carried out by using a temperature-controlled bath. The biofouling 

study was accomplished by adding 20.6 g L-1 of bovine serum albumin (BSA) as the average 

protein amount in ISF [40] on the BR solution. 

A phantom gel mimicking skin test was carried out by using a hydrogel based on agarose (1.5 

wt%) following a similar procedure found in the literature [21]. Briefly, the hydrogel was prepared 

by dissolving 150 mg of agarose in 10 mL of BR and stirring at 120 °C until a clear solution was 

obtained. Thereafter, the solution is poured into a glass Petri dish and allowed to solidify. After 

cooling down, the hydrogel is cut into pieces, immersed in different pH solutions, and let 

overnight to equilibrate. The potentiometric test was executed by piercing each hydrogel 

prepared with the suitable pH in the MN sensor. 

2.3. Ex vivo analytical characterization of the MN sensor 

Porcine skin was utilized to evaluate the mechanical resilience of the MN sensor and the 

robustness of the electrodes to withstand skin penetration. The ex vivo test consisted of inserting 

the MN sensor in the porcine skin by a simple application of thumb pressure with the MN tips 

piercing the skin (information about the skin preparation is described in the supplementary 

material), removing, and subsequently performing a calibration curve in solution. The 

comparison between a pre- and post-calibration curve exhibits the potential effects on the 

analytical performance of the MN sensor after the piercing action. 

2.4. On-body test 

The on-body test consists of applying the MN sensor on the forearm of a subject. This test is 

essential to show the feasibility of the MN sensor reaching the ISF and monitoring its pH. In this 

case, a 34-year-old male participant (i.e. weight of 73 kg and height of 1.89 m) was selected. 

First, the forearm area of the subject is rinsed with ethanol to remove remaining residues from 

sweat (e.g. fatty acids, electrolytes) that might be deposited on the skin and can interfere with 

the attachment of the MN patch, and dried with paper tissue. Subsequently, the MN patch is 

pushed towards the skin by the thumb to pierce the skin, and fixed with medical-grade tape 
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(Leukoplast, Essity, Sweden) to maintain the MN patch inserted in the skin. Proper adhesion of 

the patch with medical-grade tape is essential after piercing the skin to avoid detachment of the 

MN sensor. It is essential to mention that the MN patch has been thoroughly rinsed with buffer 

solution during the characterization steps and no chemical residue should remain on the 

polymeric MNs (e.g. uncured resin). After piercing and attaching the MN sensor, the device is 

ready to gather analytical data. The potentiometric readout is stabilized after ca. 2.5 min after 

the insertion and the predicted pH values from the ISF are calculated based on a previous off-

body calibration curve that considers the temperature influence (i.e. calibration curve obtained 

at 32.5 °C). Finally, the MN sensor is removed after the test and the skin is monitored to evaluate 

potential effects on the skin. 

 

3. Results and discussion 

3.1. Design and piercing capability of the 3D-printed HMN array 

Recently, huge interest has been raised in employing rapid prototyping techniques such as 3D 

printing to manufacture HMNs for biomedical applications [36]. In this direction, a comparison 

between different 3D-printing techniques based on digital light processing showed 

stereolithography as one of the methods for optimal HMNs with piercing capabilities [41]. 

However, most of the efforts have been focused on MNs for drug delivery [42]. In this article, 

3D-printed HMNs are first characterized to enable a wearable platform suitable to pierce the 

skin and allow ISF sensing purposes (Fig. 2A and 2B). The dimensions of the CAD model are 

12 X 12 mm baseplate with 5 X 5 HMNs with a pitch of 2 mm between HMNs (Fig. S3). The 

size of each HMN is 1 X 1 mm (height x HMN base) and a tip of 100 µm with a hole of 300 µm 

diameter at one side of the MN (Fig. S3). Fig. S4A and S4B show optical images of the 3D-

printed HMNs at front and side views, respectively. The sharpness of the 3D-printed MNs is 

compromised by the resolution of the 3D-printing technique, but having the advantage of being 

a rapid prototyping method. Although it exists some deviation from the CAD original model 

(i.e. height 10%, width 2%, tip 3.5%, and hole 1.8% N=3) (Table S1), the external dimensions 

of the HMNs show excellent performance of the 3D-printing method. 

