
 

 

 

 

 

 

 

 

3D PRINTING OF SOFT ELECTROMECHANICAL TRANSDUCERS AND 

THEIR APPLICATION IN DEVELOPMENT OF PATIENT-SPECIFIC 

ORGAN MODELS 
 

 

 

A DISSERTATION 

SUBMITTED TO THE FACULTY OF THE  

UNIVERSITY OF MINNESOTA 

BY 

 

 

 

Ghazaleh Haghiashtiani 

 

 

 

 

 

 

IN PARTIAL FULFILLMENT OF THE REQUIREMENTS 

FOR THE DEGREE OF  

DOCTOR OF PHILOSOPHY  

 

 

 

Adviser: Professor Michael C. McAlpine 

 

 

 

 

January 2020 

 

 

 

  



 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Ghazaleh Haghiashtiani, 2020 © 



 

i 

 

Acknowledgements 

 

“Gratitude is the memory of the heart.” 

         – Jean-Baptiste Massieu 

My heart has been filled with a load of memories over the past five years and I would 

like to take this opportunity to express my immense appreciation to the people who played 

a role in creating them. 

First and foremost, I would like to thank my adviser, Prof. Michael McAlpine for his 

guidance, patience, and the vast opportunities he entrusted me with. I would have not been 

where I am today if it was not for his support and encouragement during the past years. 

I would like to appreciate my examining committee, Prof. Rajesh Rajamani, Prof. 

Suhasa Kodandaramaiah, and Prof. Paul Iaizzo for the time they put in reviewing my 

dissertation and their insightful comments. 

I am also very grateful to all the current and past postdocs and my peer graduate 

students at the McAlpine research group. Indeed, their support and company made this 

journey a much pleasant one.  

I would like to express my appreciation to my academic and industrial collaborators 

and coauthors who I had the great opportunity of working with over the course of my PhD 

study: Dr. Kaiyan Qiu, Dr. Ed Habtour, Dr. Frank Gardea, Prof. Paul Iaizzo, Jorge Zhingre 

Sanchez, Dr. Priya Nair, and Dr. Sarah Ahlberg. 

 In addition, I would like to extend my gratitude to those who provided technical 

support or helpful suggestions during my experiments: Prof. S. J. Koester and S. K. 

Chaganti for assistance with dielectric characterizations, Dr. D. Giles from the UMN 



 

ii 

 

Polymer Characterization Facility for mechanical and rheological tests support, C. Frethem 

for assistance with SEM carried out in the UMN Characterization Facility, Visible Heart® 

Laboratories of UMN for providing the tissue samples, and Prof. S. Kodandaramaiah and 

L. Ghanbari for their assistance and allowing me to fabricate my test fixtures using their 

equipment. 

I would also like to acknowledge the funding support from the graduate school of the 

University of Minnesota (UMN 2017–18 Interdisciplinary Doctoral Fellowship and UMN 

2018–19 Doctoral Dissertation Fellowship). 

Finally, I would like to greatly thank my family and friends for their unconditional 

love, support, and motivation during my PhD journey. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 



 

iii 

 

Abstract 

 

The ability to mimic nature and biological systems has revolutionized various fields 

and has inspired a plethora of scientific discoveries to solve human problems. Medicine is 

among the areas that has vastly benefited from bio-inspired innovations, such as the gecko-

inspired adhesive and parasitic worm-inspired microneedle. Driven by the fact that medical 

errors are among the leading causes of death, several efforts have been focused to create 

phantoms that mimic the actual patients’ organ with the main purpose of enhancing 

preoperational planning and surgical outcomes, as well as reducing the risk of 

intraoperative errors and postoperative complications. 

Over the past decade, 3D printing technologies have played an important role in 

fabrication of patient-specific organ phantoms, however, despite being anatomically 

correct, these 3D printed organ models mostly lack the precise mimicry of the sense and 

mechanical properties of the biological tissue of interest. In addition, they lack advanced 

functionalities, such as tactile sensing, to provide quantitative feedback during organ 

handling which can be a valuable metric in different surgical interventions or for training 

purposes. 

This dissertation aims at addressing these two limitations by conducting an 

investigation at the intersection of soft biomimicking electroactive, and tissue-like material 

systems and electromechanical transducer design coupled with multi-material, extrusion-

based 3D printing process, for primary applications in development of smart, patient-

specific organ models. Specifically, the design and development of (i) a tunable silicone-

based material system with tissue-like mechanical properties compatible with direct ink 
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writing 3D printing process, (ii) soft electromechanical actuators and sensors based on the 

biomimicking hydrogel-elastomer hybrid material system, and (iii) coalescence of these 

concepts for fabrication of patient-specific organ models with integrated functionalities 

were presented. 

It is envisioned that these organ models can augment the current practices in a gamut 

of medical applications, including preoperative planning, clinical training, patient 

education, and development of next-generation medical devices with the end goal of 

enhancing surgical outcomes, reducing medical errors, and improving patient safety. In 

addition, on a long-term basis, the outcomes of this work could contribute to the 

incorporation of cell-seeded structures into the organ models, thus setting the stage for 

development of dynamic bionic organs. 
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1.1. Motivation and Objectives 

The use of anatomical models and simulators in medicine traces back to centuries ago 

when clay and stone models were utilized to replicate disease conditions (1, 2). Over the 

years, the emphasis on decreasing patient mortality, surgical complications and operation 

time – accompanied by increased surgical training outside of operating rooms – have driven 

the evolution of different techniques for surgical planning and training (3, 4). Despite these 

efforts, one recent study has suggested that “medical errors” lead to a mean death rate of 

more than 250,000 patients each year, which would result in a rank as the third most 

prominent cause of death in the United States after heart disease and cancer (5). Indeed, 

over 4,000 incidents of surgical “never events” (events that should never happen) are 

estimated to occur annually in the United States alone (6). Hence, effective clinical training 

and preoperative planning could play a vital role in mitigating these incidents. 

Conventionally, different imaging techniques, including computed tomography (CT) 

and magnetic resonance imaging (MRI) have been used to extract the required information 

regarding patients’ anatomical structure for diagnosis and preoperational planning. 

However, a precise recognition of orientation and dimension may be obscured in these 2D 

images, which increases the dependency on surgeon’s experience and skills, hence 

increasing the risk of the misinterpretation, intraoperative errors and on-site improvisation 

(7). Advances in imaging technology have facilitated the generation of virtual 3D 

representations of anatomical structures from the aforementioned methods. Although these 

3D images have significantly improved the spatial visualization and comprehension of 

interrelationships of anatomical structures, they are intangible and cannot be used to 
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effectively adjust the application of surgical tools in preoperative planning (8). In addition, 

the virtual 3D images may suffer from the potential loss of orientation and 

misinterpretation of object dimensions due to zoom effects (7).  Developing physical organ 

models with anatomically accurate features could significantly improve the comprehension 

of surgical target areas in diagnosis, procedural planning, clinical training, and even can be 

used for educating patients. In recent years, rapid prototyping methods, such as 3D printing, 

coupled with 3D imaging techniques have made the production of such vital models 

feasible.  

Today, the application of 3D printing goes well beyond the conventional rapid 

prototyping of parts for design optimization. In 2016, medical applications comprised 

approximately 15.1% of the 3D printing market, making it the third largest market share 

after consumer products and motor vehicles, and it has been estimated that this number will 

increase to 16.8% by 2021 (9). Specifically, several efforts have been focused on utilizing 

commercial 3D printers to create customized organ models based on patients’ anatomical 

data that were used for diagnosis and preoperative planning (8), patient education on their 

medical condition and treatment plan (10), clinical training (11), and new surgical 

instrument and medical device development (12). 

Although these 3D printed organ models have been useful for surgical planning and 

rehearsal, their efficacy for applications as advanced surgical aids suffers from two main 

issues:  

1. Despite representing the correct anatomy, these 3D printed organ models are often 

incapable of precisely mimicking the physical properties of organ tissue (13), including 
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tactile sensation and mechanical properties. This issue limits their effectiveness in 

preoperative planning, rehearsal with surgical tools, and other tasks such as pressing, 

suturing, cutting, clipping, and dissecting (13, 14). This also hampers the ability of 3D 

printed organ models to accurately predict and replicate organ physical behavior during 

surgical handling.  

2. These 3D printed organ models lack the functionality to provide quantitative feedback 

resulting from organ and tissue handling. This function can be an important add-on for 

surgical trainers or simulators, to aid medical professionals in assessing and controlling 

their performed tasks quantitatively, such as the amount of pressure applied to the organs 

via diagnostic and surgical tools.  

The integration of quantitative feedback, along with the use of custom-formulated 

materials with mechanical properties close to those of biological tissues could significantly 

enhance the effectiveness of organ models for the discussed purposes. To this end, the 

objective of this dissertation is to combine the recent advancements of 3D printing 

techniques with developments of soft, biomimicking electromechanical transducers and 

tissue-mimicking materials, to investigate the fabrication of organ models with integrated 

functionalities. 

1.2. Background 

1.2.1. 3D Printed Organ Models Using Commercial Materials 

 

The process of 3D printing patient-specific organ models starts with obtaining the 

anatomical information of the patient’s organ of interest via different imaging modalities, 

such as CT or MRI scans. These images are normally in a Digital Imaging and 



 

5 

 

Communications in Medicine (DICOM) format, which cannot be directly utilized by 3D 

printers. Therefore, the acquired images need to be post-processed to first identify the 

region of interest of the organ via proper segmentation of its volumetric dataset (using 

software such as Vitrea® and Mimics), and then generate a STereoLithography (.STL) file 

for the 3D printing process (15, 16). In some cases, this STL file needs to be further refined 

using computer aided design (CAD) software packages to rectify the imperfections in the 

STL model (such as closing the gaps between segments of the model) and optimize its 3D 

printing (15, 16). The final STL model is then sliced into horizontal layers using 3D slicing 

software (such as Slic3r) to generate the G-code, which defines the printing pathways to 

create the 3D printed organ model. 

In 3D printing processes, parts are manifested layer-by-layer from a 3D representation 

of the object in a CAD program. Since the emergence of stereolithography (SLA) in the 

1980s as one of the early 3D printing processes, various techniques have been developed 

to broaden the application of this technology (17). These 3D printing techniques can be 

classified into four main categories (18): 1. Processes based on photopolymerization of 

liquid polymers or epoxy resins, either by focusing a light source in a predefined pattern 

on a bath of the liquid photosensitive material (such as stereolithography (SLA), direct 

light processing (DLP),  two-photon polymerization (TPP), and continuous liquid interface 

production (CLIP)), or by jetting droplets of the liquid photopolymer followed by curing 

via an ultraviolet (UV) light source (material jetting or PolyJet); 2. Processes that involve 

extruding a thermoplastic filament (fused deposition modeling (FDM)) or viscoelastic 

materials (direct write assembly (DWA), direct ink writing (DIW) or robocasting); 3. 
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Processes that create a 3D object from powdered materials via laser sintering, fusion, or 

use of a binder component, such as selective laser sintering (SLS), selective laser melting 

(SLM), electron beam melting (EBM), direct metal laser sintering (DMLS), and binder 

jetting (powder bed-based inkjet 3D printing); and 4. Processes that work based on 

laminating and layering sheet materials, such as laminated object manufacturing (LOM), 

and selective deposition lamination (SDL). 

Most of the reported 3D printed organ models are fabricated based on FDM, PolyJet, 

SLA, or inkjet 3D printing technologies, and by using commercially available materials 

(13, 16, 19-22), which can be broadly categorized into rigid-plastic materials, elastomeric 

(rubber-like) materials, and powder-based materials such as starch/cellulose and plaster. 

In the following sections, the use of 3D printing for creating patient-specific organ 

models with an emphasis on the material systems that can be used in the fabrication process 

have been discussed. For this purpose, the use of commercial materials, including rigid-

plastic, elastomeric (rubber-like), and powder-based materials for 3D printing organ 

models and their efficacy in different fields, including but not limited to cardiology, 

neurology, urology, pulmonology and hepatology, have been discussed.  

1.2.1.1. 3D Printed Organ Models Using Rigid-Plastic Materials 

 

The early 3D printed organ models were mainly fabricated using a limited selection of 

commercial rigid-plastics, primarily involving acrylonitrile butadiene styrene (ABS) and 

polylactic acid (PLA) thermoplastic filaments for FDM printing, or rigid photopolymers 

and resins for PolyJet technology (such as the VeroTM family of photopolymers from 

Stratasys). Such models are still popular due to their accuracy in representing patients’ 
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anatomy at a relatively low cost (21). The term rigid-plastic is used here for polymers that 

have high crosslinking densities and/or high molecular weights with glass transition 

temperatures (Tg) above room temperature. These are mechanically rigid materials with 

high-impact strength and hardness (23). The Young’s moduli for most rigid-plastic 

materials are close to or within the GPa range, i.e., at least three orders of magnitude higher 

than the modulus of soft organ tissue. This discrepancy in the materials’ elastic properties 

relative to the organs themselves limits the direct application and realism of these models 

for surgical rehearsal (14). Even so, these organ models have demonstrated utility in a 

variety of medical fields, including cardiology (24-26), urology (10, 27-29), neurology (14, 

30, 31), and hepatology (32, 33). 

In the field of cardiology, Farooqi et al. (24, 25), 3D printed cardiac models (Figures 

1.1 (a, b)) via an FDM process using ABS filaments. These models accurately replicated 

the detailed anatomy of a healthy heart (Figure 1.1 (a)) and cases with different congenital 

heart disease, such as dextro-Transposition of the great arteries after performing the 

Mustard procedure for defect correction (Figure 1.1 (b)). Specifically, it was speculated 

that the latter model (Figure 1.1 (b)) could have been utilized for optimizing the position 

of the inflow cannula in the ventricular assist device implantation procedure required for 

the patient’s case (25). In another example, Schievano et al. (26) created 3D printed models 

for the right ventricular outflow tract and pulmonary trunk using a thermoplastic polyester 

resin (P1500 Polyester, Stratasys) via an FDM process. Due to the anatomical accuracy, 

the models were used to assist two cardiologists participating in the study for more accurate 

selection of patients for percutaneous pulmonary valve implantation. It was shown that by 
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using the 3D printed models, the accuracy of the selections made by the two cardiologists 

increased by 8% and 25%, compared to only using MRI scans to make the decisions (26).  

In the field of urology, Wake et al. (27) and Kusaka et al. (28) created 3D printed 

prostate (Figure 1.1 (c)) and kidney models (Figure 1.1 (d)), respectively, via the PolyJet 

process using the rigid Vero family of photopolymers (Stratasys). These commercial 

materials are available in a variety of colors, including clear, magenta and cyan, and can 

be used to distinguish different printed sections and anatomical details of the organ models 

(21, 27, 28). The 3D printed models in both works were found to be helpful for recognizing 

the anatomical features of the organs in the corresponding operations. Komai et al. (29) 

also fabricated a patient-specific, full-scale 3D printed kidney model via the PolyJet 

process. The model included a removable tumor combined with its margin, which enabled 

both the surgeons as well as the patients to envision the kidney before and after tumor 

resection. It was further confirmed during surgery that the model could be used to help 

surgeons perform minimally invasive off-clamp partial nephrectomy, because the 3D 

printed model provided the surgeons with tactile sensation and aided in effectively 

determining the incision line and angle. In addition, Bernhard et al. (10), created a 3D 

model of kidney and tumor anatomies via the PolyJet process for patient education. 

Specifically, a survey that was conducted in the work indicated that after showing the organ 

models to the patients, their understanding in the categories of kidney physiology, kidney 

anatomy, tumor characteristics, and the planned surgical procedure increased by 16.7%, 

50%, 39.3%, and 44.6%, respectively.  
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Figure 1.1. Examples of 3D printed organ models using rigid-plastic materials with applications in 

cardiology and urology. (a) A 3D printed cardiac model without congenital disease, and (b) a 3D printed 

cardiac model after the Mustard procedure for correcting the congenital heart defect using a commercial ABS 

thermoplastic filament for printing. Adapted from references (24, 25), respectively. (c) A 3D printed prostate 

model, and (d) a 3D printed kidney model using the Vero family of polymers. Adapted from references 

(27, 28), respectively. 

For neurological applications, Anderson et al. (30) 3D printed hollow intracranial 

aneurysm models (Figure 1.2 (a)) with rigid walls using an FDM process and PLA 

filaments. The models could accurately replicate the patients’ aneurysm anatomy in a 

digital subtraction angiography (DSA) image (Figure 1.2 (b)), and therefore they could be 

used for surgical aid applications as well as for MRI flow phantoms and computational 

fluid dynamic studies based on rigid models for simulation of aneurysm hemodynamics 

(30). In another case, Erbano et al. (31) created 3D intracranial aneurysm models using 

another rigid photosensitive liquid resin, FullCure 720 (Stratasys), via the PolyJet process. 

The models replicated the accurate location, size, and shape of the intracranial aneurysms, 

which were identical to the ones measured by DSA. It was concluded that these models 

can facilitate the selection of surgical procedures and tools (such as aneurysm clips), thus 

yielding better operational planning for intracranial aneurysms. Wurm et al. (14) initially 

fabricated rigid cerebral aneurysm models via 3D printing of a photosensitive polymeric 

liquid-plastic solution using the SLA process. The 3D printed models were applied for 

diagnosis, surgical planning, simulation, training of novice neurosurgeons, and informing 
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patients. All neurosurgeons in the study stated that the 3D printed models were helpful in 

establishing better comprehension of the cerebrovascular anatomy, as well as the 

configuration, orientation, and dimension of aneurysms. However, the models were found 

to be less beneficial for clipping and dissecting exercises due to the rigid nature of the 

material used for 3D printing. 

In the hepatology field, Zein et al. (32) created 3D printed synthetic liver models from 

living donors and their respective recipients using the PolyJet process. The 3D printed liver 

models from donor and recipient accurately mimicked their corresponding native livers 

(Figures 1.2 (c, d)) and were used for anatomical and geometrical evaluations before, 

during, and after the surgical procedures. The models were found to facilitate the 

comprehension of the spatial relationship between the vascular and biliary anatomies, as 

well as enabling hands-on surgical planning and training with the purpose of reducing 

intraoperative complications. Souzaki et al. (33) also 3D printed a model of a patient’s liver 

with a malignant tumor using the PolyJet process. The model was used for viewing the 

anatomies and the relative positions of the portal vein, hepatic vein, and tumor, which were 

identical to the anatomy of the patient’s liver. The surgeons utilized the model to evaluate 

the surgical procedure and determine the resection line for removing the tumor before the 

operation. The surgical outcome indicated that the tumor was entirely removed and the 

surgical margin was negative. 
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Figure 1.2. Examples of 3D printed organ models using rigid-plastic materials with applications in neurology 

and hepatology. (a) A 3D printed intracranial aneurysm model using polylactic acid as the rigid walls, and 

(b) its corresponding digital subtraction angiography image for patient aneurysm. Adapted from reference 

(30). (c) A 3D printed liver model, and (d) a right liver lobe model using PolyJet process and their 

corresponding actual organs. Adapted from reference (32). 

1.2.1.2. 3D Printed Organ Models Using Elastomeric (Rubber-Like) Materials  

 

With the advancement of 3D printing technologies, the palette of materials that can be 

used in these processes evolved to broaden the applications. This includes the possibility 

of 3D printing elastomeric (rubber-like) and flexible materials, beyond conventional rigid 

plastics. Some examples of such materials include the Tango family (Stratasys) of 

photopolymers for PolyJet printing, or thermoplastic elastomer (TPE) filaments such as 

NinjaFlex (NinjaTek), SemiFlex (NinjaTek), and PolyFlex (Polymaker) for FDM 

printing. In contrast to TPE filaments with elastic properties, rubbers are thermoset 

polymers with network structures. These thermoset network polymers are not suitable for 

FDM printing because the polymer chain motion is greatly restricted by a high degree of 

crosslinking after heating, such that they cannot be remanufactured after their initial heat 

forming (23). 3D printable elastomeric (rubber-like) materials have low Young’s moduli 

and good flexibility compared with other 3D printing materials (34). The elasticity and 

flexibility in these materials are due to the reconfiguration of long chains of the polymers 

and covalent crosslinks. 3D printed organ models fabricated by such materials provide 
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tactile sensation closer to the actual organ, compared to rigid-plastic materials. Therefore, 

they allow surgeons to perform different rehearsal operations on them, such as cutting and 

pressing. Some examples for application of such models in the fields of cardiology (35-

38), urology (27, 28), neurology (39-41) and pulmonology (42, 43) are discussed below. 

For cardiac applications, Yoo et al. (35) created cardiac models with congenital heart 

disease (Figure 1.3 (a)) using the TangoPlus photopolymer via the PolyJet process. The 

models were used by a total of 81 professionals or trainees for performing the required 

surgical procedures (Figure 1.3 (a)). Although differences in elasticity and consistency 

between the model material and human myocardium were noticed by most of the 

respondents, 88% of the responses indicated that the quality of the models was acceptable 

for surgical practice, while 12% found it manageable. In another example, Kiraly et al. (36) 

fabricated a scaled-up (3), flexible, hollow heart model with a congenital defect (Figure 

1.3 (b, c)). The model was used to guide the surgical approach of arch repair at each step 

of the operation (Figure 1.3 (b)). The patient’s operation (Figure 1.3 (c)) was performed 

following preoperative rehearsal on the 3D printed model (Figure 1.3 (b)), which resulted 

in increasing the patient’s safety, and ultimately, the likelihood of a positive operation 

outcome. Shiraishi et al. (37) also created a 3D heart model using a stereolithographic 

biomodelling technique and a photosensitive rubber-like urethane with tensile modulus of 

0.01 GPa. The model offered detailed anatomical features and allowed surgeons to cut and 

suture in preoperative practice due to its rubber-like properties. Furthermore, Yang et al. 

(38) printed a heart model via the PolyJet process and by using the Tango family of 

photopolymers with different colors to distinguish different parts in the heart model. It was 
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stated that the model not only could be utilized for better visualization of the geometry, but 

it could also be disassembled for surgical practice, such as a rehearsal for the case of an 

extended septal myectomy performed in the study.  

 
Figure 1.3. Examples of 3D printed organ models using elastomeric (rubber-like) materials with applications 

in cardiology. (a) A 3D printed cardiac model with a congenital defect using the TangoPlus photopolymer 

for hands-on surgical training. Adapted from reference (35). (b) A 3D printed hollow aortic arch model. The 

black dotted lines, red dotted lines, and red arrows represent the proposed incision lines, the internal 

obstructive ridge to be resected after opening the model, and arch augmentation, respectively. Adapted from 

reference (36). (c) The obstructive ridge is resected (yellow dotted line) in real operation, guided via 

simulation on the corresponding 3D printed model in (b). Adapted from Reference (36).  

In the field of urology, Wake et al. (27) 3D printed a patient-specific, cancerous kidney 

model with accurate anatomy for applications in urological oncology (Figure 1.4 (a)) using 

a transparent, flexible material (HeartPrint Flex, Materialise) as the main cortex, and the 

Vero family of rigid photopolymers in different colors as the remaining structures. Such 

kidney models with tumor sections allowed surgeons to evaluate the complexity of the 

tumor and its positional relationship with respect to other parts of the organ, thus 

facilitating the operational planning for partial nephrectomy or ablative therapy. In a real 

surgical case, the model was used to assist surgeons in the selection of an approach for 

partial nephrectomy, as well as a resection guidance during the surgery. Kusaka et al. (28) 

also 3D printed a kidney graft and pelvic cavity model via the PolyJet printing process 

using mainly the Tango family of photopolymers with different colors. The model was 
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successfully applied for preoperational planning and accurate simulation of the surgical 

procedure for kidney transplantation.  

For neurological applications, Kimura et al. (39) and Khan et al. (40) developed a 

hollow cerebral aneurysm and a cerebral vasculature physical model by using the Tango 

family of photopolymers in the PolyJet printing process. In Kimura’s work, various types 

of aneurysm clips were applied on the 3D hollow models (Figure 1.4 (b)) under the 

operative microscope to optimize the clip placement (39). In Khan’s work, the 3D printed 

cerebral vasculature physical model accurately represented the patient’s aneurysm (40). 

The participating neurosurgical trainees in the study found the models beneficial for better 

comprehension of the anatomical features of the patients’ aneurysm and the corresponding 

vascular structures, as well as for the determination of proper surgical approach and tools 

(40). In addition, Wurm et al. (41) used the PolyJet process to 3D print an aneurysm model. 

This model was used as a replaceable part for several clipping exercises in microsurgical 

simulation due to its flexible nature. The model could help neurosurgeons and trainees hone 

their skills in the clipping approach, clip selection and its placement. 

In the pulmonology field, Bustamante et al. (42) fabricated 3D printed 

tracheobronchial tree models (Figure 1.4 (c)) using the PolyJet process. The models were 

examined with a flexible fiberoptic bronchoscope, and the obtained image (Figure 1.4 (c) 

inset) from the model was found to be similar with the actual views of the organ during 

lung isolation. The models were expected to aid medical professionals to overcome issues 

in achieving lung isolation via enhanced familiarity with endoscopic bronchial anatomy. 

In addition, Kurenov et al. (43) 3D printed models of human pulmonary arteries using the 
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TangoPlus photopolymer via the PolyJet process. In terms of anatomy, the models were 

sufficiently accurate for clinical purposes. In the study, the models were used to design a 

catheter for regional lung chemotherapy. It was perceived that the applications could be 

expanded into other areas of clinical care and research for thoracic surgery, such as 

complex thoracoscopic surgery lobectomies. 

 
Figure 1.4. Examples of 3D printed organ models using elastomeric (rubber-like) materials with applications 

in urology, neurology and pulmonology. (a) A 3D printed kidney model using flexible material as the 

kidney’s main cortex showing the relative position of the renal tumor with respect to the renal artery, vein, 

and collecting system. Adapted from reference (27). (b) A 3D printed left middle cerebral bifurcation 

aneurysm for surgical clipping rehearsal. Adapted from reference (39). (c) A 3D printed tracheobronchial 

tree model. Inset: Fiberoptic view of the 3D printed tracheobronchial tree model through the bronchus 

intermedius. Adapted from reference (42). 

1.2.1.3. 3D Printed Organ Models Using Powder-Based Materials 

Powder-based materials such as starch, cellulose and plaster powder, solidified with 

binding materials via inkjet 3D printing, have also been evaluated for fabrication of 

different organ models for surgical applications. Despite the mismatch of their mechanical 

properties with real organs, such models provide accurate anatomical details with 

convenient, low-cost fabrication. In the field of cardiology, Schmauss et al. (44) 

demonstrated an example for creating 3D printed cardiac models (Figure 1.5 (a)) using 

starch/cellulose powder (zp 15e, Z Corporation), a polymer as the binder (zb 60, Z 

Corporation) and an elastomeric urethane resin (Por-A-Mold 2030, EnvironMolds LLC.) 

for further infiltration. The participating surgeons could detect the bypass grafts and their 
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position with respect to the sternum from the model shown in Figure 1.5 (a). The sterilized 

model was further used in the operating room for guiding the intraoperative procedures for 

reopening the sternum (44). In another example, Mottl-Link et al. (7) 3D printed a cardiac 

model (Figure 1.5 (b)) using plaster-based powder with a binding material. The final model 

allowed surgeons to obtain intracardiac views that are difficult to achieve during the actual 

operation. Additionally, the plaster materials were used in neurology applications. Kondo 

et al. (45) and Oishi et al. (46) developed 3D printed models of a skull base and intracranial 

tumors using plaster materials. Such models (Figure 1.5 (c)) can provide a better 

visualization of the anatomy and size of the organ, tumor and their positional relationships. 

The models were further used to provide realistic surgical practice and sensation via 

insertion of surgical instruments under microscopic observation (46). 

 
Figure 1.5. Examples of 3D printed organ models using powder-based materials with applications in 

cardiology and neurology. (a) A 3D printed cardiac model using starch/cellulose showing the relative position 

of the right coronary artery bypass graft (shown in red and labeled “1”) with respect to the patient’s sternum 

(labeled “2”). Adapted from reference (44). (b) A 3D printed cardiac model using plaster. Adapted from 

reference (7). (c) A 3D printed skull model with a mesh tumor using plaster. Adapted from reference (45). 

1.2.2. Prior Work on Organ Models with Integrated Functionalities 

Integration of advanced functionalities, such as electronics and sensing modules, into 

biological organs or organ simulators have paved new avenues in biomedical research. For 

instance, the integration of sensing features into organ-on-chip microphysiological models 
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has facilitated the quantitative monitoring of organ responses for drug screening 

applications (47, 48). In addition, various efforts have been focused on the development of 

bio-integrated electronics that can be mounted on the epidermis or on organs with the 

purpose of sensing and assessing physiological biomarkers (12, 49-52), or introducing new 

functionalities including energy harvesting from the dynamic motions of organs (53, 54). 

The same strategy can be adapted for integrating advanced functionalities into physical 

organ models to broaden their applicability and enhance their efficacy for surgical planning 

and training. Previous work has shown the feasibility of incorporating such functions into 

organ models (55, 56). For instance, Laufer et al. (55) integrated force sensors (Figure 1.6 

(a)) into a mold-fabricated breast model (Figure 1.6 (a) inset). The developed simulator can 

be used for measuring the applied force during clinical breast examination and assessing 

clinical skills and performance (Figure 1.6 (b)). Poniatowski et al. (56) incorporated UV 

light-sensitive assessment lines into a patient-specific, mold-fabricated pyeloplasty 

simulation model. The lines are not visible under normal light (Figure 1.6 (c)) or 

endoscopic conditions, but can be visualized under UV light (Figure 1.6 (d)). Therefore, 

with this integrated function, the model can be used to evaluate the twist angle at the 

anastomosis in training for laparoscopic pyeloplasty using the post-task Black Light 

Assessment of Surgical Technique (BLAST). 
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Figure 1.6. Organ models or simulators with integrated functions. (a) Force sensors were shaped to fit a 

breast model for a breast examination simulator. Inset: breast examination simulator with an integrated 

sensor. Adapted from reference (55). (b) Demonstration of the clinical breast examination on the simulator 

with integrated force sensor. Adapted from reference (55). (c, d) Top view of a pyeloplasty simulator model 

with the integrated UV light sensitive assessment lines, under room light (c) and UV (d). Adapted from 

reference (56). 

1.2.3. Dielectric Elastomers for Soft Electromechanical Devices 

Among the different classes of materials used for fabrication of soft electromechanical 

devices, electroactive polymers (EAPs), which exhibit mechanical deformation in response 

to electrical stimuli, and vice versa, have received ample attention due to their favorable 

properties including high elasticity, high power density, large actuation strains, fracture 

tolerance, scalability, low weight, low performance noise, and low cost (57, 58). An 

additional advantage of using EAPs over other mechanisms is their compatibility with an 

electrical control system. In other words, in EAPs, a correlation can often be drawn 

between the electrical characteristics of the material (for example resistance or capacitance) 

and its state of mechanical deformation. Therefore, this inherent feedback mechanism of 

the material can be harnessed to create a closed loop feedback to control the device 

performance. 

Dielectric elastomer actuators (DEAs) are a type of EAPs that are made up of a thin 

dielectric elastomer (DE) membrane sandwiched between two compliant electrodes. Upon 

the application of a high electric field, the DE layer will respond in the form of an in-plane 

expansion and compression along its thickness (Figure 1.7). This phenomenon is governed 
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by the interaction between the electrostatic charges on the electrodes. In other words, the 

attraction of opposite charges and the repellence of like charges on the two electrodes 

impose a stress on the dielectric elastomer that results in its mechanical deformation (59).  

 
Figure 1.7. Principle of operation of a dielectric elastomer actuator. Adapted from reference (60). 

The actuation stress, which is also known as Maxwell pressure, can be described as a 

function of applied voltage using Equation (1): 

𝑃 = 𝜀0 𝜀𝑟 𝐸2 = 𝜀0 𝜀𝑟 (
𝑉

𝑡
)

2

  

where εo, εr, E, V, and t represent the permittivity of free space (8.85×10-12 F/m), the relative 

permittivity (dielectric constant) of DE, the applied electric field, the applied voltage and 

the DE membrane thickness, respectively (61). The strain response of a DEA depends on 

several factors including the DE modulus, boundary conditions and external loading (60). 

For a simplified case with small strains (<10%), free boundary conditions, and with the 

assumption of an ideal rubber (i.e.: incompressible rubber with Poisson’s ratio of 0.5), the 

strain induced on the thickness of the DE is proportional to the square of the applied voltage 

and can be expressed as (60, 61):  

(1) 
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𝑠 = −
𝑃

𝑌
= −

𝜀0 𝜀𝑟  (
𝑉
𝑡 )

2

𝑌
 

 where Y is the modulus of elasticity.  

DEAs have superior performance in several aspects compared to other existing 

actuator technologies such as piezoelectric actuators, magnetostrictive actuators, or shape 

memory alloys; For instance, DEAs yield high strain rates (up to 380%), high 

electromechanical coupling efficiency (with a theoretical transduction efficiency of 80-

90%), fast response speed (for small strains, over 50,000 Hz has been reported), high 

energy density (3.4 J/g, that is 21 times greater than single-crystal piezoelectric actuators 

and more than two orders of magnitude greater than most commercial actuators), high 

power density (1 W/g, comparing to human muscle with an energy density of 0.2 W/g), 

and high actuation pressure (up to 8 MPa) (62, 63). In addition, the performance 

characteristics of DEAs in terms of strain, density, actuation pressure, speed and efficiency 

are close to those of natural muscle, thus make them a proper candidate for biomimetic 

design (58, 60). 

DEAs can be fabricated with different configurations to achieve various forms of 

deformations, including out-of-plane motions such as bending and buckling. For instance, 

the DEA structure can be constrained to a rigid frame, made into a tubular arrangement, 

rolled into a scroll, stacked on a flexible layer to form unimorph and bimorph structures to 

generate bending motion, or they can be designed to couple both planar directions into a 

single linear direction (spider and bowtie), or use both directions of deformation 

(diaphragm) (59, 64). 

(2) 
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It should be noted that beside actuation, basic configurations of dielectric elastomers 

can be used in the reverse mode of transduction and convert mechanical stimuli to electrical 

signal or energy, thus serve as a sensor or generator element in different application areas 

(59, 65). 

1.3. Dissertation Overview 

This dissertation is organized into five chapters. The topics discussed in each chapter 

are as follows: 

• In Chapter 2, a polymeric material system, compatible with direct ink writing printing 

process, is proposed. It was shown that the composition of this material system can be 

tuned to cover a wide range of soft tissue mechanical properties. As a proof of concept 

demonstration, the developed material system was implemented to 3D print a patient-

specific prostate model. 

• In Chapter 3, 3D printing of soft electromechanical transducers is discussed. 

Specifically, the development of 3D printed dielectric elastomer actuators based on 

ionic hydrogel-elastomer hybrids as electrically-driven bending actuators is presented. 

In addition, it was shown that the same strategies can be applied for 3D printing soft 

capacitive tactile sensor units, and sensor arrays with the end goal of their integration 

into organ models for providing quantitative feedback during surgical interventions. 

• In Chapter 4, the concepts and methodologies discussed in the previous chapters are 

brought together to develop a 3D printed, multi-material, patient-specific model of the 

heart’s aortic root with internal sensor array tailored for applications in transcatheter 

aortic valve replacement as an example of minimally invasive procedures. The efficacy 
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of the models was evaluated by comparing their geometrical fidelity with patient’s 

postoperative data, as well as their in vitro hemodynamic performance in different 

cases.  Furthermore, it was demonstrated that the internal sensor array can facilitate the 

optimization of prosthetic valve selection and placement via mapping the pressure 

applied on the critical region of the anatomy. 

• In Chapter 5, concluding remarks and the future research directions are presented. 
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CHAPTER 2†
 

 

Development of Tissue-Mimicking Inks for 3D Printing Patient-

Specific Organ Models 
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2.1. Introduction 

Tissue-mimicking materials, such as biopolymers (e.g., gelatin, gellan gum, agar, and 

agarose) and synthetic polymers (e.g., polyurethane (PU), polyvinyl alcohol (PVA), 

polyvinyl chloride (PVC), room-temperature vulcanizing (RTV) silicones, and 

polydimethylsiloxane (PDMS)) (66), have been employed in various arenas of medicine 

for simulation purposes, including medical imaging modalities (67-70), cardiac strain 

estimation (71, 72), thermal therapy (73, 74), and surgical simulation and training (75, 76). 

The composition of these materials can be tailored to replicate the specific properties of 

soft tissue depending on the application. For instance, phantoms based on polymers such 

as gelatin (77), agar (78), PVC (66), and PVA (79) have been developed to mimic the 

acoustic properties (including the speed of sound, acoustic impedance, attenuation, and 

backscattering coefficient) of soft tissue, and were utilized in ultrasound imaging for 

system calibration, development of new techniques, and training of technicians (67, 80). 

For developing organ models with implications in surgical planning and training, the 

composition of the selected material should be modified to closely match the mechanical 

properties (including elastic modulus, viscoelastic behavior, hardness, ultimate strength, 

etc.) of the biological soft tissue. Models fabricated using such materials provide more 

accurate haptic feedback and mechanical behavior, analogous to the real organ. 

A common technique for incorporating tissue-mimicking materials in organ models is 

to first use 3D printing to create a mold, and then casting it with tissue-mimicking 

materials. These molds can be created via one of the following approaches: 1) 3D printing 

a negative mold of the organ and infusing it with the tissue-mimicking material (76, 81-
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85), or 2) employing an approach similar to lost wax casting, i.e. directly 3D printing the 

organ model using commercially available materials, and using it as a template for creating 

a mold (for example, via silicone molding methods), and subsequently filling the mold 

cavity with the tissue-mimicking material to fabricate the final organ model (86-90). 

Although molding techniques provide a platform for using customized tissue-

mimicking materials and fabricating organ models, they fall short in different aspects that 

hampers their widespread adaptation for clinical practice. These mold-based fabrication 

procedures typically involve several steps which not only could be time, labor, and cost 

intensive (30, 35, 91), but also are prone to the introduction of inaccuracies to the final 

model (35). In addition, it is cumbersome, if not impossible to utilize molding techniques 

for creating organ models with complex geometries and realistic features, such as 

incorporating multiple materials to replicate different tissue morphologies within an organ 

(for instance, cancerous tissue vs. healthy tissue in an organ) or encompassing anisotropic 

properties of tissue. Therefore, the direct 3D printing of tissue-mimicking materials, in lieu 

of using molding techniques, can appreciably facilitate the fabrication of complex, patient-

specific organ models with realistic, physical properties of tissue. For this purpose, the 

material should be formulated to have the required tissue-mimicking properties, along with 

desirable rheological characteristics (such as shear thinning properties) to facilitate the 3D 

printing process.  

While the composition of some of the existing tissue-mimicking materials can be 

customized for 3D printing (92), they might possess specific properties that do not make 

them the best candidates for developing organ models for rehearsal with surgical tools. For 
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example, widely-used tissue-mimicking materials based on hydrogels, such as gelatin and 

agar, suffer from limited lifetime, mainly due to the evaporation of their water content over 

time or bacterial growth (93, 94). In addition, pure gelatin is prone to undesirable damage 

(94) due to its brittle fracture behavior (95, 96), making it unfavorable for applications in 

which surgical tools are used. Furthermore, PVA cryogels need to undergo multiple, 

prolonged freeze-thaw cycles (normally over 12 hours/cycle) to achieve the required 

mechanical properties (93, 94, 97). Therefore, developing 3D printable materials with 

convenient preparation and customization processes to match the properties of the 

biological tissues is of prime importance. 

Among the existing 3D printing technologies, DWA (or DIW) conveniently allows the 

3D printing of various types of customized materials including polymer melts, hydrogel 

and sol-gel precursors, colloidal suspensions, and metallic and semiconducting micro- and 

nanoparticles (98, 99). In this process, one or more materials of interest, commonly referred 

to as “inks,” are extruded through fine deposition nozzles under an applied pressure, while 

a robotic positioning system controls the motion of the nozzle and the printing pathways. 

The DWA technique has been previously harnessed to 3D print models of the aortic 

root from house-hold silicone for conducting surgical training on transapical aortic valve 

replacement procedures (91, 100). However, these efforts did not involve the customization 

of the ink material to precisely mimic the properties of tissue. In another recent study, von 

Rundstedt et al. (101) used two silicone-based inks in a DWA process to 3D print models 

of patients’ kidneys including their tumor anatomies. The models were utilized for 

rehearsal of robot-assisted laparoscopic enucleation of the kidney tumor using the da 
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Vinci® robotic system. It was stated that the inks could mimic the properties of the normal 

kidney and tumor tissue; however, no characterization results were provided to support this 

claim. 

In this chapter, a polymeric material system, compatible with DWA printing process, 

is proposed. It was shown that the composition of this material system can be tuned to 

cover a wide range of soft tissue mechanical properties. As a proof of concept 

demonstration, the developed material system was implemented to 3D print a patient-

specific prostate model. 

2.2. Development of Tunable 3D Printable Polymeric Materials with Patient-

Specific Physical Properties  

Biological soft tissue and organs mostly exhibit elastic moduli spanning from ca. 0.1 

kPa to ca. 1 MPa (102). Hence, the proposed material system should primarily have 

adjustable properties in order to cover the moduli in this range and replicate the properties 

of tissue of interest. In addition, the proposed material should satisfy other requirements 

including good printability, maintaining stable structures and properties during and after 

printing, vulcanization at room temperature within a reasonable time period, and facile 

preparation. To address these requirements, we developed a polymeric material system that 

consisted of two main components: an active agent and a bulking agent thus yielding a 

composite structure analogous to the nature of human tissue (103, 104) (Figure 2.1 (a)). In 

our final formulation, a silicone sealant (RTV sealant Loctite SI 595 CL) was used as the 

active agent for vulcanization to stabilize the structure, while a silicone grease (Trident 

LP20) was applied as the bulking agent for introducing softness and flexibility into the 
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structure. Additives, such as coloring agent or thickening agent, were also optionally added 

to the composition for tuning the color of the material or adjusting its printability. The main 

components in this ink system are all silicone-based materials, which enables their 

homogeneous mixture. In addition, silicone-based materials exhibit advantageous 

characteristics including shear thinning behavior, resistance to polymer creep before 

crosslinking, and good elasticity after crosslinking.  

By adjusting the weight ratio of bulking agent (B) to active agent (A) for different ink 

formulations, the properties of the customized polymeric inks can be altered. As shown in 

Figure 2.1 (b, c), by increasing the weight ratio of the bulking to active agent from 0 to 

2.05, the corresponding values of Young’s moduli decrease from 677.6 ± 28.8 to 37.5 ± 

1.9 kPa. Importantly, the value range of the Young’s moduli of the inks falls in the broad 

range of values reported for soft tissue, hence, this trend can be used to tailor the 

mechanical properties of the materials to simulate tissues/organs of interest.  

 
Figure 2.1. Design and development of customized polymeric materials. (a) Schematic of the composite 

structure of the customized polymeric inks. (b) Young’s modulus (<3% strain) of the custom-formulated 

polymeric material versus different weight ratios of the components. (c) Stress-strain plots of the custom-

formulated polymeric materials with different formulations (B/A represents the weight ratio of bulking agent 

to active agent). 

The tunability of the mechanical properties of this material system by adjusting the 

component ratios is correlated to the crosslinking density. To verify this, a sol-gel fraction 
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analysis test was performed by immersing the samples of the polymeric materials with 

different component ratios in the organic solvent hexane (Figure 2.2). It was observed that 

as the weight ratio of bulking agent to active agent increased from 0 to 1.75, the 

corresponding normalized weight loss of the materials (∆m/m0, where m0 represents the 

initial dry weight of the materials and ∆m corresponds to the changes in the weight) after 

96 hours of immersion in the solvent increased from 10.9% to 78.1% (Figure 2.2 (a)). This 

trend correlates with the weight ratio of bulking agent (silicone grease) in the formulation 

which does not involve in ink crosslinking, as well as the non-crosslinked components in 

the active agent (silicone sealant), hence, confirming that the increase in the weight ratio 

of bulking agent in the composition reduces the degree of crosslinking and results in softer 

materials. 

 
Figure 2.2. Sol-gel fraction analysis of the customized polymeric materials in hexane. (a) Normalized ratio 

of material weight loss for different compositions of the customized polymeric material after 96 hours of 

immersion in hexane. (b) Mass changes for different compositions of the customized polymeric material in 

hexane at different time stamps after immersion in the solvent. 

For the applications explored in this work, the customized polymeric materials were 

used to 3D print organ models that were mainly used in air or a blood-mimicking solution 

comprising of water and glycerol. Therefore, we investigated the stability of the materials 
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with different formulations in these two environments. The results showed that different 

formulations of the polymeric material (B/A ranging from 0 to 1.75) were stable without 

any significant weight loss after 96 hours of exposure to ambient air environment (Figure 

2.3 (a)), as well as immersion in water/glycerol solution (Figure 2.3 (b)). This confirmed 

that the 3D printed models using these custom-formulated inks can maintain stable 

properties for applications conducted in these test environments. 

 
Figure 2.3. Stability of the customized polymeric materials in different test environments. (a) Mass changes 

for different compositions of the customized polymeric material in hexane at different time stamps of 

exposure in ambient air. (b) Mass changes for different compositions of the customized polymeric material 

in water/glycerol solution at different time stamps after immersion. 

In addition, we investigated the rheological properties of the custom-formulated inks 

and their compatibility with DWA printing process. First, we performed viscometry tests 

on the main components of the inks (active and bulking agents) and examples of 

formulations (B/A=0.25, 0.7, 0.85, 1.15) to observe the changes in the apparent viscosity 

of the inks by varying the shear rate. As shown in Figure 2.4 (a), as the shear rate increased 

from 10-1 to 103 s-1, the apparent viscosity of the inks decreased from about 103 to 1 Pa·s. 

This trend indicated the shearing thinning behavior of the developed inks. Shear thinning 

is a property attributed to non-Newtonian fluids, which results in a decrease in the viscosity 

of a fluid under applied shear strains. Therefore, it facilitated the flow of the ink materials 
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through the deposition nozzle due to a decrease in the viscosity under the imposed shear 

rates during the printing process, as well as sustaining of the shape of the printed inks after 

deposition onto the substrate (99). In addition, the inks exhibited yield stress behaviors 

(Figure 2.4 (b, c)) in the oscillatory rheometry test, which was also advantageous for the 

3D printing process. Particularly, applying pressures to the ink beyond the yield point 

during the printing process, allowed for the extrusion of the ink through the nozzle as a 

result of reduction in the storage modulus (G’), and ultimately its decrease to a value lower 

than loss modulus (G”) (G’< G”, viscous liquid-like behavior). Once the ink was deposited 

and the shear stress on the material was relieved, the storage modulus increased to its 

plateau value in the linear viscoelastic region (in the range of 103-104 Pa for the example 

formulations), which facilitated the shape retention of the deposited ink (G’> G”, solid-

like behavior) (105).  