First, the mechanical robustness of the 3D-printed HMNs was evaluated in compression mode 

by applying 40 N for 30 s by using a texture analyzer constructed in-house (Fig. S5A and 

S5B) (detailed information in the supplementary material). The aforementioned parameters 

are an efficient method to evaluate MN failure as typical forces of less than 40 N are exerted 

during pressing with the thumb [43,44]. No apparent deformation was observed by optical 

microscopy on the MNs after the applied force (i.e. before mechanical test height of 1055.5 ± 

21.0 µm and a tip of 92.1 ± 9.5 µm (N=4) and after mechanical test height of 1041.8 ± 13.2 
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µm and a tip of 78.4 ± 5.4 µm) (N=4). Besides, the parafilm holes after the test exhibited a 

diameter of 947.5 ± 35.9 µm (N=4) which is aligned with the diameter of the HMN at the base 

(ca. 1000 µm) (Fig. S5C-S5F). The insertion capability of the HMN array was subsequently 

evaluated by the well-established parafilm test [43] and the porcine skin test [20]. The parafilm 

test was executed by pressing the 3D-printed MNs patch onto the parafilm layers (8 X 127 

μm) through a simple application of thumb pressure with the MN tips piercing through the film 

layers (Fig. 2C). Thereafter, the HMN patch is removed (Fig. S6A), and the holes in each 

layer are numbered and accounted for the penetration depth (Fig. S6B). Fig. 2D displays that 

84.0 ± 10.6 % of the HMNs were able to penetrate up to 381 μm (three parafilm layers), 

meaning that the HMNs should be able to pierce the epidermis (ca. 120 μm thick) and reach 

the ISF in the dermis layer [45]. No apparent deformation of the HMNs was observed after the 

test (Fig. S6C). Similar insertion behavior was obtained with optimal 3D-printed MNs when 

applying a force of 32 N [41]. To evaluate the piercing capability in porcine skin (500 ± 100 μm 

of thickness), a similar procedure was applied with the application of thumb pressure with the 

MN tips piercing through the epidermis layer of the skin (N=3) (Fig. S7A and S7B). Fig. 2E 

and Fig. S7C depict the pierced skin patch after the removal of the HMN patch in three 

different patches. HMNs successfully penetrated the porcine skin (97.3 ± 4.6 %) and even 

penetrate the parafilm layer below (82.7 ± 6.1 %) (Fig. 2F). Therefore, the 3D-printed HMNs 

demonstrate the capability of piercing skin and their potential use as a wearable platform for 

electrochemical sensing. 
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Fig. 2. Evaluation of the piercing capability of the 3D-printed MN array. A) SEM image of the 

HMN array. Scale 1 mm. B) SEM image of a HMN. Scale 500 µm. C) Parafilm test consisting 

of 8 stacked layers of the film and the application of the MN patch towards the film by applying 

force with the thumb finger. D) Penetration depth of the MN patch calculated from the holes 

created on the parafilm layers (1 parafilm layer = 127 µm). E) Image of porcine skin after the 

insertion with the MN patch. F) Penetration of the MN array on the skin and the parafilm layer 

below the skin. 