 
Figure 2.4. Rheological characterization of custom-formulated polymeric inks. (a) Viscometry data of 

different custom-formulated polymeric inks and comparison to active and bulking agents. (b) Oscillatory 

rheology data of the storage modulus of different custom-formulated polymeric inks and comparison to 

active and bulking agents. (c) Oscillatory rheology data of the loss modulus of different custom-formulated 

polymeric inks and comparison to active and bulking agents (B/A represents the weight ratio of bulking 

agent to active agent). 

Finally, to further establish the merits of the customized polymeric inks, a comparison 

between the Young’s modulus of biological tissues with the developed inks, other tissue-

mimicking materials, and commercial rigid-plastic and elastomeric (rubber-like) polymers 
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has been compiled in Figure 2.5. 

 
Figure 2.5. Comparison of Young’s modulus of biological tissues (green) with different materials including 

customized polymeric ink (blue), tissue-mimicking materials (orange), commercial 3D printing elastomeric 

(rubber-like) materials (red), and commercial 3D printing rigid plastics (purple). Data for all human 

biological tissues are retrieved from reference (66), except for myocardium and kidney, which are porcine 

tissue retrieved from references (106) and (107), respectively. Data for all tissue-mimicking materials are 

retrieved from reference (66). Data for commercial 3D printing materials including NinjaFlex, SemiFlex, 

PolyFlex, HeartPrint Flex, TangoPlus, Vero Family, and ABS/PLA are retrieved from references 

(108-114), respectively.  

2.3. Proof of Concept Demonstration: 3D Printed Patient-Specific Prostate 

Model 

To demonstrate the applicability of the developed material system for 3D printing 

patient-specific organ models with physical properties of tissue, we chose the prostate as a 

proof-of-principle organ model, due to its relatively simple geometry. In addition, prostate 

surgeries have inherent risks for damaging the urethral sphincter and neurovascular bundle 

(NVB) during prostate removal, and therefore, proper preoperative planning and rehearsal 

via a 3D printed prostate model may have implications for surgical outcomes in millions 

of patients worldwide (115). 
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In the first step, we performed mechanical characterization of human prostate tissue 

samples and compared the results to the developed material system in order to select the 

formulation with proper ratio of the components to mimic the properties of their biological 

counterparts. For this purpose, we obtained the stress-strain curves for cylindrical samples 

from patient prostate tissue in static compression test and compared the results to samples 

of customized polymeric inks (Figure 2.6 (a)). At 0-0.15 strain range (an acceptable range 

for most surgical tasks on prostate), the customized polymeric inks 1, 2 and 3 (with 

B/A~3.21, 3.44, and 3.88, respectively), closely matched the general trends of stress-strain 

curves obtained from three prostate tissue samples, suggesting patient-specificity in ink 

composition. The Young’s moduli for strains less than 10% for representative samples of 

inks 1 (31.6 kPa), 2 (26.0 kPa) and 3 (12.4 kPa) are analogous to tissue samples 1 (25.7 

kPa), 2 (20.3 kPa) and 3 (10.9 kPa). For higher strains, the modulus values increase with a 

nonlinear trend for tissue samples (due to viscoelastic, poroelastic and anisotropic 

properties of soft tissue (116-118)) and polymeric ink samples (due to viscoelastic 

behavior). The values obtained for Young’s moduli are also comparable to previous reports 

for the prostate tissue samples (119), and are well below the values for typical 3D printed 

hard plastics and rubber-like materials. 

After demonstrating the capability of tailoring ink composition to match the properties 

of a specific prostate tissue, we chose the ink 2/tissue 2 pair as a representative example 

for the remainder of the characterizations, 3D printing and proof of concept 

demonstrations. For quantitative analysis of the fidelity of dynamic compression 

properties, the mechanical responses of cylindrical samples under applied dynamic 
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compression were evaluated and compared for ink 2 and the corresponding tissue 2 (Figure 

2.6 (b, c)). Both storage (E’) and loss (E”) moduli for cylindrical samples of tissue 2 and 

ink 2 at 0.05, 0.10 and 0.20 strains showed high fidelity. For the storage modulus, the 

values for both tissue and ink increased with increasing oscillation frequency (0.1 Hz to 20 

Hz) and strain (0.05 to 0.20). The trends of the obtained results are similar to previous 

reports for biological tissue exhibiting viscoelastic properties (118, 119). For the loss 

modulus, the values only indicated a clear increase with oscillation frequency. 

 
Figure 2.6. Comparison of mechanical properties of the custom-formulated polymeric materials with prostate 

tissue specimens. (a) Stress-strain plots of patient prostate tissue samples (Tissue 1, 2, 3) and samples of 

customized polymeric inks (Ink 1, 2, 3) in static compression test. (b) Dynamic compression fidelity of 

storage modulus between a patient prostate tissue sample (Tissue 2) and a sample of customized polymeric 

ink (Ink 2) at frequencies of 0.1-20 Hz and strains of 0.05, 0.10, and 0.20. (c) Dynamic compression fidelity 

of loss modulus between a patient prostate tissue (Tissue 2) and a sample of customized polymeric ink (Ink 

2) at frequencies of 0.1-20 Hz and strains of 0.05, 0.10, and 0.20. 

After selecting the ink formulation with properties commensurate to the prostate 

tissue, information about the prostate anatomy was extracted from MRI scans. This 

information was utilized to create a stereolithographic (STL) model and sliced into 

horizontal layers to generate G-code for the 3D printing process using our custom-built 3D 

printing system (Figure 2.7 (a)). Unlike conventional commercial 3D printers that use 

heating for extrusion of thermoplastic filaments, this setup uses adjustable pressure 

settings, which is better suited to handle the shear thinning properties of silicone-based 
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polymeric inks at room temperature. The 3D printing process (Figure 2.7 (b)) follows the 

pathways dictated by the corresponding sliced STL model in order to generate the final 3D 

printed prostate model (Figure 2.7 (c)).  

 
Figure 2.7. 3D printing of patient-specific prostate model. (a)  Procedure for converting patient-specific MRI 

to G-code for the 3D printing process. (b) Layer-by-layer 3D printing process of the prostate model using the 

customized polymeric ink. (c) Image of the final 3D printed prostate model. 

After 3D printing and curing of the model in ambient air, a quantitative analysis of the 

organ model was performed to quantify the fidelity of the anatomy between the 3D printed 

prostate model and its corresponding patient prostate. For this purpose, a 3D registration 

technique was used for surface comparison in order to analyze the anatomical fidelity 

(120). The 3D printed prostate model was scanned by MRI, and then the MRI image stack 

(Figure 2.8 (a)) was utilized to generate an STL model. A calibrated distance map (Figure 

2.8 (b)) and a histogram of the calibrated distances (Figure 2.8 (c)) of the corresponding 

points on the surface of the patient prostate model and 3D printed prostate model were 

generated via 3D registration. The results indicated that the anatomical difference for the 

outer surface (Figure 2.8 (b), left) and inner urethra surface (Figure 2.8 (b), right) is trivial, 

and most of the calibrated distance points scatter from -0.8 to 0.3 mm, with peaks close to 

0 mm (Figure 2.8 (c)). The overall anatomical fidelity was found to be 98%. 
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Figure 2.8. Anatomical fidetily analysis of the 3D printed model in comparison with patient’s prostate. (a) 

An MRI image obtained via scanning a 3D printed prostate model. (b) Calibrated distance map obtained via 

3D registration for comparison of anatomical fidelity between patient prostate and 3D printed prostate model 

at the outer surface (left) and urethra surface (right). (c) Histogram of the calibrated distances of the surface 

points for comparison of anatomical fidelity between patient prostate and 3D printed prostate model. 

Finally, we demonstrated the application of the 3D printed prostate models for surgical 

rehearsal with diagnostic and surgical tools. For instance, an endoscope was inserted into 

the urethra of the 3D printed prostate model (Figure 2.9 (a)). Due to the matching physical 

properties of the model with tissue, the endoscope can be easily inserted into the urethra to 

obtain an unobstructed endoscopic view for any region of the surface, even under 

conditions of pressing or squeezing (Figure 2.9 (b)). The endoscopic view from the 3D 

printed prostate model shows the unfilled prostatic urethra in the patient’s MRI which is 

neither dilated by the endoscope, nor filled by irrigating fluid and urine. Thus, this 

application suggests the effectiveness of these organ models in assisting medical 

professionals for more efficient planning and rehearsal from organ inner channels via the 

use of an endoscope.  

In addition, we performed a suturing practice on the 3D printed prostate model with 

the aid of a surgeon (Figure 2.9 (c)). Although this is not a common practice for the prostate 

organ, it indicates that the 3D printed models exhibit sufficiently good strength to avoid 

excessive damage during invasive surgical procedures, such as needle penetration. 
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Furthermore, feedback from the surgeon indicated that the 3D printed prostate model 

remained robust during suturing, it did not exhibit any tearing, and the surgical knot did 

not pull through.  

 
Figure 2.9. Examples of potential application of the tissue-mimicking prostate model in surgical rehearsal 

and training. (a) Surgical rehearsal involving applying an endoscope in the urethra of the 3D printed prostate 

model. (b) Endoscopic view of the urethra inside of the 3D printed prostate model. (c) Surgical suturing on 

the 3D printed prostate model. 

2.4. Conclusion 

In this chapter, a silicone-based material system mainly comprising of an active agent 

and a bulking agent was proposed. It was shown that by adjusting the weight ratios of these 

two components in the formulation, the crosslinking density of the material can be altered. 

Consequently, the mechanical properties and the elastic modulus of the material can be 

tuned to match the broad range of reported moduli for soft tissue. In addition, rheological 

studies confirmed the favorable properties of this material system for the DWA 3D printing 

process, including shear thinning and yield stress behavior. As a proof of concept 

demonstration, the material formulation was optimized to mimic the static and dynamic 

mechanical behavior of tested specimens of human prostate tissue. The selected 

formulation was used in the 3D printing process to fabricate patient-specific model of the 

prostate. A quantitative analysis confirmed the fidelity of anatomy between the 3D printed 

prostate model and the corresponding patient’s organ. Preliminary explorations of the 
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model for applications in preoperational rehearsal with diagnostic and surgical tools 

demonstrated that such organ models could aid medical professionals to perform more 

effective preoperative planning. In addition, the tissue-like tactile sensation can help to 

hone surgical skills for training purposes.  

Additional details on experimental methods, materials, and other supplementary 

information for this chapter is provided in Appendix A. 
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3.1. Introduction 

Since the early 1500s, when Leonardo da Vinci explored the possibility of human 

flight by observing and attempting to imitate birds, the concept of “biomimetics” – the 

ability to emulate nature and living organisms – has inspired a plethora of scientific 

discoveries and engineering innovations that have led to novel materials, mechanisms, and 

devices (121, 122). Among these efforts is the development of “soft robots” with the 

purpose of reproducing locomotion, morphing structures, sensing, and emulating other 

distinctive capabilities of active biological organisms (58, 123-125). The field of soft 

robotics is primarily enabled by advances in the development of soft materials with 

properties commensurate to their biological counterparts. 

In recent years, ionic hydrogel-elastomer hybrids, which are formed by laminating 

layers of hydrogels and elastomers together, have attracted vast attention owing to their 

favorable characteristics. Specifically, elastomers are resilient materials with low elastic 

modulus (~ 0.1 MPa to ~100 MPa), high failure strains (> 300% strain) (126), and 

resistance to extreme environmental conditions such as changes in temperature (127). 

Moreover, ionic hydrogels are soft, transparent, conductive materials which employ ions 

as the charge carriers as opposed to electrons in conventional electrode components. It has 

been demonstrated that such hydrogels remain functional at high voltages (above 10 kV) 

and high frequencies (above 10 kHz), and can exhibit large stretchability (area strain of 

167%) with high transmittance and low sheet resistance (128). Furthermore, the 

combination of these two materials has been found to be analogous to human skin, with 

the elastomer replicating the epidermis layer, and the ionic hydrogel mimicking the dermis 
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layer, including signal transfer via ions as part of the natural sensing mechanism (129, 130). 

Such ionic hydrogel-elastomer hybrids have been used in development of soft devices and 

stretchable electronics including sensors (130-133), actuators (128, 134), mechanical 

energy harvesting devices (135), electroluminescent skins (136, 137), electrical 

interconnects (138), flexible circuit boards, and stretchable microfluidic chips (129). 

Conventional methods used for the fabrication of soft devices typically involve post-

processing steps, or manual assembly of the parts. Recent advances in extrusion-based, 

direct ink writing (DIW) approaches for multi-material 3D printing allow for the 

incorporation of various functional layers in high density and with fine features in the 

fabrication process, thus paving a path for the facile creation of soft devices with complex 

geometries and integrated functionalities (139). It has been demonstrated previously that 

hydrogel and elastomer precursors can also be employed in a DIW process for fabricating 

functional soft sensors (131, 132). 

In this chapter, we discuss the development of a dielectric elastomer actuator (DEA) 

in unimorph configuration, which is the first demonstration of 3D printing ionic hydrogel-

elastomer hybrids for fabricating electrically-driven bending actuators. In addition, we 

demonstrate that the same strategies can be applied for 3D printing a soft capacitive tactile 

sensor unit, and a sensor array with the end goal of their integration into organ models for 

providing quantitative feedback during surgical interventions. 
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3.2. Mechanism of Actuation in DEAs Based on Ionic Hydrogel-Elastomer 

Hybrids 

In hydrogel-elastomer hybrids, the dielectric elastomer membrane is sandwiched 

between two layers of ionic hydrogel electrodes, forming the active region of the device. 

As shown in Figure 3.1 (a), two metallic electrodes were then placed in contact with ionic 

hydrogels on each side and outside of the deformable region, to provide the contact leads 

for voltage application (128). The interface of metallic electrode/ionic hydrogel conductor 

forms an electrical double layer (EDL) on each side, and along with the dielectric layer, 

the whole structure acts as three capacitors in series (Figure 3.1 (b)). The metallic 

electrodes and ionic conductors (electric double layers) are separated by charges on the 

order of nanometers, while the separation of charges on the two sides of the dielectric 

elastomer layer is equal to its thickness (on the order of hundreds of microns). 

Consequently, the electrical double layers have higher capacitance compared to the 

dielectric layer (about seven orders of magnitude higher) (𝐶 ~
𝐴

𝑑
 , where C, A, and d 

represent the capacitance, area, and separation distance). When a high electric field is 

applied to the device in the actuation mode (Figure 3.1 (c)), since the capacitors in series 

add up to the same amount of charge (CD VD = CEDLVEDL, where C and V are the capacitance 

and voltage, and subscripts D and EDL represent the dielectric layer and the electrical 

double layer, respectively), much of the applied voltage drops across the dielectric layer, 

and the voltage across the electrical double layer remains much smaller than 1 V. The small 

value of VEDL prevents electrochemical reaction, while the larger value of VD allows for the 
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electromechanical transduction (128). Therefore, the dielectric elastomer layer experiences 

in-plane areal expansion and contraction along its thickness.  

 
Figure 3.1. Mechanism of actuation in DEAs based on ionic hydrogel-elastomer hybrids. (a) Structure of the 

DEA with ionic hydrogel electrodes prior to voltage application (left) and actuation performance of the device 

upon the application of voltage (right). (b) The equivalent circuit of the structure representing three capacitors 

in series. (c) Schematic of the device cross section upon voltage application and actuation. Adapted from 

reference (128). 

In the unimorph DEA configuration, the device resembles a cantilever in which the 

unit DEA structure is attached to a stiffer passive layer. Upon the application of high 

electric fields, the in-plane expansion of the dielectric layer is translated to an out-of-plane 

bending motion due to the restriction imposed by the passive layer (Figure 3.2) (59, 140). 

 
Figure 3.2. DEA structure and components in unimorph configuration. (a) Schematic of a bending unimorph 

DEA. (b) Exploded view of the DEA device and different constituent material layers. 
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3.3. Optimization of Ink Formulations for 3D Printing 

The first step in developing the unimorph DEA is tailoring and optimizing the 

individual material compositions for the electrodes, the active dielectric elastomer, and the 

passive layer in order to satisfy printability and device performance requirements. To 

manipulate the selected materials in the DIW process, careful consideration of the 

rheological properties of the inks (viscosity, yield stress, and viscoelastic moduli) is 

required. Specifically, the selected ink materials should exhibit shear thinning behavior, a 

property attributed to non-Newtonian fluids, which results in a decrease in the viscosity of 

a fluid under applied shear strains. The shear thinning behavior facilitates the flow of the 

ink materials through the deposition nozzle due to a decrease in the viscosity under the 

imposed shear rates during the printing process, while sustaining the shape of the printed 

inks after deposition onto the substrate (99). In addition, the ink materials should preferably 

require no post-processing steps, in an effort to maintain a comprehensive fabrication 

process on the printer platform, thus simplifying the process.  

Combining low and high molecular weight polymers for formulating the composition 

of ionic hydrogels and other materials, including silicones, has been demonstrated to be a 

viable strategy for modifying their rheological properties, thus rendering them suitable for 

use in the DIW process (131, 132). In these material systems, the high molecular weight 

polymer is used to modify the viscosity and yield stress of the ink (131, 132), while the 

crosslinking of the low molecular weight polymer dictates the material elasticity (131). 

Here, we adopted a similar strategy to formulate the composition of the main 

components of the device. Following optimization, the composition of the UV curable, 
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ionic hydrogel used for the compliant electrodes consisted of 7.9 wt.% acrylamide (AAm) 

as the monomer, 3.16 wt.% polyacrylamide (PAM, Mol. Wt.=5,000,000) as the rheology 

modifier, 21.48 wt.% lithium chloride (LiCl) for ion induction, 0.13 wt.% N,N'-

Methylenebisacrylamide (MBAA) as the crosslinking agent, 0.08 wt.% Irgacure 1173 as 

the photoinitiator, and 37.6 wt.% ethylene glycol (EG) along with 29.64 wt.% ultrapure 

water as the solvents. The hygroscopic properties of LiCl used in this formulation improved 

the water retention of the hydrogel, thus increasing its longevity and preventing 

dehydration that could inhibit its performance as an electrode in the DEA (141).  

The final composition of the active dielectric layer in this study included 20 wt.% 

barium titanate (BaTiO3) nanoparticles (<100 nm, cubic) in a UV curable silicone matrix 

comprising high molecular weight silicone sealant (Loctite 5039 Nuva-Sil) and a 

two-part silicone elastomer (Wacker SEMICOSIL 912 as the base and ELASTOSIL 

CAT UV as the catalyst with a 10:1 mixing ratio) at a 1:1 weight ratio. Silicone elastomer 

was utilized due to its relatively fast and stable electromechanical response, low 

mechanical loss (61, 142), and availability in a wide range of viscosities, curing rates, and 

mechanical properties. Furthermore, BaTiO3 particles possess a high dielectric constant 

that can range from 500 to6900 at room temperature depending on the synthesis method, 

and levels of purity, density, and grain sizes (143). Thus, the inclusion of BaTiO3 in a 

silicone matrix yields an elastomeric composite material with an enhanced dielectric 

property and electromechanical sensitivity (144-147). 

Finally, we used a UV curable, one-part silicone sealant (Loctite 5084 Nuva-Sil) 

as the passive layer due to its higher stiffness (relative to the dielectric elastomer), non-
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corrosiveness, and facile printability. The 3D printing of the individual materials was 

optimized based on the nozzle tip diameter, extrusion pressure, and printing speed (Table 

B.1 in Appendix B). 

3.4. Materials Characterization 

The shear thinning behavior of the ionic hydrogel and the dielectric elastomer inks 

was confirmed by performing viscometry tests on material precursors in the uncured state 

(Figure 3.3 (a)). The shear thinning behavior for both materials occurred at shear rates 

above 0.1 s-1, which facilitated their extrusion through the deposition nozzles. Specifically, 

during extrusion from nozzles with specified diameters and printing speeds (Table B.1 in 

Appendix B), the hydrogel and DE inks experienced shear rates of ca. 78.19 s-1, and 111.85 

s-1, at which the exhibited apparent viscosities were 3.20 Pa·s, and 21.93 Pa·s, respectively 

(Appendix B). The shear yield stress, 𝜎𝑦, along with the storage (G’) and loss (G”) moduli 

of the inks, were obtained by performing oscillatory rheometry on the materials (Figure 3.3 

(b)). The hydrogel and DE inks exhibited yield stresses of ~ 51 Pa and 253 Pa (determined 

as the value of shear stress at the limit of linear viscoelastic region), respectively. It is 

important to point out that both G’ and G” remained constant below the yield values; 

however, beyond the yield points, both materials experienced a drop in G’ and G”. 

Manipulating the yield behavior of the inks provided two key fabrication advantages: (i) a 

decrease in the storage modulus beyond the yield point improved the controllability of the 

ink extrusion; and (ii) an increase in storage modulus (G’ reached values of ~ 69 Pa and 

1034 Pa, for hydrogel and DE inks, respectively) at shear stresses below the yield values 
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facilitated the shape retention of the printed materials after their deposition on the substrate 

(105). 

To evaluate the overall performance of the device components, mechanical and 

electrical characterizations were conducted, consisting of uniaxial tensile tests of the three 

materials (ionic hydrogel, DE layer, and passive layer), and studying the changes in 

resistance of hydrogel electrodes with applied strains. The uniaxial tensile tests were 

performed to ensure that the hydrogel electrodes were compliant to the dielectric layer, and 

the passive layer had a higher stiffness compared to the dielectric layer to yield out-of-

plane motion (Figure 3.3 (c)). All materials exhibited a non-linear hyperelastic behavior. 

The elastic modulus of the passive layer, silicone dielectric elastomer, and ionic hydrogel 

electrodes at 100% strain were estimated as 167.57  36.27 kPa, 39.82  7.15 kPa, and 

8.77  3.00 kPa, respectively. 
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Figure 3.3. Materials characterization. (a) Viscometry and (b) oscillatory rheology data including the storage 

modulus (G’) and loss modulus (G”) of the ionic hydrogel electrode and the silicone/BaTiO3 dielectric layer. 

(c) Stress-strain plots of the three components. (d) Changes in resistance of the ionic hydrogel at different 

stretch ratios for loading and unloading cycles. 

We examined the effect of uniaxial stretching on the changes in resistance of 3D 

printed ionic hydrogel electrodes in loading and unloading tests (Figure 3.3 (d)). The 

increase in the resistance of the hydrogel with increasing stretch ratio was consistent with 

the expected trend of R/R0 = λ2 for a conductive material with resistivity independent of 

applied stretch, where R0 and R represent the resistance before and after stretching the 

hydrogel λ times its initial length, respectively (128). In addition, no significant hysteresis 

was observed in the changes in resistance during loading and unloading cycles. 
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3.5. Overcoming Materials Incompatibilities and Device Fabrication 

The fabrication of the DEA device required the stacking of different material layers in 

the DIW process, followed by post-deposition crosslinking and curing of each layer prior 

to the deposition of subsequent layers. One of the main challenges that should be addressed 

during the device fabrication process was the integration of the different materials and 

overcoming their incompatibilities. This issue arose from the fact that silicone-based 

materials are hydrophobic, and the hydrogel ink is hydrophilic. Therefore, effective surface 

engineering strategies should be incorporated in the device fabrication process in order to 

overcome the surface dewetting that results from the weak interactions between the 

hydrogel droplet and the underlying silicone layer. 