3.2. Analytical characterization of the MN potentiometric sensor 

Here, we report for the first time the development of a 3D-printed HMN-based potentiometric 

sensor. The beauty of potentiometry is that it employs a two-electrode system that can monitor 

the difference in OCP raised between the working (which change the OCP according to the 

analyte of interest) and the reference electrode (which keeps a constant voltage) [13]. Hence, 

the modification of the holes of the 3D-printed HMN patch with conductive materials is 

essential to first produce a working (WE) and (pseudo)reference electrode (RE). Hence, 

graphite-based paste and Ag/AgCl paste were used to fill half of the MN holes to obtain a HMN 

patch in which half of the patch worked as a RE and the other half as a WE (Fig. S2). Fig. 
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S4C and Fig. S4E display the images of the WE and RE, respectively. To confer selectivity to 

the WE toward pH monitoring, the electrodeposition of PANI was executed by cyclic 

voltammetry with 0.1 M aniline solution in acidic media (1M HCl) [46]. PANI is a conductive 

polymer whose ability to monitor protons is based on the transition between emeraldine salt 

to emeraldine base [47]. Fig. S8A-C displays the electrodeposition setup and the 

corresponding cyclic voltammograms. Fig. S4D shows an optical image of a homogenous 

layer of electrodeposited PANI on the functionalized WE. SEM characterization was also 

performed to deeply visualize the PANI nanotube formation on the WE (Fig. S9A-C). 

Moreover, the RE was also modified with a polyvinyl butyral (PVB) layer to enhance its stability 

and avoid voltage fluctuations from changes in the biofluid composition (Fig. S4F). A layer is 

created on top of the RE (Fig. S10) which maintains a constant concentration of chloride ions 

at the interface of the Ag/AgCl electrode while performing as a bridge between the electrolyte 

inside the membrane and the sample [24].  

First, the analytical performance of each electrode was separately evaluated. The MN working 

electrode and MN reference electrode were interrogated against a glass reference electrode 

upon changes in the pH of the solution. Fig. S11A exhibits the time traces of three consecutive 

calibration curves on the WE from pH 10 to pH 4, with its corresponding average calibration 

curve (Fig. S11B) presenting a near-Nernstian behavior (i.e. 56.1 ± 0.5 mV pH-1) within a linear 

range from pH 9 to pH 5. Moreover, the stability of the WE was evaluated at pH 6 showing 1.4 

mV h-1 drift over 9 h (Fig. S11C). The performance of the RE was evaluated in Fig. S12A by 

changing the pH of the solutions. In this case, two conditions were assessed: (i) only with the 

Ag/AgCl paste; and (ii) with PVB coated RE. Fig. S12B shows improved performance of the 

PVB coated RE (i.e. slope of -0.45 mV pH-1 against -0.68 mV pH-1). Besides, the PVB-coated 

RE exhibited a drift of 1.1 mV h-1 (Fig. S12C). Hence, PVB-coated RE was used for its 

integration with the WE toward a complete electrochemical cell. 

Once the MN potentiometric sensor is built (Fig. 3A), the potentiometric response of the MN 

sensor was assessed by changing the pH of the buffer solutions on the MN patch. The time 

of response of the MN sensor was 50 s to reach 90% of the change in OCP (Fig. 3B). The 

analytical response was evaluated by changing the buffer solution from pH 10 to pH 4. Fig. 
3C shows the overlapped time traces from three consecutive calibration curves with the 

corresponding calibration curve in Fig. 3D (N=3). The MN pH sensor exhibited a linear 

relationship (y=-0.059x+0.419, R2=0.99) between pH 9 to pH 5 which fits within the indicator 

range for wound healing [32,33]. The ability to detect fluctuations in pH is essential for 

continuous monitoring of the wound status or other medical conditions. For this reason, a 

reversibility test was performed from pH 9 to pH 5 for 5 cycles (Fig. 3E). An outstanding 

performance was obtained showing a highly reproducible slope of -67.2 ± 1.0 mV pH-1 and an 



12 
 

intercept of 489.2 ± 10.1 mV (N=10) (Fig. 3F). Operational stability is a key issue when using 

a wearable device for continuous monitoring. In this sense, long-term monitoring was 

evaluated at pH 4.7 and pH 5.9 showing a drift of -0.75 mV h-1 during 9 h and 0.59 mV h-1 

during 17 h, respectively. Although the stability test was performed using a 200 µL drop in an 

enclosed environment, the evaporation led to an OCP change in the pH of the drop which can 

be seen when the OCP was back into the initial values after adding fresh solution (Fig. S13).  