There exist several promising surface engineering strategies to minimize these 

material incompatibilities. For instance, plasma treatment is a common method used 

specifically in microfluidics to decrease the hydrophobicity of silicones. However, the 

treated surfaces are not stable and often suffer from hydrophobic recovery (148). In 

addition, this process usually necessitates cleanroom facilities and the removal of printed 

structures from the printer platform, which is not favorable to our purpose of devising fully 

3D printed structures. Another potential method to modify the silicone’s surface and 

improve its wettability is graft polymerization. This process mainly involves the chemical 

treatment of silicone’s surface, followed by initiation using different techniques, such as 

UV irradiation, thus generating radical sites on the surface of the silicone for further 

reaction with another chemical component and surface graft polymerization (149-151). 

Hence, we took advantage of the UV element present in the fabrication process and 
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employed this method that entailed the chemical treatment of the silicone surface. This 

method involved the application of benzophenone (BP) photoinitiator, which has been used 

to activate elastomer surfaces in UV assisted polymer grafting and was shown to improve 

the interfacial bonding of elastomer-hydrogel hybrids (129). As illustrated in Figure 3.4 

(a), upon the treatment of the elastomer surface with BP and exposure to UV light, the BP 

molecule generates radical sites that can separate a hydrogen atom from the elastomer (149, 

151, 152). The hydrogel monomer, acrylamide in this case, will then react with the 

generated radicals, leading to graft polymerization and chemical bonding of the hydrogel 

to the elastomer surface (149, 151, 152). During device fabrication, we treated the surface 

of the 3D printed silicone structures with aliquots of l0 wt.% BP solution in acetone. After 

the absorption of BP, the surface of silicone was dried using nitrogen gas and the 

subsequent hydrogel layers were printed while the entire structure was exposed to UV light. 

This method resulted in the deposition of hydrogel films with uniform surfaces on the 

silicone layer with improved interfacial bonding (Figure 3.4 (b)). 

 
Figure 3.4. Surface treatment and 3D printing of ionic hydrogel on underlying silicone-based surface. (a) 

Schematic of depositing hydrogel on the surface of silicone-based layer treated with BP under UV light 

exposure. (b) Printing of the ionic hydrogel on the silicone-based passive layer after surface treatment with 

BP and under UV light. 
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Figure 3.5 shows the step-by-step fabrication process of DEA devices. In order to 

facilitate the testing of DEA actuation performance, copper tape pieces were integrated into 

the device structure to function as electrical contact leads. The bottom electrical lead was 

inserted during the printing process, prior to depositing the bottom hydrogel electrode. The 

top electrical lead was attached to the upper surface of the hydrogel layer after completing 

the printing process of the device.  

 
Figure 3.5. Step by step fabrication process and 3D printing of the unimorph DEA. 

The final 3D printed DEA (Figure 3.6 (a)) had dimensions of ca. 30 mm  10 mm  

1.6 mm (length  width  height). The thicknesses of the passive layer, DE layer, and 

hydrogel electrodes were approximated as 300 µm, 500 µm, and 380 µm, respectively, 

based on SEM images of the device cross section (Figure 3.6 (b)). 
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Figure 3.6. Final 3D printed DEA. (a) Top view image of the final 3D printed DEA. (b) SEM image of the 

DEA cross section. The green, blue, and white markers denote the passive layer, hydrogel electrodes, and 

dielectric layer, respectively. 

3.6. DEA Performance Analytical and Finite Element Modeling 

Most of the modeling efforts provided in the literature for predicting the deformation 

response of nonlinear soft devices tend to apply linearized approaches, which are 

applicable only in restrictive conditions, such as small displacements (153). Thus, linear 

models are inaccurate when the deflection amplitudes are higher than the thicknesses of 

the structures (154). The modeling approach in this study encompasses both the material 

and kinematic nonlinearities through the implementation of the energy formulation instead 

of the common force-balance method, which can become cumbersome for nonlinear 

systems (154). In other words, the material and kinematic nonlinearities are the impetuses 

for the mathematical development to capture the important energetics of the device (153). 

The energy formulation is an attractive approach for predicting the device actuation and 

response characteristics due to electrical and mechanical loads experienced simultaneously 

by the device. Additionally, the Rayleigh-Ritz method can be employed in conjunction 

with the energy formulation to obtain a solution for the deflection in the beam-like device 

(154). Details of the model derivation are presented in Appendix B. Briefly, the DEA 
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device was treated as a cantilever nonlinear Euler-Bernoulli beam. The general 

assumptions were: (i) static equilibrium; (ii) no slip occurs between the layer interfaces; 

(iii) isotropic behavior in each material layer; and (iv) zero strain at the neutral axis.  

To account for the materials nonlinearities, the hyperelastic constitutive laws were 

incorporated into the derivations using the Neo-Hookean material model. Thus, the 

predictive actuation response included nonlinearities stemming from (i) the electro–

hyperelastic coupling in the dielectric elastomer layer, and (ii) the hyperelastic behavior of 

the hydrogel and passive layers. 

In order to capture the geometric nonlinearities due to the high kinematics (physical 

flexibility) of the device, third-order terms were included in the strain energy development 

using the Taylor series expansion. If w represents the transverse displacement of the device 

during deflection, the normalized curvature (𝜅) can be defined as a function of the spatial 

derivatives (𝑤′ and 𝑤′′) of 𝑤 as follows (153): 

𝜅 = 𝑤′′ +
1

2
𝑤′′𝑤′2                                                                                                            (1) 

The Rayleigh-Ritz method was employed in which an assumed solution was directly 

substituted into the energy expressions (154, 155). Mathematically, 𝑤, can be expressed as 

a summation of functions from a complete, orthogonal, sufficiently differentiable function 

set. The advantage of using the Rayleigh-Ritz method is that a function needs to satisfy 

only the kinematic boundary conditions. The approximate solutions were assumed in the 

form: 

𝑤(𝑥) = 𝑞𝜓(𝑥)  (2) 
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where the trial functions, 𝜓, are known independent comparison functions to denote the 

mode shapes (curvature due to deflection) of the beam and 𝑞 represents the generalized 

coordinates. 

`The constitutive relation for the entire DEA system can be modeled similar to 

piezoelectric devices (156), which can be generally expressed as follows (157): 

[
𝑫
𝝐

] = [𝑒𝜎 𝑑𝑑

𝑑𝑐 𝑠𝔼 ] [
𝔼 
𝝈

]  (3) 

where electric displacement, strain, applied electric field and stress vectors are denoted by 

vectors 𝐷, 𝜖, 𝔼, and 𝜎, respectively. The dielectric layer material constants include the 

dielectric permittivity at a constant stress 𝜎 (𝑒𝜎), the electric displacement per unit stress 

at a given electric field (𝑑𝑑), strain per unit electric field at a known stress (𝑑𝑐), and the 

elastic compliance at a constant electric field 𝔼 (𝑠𝔼). It should be noted that 𝑑𝑐 and 𝑑𝑑 are 

numerically identical (157).  

Using 1-axis and 2-axis notations to represent the planar directions, and the 3-axis to 

denote the direction along the thickness of the device, the axial stress (σ11
 ) – which 

includes the contribution of the electromechanical strain (𝛬) and axial strain (𝜀 
 ) – can be 

simplified as: 

𝜎11
 = 𝐸11

 [𝜀11
 − 𝛬 ]  (4) 

where 𝐸11 represents the elastic modulus of the DE. The electromechanical strain, 𝛬, of the 

DE layer with thickness t in response to applied voltage V can be defined as (154, 156): 

𝛬 = 𝑑31 (
𝑉

𝑡 ) = 𝜈
𝜖𝑜𝜖𝑟

 

𝐸11
 (

𝑉

𝑡  )
2

  (5) 
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The Poisson ratio, vacuum permittivity, and relative dielectric permittivity are 𝜈  , 𝜖𝑜, and 

𝜖𝑟, respectively.  

Finally, the potential energy of the DEA with length L and cross section area A can be 

expressed as follows (154): 

𝑃 =
1

2
∫ [𝜀 𝜅] [

𝐸𝐴 𝐸𝐼𝑐

𝐸𝐼𝑐 𝐸𝐼𝑏
] [

𝜀 

𝜅
] 𝑑𝑥

𝐿

0
− ∫ [𝐹𝛬 𝑀𝛬] [

𝜀 

𝜅
] 𝑑𝑥

𝐿

0
  (6) 

where EA, 𝐸𝐼𝑐, 𝐸𝐼𝑏, 𝐹𝛬, and 𝑀𝛬 are the extensional stiffness, coupling stiffness, bending 

stiffness, induced force and bending moment, respectively. After substituting the assumed 

solution into P and applying the Euler-Lagrange method for a static condition, the 

governing equation for the DEA transverse displacement as a function of the generalized 

coordinates becomes: 

𝑘𝑛𝑏𝑞2
3 − 𝑘𝑛𝛬𝑞2

2 + 𝑘𝑙𝑏𝑞2 = 𝑄2,𝑖𝑛𝑡 + 𝑄2,𝑒𝑥𝑡  (7) 

where 𝑘𝑙𝑏, 𝑘𝑛𝛬, and 𝑘𝑛𝑏 represent the coefficients due to linear bending stiffness, nonlinear 

electromechanical strain, and nonlinear kinematic bending stiffness, respectively. The 

generalized internal, 𝑄𝑖𝑛𝑡, and external, 𝑄𝑒𝑥𝑡, forces are due to the electrical potential, and 

external loads, respectively. The blocking force can also be defined as (154): 

𝐹𝑏𝑙 = 𝛬 𝐸 𝐴  (8) 

The DEA actuation was also simulated using Abaqus FEM software to predict the 

device deflection due to a voltage ramp-up input and applied tip mass and gravitational 

loads. Further details on the analytical model and FEM simulation are presented in 

Appendix B. 
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3.7. DEA Performance Experimental Characterization 

The actuation performance of the 3D printed DEAs was investigated in three different 

cases, including applied (i) ramp-up electrical input, (ii) cyclic electrical loading, and (iii) 

payload masses. For this purpose, one end of the device was anchored to a rigid structure, 

while the other end was unconstrained and free to deflect. The input voltage was delivered 

to the device via a custom-built electrical setup (Figure B.1 in Appendix B) connected to 

the copper leads. The application of high voltage stimulated the out-of-plane motion of the 

device. The vertical displacement of the free end of the device was obtained by analyzing 

the recorded actuation performance using a video analysis and modeling software (Tracker, 

see Appendix B for more details). First, we evaluated the performance of the DEAs in 

response to slowly ramping-up voltages (250 V/10 s) (Figure 3.7 (a)). As shown in Figure 

3.7 (b), the DEA tip displacement was found to exhibit a quadratic relationship with the 

applied voltage. A maximum vertical tip displacement of 9.78  2.52 mm (n=3) at ~5.44 

kV was achieved, which was more than six times the thickness of the device.  

In order to verify the behavior of the DEA, we simulated the actuation performance in 

response to an applied ramp-up voltage via analytical and FEM models. Both models 

illustrated similar quadratic relationships seen in the experimental results between the DEA 

tip displacement and the input voltage, as shown in Figure 3.7 (b). The analytical deflection 

results were ~41% below the experimental values. This noticeable deviation between the 

experimental and analytical results could be attributed to the following factors. First, the 

modeling was conducted for static conditions; thus, the time-dependent response and the 

relaxation behavior of the DEA were not considered. Second, the transverse shear effect 
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was ignored in the analytical model due to the simplifying assumptions in the non-linear 

Euler-Bernoulli beam theory (158). Finally, variations in the material properties, such as 

density and elastic modulus, and potential variabilities in each layer during the fabrication 

process may affect controlling the overall geometry and structural stiffness of the device, 

which will contribute to the deviations between the experimental and modeling results. In 

designing electromechanical transducers, it is often required to include a compensation 

factor to account for these variabilities (154). Thus, by comparing the analytical model 

with the experimental results, a compensation factor with a value of∼1.65 was used, which 

yielded an excellent fit with the experimental data (Figure 3.7 (b)). The values for E and 

d31 of the DE layer were then obtained using the model with the compensation factor and 

were implemented in the FEM simulation. The FEM predictions were in good agreement 

with the experimental results and remained within one standard deviation of the 

experimental data. 

 
Figure 3.7. Characterization of device actuation performance in response to applied ramp-up voltage input. 

(a) Stills of device actuation performance at different applied voltages. (b) Experimental results during 

voltage ramp-up and their comparison with analytical and FEM simulation. Error bars represent standard 

deviation of the n samples that did not breakdown up to a specific level of the applied voltage. Specifically, 
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n is equal to 5, 4, and 3 for voltage ranges of 0-4.21 kV, 4.47-4.96 kV, and 5.2-5.44 kV, respectively. (c) 

Estimation of DEA blocking force and change in bending stiffness as a function of applied voltage using the 

analytical model.  

The bending stiffness and blocking force of the device were estimated as functions of 

the input voltage (Figure 3.7 (c)). The blocking force increased due to an increase in V, 

reaching a value of 17.27 mN at ~5.44 kV, while the restoring bending stiffness decreased 

as V increased (Figure 3.7 (c)). Thus, the device became more compliant when the voltage 

increased. Using the approximation 
Fblw

2m
 (159, 160) (where m represents the mass of the 

device), a maximum energy density of ca. 0.13 J kg-1 and efficiency of ca. 30 % were 

estimated for the unimorph DEA. 

We also tested the repeatability and time-dependence of the device performance by 

applying a cyclic electrical load via a square-wave input voltage with a constant amplitude 

of 4 kV (Figure 3.8 (a)). The results showed that the DEAs exhibited a time-dependent 

response to step changes in the applied voltage from 0 to 4 kV (and vice versa), which was 

found to be consistent with previous reports on the performances of unimorph DEAs (140, 

156). A rise time of 1.85 s was approximated for the device response at a frequency of 0.05 

Hz. In addition, a slight drift in the device displacement over consecutive cycles of 

stimulation was observed, which was more prominent at the beginning and diminished 

after the first few cycles. These time-dependent characteristics of DEA performance have 

been attributed to the relaxation behavior of dielectric elastomers (161, 162), and the 

electrical dynamics of the device during capacitive charging and discharging (142, 163). 

Nevertheless, the peak-to-peak amplitude of the DEA displacement remained consistent 

over the actuation cycles, confirming the repeatability of the device performance. 
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Furthermore, we investigated the effect of oscillatory inputs on the deflection amplitude 

and rise time of the device (Figure 3.8 (b)). The effect of changes in frequency on device 

displacement was found to be trivial for frequencies below 0.1 Hz, while the rise time 

decreased with an increase in frequencies in this range. For oscillation frequencies above 

0.1 Hz, a significant decrease in the device deflection and a relatively constant rise time 

were observed. 

 
Figure 3.8. Characterization of the time- and frequency-dependent performance of the DEAs. DEA 

performance in response to square wave voltage input with an amplitude of 4 kV and frequency of ~ 0.05 

Hz. (b) Effect of changes in the frequency of the square-wave input on DEA displacement and rise time. 

The impact of dielectric thickness on the device actuation performance was also 

investigated using the analytical model. As shown in Figure 3.9, decreasing the thickness 

of the DE layer could yield higher device deflections at lower applied electric fields. 

However, it should be noted that this could entail a tradeoff via an increase in the 

probability of dielectric breakdown. 
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Figure 3.9. Effect of changing the DE thickness on device actuation performance. 

Finally, we evaluated the DEA load lifting capacity by mounting payload masses of 

0.04, 0.08, and 0.12 g on the tip of the device and obtaining the displacement of the tip 

mass against gravity upon the application of voltages ranging from 0.250 to 5 kV (Figure 

3.10). At an input voltage of 5 kV, increasing the tip mass from 0 to 0.12 g reduced the 

maximum tip deflection from 2.80 to 0.85 mm. We also compared the experimental data 

for the DEA performance in response to an applied payload mass with results obtained 

from FEM. In general, the FEM simulations were consistent with the experimental trends 

and were in good agreement for tip masses with values of 0, 0.04, and 0.08 g (Figure 3.10 

(b, c)). For the case with a tip mass of 0.12 g, a higher deviation between the experimental 

and FEM maximum displacement was observed. A possible explanation involves the 

relative shift in the radius of gyration due to the mounting of the increased mass on the tip 

of the device. 



 

61 

 

 
Figure 3.10. Characterization of DEA performance in response to applied tip masses. (a) Stills of DEA 

performance in lifting a tip payload mass of 0.04 g at different applied voltages. (b) Effect of different tip 

mass values on device performance and comparison with FEM simulation. (c) Plot of normalized maximum 

tip displacement as a function of normalized tip mass for experimental and FEM results (right). 

3.8. Ionic Hydrogel-Elastomer Hybrids as Sensors 

As discussed earlier, the basic configuration of dielectric elastomers can be used in the 

reverse mode of transduction and convert mechanical stimuli to electrical signal, thus serve 

as a sensing element in different application areas. For instance, previous studies have 

shown that the ionic hydrogel-elastomer hybrid structure can function as a capacitive 

sensor for tactile sensing and kinesthetic feedback (130, 131). It has also been discussed 

that capacitive sensors are superior over other types of electrical sensors in terms of high 

precision, sensitivity and resolution, temperature-independent and drift-free sensing in 

long runs, and simplicity and robustness of structure (130). 

Upon the application of external pressure to the sensor, the dielectric elastomer 

experiences a deformation (compression of thickness and expansion in area), which results 
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in a change in device capacitance (𝐶𝐷~
𝐴

𝑑
 ). Measuring the change in capacitance of the 

device can be harnessed to sense the applied pressures. 

In the sensing mode, the same principles apply that were discussed earlier for the case 

of actuation. Specifically, the difference in the order of magnitude of the capacitance 

between the electrical double layer (EDL) and the dielectric layer prevents electrochemical 

reaction. In addition, since CEDL>> CD, when the capacitance C (which is the equivalent 

of the three capacitors in series, i.e.: 1/C=2/CEDL + 1/CD) is measured between the two 

electrodes during the tests, the measurement is primarily governed by the capacitance of 

the dielectric layer, therefore C~ CD (130).  

We adapted a similar strategy to 3D print a soft capacitive sensing unit based on the 

ionic hydrogel-elastomer hybrids. The sensor consisted of two layers of polyacrylamide-

based ionic hydrogel as the electrodes and a silicone-based dielectric elastomer as the 

electroactive component of the sensor (Figure 3.11 (a)). We also added silicone layers on 

the top (cover layer) and bottom (base layer) of the device to facilitate its handling and 

longevity (Figure 3.11 (a)).  The composition of the ionic hydrogel was the same as the 

formulation discussed earlier in this chapter. The composition of the dielectric elastomer 

used in fabrication of the sensing unit comprised of the high molecular weight silicone 

sealant (Loctite 5039 Nuva-Sil) and the two-part silicone elastomer (Wacker 

SEMICOSIL 912 as the base and ELASTOSIL CAT UV as the catalyst with a 10:1 

mixing ratio) at a 3:2 weight ratio (131). A 1 cm × 1 cm sensor device was printed by 

alternately depositing layers of the two different materials, followed by their 

photopolymerization via UV exposure (Figure 3.11 (b)). As discussed before, to facilitate 
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the testing of the devices, copper tape was used as electric contact leads and was inserted 

into the device during the printing process. Specifically, the first copper lead was inserted 

after printing the first silicone layer (base) and prior to deposition of the bottom hydrogel 

electrode, and the second copper contact lead was inserted after printing the top hydrogel 

electrode and prior to depositing the top silicone encapsulation (cover). Indeed, to facilitate 

the uniform printing of the hydrogel on the hydrophobic surface of the silicone, we treated 

the underlying silicone surface with 10 wt. % solution of benzophenone in acetone. The 

final 3D printed device has dimensions of ca. 10 mm  10 mm  1.2 mm (length × width 

× height). 

 
Figure 3.11. Structure and fabrication process of the 3D printed soft capacitive tactile sensor based on ionic 

hydrogel-elastomer hybrids. (a) Schematic of the structure and components of the soft tactile sensor. (b) Step-

by-step 3D printing of the soft tactile sensor. 

The 3D printed sensor was calibrated by applying different pressures to the device and 

measuring the changes in the capacitance. For this purpose, a cylindrical metal bar was 

mounted on a vertical axis of a nanopositioning stage (ANT130-L-ZS, Aerotech) to apply 

cycles of press-release to the device by varying the vertical position of the bar to obtain 

different values for the applied forces. The applied forces were recorded using a digital 

scale with a flat surface which was placed underneath the sensor. The applied pressure 
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values were then calculated by dividing the recorded forces by the sensor area before 

deformation. In addition, the sensor was connected to a characterization system (B1500A, 

Agilent Technologies) to observe the changes in device capacitance at each of the press-

release cycles. A calibration plot was obtained for the sensor based on the capacitance 

changes at each applied pressure. As shown in Figure 3.12 (a), the capacitance changes and 

the applied pressure showed a linear correlation at a pressure range of 20 to 120 kPa for 

the sensor with this configuration. This calibration data can be used to calculate the 

pressure applied to the tactile sensor via corresponding changes in capacitance. In addition, 

the sensor exhibited repeatable response in terms of capacitance change under applied 

pressure during consecutive cycles of press-release with 50 kPa of applied pressure (Figure 

3.12 (b)). 

 
Figure 3.12. Characterization of the 3D printed capacitive sensor in response to applied pressures. (a) 

Calibration of the 3D printed sensor based on the correlation between capacitance change and the applied 

pressure. (b) Changes in capacitance of the device in response to applied cyclic pressures of 50 kPa. 

3.9. Proof of Concept Demonstration: Integrated DE Sensor on 3D Printed 

Prostate Model  

To explore the applicability of this soft tactile sensor for incorporation onto the 3D 

printed organ models with the purpose of obtaining quantitative feedback, we conformally 

integrated a 3D printed soft tactile sensor on the surface of the 3D printed prostate model 
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as a proof-of-concept demonstration. We designed and conducted quantitative surgical 

rehearsal applications using the 3D printed prostate model with the integrated 3D printed 

sensor. For each application, we applied three quick press-release and three press-hold-

release cycles using either a finger or surgical and diagnostic tools on the sensor. The signal 

responses of capacitance change of the sensor were then translated into the values of 

applied pressures to the model using surgical/diagnostic tools via the obtained calibration 

plot discussed in the previous section. 

For the first application example, we integrated the sensor on the outer surface of the 

model. Then we applied finger pressing, a surgical grasper, and surgical scissors to the 

sensor and deduced their corresponding pressure responses from the capacitance changes 

(Figure 3.13). For the second application example, we integrated the sensor on the urethra 

surface of the model. Then, we used an endoscope, surgical grasper and surgical scissors 

on the sensor and deduced their corresponding pressure responses from the capacitance 

changes (Figure 3.14). For each case, the real-time capacitance changes of the sensor 

during the interventions were recorded as shown in in Figures 3.13 and 3.14. These 

applications demonstrate the utility of the organ models with integrated sensing capability 

in training medical professionals to quantitatively realize and control the amount of applied 

pressure and its duration within reasonable ranges before operating on patient organs. 
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Figure 3.13. Proof-of-concept demonstrations with integration of the soft capacitive sensor on the outer 

surface of the 3D printed prostate model. Quantitative surgical rehearsal on the 3D printed prostate model 

upon applying (a) a finger press, (b) a surgical grasper, and (c) surgical scissors, respectively. 
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Figure 3.14. Proof-of-concept demonstrations with integration of the soft capacitive sensor on the urethra 

surface of the 3D printed prostate model. Quantitative surgical rehearsal on the 3D printed prostate model 

upon applying (a) an endoscope, (b) a surgical grasper, and (c) surgical scissors, respectively. 

3.10. Development of Planar Sensor Array  

The capability to visualize the pressure distribution and determine the locations with 

critical pressure values can be an important metric for many application areas. To this end 

and with the final goal of internal and monolithic integration of the sensor into the 3D 

printing of tissue-like organ models, we explored the fabrication of a sensor array based on 

the concepts discussed earlier.  

As depicted in Figure 3.15 (a), the design of the 3  3 capacitive pressure sensor array 

includes two sets of channels (cross section area of ca. 2 mm  0.480 mm (width  height)) 

which construct the top and bottom electrodes of the device and are separated with a ~ 600 



 

68 

 

µm-thick dielectric layer. At the crossing junction of these channels, a sensing element 

with area of 2 mm  2 mm is formed. Each sensing element is identified as “element xy” 

where x and y represent the row and the column of the element in the array, respectively 

(Figure 3.15 (a)). The planar sensor array was 3D printed by using the silicone-based tissue 

mimicking ink (ratio of bulking to active agent: 0.85) for the device main structure 

(dielectric and encapsulation layers). After printing and curing of the silicone structure, the 

channels were filled by injection of an aqueous solution of the ionically-conductive 

hydrogel, comprising of acrylamide monomer dissolved in an 8 M lithium chloride stock 

solution with ratio of 15.64:100 (w:v), as well as N,N’-methylenebisacrylamide 

crosslinking agent and 2-hydroxy-2-methyl-propiophenone photoinitiator with ratios of 

0.00064:1 and 0.00543:1 with respect to the weight of acrylamide monomer, respectively. 

After filling the electrode channels, the device was exposed to a UV system for 

photopolymerization and curing of the ionic hydrogel (Figure 3.15 (b)). Prior to testing the 

devices, wires were inserted to the channels to facilitate the electrical connections for 

testing.  
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Figure 3.15. Design and structure of the sensor array. (a) Schematic of the 3  3 sensor array design and used 

notations for identifying the elements. (b) 3D printed sensor array with hollow (left) and filled (right) 

channels with the ionic hydrogel (orange and green dyes have been added to the ionic hydrogel for 

visualization of the two channel sets). 

To characterize the 3D printed sensor array, first, we calibrated the sensing elements 

by applying different pressures and measuring the changes in the capacitance of each 

element using a customized test bar with a rectangular tip with dimensions of 2 mm  2 

mm (corresponding to the area of sensing elements). A calibration plot was obtained for 

each of the elements in the sensor array based on the capacitance changes at the applied 

pressure values (Figure 3.16 (a)). Averaging the results for all the nine sensing elements 

yielded a cumulative calibration plot for the device with the slope of the linear fit 

representing the sensitivity of the device (ca. 0.0023 1/kPa) (Figure 3.16 (b)).  
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Figure 3.16. Calibration of the sensor array. (a) Calibration data for individual sensing elements in the array. 

(b) Cumulative calibration plot for the sensor array resulted from averaging the data for the 9 sensing 

elements. 

To investigate the possibility of crosstalk between adjacent elements in the sensor 

array, we pressed a specified sensing element (for example element 11, element 21, and 

element 22) and measured the changes in the capacitance of all the nine elements in each 

case. As it can be seen in Figure 3.17, the obtained heatmaps indicated the corresponding 

location of the applied pressure with trivial crosstalk between adjacent pixels. Specifically, 

for cases of pressing on elements 11, 21, and 22, capacitance changes of 55.39%, 71.45%, 

and 67.46% were obtained for these pressed elements, while the maximum capacitance 

changes for the eight other elements were 10.69%, 12.00%, and 11.34% in each case, 

respectively. This verified that this sensor array design can be implemented with minimal 

interference impact among measured signals from adjacent elements in the array, hence 

can be used to detect the location of applied pressures. 
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Figure 3.17. Investigating the crosstalk between adjacent elements in the sensor array. Heatmaps of 

normalized capacitance change obtained while pressing (a) element 11, (b) element 21, and (c) element 22. 

Finally, as another demonstration to capture the capability of the sensor array for 

determining the location of the applied pressure, we used the device in an object detection 

application. As shown in Figure 3.18, a rectangular-shaped and a cross-shaped object were 

pressed on the sensor array. The corresponding discrete and continuous heatmaps (which 

were obtained by linear interpolation) in each case were able to correctly indicate the 

geometry of the test bar, as well as the location of pressure application. 
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Figure 3.18. Object detection experiments with the 3  3 sensor array. Heatmaps of normalized capacitance 

change obtained while pressing (a) a rectangular-shaped object on column 3 of the array, and (b) a cross-

shaped object centered on the array. 

3.11. Conclusion 

In this chapter, the design and development of soft electromechanical transducers 

based on ionic hydrogel-elastomer hybrids have been discussed. Specifically, it was 

demonstrated that this hybrid material structure can be applied for 3D printing of soft 

dielectric elastomer actuators that can generate bending modes of motion in response to 

applied electrical stimuli. This involved the selection and optimization of materials for 

performance and printability, solving key material integration challenges, and fabrication 

and characterization of the final devices. Several strategies can be incorporated with the 

goal of improving the performance of the current devices to achieve higher spatial range 

and temporal rate of actuation at lower applied electric fields, thus broadening their range 

of applications in various areas, including but not limited to soft robotics. For instance, 
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given that the device performance is more sensitive to variations in the thickness of the 

active DE layer, decreasing the thickness of this layer (for example, via using finer nozzles 

during the printing process) could enhance the device deflection, but entails a tradeoff via 

an increase in the probability of dielectric breakdown. Hence, surface modification of the 

barium titanate nanoparticles could be considered to improve the dielectric properties and 

electromechanical strength of the DE/BaTiO3 composites (164). Furthermore, stacking 

multiple layers of active DE membranes, which is readily achievable using a 3D printing 

process, can be employed as a method to enhance the device actuation performance (165). 

In addition, it was shown that the same strategy can be applied to 3D print a soft 

capacitive tactile sensor. As a proof-of-concept demonstration, the 3D printed sensor was 

conformally integrated on the tissue-like prostate model and was used to provide 

quantitative feedback during handling the organ model with surgical/diagnostic tools. This 

feedback can be used as an indicator of surgical performance and can provide medical 

professionals with the ability to quantify and control the pressure ranges they apply to the 

organ during preoperative rehearsal and training.   

Finally, the design, 3D printing, and characterization of a sensor array using the 

custom-formulated tissue-mimicking ink as the dielectric and encapsulation layer was 

discussed. In the next chapter, the design and development of this planar sensor array will 

be translated to an internally-integrated sensor array within the structure of a 3D printed 

organ model. 

Additional details on experimental methods, materials, and other supplementary 

information for this chapter is provided in Appendix B. 



 

74 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

CHAPTER 4†
 

 

Functional 3D Printed Aortic Root Models with Internal 

Sensors for Minimally Invasive Applications 
 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 
† The work reported in this chapter is in preparation for publication. 
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4.1. Introduction 

In the coming decades, the world will be facing a shift in demographics and aging of 

its population. For example, it has been estimated that by the year 2030, the number of 

adults over the age of 65 years old in the United States alone, will reach 73.1 million, 

comprising 21% of its total population (166). An aging population results in an increase in 

the prevalence of cardiovascular diseases, which is the leading cause of death in this age 

group (167). Non-congenital aortic stenosis (AS) is one of the common cardiovascular 

conditions in the elderly that affects about 2.7 million adults over the age of 75 in North 

America (168). AS is associated with the narrowing of the aortic valve as a result of its 

calcification, which impedes the leaflets full motions, causing an obstruction to the blood 

flow from the left ventricle to the aorta and ultimately, ventricular dysfunction (169). Given 

the age of the individuals suffering from AS and the prevalence of comorbidities in this 

population, some patients are deemed high risk for surgical valve replacement via open 

heart surgery (169, 170). Transcatheter aortic valve replacement (TAVR) is a minimally 

invasive procedure aimed at treating this disease by implanting a prosthetic valve within 

the damaged native valve via a catheter delivery system (169). Like any medical procedure, 

TAVR can be subject to postoperative complications among which are paravalvular leak 

and/or conduction disturbances. Paravalvular leak (PVL) is caused by an insufficient seal 

and presence of gaps between the prosthetic valve frame and the native aortic annulus and 

leads to regurgitation of blood flow from the aorta to the left ventricle (171). Post-TAVR 

conduction disturbances can be triggered by the pressure imposed on the critical region 

below the aortic root in proximity to the atrioventricular (AV) conduction pathway by the 
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replacement valve frame (Figure 4.1) (172). This critical region is identified as the lower 

limit of membranous septum where the His bundle emerges into the left bundle branch 

(Figure 4.1) (172-175). Applied pressure on this region can result in left bundle branch 

block or atrioventricular block and thus, the need for permanent pacemaker implantation 

(172-175). 

 
Figure 4.1. Schematic of the heart and its conduction pathway (shown in green) with implanted TAVR 

prosthesis in the aortic root region. 

Several different factors related to a given patient’s anatomy, the procedure, and the 

prosthetic valve can contribute to post-TAVR complications, including membranous 

septum length, septal wall thickness, calcification patterns, patient-prosthesis size 

mismatch, implantation depth, mispositioning, and type of the prosthetic valve (172, 175-

182). Therefore, the proper selection and optimization of the interplays among these factors 

based on each patient’s unique anatomical features are vital in TAVR planning to mitigate 

the risk of postoperative complications and mortality.  
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Compared to surgical aortic valve replacement where surgeons can have direct access 

to the aortic root anatomy and resect the native calcified valve, the minimally invasive 

nature of the TAVR can potentially raise the levels of challenge in terms of full 

visualization of the anatomical features and their interaction with the prosthetic valve 

(181). Currently, most of the decision-making process in TAVR, which includes choosing 

the right size, implantation depth, and positioning of the prosthetic valve, occurs based on 

measurements derived from pre- and intra- procedural imaging; hence it increases the 

dependency on clinician’s experience and skills, and the chance for postoperative 

complications (181). Alternatively, utilizing 3D printed patient-specific, organ models 

could significantly enhance the 3D visualizations and augment the understanding on the 

physical interaction of the prosthetic valve with the patient’s native anatomies, therefore 

improving preprocedural planning (21, 183, 184).  

Previous efforts on utilizing 3D printed aortic root models for TAVR were mainly 

focused on exploring the applications of these models for preprocedural prosthetic fit-

testing, evaluation of patients’ anatomical features and/or hemodynamic studies for 

prediction of paravalvular leak (21, 184-188). Most of these previously reported models 

were 3D printed using a single rubber-like commercial photopolymer for mimicking the 

tissue components of the aortic root structure (including the left ventricle outflow tract, 

leaflets and the aorta) and a rigid one for replicating the calcified lesions on the leaflets 

(21, 184-188). 

In this chapter, the concepts and methodologies discussed earlier were combined to 

develop patient-specific models of the aortic root with internal sensor array tailored for 
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applications in TAVR, as an example of minimally invasive procedures. Specifically, a 

customized, multi-material 3D printing process was implemented for fabrication of patient-

specific models of the aortic root that are made using three different materials with 

properties commensurate to: 1) aorta; 2) myocardium and leaflets; and 3) calcified regions. 

These models can provide a “more realistic” representation of patient’s anatomy for 

preprocedural planning and decision making on prosthesis and procedure parameters, flow 

studies, evaluation of patient- and disease-specific hemodynamic parameters, and 

investigation on the possibility of paravalvular leak occurrence. Furthermore, uniquely 

here we demonstrate the internal integration of a sensor array within the anatomical 

structure, which can be used to visualize the contact pressures in the critical region of the 

aortic root anatomy, thus providing the physicians with a benchtop tool with further 

understanding of the valve deployment and thus, mitigating some of the risks of post-

TAVR conduction abnormalities. 

4.2. Material Selection and Model Fabrication 

To initiate the 3D printing process, we obtained the computed tomography (CT) scans 

of the patients’ cardiac anatomy, segmented these images to extract the regions of interest, 

and then generated the stereolithography (STL) file for the 3D printing process (Figure 

4.2). As depicted in Figure 4.3, the models consist of aortic wall, a portion of myocardium, 

the leaflets, and the calcified regions which were 3D printed simultaneously using 

customized materials, i.e. those that mimic the mechanical properties of their biological 

counterparts. Hence, optimizing the formulation of the customized polymeric 3D printing 

materials was a fundamental step in the fabrication of these aortic root models. 



 

79 

 

 
Figure 4.2. Process for generating the G-Code for 3D printing of the patient-specific aortic root model. 

 
Figure 4.3. Different components of the aortic root model (The calcified regions are shown in yellow and 

the approximate region of membranous septum is indicated with the blue marking). 
 

We compared the mechanical behaviors of the custom-formulated polymeric materials 

discussed in Chapter 2 with tissue specimens of human hearts to select proper formulations 

for mimicking the properties of myocardium and aortic wall.  In general, the mechanical 

properties of the soft tissues can have significant variations depending on different factors, 

including: the subject, age of the subject, disease state, location/orientation of tissue 

excision, and the test parameters (189).  For the purpose of this study, we compared the 

stress-strain curves of representative tissue samples from human aortic wall and 

myocardium to the printed samples of the inks with different formulations. It was observed 

that at small strain range (0~0.05), the customized polymeric inks 1 and 2 corresponding 

to formulations with weight ratios of bulking agent to active agent of 1.15 and 0.85 matched 
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the general trends of stress-strain curves of human myocardium tissue samples 1 and 2, 

respectively (Figure 4.4 (a)). The Young’s moduli (<3% strain) for representative samples 

of inks 1 (109.3 kPa) and 2 (156.2 kPa) were analogous to myocardium tissue samples 1 

(105.3 kPa) and 2 (146.4 kPa). At the same strain range (0~0.05), the customized polymeric 

inks 3 and 4 with bulking to active weight ratios of 0.70 and 0.25 matched the trends of 

stress-strain curves of human aortic tissue samples 1 (without calcification) and 2 (with 

calcification), respectively (Figure 4.4 (b)). The Young’s moduli (<3% strain) for 

representative samples of inks 3 (240.3 kPa) and 4 (493.5 kPa) were analogous to aortic 

tissue samples 1 (216.1 kPa) and 2 (586.5 kPa). At higher strain ranges, a divergence was 

observed in the stress-strain curves of polymeric materials compared with tissue 

specimens, which was more significant for the aortic tissue (Figures 4.4 (a) and (b)). This 

divergence was mainly due to the strain-stiffening behavior of soft tissue structures as a 

result of collagen fiber alignments and straightening along the load direction at higher 

strains (190). Nevertheless, the modulus values of our developed materials and tested 

myocardium and aortic tissue were in accordance with the range of moduli previously 

reported for myocardium (12-273 kPa) (191, 192) and aorta (334-1,817 kPa) (193, 194) 

(Table C.1 in Appendix C).  
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Figure 4.4. Stress-strain plots of custom-formulated polymeric materials and tissue specimens. (a) Stress-

strain plots of myocardium tissue specimens and corresponding polymeric materials. (b) Stress-strain plots 

of aortic tissue specimens and corresponding polymeric materials, as well as the calcification material.   

Besides, we used a spackling material (ink 5) for printing the calcified lesions on the 

leaflets due to its good printability and comparable mechanical properties to aortic valve 

calcification. This material mainly comprised of calcium carbonate which was verified by 

the prominent absorption peaks of CO3
2− at ~ 712 cm-1, ~ 875 cm-1, and ~ 1425 cm-1 

observed in its FTIR spectra as shown in Figure 4.5 (195).  The Young’s modulus of the 

calcification material was estimated as 11.8 ± 3.1 MPa (Figure 4.4 (b)), which was close 

to the reported values of 22.6 ± 9.2 MPa for calcified aortic valve regions (196).  

 
Figure 4.5. FTIR plot of the calcification material. 
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4.3. Model Fidelity Analyses Compared to Patient’s Data 

After 3D printing the patient-specific aortic root model, quantitative surface 

comparisons were conducted to evaluate the anatomic fidelities between the model and the 

corresponding patient’s aortic root anatomy via 3D registration technique (120). The 

anatomical information of the patient’s aortic root was extracted from the CT scans. The 

corresponding 3D printed aortic root model was also scanned by CT, and then the CT image 

stack (Figure 4.6 (a)) was utilized to reconstruct an STL model. A calibrated distance map 

(Figure 4.6 (b)) and a histogram of the calibrated distances (Figure 4.6 (c)) were generated 

from the overlaid 3D printed structure and the corresponding patient’s aortic root geometry 

as the template. The results indicated that most of the calibrated distance points scatter 

from -3 to 3 mm, with peaks close to 0 mm (Figures 4.6 (b) and (c)). The fractions of voxels 

of the 3D printed model within 5 mm, 3 mm, and 1mm of the patient aortic root geometry 

were found to be 91.3%, 78.9% and 43.6%, respectively.  

 
Figure 4.6. Anatomical fidelity analysis of the 3D printed aortic root model with respect to patient’s data. 

(a) CT scan of the 3D printed aortic root model. (b) Calibrated distance map comparing the anatomical 

fidelity of the 3D printed aortic root model with patient’s anatomy. (c) Histogram of the calibrated distances 

between the surface points of the 3D printed aortic root model and the patient’s anatomy. 

In addition, the TAVR prosthetic valve was implanted into the model (Figure C.1 in 

Appendix C) and the outcomes were compared to the patient’s postoperative data via CT 

imaging (Figure 4.7).  It was observed that the location of calcifications landing on the 
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aortic wall in the model after valve implantation, was analogous to that of the patient’s 

postoperative scans (Figure 4.7 (a)). The diameter of the prosthetic valve was also subject 

to change after implantation in the aortic root, which can be used as another metric for 

evaluating the fidelity of the 3D printed aortic root model in comparison with patient’s 

anatomy. For this purpose, we evaluated the changes in diameter of the implanted 

prosthetic valve at 9 different frame node levels. The results showed that the diameter 

values of the implanted valve in the 3D printed model were close to the patient’s 

corresponding postoperative data at different systolic phases of the cardiac cycle (Figure 

4.7 (b)). A maximum difference of 6.5 % (node level 3) and minimum difference of 2.2% 

(node level 1) between the diameter of implanted valve in the 3D printed model and the 

average of diameters over the four systolic phases (phases 0, 10, 20, 30) of patient’s 

postoperative data were obtained, hence verifying the fidelity of this 3D printed model 

compared to the patient’s anatomy. 

 
Figure 4.7. Analysis of the deflection of the valve’s frame implanted in the 3D printed model and comparison 

with patient’s postoperative data. (a) Comparison of the implanted TAVR prosthesis in the 3D printed model 

with patient’s postoperative data (RCA: right coronary artery, LCA: left coronary artery). (b) Comparison of 

changes in frame diameters of the implanted valve in the 3D printed model with the patient’s postoperative 

data at 9 different node levels. 
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4.4. In Vitro Hemodynamic Studies 

To capture the hemodynamic performances of the 3D printed aortic root models, we 

evaluated their in vitro responses in pulsatile flow cycles. For this purpose, we fabricated 

two sets of models corresponding to normal and stenotic cases: 1) models that were printed 

using ink 1 for the myocardium and leaflets (lower modulus), ink 3 for the aortic wall, and 

did not have calcified regions on the leaflets (Figure 4.8 (a)); and 2) models that were 

printed using ink 2 for the myocardium and leaflets (higher modulus (197)), ink 4 for the 

aortic wall, and had calcified regions on the leaflets printed using ink 5 (Figure 4.8 (b)). 

The 3D printed models were placed in a custom setup. As shown in Figure 4.9, the test 

setup comprised a pulsatile piston blood pump for simulating cyclic flow (Model 1423, 

Harvard Apparatus), an endoscopic videoscope (IPLEX FX Model IV8000 IV6C6-13, 

Olympus) for direct visualization of leaflets movement , a flow probe sensor for measuring 

the volumetric flow rates (ME 13 PXN inline flow sensor, Transonic), two pressure 

catheters for monitoring the ventricular and aortic pressures (a balloon pressure catheter 

(ATTAINTM venogram balloon catheter 6215-80 cm, Medtronic) and a syringe-based 

pressure catheter), a fluid reservoir, and an arterial compliance chamber. The height of the 

arterial compliance chamber in the setup was adjusted to provide the approximate baseline 

diastolic aortic pressures in different cases of testing. Silicone tubing was used to connect 

the components to each other, and to the 3D printed aortic root models. To mimic the 

dynamic viscosity (3.45 mPa s) and density (1060 kg/m3) of blood (198), a solution 

comprising of water and glycerol with a weight ratio of 6:4 was used as the working fluid 

in these tests (dynamic viscosity of ca. 3.3 mPa s and density of ca. 1098 kg/m3). The pump 
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settings were adjusted to provide a rate of 70 beats per minute and an output phase ratio 

(% systole / % diastole) of 50/50 for all tests. The values of stroke volume were adjusted 

for different experiments. 

 
Figure 4.8. Models used for in vitro hemodynamic studies. (a) Leaflets of the 3D printed models without 

calcification (set 1) at open and closed states used for in vitro hemodynamic evaluation.  (b) Leaflets of the 

3D printed models with calcification (set 2) at open and closed states used for in vitro hemodynamic 

evaluation. 
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Figure 4.9. Test setup for in vitro hemodynamic studies. 

In each flow cycle, upon the increase of ventricular pressure to a value greater than the 

aortic pressure, the aortic valve opened and allowed for ejection of the fluid flow from the 

ventricle into the aorta (systole phase). Once the ventricular pressure reached a value below 

the aortic pressure, the aortic valve closed (diastole phase). In the physiological cardiac 

cycles, the ejection of blood from left ventricle to the aorta results in increases in the aortic 

pressure. The maximum change in aortic pressure is referred to as the pulse pressure (PP) 

and is defined as the difference between the maximum aortic pressure in systole and its 

minimum value in diastole. At a constant stroke volume (SV), the amount of pulse pressure 

depends on the aortic compliance (C), which is a property of the aorta that allows for its 

expansion to accommodate the increases in pressure during blood ejection (199). The aortic 

compliance can be estimated as the ratio of the stroke volume to the pulse pressure 

(C~SV/PP) (200). In other words, higher arterial compliance results in smaller values of 
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pulse pressure at a specific stroke volume. Different factors such as aging, can result in 

decreasing arterial compliances, mainly due to changes in arterial wall matrix 

compositions. Specifically, aging has been associated with an in increase in collagen 

content and crosslinking, as well as fragmentation of elastin fibers in the aortic wall, which 

ultimately lead to arteries with higher stiffnesses and lower compliances in the elderly 

(167). Given the predominant age group of individuals suffering from aortic stenosis, 

reduced aortic compliances are a prevalent condition in these patients (201). Hence, the 

capability to capture the changes in aortic compliance would be valuable for in vitro 

characterizations of transvalvular flows in AS cases with different severity conditions for 

various implications, including validation of computer flow dynamic models with blood 

and the development of vascular implants (21, 202). For this purpose, we compared the 

compliances of the two sets of models by varying the stroke volumes from 15 to 90 

ml/stroke and measured the changes in pulse pressures (Figure 4.10). It was observed that 

the models in set 2 with calcified leaflets exhibited lower compliance and as a result, higher 

pulse pressure at a given stroke volume compared to the models in set 1. The estimated 

overall compliances for models in set 1 and 2 were 2.11 ml/mmHg and 0.90 ml/mmHg, 

respectively, which were close to the values reported for normal cases (1.91 ± 0.76 

ml/mmHg) (200) and cases with moderate aortic stenosis and low aortic compliances (0.90 

± 0.17 ml/mmHg) (203).  
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Figure 4.10. Comparison of compliance of models in set 1 and set 2 (without and with calcification, 

respectively). 