The selectivity of the MN pH sensor was assessed by adding regular biomolecules 

encountered in biofluids (200 µM glycine, 200 µM tyrosine, 200 µM phenylalanine, 50 µM 

ascorbic acid, and 200 µM uric acid) as well as exogenous molecules that can be ingested 

during daily activities (i.e. 50 µM paracetamol, 50 µM caffeine) during a potentiometric 

measurement in pH 6 (Fig. 3G). Constant OCP values were observed after the addition of each 

interference, thus demonstrating the suitability of the PANI-based layer to monitor pH in biofluids. 

Temperature is a factor to consider when designing skin patches as it can influence the 

electrochemical response as determined by the Nernst equation [13]. Hence, the pH response 

was evaluated at 21.5 °C and 32.5 °C which is the average temperature of the skin [48]. Fig. 
3H and 3I show the time trace and calibration curve at these temperatures. The linear 

relationships deviate according to the temperature displaying a slope T21.5°C of -61.0 mV pH-1 

with an intercept of 467.2 mV and a slope T32.5°C of -66.2 mV pH-1 with an intercept of 487.9 

mV. Albeit the differences are narrow, it is essential to consider this factor when dealing with 

an on-body test, as typically the calibration curve of the sensor is performed out of the body 

at room temperature and the on-body test is executed at skin temperature (Fig. 3J). Therefore, 

a correction factor needs to be applied to increase the accuracy of the monitoring system. The 

analytical performance of the MN sensor in anaerobic and aerobic conditions was also 

evaluated. Therefore, the potentiometric response was recorded under environmental 

conditions and by pumping argon into the solution for 5 min to remove oxygen (Fig. 3K). See 

in the plot small shifts at each pH solution because the OCP recording was stopped during 

the time in which oxygen is removed. When comparing the calibration curves (Fig. 3L), almost 

all data points overlapped showing no influence from the oxygen (i.e. aerobic conditions 

displayed a slope of -67.6 mV pH-1 and an intercept of 504 mV and anaerobic conditions a 

slope of -67.5 mV pH-1 and an intercept of 510 mV).  

Polyaniline as an organic conducting polymer has proven to overcome biofouling issues [49]. 

Hence, the biofouling on the MN sensor was assessed by performing a reversibility test from 

pH 8 to pH 5 (Fig. 3M) with and without 20.6 g L-1 of BSA in pH solutions. This amount of 

albumin is selected as the total protein in ISF [40]. Fig. 3N displays the corresponding 

calibration curves with and without albumin in solution showing only a deviation of 2.3% on 
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the slope and of 3.0% on the intercept, meaning a negligible effect of the protein adsorption 

on the PANI electrode. It is worth mentioning that PANI has demonstrated biocompatibility, 

and more importantly, PANI does not induce any sensitization and skin irritation which makes 

it an excellent candidate for wearable devices [50], explaining why PANI has been successfully 

used in many biomedical applications [51]. Besides, several sterilization processes have been 

shown to keep the properties of PANI [52], which is essential for the use of the MN pH sensor 

as a potential medical device. Last but not least, integration with a portable and wireless OCP 

reader is necessary for the full wearability of the device. Fig. S14A depicts an image of a 

portable reader connected to the MN pH sensor. The OCP output of the portable reader was 

compared with a benchtop potentiostat upon changes in pH (Fig. S14B). Both devices 

exhibited similar OCP values leading to a linear range between pH 8 to pH 4 with only a 

deviation of 6.7% on the slope and of 4.1% on the intercept (Fig. S14C). Thus, the wireless 

reader shows promises to be used for wearable purposes. 
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Fig. 3. Analytical performance of the MN-based potentiometric pH sensor. A) Image of the MN 

pH sensor. B) Time of response upon a change in the pH of the solution. B) Potentiometric 

traces upon increasing pH of three consecutive assays using the same MN pH sensor, and C) 

corresponding calibration curves from pH 10 to pH 4 (N=3). E) Reversibility test upon 

increasing and decreasing pH solutions from pH 9 to pH 5 during 5 cycles, and F) 

corresponding calibration curves (N=10). G) Selectivity test consisting of adding each of the 

interferents into a pH 6 solution: 200 µM glycine, 200 µM tyrosine, 200 µM phenylalanine, 50 