Another hemodynamic marker in patients with aortic stenosis is elevated transvalvular 

pressure gradients between the left ventricle and aortic pressure during systole (204). This 

is typically caused by valvular obstructions and reduced arterial compliances, which 

ultimately results in increased left ventricular pressure overloads and dysfunction (201, 

205). To this end, we examined the pressure changes in flows across the aortic valve, from 

the left ventricle region, to the aorta of the 3D printed models with and without 

calcification. For studying the pressure changes in the model without calcification, stroke 

volume was set to 70 ml/stroke and the baseline diastolic aortic pressure was adjusted to ~ 

80 mmHg. For the model with calcification, the stroke volume and the baseline diastolic 

aortic pressure were adjusted to 50 ml/stroke and ~50 mmHg, respectively (206).  

These models were able to replicate the expected trends of pressure changes observed 

in real cases of normal and stenotic valves. Specifically, it was observed that the model 

without calcifications yielded almost similar values for the ventricular and aortic pressures 

during the systole phase of the cardiac cycle, due to the free flow of the fluid from the left 

https://www.sciencedirect.com/topics/medicine-and-dentistry/systole
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ventricle to aorta, yielding an average of 1.23 mmHg peak-to-peak pressure gradient 

(Figure 4.11 (a)). On the other hand, for the model with calcification, a higher gradient 

with average value of 76.32 mmHg peak-to-peak pressure gradient was observed from the 

left ventricle to the aorta (Figure 4.11 (b)), which falls in the range of reported values for 

peak-to-peak pressure gradients in patients diagnosed with aortic stenosis (207, 208).  

 
Figure 4.11. Comparison of pressure gradient between left ventricle and aorta in models with and without 

calcification. (a) Changes in left ventricle pressures (LVPs) and aortic pressures (APs) for model without 

calcification in consecutive pulsatile flow cycles. (b) Changes in left ventricle pressures (LVPs) and aortic 

pressures (APs) for model with calcification in consecutive pulsatile flow cycles. 

Finally, we implanted a 26 mm EvolutTM R valve (Medtronic) in the aortic root model 

with calcified leaflets and assessed the appositions of the valve frame with the aortic 

annulus in order to identify the potential paravalvular leak sites. For this purpose, we 

selected three regions along the annulus as follows: 1) the region surrounding the 

commissure between right-coronary cusp (RCC) and non-coronary cusp (NCC); 2) the 

region surrounding non-coronary cusp; and 3) the region surrounding left-coronary cusp 

(LCC). We used a videoscope to visualize the appositions of the frame with respect to the 

model’s aortic wall at these three locations, as well as the color Doppler echocardiography 

to verify PVL occurrences by evaluating the directions and speeds of the fluid flow in the 
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regions of interest (Figure 4.12). It was observed that an improper seal and existing gaps 

between the stent frame and the model’s aortic wall at regions 1 and 3 resulted in some 

degrees of PVL at these locations, which were verified by the presence of eccentric jets 

and their velocities in the corresponding echocardiograms (209). On the other hand, the 

echocardiogram for region 2 did not indicate the occurrence of PVL, which was in 

accordance with the fact that no gaps were visually detected in this location. 

 
Figure 4.12. Detection of potential paravalvular leak sites (indicated by the white arrows) in the 3D printed 

aortic root model with implanted valve and corresponding color Doppler echocardiographs in (a) region 1, 

(b) region 2, and (c) region 3.  

4.5. Visualization of Applied Pressures via Internally Integrated Sensor 

Arrays 

In order to quantify the applied pressures on the critical region of the aortic root after 

prosthetic valve implantation, we designed a 3  3 capacitive pressure sensor array that 

was internally embedded within the critical landmark of the aortic root models and was in 

direct contact with the implanted valve. As discussed in Chapter 3.10, each sensing element 

in the designed array consisted of two layers of polyacrylamide-based ionic hydrogel as 

the conductive electrodes that were separated with a dielectric layer comprised of the 
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silicone-based material with a composition that was the same as the one used for the 

myocardium sections of the models.  To transform the planar design of the sensor array to 

model’s geometry and incorporate the device within the model’s structure, two sets of 

horizontal and vertical electrode channels that conformally follow the contour of the 

anatomy were integrated in the model’s design (Figure 4.13).  

 
Figure 4.13. Step-by-step 3D printing of the aortic root model with internally integrated sensor array. 

 After printing and curing of the aortic root models, the horizontal (shown in green in 

Figure 4.14) and vertical channels (shown in orange in Figure 4.14) were then filled by 

injection of the aqueous solution of the ionically-conductive hydrogel, followed by UV 

photopolymerization.  
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Figure 4.14. Final 3D printed aortic root model with internal sensor array. (a) Full model, (b) The 

corresponding isolated sensor region.  

In order to translate the capacitance changes of the sensing elements to pressure values, 

the non-planar senor array embedded within the model was calibrated. For this purpose, 

the region of the model limited to the 3  3 sensor array was fabricated separately (Figure 

4.14 (b)). The calibration was performed by applying different pressures to each of the nine 

sensing units in the array and measuring the changes in their capacitance individually. The 

sensor array was fixed on a silicone-based platform (MoldStar 15, SmoothOn) and was 

mounted on a digital scale (Elec3) in order to record the values of applied forces during 

calibration (Figure 4.15 (a)). A similar calibration process discussed in Chapter 3.10 was 

performed. The recorded measurements were analyzed to obtain plots of 
∆𝐶

𝐶0
 versus applied 

pressure, yielding two linear regions for each of the sensing elements based on the range 

of  
∆𝐶

𝐶0
 (Figure 4.15 (b)). To translate the capacitance changes to pressures values, the 
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calibration equation corresponding to appropriate 
∆𝐶

𝐶0
 range of each sensing unit in the array 

was used (Table C.2 in Appendix C).  

 
Figure 4.15. Calibration of the sensor array. (a) Test setup. (b) An example of calibration plot for the sensing 

units indicating the two corresponding linear regions. 

The internally integrated sensor array on the model was used to map the pressures 

caused by the implanted valve on the critical region of the anatomy for different cases of 

prosthetic valve sizing and implantation depth. For each case, first the values of capacitance 

change for the sensing elements were obtained (Figure C.2 in Appendix C). Then, the 

pressure heatmaps were generated by translating the capacitance changes to pressure values 

by using the corresponding calibration equation for each element. As it can be seen, the 

resulted pressure maps provided quantitative visualizations of the pressure distributions for 

each of the cases, which in turn could be utilized to optimize the prostheses implantation 

heights and alignments within the given anatomy.  Specifically, we implanted a 29 mm 

EvolutTM R valve frame (Medtronic) at 3 different implantation heights (Figures 4.16 (a-

c)) that yielded estimated maximum pressure values of ca. 234 kPa, 486 kPa, and 404 kPa 

corresponding to implantations at a shallow height, intermediate height, and deep height.  
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Figure 4.16. Visualization of applied pressures for different cases of valve implantation height. (a) 

Implantation of the 29 mm Evolut
TM 

R TAVR valve frame at a shallow height. (b) Implantation of the 29 

mm Evolut
TM 

R TAVR valve frame at an intermediate height. (c) Implantation of the 29 mm Evolut
TM 

R 

TAVR valve frame at a deep height.  

Similarly, we implanted three different TAVR valves with sizes of 26 mm (Medtronic 

EvolutTM R, Figure 4.17 (a)), 29 mm (Medtronic EvolutTM R, Figure 4.17 (b)), and 31 mm 

(Medtronic CoreValveTM, Figure 4.17 (c)). As it can be seen, the resulted pressure maps 

showed much lower pressure values for the case with 26 mm valve compared to 29 mm 

and 31 mm, which was verified by the existing gaps between the valve frame and the 

model’s wall in this case. The estimated maximum value of pressure for these cases were 

ca. 60 kPa, 375 kPa, and 528 kPa, respectively.  
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Figure 4.17. Visualization of applied pressures for different cases of valve sizing. (a) Implantation of the 26 

mm Evolut
TM 

R TAVR valve at an intermediate height. (b) Implantation of the 29 mm Evolut
TM 

R TAVR 

valve at an intermediate height. (c) Implantation of the 31 mm CoreValve
TM

 TAVR valve at an intermediate 

height. 

Previous case studies on computational modeling of the applied pressures on the 

critical region of the aortic root anatomy after prosthetic valve implantation have suggested 

that conduction abnormalities may occur for maximum contact pressures within 0.43-0.70 

MPa for self-expanding CoreValveTM/EvolutTM R valve (Medtronic) (210) and 0.29-0.8 

MPa for mechanically expandable Lotus valve (Boston Scientific), with cut-off values of 

0.39 MPa and 0.36 MPa, respectively (211). Correlating these values with the pressure 

readings from the different cases of valve implantations suggests that the patient may 

experience conduction abnormalities with a valve size of 29 mm or 31 mm positioned at 

the intermediate implantation height.  

4.6. Conclusion 

Here, it was uniquely demonstrated that the fabrication of multi-material 3D printed 

aortic root with internal sensor array are of high research value for different purposes in 
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TAVR testing applications. We evaluated the efficacy of the models by comparing their 

geometrical fidelity with patient’s postoperative data, as well as their in vitro hemodynamic 

performance in cases with and without calcification.  Furthermore, it was demonstrated 

that the internal sensor array can facilitate the optimization of prosthetic valve selection 

and placement via mapping the pressure applied on the critical region of the anatomy. 

These models can be utilized to complement the current clinical practices in TAVR 

preprocedural planning and facilitate the decision-making processes in various aortic 

stenosis cases, e.g., those with different levels of disease severities and anatomical 

intricacies requiring one to carefully select the appropriate type, size, implantation depth, 

and positioning of the replacement valve. Doing so would aid to alleviate the risks of 

postoperative complications, as well as gaining a better understanding on how the 

interplays of these factors might lead to such issues based on each patient’s unique 

anatomical features.  

Indeed, the proof of concept demonstrations described here need to be further verified 

with large-scale, retrospective and prospective clinical studies. Specifically, a large cohort 

of patients with postoperative heart block should be analyzed both clinically and via 

computer simulations, to validate the efficacies of utilizing such models for the prediction 

of potential conduction abnormalities, as well as defining the threshold values for the 

contact pressures for prediction of conduction disturbances with different types of valve 

prostheses. Future efforts should also be focused on developing 3D printing materials to 

better mimic the behaviors of biological tissues, including heterogeneity, anisotropy and 

strain-stiffening properties at higher strains. This can possibly be achieved by controlling 
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the orientation of printing pathways (212, 213) or embedding fillers, such as micro-

structured fibers (214) into the material system. 

In addition, improving the resolutions and sensitivities of the integrated sensor arrays 

could enhance the localizations of regions with critical contact pressures, thus improving 

the efficacies of such models in alleviating the risks of post-TAVR conduction 

abnormalities. 

Additional details on experimental methods, materials, and other supplementary 

information for this chapter is provided in Appendix C. 
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Conclusions and Future Directions 
 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 



 

99 

 

5.1. Conclusions 

This dissertation entailed an investigation at the intersection of soft biomimicking 

electroactive and tissue-like material systems and electromechanical transducer design 

coupled with multi-material, extrusion-based 3D printing process, for primary applications 

in development of patient-specific organ models for preoperative planning and clinical 

training. 

Chapter 1 described the inception of implementing 3D printed patient-specific organ 

models in medical practices and discussed the two critical limitations of the current 3D 

printed organ models using commercial-grade materials that served as the main 

motivations of this work.  These two limitations were identified as: (i) the insufficient 

mimicry of the sense and properties of the biological tissues, and (ii) lacking advanced 

functionalities to provide quantitative feedback during organ manipulation. Next, an 

overview of 3D printed organ models using commercial materials and their applications in 

different medical fields were provided, with an emphasis on 3D printing material systems  

including rigid-plastic materials, elastomeric (rubber-like) materials, and powder-based 

materials, such as cellulose/starch and plaster. Finally, the general concept of dielectric 

elastomers was introduced as the selected transduction technology for development of 

electromechanical devices in this work. 

Chapter 2 presented the work on developing a silicone-based material system with 

tissue-mimicking properties that can be used for 3D printing of patient-specific organ 

models. The proposed polymeric material system mainly comprised of an active agent and 

a bulking agent. It was shown that by adjusting the weight ratios of these two components 
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in the formulation, the crosslinking density of the material can be modified, and the elastic 

modulus of the material can be tuned to match the broad range of reported moduli for the 

soft tissues. For instance, changing the weight ratio of the bulking to active agent from 0 

to 2.05 resulted in a decrease in Young’s modulus from 677.6 ± 28.8 kPa to 37.5 ± 1.9 kPa. 

Different characterization of the proposed material system showed the favorable 

rheological properties of the formulations for the 3D printing process, as well as their 

stability in the test environments. As a proof of concept demonstration, a patient-specific 

prostate model was 3D printed using a material formulation that was optimized to mimic 

the static and dynamic mechanical behavior of tested specimens of human prostate tissue. 

The anatomical fidelity between the 3D printed prostate model and its corresponding 

patient prostate was confirmed via a quantitative analysis and 3D registration techniques. 

For the purpose of demonstrating the applications of such models and the advantage of 

their tissue-like tactile sensation during diagnostic and surgical interventions, the 3D 

printed prostate model was used for endoscopy and suturing practices.  

Chapter 3 discussed the design and development of soft electromechanical transducers 

based on ionic hydrogel-elastomer hybrids. It was demonstrated that this hybrid material 

structure can be applied for 3D printing of soft dielectric elastomer actuators that can 

generate bending modes of motion in response to applied electrical stimuli. This involved 

the selection and optimization of materials for performance and printability, solving key 

material integration challenges, and fabrication and characterization of the final devices. 

Specifically, the performance of the soft actuators was characterized in response to applied 

(i) ramp-up electrical input; (ii) cyclic electrical loading; and (iii) payload tip masses. A 



 

101 

 

maximum vertical tip displacement of 9.78  2.52 mm at 5.44 kV was achieved from the 

tested devices. Furthermore, the nonlinear actuation behavior of the unimorph DEA was 

modeled using analytical energetic formulation and a finite element method (FEM). 

Moreover, it was shown that the same strategy can be applied to 3D print a soft capacitive 

tactile sensor. The 3D printed sensor was characterized and was conformally integrated on 

the tissue-like prostate model for the purpose of obtaining quantitative feedback during 

handling the organ model with surgical/diagnostic tools. This feedback can be used as an 

indicator of surgical performance and can provide medical professionals with the ability to 

quantify and control the ranges of pressure they apply to the organ during preoperative 

rehearsal and training.  Finally, the design, 3D printing, and characterization of sensor 

arrays using the custom-formulated tissue-mimicking ink as the dielectric and 

encapsulation layers were discussed with the end goal of their direct, monolithic integration 

into organ models for providing quantitative feedback during targeted surgical 

interventions. 

Finally, Chapter 4 presented the combination of the previous concepts for multi-

material 3D printing of patient-specific aortic root models with internally-integrated sensor 

arrays that can be used for different purposes in transcatheter aortic valve replacement 

applications. The models were 3D printed using the customized materials with mechanical 

properties commensurate to those of different components of the aortic root, including the 

aortic wall, the myocardium and leaflets, as well as the calcified regions. Therefore, the 3D 

printed models represented the anatomical features of the patient, as well as the mechanical 

properties of the corresponding tissues. In addition, to verify the anatomical fidelity of the 
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3D printed model with respect to patient’s organ, a prosthetic valve was implanted into the 

3D printed aortic root model. The evaluations of changes in diameter of the implant in the 

model yielded analogous values to those of patient’s postoperative data. The models were 

also used in in vitro hemodynamic studies to evaluate the flow properties in models with 

and without calcification, as well as for predictions of paravalvular leak. Furthermore, the 

internally integrated sensor array on the model was used to map the pressure caused by the 

implanted valve on the critical region of the anatomy for different cases of prosthetic valve 

sizing and implantation depth. Hence, the internal sensor array can facilitate the 

optimization of prosthetic valve selection and placement and can pave the path for 

mitigating the risk of postoperative complications, as well as gaining a better understanding 

on how these factors could lead to such issues based on each patient’s unique anatomical 

features. 

5.2. Future Directions 

We perceive that the outcomes of this work will build a platform for future innovations 

in advanced manufacturing of smart organ models and nature-mimicking robotic systems. 

Particularly, the concepts outlined here were applied for 3D printing aortic root models 

with internal sensor for TAVR applications as an example to demonstrate the implication 

of such models for minimally invasive surgeries.  On a broader scope, such patient-specific 

models can be designed with targeted functionalities for variety of minimally invasive 

procedures, including but not limited to endovascular coiling, sialoendoscopy, and 

coronary angioplasty and/or stenting. Such models could be implemented as surgical 

guides to address the limited accesses inherent to these types of procedures by providing 
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realistic, 3D visualizations of the organs of interest and targeted quantitative feedback for 

the specified surgical intervention; hence, ultimately enhancing the preoperational 

planning and alleviating the risk of intra- and post-operative complications of associated 

therapies.  In addition, these sensing models could serve as a benchtop platform for the 

development of next-generation prostheses and medical devices. 

Moreover, the observed electromechanical performance suggests the promise of 3D 

printing hydrogel-elastomer hybrids as soft actuators and sensors, thus paving the path for 

3D printing self-sensing, soft biomimicking systems with complex geometries and 

functionalities that harness the dual sensing/actuation capabilities of dielectric elastomers. 

This self-sensing capability could be employed for closed-loop feedback control of soft 

systems without the need for additional optical or electromechanical sensors (215-218) and 

could be of particular interest for mimicking the proprioception abilities of natural muscle, 

enabled by strain-sensitive neurons that provide a sense of spatial position and motion 

(215). 

In addition, such capability can contribute to the incorporation of advanced dynamic 

functionalities into the organ models, such as pulsations of heart or the functions of heart’s 

valves. The use of real-to-life organ models embedded with actuation and sensing feedback 

could have a significant impact on further enhancing these matters and defining a new 

paradigm in future of personalized medicine. On a long-term basis, the outcomes of this 

work could contribute to the incorporation of cell-seeded structures into the dynamic organ 

models, thus even aiding in setting the stage for bionic organs.  
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Furthermore, the application of the 3D printed soft actuator and sensors could go well 

beyond their incorporation in organ models discussed in this study. The dual 

sensing/actuation capabilities of dielectric elastomers can be harnessed for freeform 

fabrication of untethered, self-sensing mechanical systems and nature mimicking soft 

robots with implications for artificial life and programmable matter; mechanically-driven 

morphogenesis; smart prosthesis; and dynamic skins, tactile displays, and wearable 

electronics. 
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A.1. 3D Printing Materials Formulation and Preparation 

The material system mainly consists of silicone sealant (RTV silicone sealant SI 595 

CL, Loctite) and silicone grease (LP20, Trident). For ink preparation, the active agent and 

bulking agent were mixed at specified weight ratios via a planetary centrifugal mixer 

(ARE-310, Thinky) at 2000 rpm for 6 minutes to form the customized polymeric inks with 

different properties. The prepared weight ratios of bulking agent to active agent for 

preliminary investigations were 0, 0.25, 0.4, 0.55, 0.70, 0.85, 1.00, 1.15, 1.3, 1.45, 1.75, 

and 2.05 to achieve different values of Young’s modulus and stress-strain properties.  

A.2. Mechanical Characterization of the Customized Polymeric Materials 

For performing the compression tests, the polymeric materials with different 

formulations were printed into cylindrical samples with dimensions of ca. 8 mm  5 mm 

(diameter  height). The tests were carried out using a mechanical analyzer (RSA-G2, TA 

Instruments) with an 8 mm parallel plate geometry and at a constant linear rate of ca. 0.0355 

s-1. 

A.3. Sol-Gel and Stability Tests of the Customized Polymeric Materials in 

Hexane, Glycerol-Water, and Air  

For analyzing the sol-gel fraction of the customized polymeric materials, rectangular 

samples were 3D printed with dimensions of 15 mm 15 mm  1.2 mm (length  width  

height) using different ink formulations (weight ratios of bulking agent to active agent of 

0, 0.25, 0.55, 0.85, 1.15, 1.45, and 1.75). First, the samples were weighed to obtain their 

initial dry weight (m0) and then, were immersed in hexane solvent or glycerol-water 

solution with a volume ratio of 0.65:1.23 in glass vials. The glass vials containing the 
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samples immersed in the test solvent were placed on an orbital shaker (VWR, Model 3500) 

and were maintained at room temperature and ~250 rpm. At time intervals of 24, 48, 72 

and 96 hours after immersion, the solid content of the samples were extracted from the test 

solution using a filter paper (P5 Grade, 09-801B, Fisher Scientific) to obtain potential 

residues. For samples immersed in water/glycerol, an additional rinsing step with distilled 

water was performed after removal from the solution. Next, these obtained samples were 

dried and their dry weights were measured. The measured weights were regarded as the 

weight of the crosslinked portion of the materials at each time interval (mi). The weight 

losses (∆m = mi - m0) and the ratios of weight loss to initial weight of the samples (∆m/m0) 

were then determined at each time interval as an indicator of the stability of the materials 

in each test solution. Similar measurements were performed by obtaining the weight 

changes of the samples in ambient air over the course of 96 hours in order to determine the 

stability of the polymeric materials in air.  

A.4. Rheological Characterization of the Customized Polymeric Inks 

Rheological characterization of the customized polymeric inks and their main 

constituents were performed on a magnetic bearing rheometer (AR-G2, TA Instruments) 

with a steel plate (25 mm diameter) Smart Swap geometry at 25 °C. Viscometry 

experiments were conducted via a logarithmic sweep of shear rate at 0.1-1000 s-1 range 

with a 500 μm gap between the Smart Swap geometry and the lower geometry. Oscillatory 

rheometry experiments were conducted via a logarithmic sweep of oscillation shear stress 

at 0.1-1000 Pa range and frequency of 1 Hz with a 500 μm gap between the Smart Swap 

geometry and the lower geometry. 
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A.5. Mechanical Characterization of Prostate Tissue and Customized 

Polymeric Inks 

The human prostate was collected immediately following radical prostatectomy. The 

tissue was cut into approximately 8 mm × 5 mm (diameter × height) cylindrical samples 

with flat surfaces via a surgical punch biopsy instrument with a circular hollow blade (8 

mm diameter) for static and dynamic compression tests. The customized polymeric inks 

were 3D printed into cylindrical samples with similar dimensions as the tissue samples for 

comparison. Both static and dynamic compression tests were carried out using a 

mechanical analyzer (RSA-G2, TA Instruments). The static compression tests were 

conducted for up to 0.20 strain at a rate of 0.1 s-1. The dynamic compression tests were 

conducted at frequencies of 0.1-20 Hz and at strains of 0.05, 0.10, and 0.20. 

A.6. 3D Printing of Patient-Specific Prostate Model  

The MRI image pack (1 mm resolution) of a patient’s prostate was edited via Vitrea® 

software to form the corresponding STL model. The STL model was then sliced via Slic3r 

open source software to generate G-code for printing using a custom-built 3D printing 

system (AGS 1000, Aerotech) with two independent z-axis heads. After preparation of the 

customized polymeric ink with the required formulation, the ink (10 g) was mixed with 1% 

(w/v) red coloring agent (Procyinyl Red GS, ICI America Inc.) in dichloromethane (DCM) 

(0.5 mL) at 20:1 (w/v) ratio via the mixer at 2,000 rpm for 10 mins. DCM solvent was 

removed from the customized polymeric ink via vacuum before use. Trivial amount of the 

thickening agent was added in some of the trials, if the viscosity of the precursor needed to 

be elevated to achieve proper printability. 
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The customized polymeric ink and supporting ink (Loctite SI 595TM CL) were 

deposited from two dispensing apparatuses controlled by two high precision dispensers 

(Ultimus V, Nordson EFD) through nozzles with 610 μm inner diameter (20 GA 

GP.023X.25, Nordson EFD) and 500 μm layer height. The supporting ink was removed 

after the model was fully cured at ambient temperature in air.  