µM paracetamol, 50 µM caffeine, 50 µM ascorbic acid, and 200 µM uric acid. H) Temperature 

effect on the potentiometric response, I) corresponding calibration curves at 21.5 °C and 32.5 

°C, and J) temperature effect upon increasing and decreasing temperatures from room 

temperature to skin temperature in pH 6. K) Effect of the oxygen present in the potentiometric 

response, and L) corresponding calibration curve with and without oxygen. The removal of the 

oxygen was executed by pumping argon into the solution. M) Evaluation of the biofouling on 

the MN pH sensor by adding albumin (20.6 g L-1) in the pH solution, and N) corresponding 

calibration curve obtained from the reversibility test with high protein content in the pH solution. 

3.3. In vitro characterization in skin-mimicking phantom gel 

The use of skin-mimicking phantom gel is a widely used test to characterize the ability of the 

MN sensors to pierce and maintain the analytical properties [21]. Hence, a hydrogel with 

agarose at 1.5% in BR solution was prepared and let to equilibrate in each pH solution to build 

a set of hydrogels from pH 10 to pH 4. During the test, the MN pH sensor was pierced on the 

hydrogel at the suitable pH (Fig. 4A), and subsequently, the OCP was recorded for ca. 50 s 

(Fig. 4B). The calibration curves were performed first in buffer solution followed by two 

consecutive curves using the hydrogel approach to assess the analytical performance in the 

phantom gel. Fig. 4C displays similar potentiometric responses obtained in the solution and 

the phantom gel. The corresponding calibration curves exhibited a slope of 67.7 ± 2.3 mV pH-

1 with an intercept of 574.5 ± 21.1 mV within linearity between pH 8 to pH 4 (Fig. 4D). The 

reversibility test using phantom gel was also evaluated. Fig. 4E shows the results between 

increasing and decreasing pH values (i.e. pH 8 to pH 5) obtained by changing the phantom 

gels. The corresponding calibration curve is represented in the calibration plot (i.e. slope of 

66.7 ± 4.1 mV pH-1 with an intercept of 595.4 ± 17.1 mV) (Fig. 4F) that depicts the reversibility 

of the pH monitoring. It is worth mentioning that an increment in the deviation of the potential 

was observed in basic pH (i.e. pH 8). It is suggested that the agarose gel might influence the 

limit of detection of the MN sensor and hinder the monitoring of low proton concentration in 

comparison to the reversibility test in Fig. 3E in which excellent repeatability at basic pHs was 

obtained. Another reason might be that the MN sensor response is hindered when the MN 

electrode is pierced. For this reason, the next step is to evaluate the influence of the piercing 
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action on the porcine skin (i.e. ex vivo test). Overall, the MN pH sensor demonstrates favorable 

behavior when dealing with skin-mimicking gels, and thus, promising results for on-body 

monitoring. 

 

 

Fig. 4. In vitro analytical characterization of the MN-based potentiometric pH sensor in the 

phantom gel. A) Image of the phantom gel based on agarose pierced on the MN pH sensor. 

B) Setup of the solid-state potentiometric measurement by using phantom gels at different 

pHs. C) Potentiometric response of the MN pH sensor in buffer and inserted in the phantom 

gel (twice), and D) corresponding calibration curve. E) Potentiometric response of the 

reversibility test by exchanging hydrogels with different pHs, and F) corresponding calibration 

curve. 

Another valuable feature of MN sensors is the ability to multiplex. In this way, a patch with 

multiple MNs can be functionalized separately to realize several sensors in the same MN 

patch. In this setup, the 3D-printed MN patch that worked as a potentiometric sensor was 

divided into four electrochemical cells with only two MNs as WE and two MNs as RE in each 

cell (Fig. S15A). The preparation of the MN sensors consisted of filling the HMNs in four 

columns instead of using two columns as depicted in Fig. S2 and dividing accordingly to create 
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four independent pH sensors after the individual electrodeposition of PANI. Fig. S15B displays 

a reversibility test from pH 8 to pH 4, and the corresponding calibration curve in Fig. S15C 

exhibits a slope of -63.7 ± 0.8 mV pH-1 and an intercept of 499 ± 7.2 mV (N=8). Therefore, the 

calibration curves exhibited high reproducibility among the pH sensors obtained immediately 

after the functionalization.    

3.4. Evaluation of MN potentiometric sensor robustness with ex vivo test 

To proceed further in the evaluation of the potential of the 3D-printed MN pH sensor to be 

utilized in a real scenario, the mechanical resiliency of the MN pH sensor was assessed by an 

ex vivo test (Fig. 5A). The test consisted of interrogating the MN pH sensor in pH solutions 

before and after applying the piercing action to porcine skin (Fig. 5B). The ex vivo test was 

carried out on two different MN pH sensors. Fig. 5C and 5E display the potentiometric 

responses before and after the piercing action exhibiting similar analytical performance. 

Accordingly, Fig. 5D and 5F depict the calibration plots showing differences in the OCP at 

each pH solution before and after insertion in porcine skin between 14.6 to 1.9 % from pH 8 

to pH 4 for the MN pH sensor 1, and between 6.6 to 0.7 % from pH 8 to pH 4 for the MN pH 

sensor 2. These narrow deviations prove the resiliency of the MN sensor setup to mechanical 

insertion. MN pH sensor 1 showed a linear relationship from pH 4 to pH 8 and MN pH sensor 

2 from pH 4 to pH 7. It is worth mentioning that MN patch 2 previously showed a decrease in 

the performance at alkaline pH before and after the insertion, thus exhibiting no loss of 

performance due to the piercing activity. The robustness of the MN pH sensor relies on the 

embodiment of the pH electrode on the hole of the MN, meaning that the body of the MN 

performs the piercing action avoiding the surface of the PANI layer to be damaged. Moreover, 

the use of potentiometric sensors is highly advantageous in miniaturized sensing platforms 

such as MNs patches as the electrochemical response does not depend on the electrode’s 

area in contact with the solution. Hence, the analytical readout from the MN sensor can be 

even recorded when only one MN from the array reaches the solution. In a real scenario, the 

MN sensing patch is pierced in the skin, but even if some MNs from the array would not have 

successfully reached the ISF, the potentiometric readout would indicate the pH value of the 

ISF. In contrast, MN sensors based on voltammetric techniques, which readout is area-

dependent, need to assure a full insertion in the skin for accurate monitoring. 
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Fig. 5. Ex vivo analytical characterization of the MN-based potentiometric pH sensor in porcine 

skin. A) Image of the ex vivo test by pushing the MN pH sensor toward the skin. B) Image of 

the porcine skin after piercing with the MN pH sensor. C) and E) Potentiometric responses of 

the MN pH sensor before and after the insertion in the porcine skin using two different MN pH 

sensors, and D) and F) comparison of calibration curves before and after the ex vivo test of 

the two MN pH sensors. 

3.5. Assessment of the ability to continuously monitor pH in ISF: on-body test 

To validate the potential of the MN pH sensor to be used as a wearable device for transdermal 

pH monitoring, an on-body test was carried out by placing the MN pH sensor on the forearm 

of a volunteer (Fig. 6A). The on-body performance of the MN pH sensor was assessed by 

piercing the MN patch on the forearm and monitoring the OCP while the patch was inserted 

into the skin (Fig. 6B). The expected pH value obtained should be ca. pH 7.4 as the pH of the 

ISF is the same as for physiological pH [40]. A preliminary calibration from pH 8 to pH 6 was 

executed off-body. After 100 s from the insertion, the OCP readout was stabilized indicating 

that the ISF reached the MN pH sensor. According to the calibration, the OCP from the on-



18 
 

body test reveals a pH value of pH 7.56 ± 0.02 calculated from 300 to 500 s OCP in the plot. 