A.7. 3D Registration for Investigating the Anatomical Fidelity   

First, MRI imaging of the 3D printed prostate model was carried out using an MRI 

system (9.4 Tesla), while the model was placed in a 31 cm bore (Magnex Scientific). The 

field of view (FOV) was set to 5 mm × 5 mm × 5 mm. The number of scans and views 

were set to 200 and 128,000, respectively. 

Next, a STL file of the printed prostate was obtained from the MRI image stack using 

the Mimics software package. 3D registration of the STL files between the 3D printed 

prostate model and the patient prostate model was achieved using CloudCompare open 

source software. CloudCompare was also used to obtain a distance map and a histogram of 

the distances of the corresponding points on the surface for the overlaid 3D models, using 

a comparison of 3 × 105 data points on the surface in 40 iterations. The arbitrary distance 

scale generated by CloudCompare was calibrated to mm scale and the root-mean-square 

(RMS) value for the histogram was obtained (0.45 mm). By comparing the RMS value of 

the calibrated distances with the highest dimension of the patient’s prostate model (22.33 

mm), the error in the printing process was obtained (0.02). The quantitative fidelity (98%) 

was calculated by deducting the error value in printing from 100%. 
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A.8. Endoscopy and Suturing Practices on the 3D Printed Prostate Model  

The endoscopy system consisted of an endoscope (Gyrus ACMI), an LED light source 

(L9000, Stryker), an endoscopic camera (1288 HD 3-Chip, Stryker), an HD information 

management system (SDC Ultra, Stryker), a high flow insufflator (40L, Stryker) and an 

HDTV surgical display (WiSeTM, Stryker). The endoscope was inserted into the urethra of 

the model and the endoscopic view was observed from the surgical display for the 

application. Suturing was conducted on the surface of the 3D printed prostate model with 

the aid of a surgeon and by utilizing a surgical needle for penetration and surgical thread 

(ETHICON 3-0 PERMA-HAND SILK) for suturing. 
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B.1. Materials Preparation for 3D Printing 

In order to prepare the ionic hydrogel ink, individual solutions of lithium chloride 

(Sigma-Aldrich) and acrylamide monomer (Sigma-Aldrich) in ultrapure water (Millipore) 

were prepared and combined along with the addition of ethylene glycol (Fisher Chemical). 

These components were magnetically stirred to obtain a homogeneous solution. At this 

point, polyacrylamide (Sigma-Aldrich) was added to the solution followed by an overnight 

magnetic stirring at 60 C at 1200 rpm. Then, a solution of N, N’-methylenebisacrylamide 

(Sigma-Aldrich) in ultrapure water and Irgacure 1173 (BASF) was added to the 

composition and magnetically stirred for an additional 2 hours. The final ionic hydrogel 

ink was de-foamed using a planetary centrifugal mixer (Thinky ARE-310) at 2200 rpm 

prior to printing. 

The dielectric layer ink for the DEA was prepared by mixing barium titanate 

nanoparticles (<100 nm-cubic, Sigma-Aldrich) in the Wacker SEMICOSIL 912 base 

using a planetary centrifugal mixer (Thinky ARE-310) at 2000 rpm for 15 mins. Then, the 

silicone sealant (Loctite 5039 Nuva-Sil) and the UV catalyst (Wacker 

ELASTOSIL CAT UV) were added to the composition and mixed for an additional 10 

minutes. Due to the relatively fast curing rate of this composition, this ink was printed 

immediately after preparation. 

The composition of the DE used in fabrication of the sensing unit comprised of the silicone 

sealant (Loctite 5039 Nuva-Sil) and the two-part silicone elastomer (Wacker 

SEMICOSIL 912 as the base and ELASTOSIL CAT UV as the catalyst with a 10:1 

mixing ratio) at a 3:2 weight ratio 
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B.2. 3D Printing of DEAs 

The 3D printing system comprised a 3-axis robotic dispenser (F5200, Fisnar) coupled 

with a pneumatic fluid dispensing system (Ultimus V, Nordson EFD) which allowed for 

adjustment of the deposition pressure. In addition, a camera unit was incorporated into the 

3D printing system to facilitate the adjustment of the z-offset between the syringe tip and 

the printing substrate (glass slides, typically), as well as visualization of the printing 

process. A UV system (OmniCure Model S1500, Excelitas Technologies) with wavelength 

range of 320-500 nm was also mounted on the printer platform to enable the post-

deposition crosslinking and curing of the ink materials. The synthesized individual material 

precursors were loaded into separate syringes, attached to the micro-nozzle tips (Nordson 

EFD), and mounted on the robotic gantry. The device fabrication involved the layer-by-

layer deposition of the different material layers. The inner diameter of the dispensing tips, 

the printing pressure, and speed for each of the materials are summarized in Table B.1. In 

order to enhance the surface uniformity, the passive and dielectric layers were exposed to 

UV light (~75 mW/cm2 and ~65 mW/cm2, respectively) after the complete deposition of 

individual layers of each of these materials. Prior to deposition of each hydrogel layer, the 

underlying silicone-based surface was treated with aliquots of 10 wt.% benzophenone 

(Sigma-Aldrich) solution in acetone (~80 µl). After the absorption of benzophenone, the 

surface of silicone was dried using nitrogen gas and the subsequent hydrogel layer was 

printed while the entire structure was exposed to UV light (~5 mW/cm2). In addition, the 

hydrogel electrodes were printed with 2 mm offset from each of the sides of the underlying 

layer to prevent the possibility of connection, and thus, shorting of the device. After 
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printing the bottom hydrogel layer and prior to printing the main dielectric elastomer (DE) 

layer, the offset between the sides of the hydrogel and the underlying passive layer was 

filled with the DE ink to facilitate the printing of the main DE layer. Finally, in order to 

enable the testing of the devices, copper tape was utilized as electric contact leads. The 

bottom contact lead was inserted during the printing process and prior to the deposition of 

the bottom hydrogel electrode, and the top contact lead was attached to the top hydrogel 

layer after printing the device using a small amount of silver paste to secure the attachment.  

Table B.1. Printing parameters for different inks used in fabrication of DEAs. 

 

B.3. Materials Mechanical Characterization 

Uniaxial tensile tests were performed on 3D printed rectangular specimens for each of 

the materials with approximate dimensions of 35  5  1 mm3 (length  width  height, as 

printed) using TA Instruments RSA-G2 Extensional DMA Rheometer. The stress-strain 

curves were constructed for each material using three specimens at a rate of 0.5 mm/s. 

B.4. Materials Rheological Characterization 

Rheological characterization of material precursors (uncured state) were performed 

using a TA Instruments DHR-3 rotational rheometer. The hydrogel precursor was tested 

using a cone (40 mm, 2º) and plate geometry, while the silicone/BaTiO3 precursor was 

tested using a parallel plate geometry (25 mm, 500 µm gap) due to its higher viscosity. 

Viscometry tests were performed from shear rates of 10-1 s-1 to 103 s-1, and oscillatory 

Material 
Nozzle Inner 

Diameter 
Pressure Printing Speed 

Passive Layer 330 µm ~1.56 MPa 5 mm/s 

DE Layer 410 µm ~ 490 kPa 4 mm/s 

Ionic Hydrogel 250 µm ~33 kPa 2 mm/s 
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rheometry tests were performed at a frequency of 1 Hz and oscillatory stresses of 10-1 Pa 

to 104 Pa. 

B.5. Shear Rate Calculation During Extrusion 

The shear rates experienced by the inks at the deposition nozzle walls during extrusion 

(𝛾̇) can be estimated as follows (1): 

𝛾̇ = (
3𝑛 + 1

4𝑛
)

8𝑉

𝐷
 

Eq. 1 

where, n is the power-law index, which can be obtained by performing a power fit to the 

experimental data of viscosity () versus shear rate (𝛾̇) (𝜂 = 𝐾 𝛾̇𝑛−1, with K denoting the 

flow consistency index). The calculated n values were 0.366 and 0.53 for the DE and ionic 

hydrogel inks, respectively. In addition, V and D represent the printing speed and the 

diameter of the deposition nozzle, respectively. Those values are listed in Table B.1 for 

each material system.  

B.6. Materials Electrical Characterization 

Dielectric characterization for silicone/BaTiO3 was conducted using 3D printed 

circular samples with thicknesses of ~0.9 mm and diameters of 15 mm. An Agilent 16451B 

dielectric test fixture (electrode B, diameter=5 mm) coupled with an Agilent 4284A 

precision LCR meter were utilized to measure the dielectric constants of five samples. The 

obtained dielectric constant values were used in finite element method (FEM) and 

analytical models (Table B.2). 

The resistance of hydrogel electrodes was measured using a Keithley 4200-SCS. The 

measurements were performed for five 3D printed rectangular specimens with effective 
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dimensions of 10  5  1 mm3 (length  width  height). Copper leads were attached to the 

hydrogel samples using high purity silver paint to reduce contact resistance. 

Loading/unloading cycles for strains up to 100% were applied to the samples at a rate of 

1.5 mm/min using a Deben microtensile tester and the change in resistance was monitored 

with changing strain. Specifically, a 2-point probe method was used to measure the 

electrical resistance via applying a current sweep (1-10 µA) and recording the voltage 

difference at every 10% strain increment.  

B.7. DEA Testing 

The setup used for applying high voltage to the DEAs comprised of an SMU (source 

measurement unit, Keithley 2450, Tektronix), a high voltage (HV) transformer (Q101-5, 

XP EMCO), and a voltage divider circuit (Figure B.1). The SMU provided the input 

voltage which was converted to the high voltage level required for actuating the device via 

the HV transformer. To achieve full-load configuration, the HV transformer was placed in 

series with a total of 200 M resistors. This configuration produced an output voltage 

linearly proportional to the input, which improved the accuracy and controllability of the 

output voltage. In addition, the voltage divider circuit located at the output port of the setup 

enabled the attenuation and monitoring of the actuation voltage via a digital storage 

oscilloscope (TDS 2012C, Tektronix) and a digital multimeter (DMM) integrated in the 

setup (𝑉𝑅𝑒𝑎𝑑,𝐷𝑀𝑀~
𝑉𝐻𝑉

695.8
). 
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Figure B.1. Circuit setup for high voltage application and testing of DEAs. 

B.8. DEA Actuation Video Analysis 

During the DEA testing, the device actuation was recorded visually using a video 

camera (Nikon D750). The tip displacement of the device in each video was calculated 

using the “auto-tracker” tool in the Tracker video analysis and modeling software 

(https://physlets.org/tracker). For this purpose, a template and a key frame was created on 

the device tip at its initial position. The device tip was marked with a red color during 

experiments to facilitate this process. During the analysis, the auto-tracker tool scanned 

throughout the video frames for the best match to the selected template and yielded data 

on the changes in the position of the device tip over time. This data on the tip displacement 

versus time was then synced with separate recordings of the time stamps of the applied 

https://physlets.org/tracker/)
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voltage to obtain the device actuation performance in terms of tip displacement versus 

applied voltage. 

B.9. Analytical Model for DEA 

Materials model: 

To account for the material nonlinearities, the stress-strain of each material was 

modeled using the Neo-Hookean (reduced polynomial) strain energy density (2): 

𝑆 = 𝐶10(𝐼1 − 3) =
𝐸𝑜

6
(𝐼1 − 3) Eq. 2 

where, 𝐶10 is a constant correlated with the material elastic modulus at the initial stretch, 

𝐸𝑜, obtained from the stress-strain experimental data. 𝐼1 represents the first invariant of the 

right Cauchy-Green deformation tensor. The material response was assumed to be 

incompressible and isothermal, hence, 𝜆1𝜆2𝜆3 = 1, where 𝜆𝑖 denote the principle stretches 

in the 1-2-3 directions and can be expressed as follows for uniaxial deformation: 

𝜆 = 𝜆1 =
𝑙

𝑙𝑜
 , 𝜆2 = 𝜆3 = √

𝑙𝑜

𝑙
 

Eq. 3 

where 𝑙0 and 𝑙 denote the initial length and the length at the stretched state, respectively. 

Therefore, 𝐼1 can be defined as: 

𝐼1 = 𝜆1
2 + 𝜆2

2 + 𝜆3
2 = 𝜆2 +

2

𝜆
 

Eq. 4 

Substituting into the strain energy density yields:  

𝑆 = 𝐶10(𝜆2 + 2𝜆−1 − 3) Eq. 5 

The uniaxial nominal stress can be obtained by differentiating 𝑆, with respect to 𝜆, as 

follows: 

https://en.wikipedia.org/wiki/Invariants_of_tensors
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𝜎 =
𝜕𝑆

𝜕𝜆
= 2𝐶10(𝜆 − 𝜆−2) =

𝐸𝑜

3
(𝜆 − 𝜆−2) 

Eq. 6 

Stretch ratio can be related to the engineering strain using 𝜀 = 𝜆 − 1. Substituting this 

relationship into Eq. 6, the stress-strain correlation based on the Neo-Hookean material 

model can be obtained. Using 𝜎 = 𝐸 𝜀, one can solve for the change in the elastic modulus 

as a function of the stretch:  

𝐸 =
𝐸 𝑜

3

𝜆 − 𝜆−2

𝜆 − 1
= 2𝐶10

𝜆 − 𝜆−2

𝜆 − 1
 

Eq. 7 

The experimental uniaxial tension test data was entered into Abaqus. The 𝐶10 values 

for the hydrogel, dielectric layer, and passive layer were then calculated using the Abaqus 

built-in least squares method to perform the Neo-Hookean material model fit of the 

experimental stress-strain data. 

Kinematic development: 

The device was modeled as a cantilever beam with a free length 𝐿 (Figure B.2), which 

experienced a hyperelastic displacement of its centroid in response to an applied electrical 

field, and body and external forces. The device bending deflection with respect to the x and 

z axes from the base of the beam to point, s, and time, t, can be described in terms of an 

axial displacement along x-direction, 𝑢 (𝑠, 𝑡), a transverse displacement along z-direction, 

𝑤 (𝑠, 𝑡), and a rotational angle, 𝜃.  
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Figure B.2. General schematic of the beam-like device and notations used in the modeling (left), and cross 

section of the device (right) in which tp, td, and th represent the thickness of passive, dielectric, and hydrogel 

electrode layers, respectively. 
 

Performing a Taylor expansion up to cubic nonlinearities, the device kinematics can 

be expressed as follows: 

 𝑢 = −
1

2
∫ 𝑤′2𝑑𝑠

𝐿

0

 Eq. 8 

𝜃 ≈ 𝑤′ +
1

6
𝑤′3 Eq. 9 

𝑢′ ≈ −
1

2
𝑤′2 Eq. 10 

The axial strain in the dielectric layer is 𝜀11
 :  

𝜀11
 = 𝑢′ − 𝑧  𝜅 Eq. 11 

where 𝑧  is the distance in the vertical direction from the neutral axis, 𝑧̅. The normalized 

curvature due to bending is 𝜅, which is defined as (3): 

𝜅 = 𝜃′ = 𝑤′′ +
1

2
𝑤′′𝑤′2 

Eq. 12 
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The Rayleigh-Ritz method: 

The Rayleigh-Ritz method was employed in which an assumed solution was directly 

substituted into the energy expressions. Mathematically, 𝑤 can be expressed as a 

summation of functions from a complete, orthogonal, sufficiently differentiable function 

set. The advantage of this approach is that each function needs to satisfy only the kinematic 

boundary conditions. The approximate solutions were assumed in the form: 

𝑤(𝑥) = 𝑞𝜓(𝑥) Eq. 13 

where the trial functions, 𝜓, are known independent comparison functions to denote the 

mode shapes (curvature due to deflection) of the beam and 𝑞 represents the generalized 

coordinates. 

Substantial numbers of adequate mode shape functions are available in the open 

literature. The following mode shape was selected for its generalized applicability to beam-

like structures with various boundary conditions (4):  

𝜓(𝑥) = 𝐴[cos 𝛽𝑥 − cosh 𝛽𝑥 + 𝐶(sin 𝛽𝑥 − sinh 𝛽𝑥)] Eq. 14 

where, 

𝐶 =
sin 𝛽𝐿 − sinh 𝛽𝐿 + 𝛽𝐿𝑀̅(cos 𝛽𝐿 − cosh 𝛽𝐿)

cos 𝛽𝐿 + cosh 𝛽𝐿 − 𝛽𝐿𝑀̅(sin 𝛽𝐿 − sinh 𝛽𝐿)
 

The modal amplitude constant, 𝐴, and the applied external mass ratio, 𝑀̅ (if 

applicable), are the byproduct of normalizing the eigenfunction by the distributive mass of 

the device. The eigenvalue, 𝛽, is obtained numerically using MATLAB. 
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Constitutive modeling: 

The constitutive relation for the entire DEA system was modeled similar to 

piezoelectric devices (5). Generally, the constitutive relation of a DEA can be expressed as 

follows (6): 

[
𝑫
𝝐

] = [𝑒𝜎 𝑑𝑑

𝑑𝑐 𝑠𝔼 ] [
𝔼 
𝝈

] Eq. 15 

where electric displacement, strain, applied electric field and stress vectors are denoted by 

vectors 𝐷, 𝜖, 𝔼, and 𝜎, respectively. The dielectric layer material constants include the 

dielectric permittivity at a constant stress 𝜎 (𝑒𝜎), the electric displacement per unit stress 

at a given electric field (𝑑𝑑), strain per unit electric field at a known stress (𝑑𝑐), and the 

elastic compliance at a constant electric field 𝔼 (𝑠𝔼). It should be noted that 𝑑𝑐 and 𝑑𝑑 are 

numerically identical (6).  

Using 1-axis and 2-axis notations to represent the planar directions (x-direction and y-

direction, respectively), and the 3-axis to denote the direction along the thickness of the 

device (z-direction), the axial stress (σ11
 ) in the DE layer – which includes the contribution 

of the electromechanical strain (𝛬) and axial strain (𝜀 
 ) – can be simplified as:  

𝜎11
 = 𝐸11

 [𝜀11
 − 𝛬 ] Eq. 16 

where, E11 represents the elastic modulus of the DE layer (obtained from Eq. 7). The 

electromechanical strain, 𝛬, of the DE layer with thickness td in response to applied voltage 

V can be defined as (5, 7): 

𝛬 = 𝑑31 (
𝑉

𝑡𝑑
 ) = 𝜈  

𝜖𝑜𝜖𝑟
 

𝐸11
 (

𝑉

𝑡𝑑
 )

2

 
Eq. 17 



 

140 

 

The Poisson ratio, vacuum permittivity, and relative dielectric permittivity are 𝜈  , 𝜖𝑜, and 

𝜖𝑟, respectively.  

Energy Method Mathematical Formulation:  

The potential energy of the DEA with length L and cross section area A can be 

expressed as follows (7): 

𝑃 =
1

2
∫ ∫ 𝐸(𝑧)(𝑢′ − 𝑧  𝜅 − 𝛬 )2

𝐴

0

𝑑𝛼𝑑𝑠
𝐿

0

 Eq. 18 

 

𝑃 =
1

2
∫ [𝜀𝑜 𝜅] [

𝐸𝐴 𝐸𝐼𝑐

𝐸𝐼𝑐 𝐸𝐼𝑏
] [

𝜀𝑜

𝜅
] 𝑑𝑠

𝐿

0

− ∫ [𝐹𝛬 𝑀𝛬] [
𝜀𝑜

𝜅
] 𝑑𝑠

𝐿

0

 

 

Eq. 19 

where, A, 𝐼𝑐, and 𝐼𝑏 are the cross-section area, coupling inertia, and bending inertia of the 

device, respectively.  