However, this prediction was performed by considering the off-body calibration curve executed 

at room temperature (i.e. 21.5 °C). To be more accurate in the pH monitoring, a temperature 

factor needs to be applied as the wearable MN patch is now placed in contact with the skin at 

ca. 32.5 °C. From our preliminary temperature characterization (Fig. 3H and 3I), temperature 

factors from the slope and intercept were calculated. Subsequently, these factors were applied 

to the off-body calibration curve and a new prediction was attained. Hence, a pH value of pH 

7.39 ± 0.01 from 300 to 500 s presented a closer value to the expected pH value of 7.4 in the 

ISF of a healthy subject. The errors from the expected potential value (in pH 7.4) were 7.04 % 

and 0.32 % without and with applying the temperature factor, respectively. Therefore, 

temperature correction is essential to improve the accuracy of pH monitoring in a future 

scenario. The future integration of a miniaturized temperature sensor is needed to assure 

suitable pH monitoring, particularly during an outdoor activity where the temperature of skin 

might be altered.  Last but not least, time-lapse images of the human subject’s forearm were 

taken after the removal of the MN patch (Fig. 6D). The images indicated that after 10 min 

almost no evidence of the MN pH sensor, thus demonstrating no skin irritation or inflammation 

in the applied area. The use of the biocompatible PANI along with commercially approved 

polymers widely used in biomedical devices, position 3D-printed MN sensors as promising 

tools for diagnostics and monitoring. Long-term tests and skin observation are depicted as 

prospects to further evaluate the suitability of the MN potentiometric sensors as wearable 

devices for continuous on-body monitoring of health status. 
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Fig. 6. On-body test. A) Image of the MN pH sensor pierced on the forearm of a subject. B) 

Potentiometric response of a preliminary calibration curve out of the body and subsequent on-

body analysis while the MN pH sensor is inserted in the forearm. C) Prediction of the interstitial 

fluid pH (transdermal pH monitoring) with and without temperature correction. D) Effect of the 

piercing of the MN pH sensor on the skin after removal of the MN patch at different times. 

RT=room temperature. 

 

4. Conclusions 

We have demonstrated, for the first time, the development of MN-based potentiometric 

sensors based on 3D-printed hollow microneedles. The 3D-printed HMNs were first evaluated 

for piercing capability. Thereafter, a novel strategy for the modification of the HMNs to realize 

a potentiometric cell with the prospect of multiplexing has been described. Importantly, a full 

analytical characterization in solution, in vitro employing skin-mimicking phantom gel, ex vivo 

using porcine skin, and finally, on-body by piercing in a human subject’s forearm proves the 

outstanding performance of the MN pH sensor. The temperature needs to be considered when 

using the MN devices in on-body tests as it plays an essential role in the OCP output. The MN 

pH sensor exhibited a Nernstian response within a wide linear range (i.e. pH 8 to pH 4) suitable 

for monitoring the pH of ISF as well as the pH during wound healing. The latter case offers 

advantages in terms of a wide clinical range minimizing the error from the potentiometric 

sensor in a highly relevant clinical issue. The potentiometric design can offer great advantages 

in MN sensors: (i) the response is independent of the area of the electrode, thus offering 

feasible miniaturization; connected to this property, (ii) a MN potentiometric array offers 

multiplexing capability while exhibiting the same analytical performance, and last but not least 

(iii) potentiometry is a low-power consumption technique which enables continuous monitoring 

at the same time that enlarges the lifetime of the device. Overall, future efforts will be devoted 

to the miniaturization of the 3D-printed MNs to facilitate the insertion behavior, the extension 

of the potentiometric approach to other analytes, and enlarging and assessing the long-term 

monitoring of analytes to enable a wearable device that will promote a radical shift from 

episodic to continuous healthcare. 
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