After expansion, the potential energy becomes: 

𝑃 =
1

2
∫ 𝐸𝐴𝑢′2𝑑𝑠

𝐿

0

+
1

2
∫ 𝐸𝐼𝑏(𝑤′′2 + 𝑤′′2𝑤′2)𝑑𝑠

𝐿

0

+
1

2
∫ 𝐸𝐴Λ2 𝑑𝑠

𝐿

0

+ ∫ 𝐸𝐼𝑐𝑢′ (𝑤′′ +
1

2
𝑤′′𝑤′2) 𝑑𝑠

𝐿

0

− ∫ 𝐹𝛬𝑢′𝑑𝑠
𝐿

0

− ∫ 𝑀𝛬(𝑤′′ +
1

2
𝑤′′𝑤′2)𝑑𝑠

𝐿

0

 

 

where: 

𝐸𝐴 = ∫ 𝐸(𝑧)𝑑𝛼
𝐴

0

, 𝐸𝐼𝑐 = − ∫ 𝐸(𝑧)𝑧𝑑𝛼
𝐴

0

, 𝐸𝐼𝑏 = ∫ 𝐸(𝑧)𝑧2𝑑𝛼
𝐴

0

 

Eq. 20 
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𝐹𝛬 = ∫ 𝐸(𝑧)𝛬𝑑𝛼
𝐴

0

, 𝑀𝛬 = − ∫ 𝐸(𝑧)𝛬𝑧𝑑𝛼
𝐴

0

 

After substituting the assumed solution: 

𝑃 =
1

2
(∫ 𝐸𝐴𝜓1

′2𝑑𝑠
𝐿

0

) 𝑞1
2 +

1

2
(∫ 𝐸𝐼𝑏𝜓2

′′2𝑑𝑠
𝐿

0

) 𝑞2
2 +

1

2
(∫ 𝐸𝐼𝑏𝜓2

′′2𝜓2
′2𝑑𝑠

𝐿

0

) 𝑞2
4

+
1

2
∫ 𝐸𝐴Λ2 𝑑𝑠

𝐿

0

+ (∫ 𝐸𝐼𝑐𝜓1
′ 𝜓2

′′𝑑𝑠
𝐿

0

) 𝑞1𝑞2

+
1

2
(∫ 𝐸𝐼𝑐𝜓1

′ 𝜓2
′′𝜓2

′2𝑑𝑠
𝐿

0

) 𝑞1𝑞2
3 − (∫ 𝐹𝛬𝜓1

′ 𝑑𝑠
𝐿

0

) 𝑞1

− (∫ 𝑀𝛬𝜓2
′′𝑑𝑠

𝐿

0

) 𝑞2 −
1

2
(∫ 𝑀𝛬𝜓2

′′𝜓2
′2𝑑𝑠

𝐿

0

) 𝑞2
3 

 

The Euler-Lagrangian method was then applied to the Lagrangian, 𝐿 = 𝑇 − 𝑃, as 

follows: 

𝜕

𝜕𝑡
(

∂𝐿

𝜕𝑞̇𝑖
) −

∂𝐿

𝜕𝑞𝑖
= 𝑄 

For a static condition and after substituting 𝑃 into the above formulation, the Euler-

Lagrangian equation becomes:  

𝑘𝑙𝑒𝑞1 + 𝑘𝑙𝑐𝑞2 + 𝑘𝑛𝑐𝑞2
3 = 𝑄1,𝑖𝑛𝑡 + 𝑄1,𝑒𝑥𝑡 Eq. 23 

𝑘𝑙𝑐𝑞1 + 𝑘𝑙𝑏𝑞2 + 3𝑘𝑛𝑐𝑞1𝑞2
2 + 𝑘𝑛𝑏𝑞2

3 − 𝑘𝑛𝛬𝑞2
2 = 𝑄2,𝑖𝑛𝑡 + 𝑄𝑖,𝑒𝑥𝑡 Eq. 24 

where: 

𝑘𝑙𝑒 = 𝐸𝐴 ∫ 𝜓1
′2𝑑𝑠

𝐿

0

, 𝑘𝑙𝑏 = 𝐸𝐼𝑏 ∫ 𝜓2
′′2𝑑𝑠

𝐿

0

, 𝑘𝑙𝑐 = 𝐸𝐼𝑐 ∫ 𝜓1
′ 𝜓2

′′𝑑𝑠
𝐿

0

 

𝑘𝑛𝛬 =
3

2
𝑀𝛬 ∫ 𝜓2

′′𝜓2
′2𝑑𝑠

𝐿

0

, 𝑘𝑛𝑏 = 2𝐸𝐼𝑏 ∫ 𝜓2
′′2𝜓2

′2𝑑𝑠
𝐿

0

, 𝑘𝑛𝑐 =
1

2
𝐸𝐼𝑐 ∫ 𝜓1

′ 𝜓2
′′𝜓2

′2𝑑𝑠
𝐿

0

 

Eq. 22 

Eq. 21 
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 𝑄1,𝑖𝑛𝑡 = 𝐹𝛬 ∫ 𝜓1
′ 𝑑𝑠

𝐿

0

, 𝑄2,𝑖𝑛𝑡 = 𝑀𝛬 ∫ 𝜓2
′′𝑑𝑠

𝐿

0

 

where 𝑘𝑙𝑒, 𝑘𝑙𝑏, and 𝑘𝑙𝑐 represent the linear kinematic stiffness coefficient due to extension, 

bending, and electromechanical coupling, respectively. 𝑘𝑛𝛬, 𝑘𝑛𝑏, and 𝑘𝑛𝑐 denote the 

nonlinear coefficients due to electrical straining, kinematic bending stiffness, and 

electromechanical coupling, respectively. The generalized internal, 𝑄𝑖𝑛𝑡, and external, 

𝑄𝑒𝑥𝑡, forces are due to the electrical potential and external load, respectively. Since 𝑘𝑙𝑐 and 

𝑘𝑛𝑐 are numerically negligible, the governing equations become: 

𝑘𝑙𝑒𝑞1 = 𝑄1,𝑖𝑛𝑡 Eq. 25 

𝑘𝑙𝑏𝑞2 + 𝑘𝑛𝑏𝑞2
3 − 𝑘𝑛𝛬𝑞2

2 = 𝑄2,𝑖𝑛𝑡 + 𝑄𝑖,𝑒𝑥𝑡 Eq. 26 

The blocking force is (7):  

𝐹𝑏𝑙 = 𝛬 𝐸𝐴 Eq. 27 

B.10. Finite Element Method (FEM) for Characterization of DEA Performance  

A two-dimensional FEM model of the DEA was developed using Abaqus. The 

material parameters were extracted from the stress-strain test data using the Abaqus built-

in strain energy potential function for the hydrogel and passive layers. The Neo-Hookean 

model appeared to provide a reasonable fit to the uniaxial stress-strain data with an 

assumed Poisson ratio for the volumetric response of 0.5. Since Abaqus does not provide 

constitutive models for hyperelastic dielectric materials, we used the Abaqus isotropic 

elastic model for piezoelectric materials to model the DE layer, but both 𝑑31 and 𝐸 for each 

electric potential increment were updated based on the interpolations from the stress-strain 
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data for the DE along with values obtained from the analytical model with the 

compensation factor that closely matched the experimental results. A Poisson ratio of 0.495 

was used for the DE material based on the allowable Poisson ratio in the Abaqus code for 

the dielectric layer (8). The hydrogel electrodes and passive layer were meshed using 8-

node, biquadratic, hybrid plane strain elements with reduced integration (CPE8RH). The 

dielectric layer was meshed using 8-node, biquadratic, piezoelectric plane strain elements 

with reduced integration (CPE8RE). Perfect bonding between the layers was assumed; 

thus, surface-based tie constraints at the interfaces were implemented. The electrical 

potentials for the layers were coupled to the electrical potentials of the nodes of the 

supporting structure using linear constraint equations.  

The electrical boundary conditions were imposed to the top and the bottom of the 

dielectric layer, where the bottom electrical voltage was set equal to zero, signifying 

electrical grounding. The experimental measurements of the voltage input to actuate the 

device were applied to the top electrical boundary condition. Fixed boundary conditions 

were applied to the nodes located in the end of the passive layer (7 mm) to emulate the 

device attachment to the rigid glass substrate during the experiments. Finally, experimental 

cases with an applied tip mass to the DEA were simulated by adding the effect of gravity 

and a concentrated force at the tip of the device - with a value corresponding to the applied 

mass - to the FEM. The remainder of the device parameters used for FEM and analytical 

model are listed in Table B.2. 
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Table B.2. FEM and analytical model parameters used in modeling DEA performance. 

 

References 
 

1. Q.-H. Nguyen, N.-D. Nguyen, Incompressible Non-Newtonian Fluid Flows, in 

Continuum Mechanics-Progress in Fundamentals and Engineering Applications. 

(InTech, 2012). 

2. D. Nicholson, N. Nelson, B. Lin, A. Farinella, Finite Element Analysis of 

Hyperelastic Components. Applied Mechanics Reviews 51, 301-320 (1998). 

3. A. Nayfeh, P. Pai, Linear and Nonlinear Structural Mechanics.  (Jon Wiley & Sons, 

2004). 

Parameter Description Value 

Passive layer-Total length 30 mm 

Passive layer-Free length 23 mm 

Passive layer-Width 10 mm 

Passive layer-Thickness 313 µm 

Passive layer-Density 

 

998 kg/m3  

kg/m^3 

  

kg/m^3 

 

Passive layer-Poisson ratio 0.5 

Passive layer-C10 (Neo-Hookean model coefficient) 62114.34 

 Hydrogel electrodes-Total length 26 mm 

Hydrogel electrodes-Free length 21 mm 

Hydrogel electrodes-Width 6 mm 

Hydrogel electrode#1-Thickness 458 µm 

Hydrogel electrode#2-Thickness 304 µm 

Hydrogel electrodes-Density 1197.5 kg/m3 

Hydrogel electrodes-Poisson Ratio 0.5 

Hydrogel electrodes-C10 (Neo-Hookean model coefficient) 1721.81 

 DE layer-Total length 30 mm 

DE layer-Free length 23 mm 

DE layer-Width 10 mm 

DE layer-Thickness 516 µm 

DE layer-Density 

 

1127.7 kg/m3 

 DE layer-Poisson ratio 0.495 

DE layer-C10 (Neo-Hookean model coefficient) 14041.79 

 DE layer-Relative Permittivity 

 

4.16 

Device mass 0.626 g 
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4. E. Habtour, D. P. Cole, S. C. Stanton, R. Sridharan, A. Dasgupta, Damage Precursor 

Detection for Structures Subjected to Rotational Base Vibration. International 

Journal of Non-Linear Mechanics 82, 49-58 (2016). 

5. K. Kadooka, H. Imamura, M. Taya, Experimentally Verified Model of Viscoelastic 

Behavior of Multilayer Unimorph Dielectric Elastomer Actuators. Smart Materials 

and Structures 25, 105028 (2016). 

6. J. Sirohi, I. Chopra, Fundamental Understanding of Piezoelectric Strain Sensors. 

Journal of Intelligent Material Systems and Structures 11, 246-257 (2000). 

7. I. Chopra, J. Sirohi, Smart Structures Theory.  (Cambridge University Press, 2013), 

vol. 35. 

8. Abaqus User Manual, Abaqus Theory Guide. Version 6.14. USA.: Dassault 

Systemes Simulia Corp,  (2014). 
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Supplementary Information for Chapter 4 
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C.1. 3D Printing Materials Formulation and Preparation 

The material system mainly consisted of the previously discussed silicone sealant 

(RTV sealant, Loctite SI 595 CL) and silicone grease (LP20, Trident) with desired ratios 

to replicate the properties of tissue of interest. Coloring agent (Procyinyl Red GS, ICI 

America Inc.) was optionally added into the material system for the purpose of indicating 

different model sections and/or the prosthetic valve target implantation depth mark. For 

adding the coloring agent to the material, the customized polymeric ink (10g) was mixed 

with 1 % (w/v) coloring agent in dichloromethane (DCM) solution (0.5 mL) at a 20:1 w/v 

ratio via the mixer at 2000 rpm for 6 minutes. For printing the calcified regions, Alex Plus 

Spackling material (DAP Products, Inc.) was used. In addition, during the printing process, 

a sacrificial ink was utilized to construct the supporting structures, which comprised the 

surfactant Pluronic® 127 (Sigma) dissolved in glycerol/DI water solution (1:9 v/v) at a 

ratio of 40:100 (w/v). After printing and curing of the model, the supporting structure was 

removed by flushing with cold water.  

C.2. Preparation and Characterization of Tissue and Polymer Samples 

The human tissue specimens were obtained from both the myocardium and aortic wall 

regions. The tissue samples for compression tests were cut using a laser cutter (Epilog 

Helix 24, Epilog Laser) into cylindrical samples. Specifically, the aortic and myocardium 

tissue specimens had dimensions of ca. 7.1-7.2 mm  1.5-2.4 mm (diameter  height) and 

ca. 6.6-6.7 mm  2.2-3.5 mm (diameter  height), respectively. The samples were mounted 

on a mechanical analyzer (RSA-G2, TA Instruments) for compression tests using an 8 mm 

parallel plate geometry at constant linear rates of 0.0355 s-1. It should be noted that a set of 
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human tissue specimens from a calcified aorta were received as rectangular samples and 

were tested in tension to obtain the range of modulus for this specific case (Aorta tissue 2 

and its corresponding ink 4).  

For compression test of the polymeric materials, different formulations were printed 

into cylindrical samples with dimensions of ca. 8 mm  5 mm (diameter  height). The 

tests were carried out using a mechanical analyzer (RSA-G2, TA Instruments) using an 8 

mm parallel plate geometry. The test procedure and settings were the same as the tissue 

characterization for comparison purposes. A summary of the range of elastic moduli 

obtained at different strains for example specimens of the tissue and polymers is provided 

in Table C.1. 

Table C.1. Estimated elastic modulus of examples of tissue and custom-formulated polymer samples at 

different strains and comparison with the reported values in literature (𝜀: strain, B/A: weight ratio of bulking 

agent to active agent in the composition). 

Sample Type 

Young’s 

Modulus at 

 𝜺 < 𝟎. 𝟎𝟑  

(kPa) 

Tangent 

Modulus at 

𝜺 ~ 𝟎. 𝟏𝟎 

(kPa) 

Tangent  

Modulus at 

 𝜺 ~ 𝟎. 𝟑𝟎 

(kPa) 

Reported 

Modulus 

Values in 

Literature 

(kPa) 

Human 

myocardium tissue 
36-146 54-267 168-732 12-273 

Human  

aortic tissue 
56-216 112-1,077 533-1,097 334-1,817 

Ink 1 (B/A=1.15) 113.4 ± 3.7 99.1 ± 3.8 162.7 ± 17.5 

 
Ink 2 (B/A=0.85) 165.8 ± 8.5 194.7 ± 20.8 213.3 ± 19.0 

Ink 3 (B/A=0.7) 250.6 ± 9.1 260.1 ± 25.4 284.0 ± 5.1 

Ink 4 (B/A=0.25) 455.6 ± 22.5 712.7 ± 13.9 679.2 ± 24.8 
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C.3. Fourier Transform Infrared Spectroscopy (FTIR) 

Chemical analysis of the spackling material was carried out using an FTIR 

spectrophotometer (Thermofisher Nicolett iS50) in attenuated total reflection (ATR) mode. 

Spectra, averaged over 32 scans, were taken in the range of 4,000–400 cm−1 wavenumber 

at a resolution of 4 cm−1. 

C.4. Processing of STL Models 

The aortic root stereolithographic (STL) models from two patient cases, derived from 

corresponding CT images, were received from Medtronic Inc. Each STL model consists of 

aortic wall, myocardium, leaflets and calcified regions. In order to 3D print a part, the STL 

models were sliced into horizontal layers and converted into G-code, the computer 

language that dictated the printing pathways as the input for 3D printing process. MeshLab, 

an open source mesh editing software, was used to divide each STL model into separate 

components (myocardium, aortic wall, leaflets, and calcifications) to facilitate the 

assignment of different inks and their corresponding settings for the printing process. 

Slic3r, an open source slicing software, was used for slicing the models into layers and G-

code generation. We imported the full aortic root model into Slic3r, as well as the separate 

component STL files as modifiers. These modifiers allowed us to assign different inks, 

print speeds, perimeters, and other printing parameters for specific regions of a given 

model. When the model was fully configured for printing, Slic3r was used to generate the 

G-code. Finally, we used a custom MATLAB script to convert the G-code generated from 

Slic3r into a form compatible with our custom-built 3D printing system for multi-nozzle 

printing.  
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C.5. 3D Printing of Aortic Root Models 

A custom-built 3D printing system (AGS 1000, Aerotech) with two independent z-

axis heads was used for 3D printing of aortic root models. Four inks with different 

properties, including the ink for aortic wall, the ink for myocardium and leaflets, the ink 

for calcified region, and the ink for supporting material were utilized in the process and 

were deposited from four dispensing apparatuses controlled by four high precision 

dispensers (Ultimus V, Nordson EFD). For fabricating the models used for fidelity analyses 

and hemodynamic studies, the myocardium section and its corresponding support structure 

were printed using nozzles with inner diameter of 1.36 mm (15GA GP .054X.25, Nordson 

EFD) and layer height of 1.2 mm, and the leaflets, aortic wall, calcification and their 

corresponding supporting structure were printed using nozzles with inner diameter of 0.84 

mm (18 GA GP .033X.25, Nordson EFD) and layer height of 0.7 mm. For these cases, the 

printing speeds for perimeter and infill of the models were set to 20 mm/s and 10 mm/s, 

respectively. For fabricating the models with integrated sensor, finer nozzles (inner 

diameter of 0.51 mm, 21 GA GP .020X.25, Nordson EFD) and layer height (0.4 mm) were 

used for the lower section of the model (myocardium and aortic root including the sinuses, 

leaflets, and calcification) in order to 3D print the sensor array with a higher resolution. 

The top part of these models (ascending aorta) were printed using nozzles with inner 

diameter of 1.36 mm and layer height of 1.2 mm. The printing speed for perimeter and 

infill of these models were set to 10 mm/s and 8 mm/s, respectively. After printing, the 

models were left in ambient air for 5-7 days to ensure the complete curing. Once the models 

were fully cured, the supporting structure was removed via flushing with cold water. For 
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the purpose of this study, two cases of patient-specific aortic root models were printed, 

with one being used for fidelity analysis demonstration and one for hemodynamic studies 

and sensor integration.  

C.6. Model Fidelity Analysis  

In order to assess the fidelity of the 3D printed structure to the original patient’s 

anatomy, a CT scan was performed on the 3D printed aortic root model. The obtained CT 

image stack was then segmented and reconstructed to obtain a 3D aortic root model with a 

stereolithography (STL) format using Mimics software package (Materialize NV). 3D 

registration of the STL files between the 3D printed aortic root model and the patient aortic 

root geometry was achieved using CloudCompare® 2.10.2 (www.cloudcompare.org) open 

source software. CloudCompare was also used to overlay the two 3D models and obtain a 

distance map along with a histogram of the offset between the patient anatomy as the 

template, and the 3D printed construct for 3 × 105 voxels in 40 iterations. After registration, 

the two models were compared using the “cloud to mesh” tool in CloudCompare. The 

process generated a distance map and a histogram of the distance difference between the 

points of the 3D printed model and the patient’s native aortic root anatomy. The distance 

scale in CloudCompare was then calibrated to mm. From the histogram of the distances, 

the print fidelity was determined by the percentile of points that fell between a given error 

margin. 

C.7. Frame Analysis of the Implanted Valve in the 3D Printed Aortic Root Model  

A 26 mm EvolutTM PRO valve (Medtronic) was implanted into the 3D printed aortic 

root model using the EnVeoTM PRO delivery system (Medtronic). The model was also 
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mounted in a fixture for mimicking the confinement and the surrounding structure of the 

aortic root in patient’s real anatomy (Figure C.1). After performing the CT scans, the aortic 

root and valve frame were computationally modeled and reconstructed using the Mimics 

medical image processing software (Materialize NV). A total of 9 frame node marks 

(representing each frame level of the valve) were marked on the reconstructed aortic model 

with implanted valve for the purpose of frame deformation analysis and comparison to the 

corresponding values from patient’s postoperative data (Figure C.1).  

 
Figure C.1. Implantation of the prosthetic valve in the 3D printed aortic root model. (a) Implanted valve in 

the 3D printed aortic root model mounted in the fixture. (b) Corresponding scan of the 3D printed model 

constructed from CT imaging and the marked 9 node levels used for frame analysis. 

C.8. Calculation of Parameters for In Vitro Hemodynamic Testing  

The values of pulse pressure were calculated by subtracting the average systolic aortic 

pressure and the average diastolic aortic pressure over ten consecutive cycles. The data 

points and the error bars in the plot correspond to the average and standard deviation of 

three tested models for each case, respectively. The estimated values of overall compliance 

correspond to the slope of the linear fit for each case.  

The peak-to-peak pressure gradient values were calculated by averaging the difference 

between the maximum ventricular pressure and the maximum aortic pressure in systole 

over ten consecutive cycles. If applicable, the readings for left ventricular pressure were 
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adjusted based on the calibration baseline of the corresponding balloon pressure catheter. 

The negative values of left ventricular pressure at the beginning of diastole corresponds to 

the instant when the pulsatile pump stops and most of the fluid is pushed out through the 

leaflets and into the aorta. At this moment, there is less fluid pressure in the left ventricular, 

thus the pressure reading in LV is negative.  

For the paravalvular leak study, a 26 mm Medtronic EvolutTM R valve was implanted 

in the model with calcified leaflets. Transthoracic echocardiograms of the 3D printed aortic 

root model with implanted valve for detection of paravalvular leak sites were obtained from 

a long-axis view via an ultrasound system (Model iE33, Philips) using a X7-2 pediatric 

probe.  

C.9. Preparation of Models with Internally Integrated Sensor Array 

The ionic hydrogel precursor used to create the electrodes of the sensor consisted of  

acrylamide monomer (A8887, Sigma) dissolved in an 8 M lithium chloride solution 

(L7026, Sigma) with ratio of 15.64:100 (w:v), as well as N,N’-methylenebisacrylamide 

crosslinking agent (M7279, Sigma) and 2-hydroxy-2-methyl-propiophenone photoinitiator 

(405655, Sigma) with ratios of 0.00064:1 and 0.00543:1 with respect to the weight of 

acrylamide monomer, respectively. For better visualization of the ionic hydrogel in the 

channels, orange and green dyes were added to the precursor solution (0.5 % v/v). Once 

the 3D printed models were fully cured, the ionic hydrogel precursor was injected into the 

channels via a 30 G needle (305128, BD) and was photopolymerized via exposure to a UV 

system (Omnicure S1500, Excelitas Technologies). For testing purposes and connection of 
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sensor array to the measurement system, flexible 28 AWG stranded tinned copper wires 

(BNTECHGO) were inserted into the filled channels of the models.  

C.10. Calibration of the Sensor Array 

In order to be able to translate the capacitance changes of the sensing elements to 

pressure values, the sensor arrays were calibrated. For this purpose, the region of the model 

limited to the 3  3 sensor array was fabricated separately. The calibration was performed 

by applying different pressures to each of the nine sensing elements in the array and 

measuring the changes in their capacitance individually. The sensor array was fixed on a 

silicone-based platform (MoldStar 15, SmoothOn) and was mounted on a digital scale 

(Elec3) in order to record the values of applied forces during calibration. A custom 3D 

printed bar (tough resin, Formlabs 2) with a rectangular tip with dimensions of 2 mm  2 

mm (approximately corresponding to the area of sensing elements) was mounted on a 

vertical axis of a nanopositioning stage (ANT130-LZS, Aerotech) to apply a press-release 

cycle to each sensing element of the device. By varying the vertical position of the bar 

during the calibration process, different values of the applied forces were obtained. The 

applied pressure values were calculated by dividing the recorded forces by the area of 

sensing elements before deformation. In addition, the sensor was connected to a 

characterization system (B1500A, Agilent Technologies) to record the changes in device 

capacitance at each of the press-release cycles. The recorded measurements were analyzed 

to obtain plots of 
∆𝐶

𝐶0
 versus applied pressure, yielding two linear regions for each of the 

sensing elements based on the range of  
∆𝐶

𝐶0
. To translate the capacitance changes to 
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pressures values, the calibration equation corresponding to appropriate 
∆𝐶

𝐶0
 range of each 

sensing element in the array was used (Table C.2). 

Table C.2. Calibration equations for the 9 sensing elements of the sensor array. 

Sensing Element 

 (row, column) 

∆𝐂

𝐂𝟎
 Range Calibration Equation 

Element 11 

∆C

C0
≤ 0.35 P =  (

∆C

C0
) / 0.0011  

∆C

C0
> 0.35  P = (

∆C

C0
+ 0.5222) / 0.0032 

Element 12 

∆C

C0
≤ 0.14 P =  (

∆C

C0
) / 0.0009  

∆C

C0
> 0.14 P = (

∆C

C0
+ 0.3407) / 0.0029  

Element 13 

∆C

C0
≤ 0.45 P =  (

∆C

C0
) / 0.0008  

∆C

C0
> 0.45 P = (

∆C

C0
+ 0.5656) / 0.0021  

Element 21 

∆C

C0
≤ 0.17 P = (

∆C

C0
) / 0.0011  

∆C

C0
> 0.17 P = (

∆C

C0
+ 0.9813) / 0.006  

Element 22 

∆C

C0
≤ 0.2 P = (

∆C

C0
) / 0.0009  

∆C

C0
> 0.2 P = (

∆C

C0
+ 0.4778) / 0.0032  

Element 23 

∆C

C0
≤ 0.4 P = (

∆C

C0
) / 0.0008  

∆C

C0
> 0.4 P = (

∆C

C0
+ 0.1276) / 0.0013  

Element 31 

∆C

C0
≤ 0.07 P = (

∆C

C0
) / 0.0004  

∆C

C0
> 0.07 P = (

∆C

C0
+ 0.3474) / 0.002  

Element 32 

∆C

C0
≤ 0.45 P = (

∆C

C0
) / 0.0009  

∆C

C0
> 0.45 P = (

∆C

C0
+ 0.5949) / 0.0024  
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Element 33 

∆C

C0
≤ 0.11 P = (

∆C

C0
) / 0.0007  

∆C

C0
> 0.11 P = (

∆C

C0
+ 0.4501) / 0.0031  

 

C.11. Testing of Models with Internally Integrated Sensor Array 

The 3D printed aortic root models were placed in a custom silicone-based fixture 

(Mold Star 15, SmoothOn) and were connected to a characterization system (B1500A, 

Agilent Technologies) to measure the capacitance values.  For each case of valve sizing 

and implantation height, first, the baseline capacitance of the nine sensing elements in the 

sensor array were recorded (𝐶0). Then, the prosthetic valve was implanted in the model, 

followed by measuring the new values of capacitance with the implanted valve (𝐶𝑖). 

Finally, the change in capacitance values for the 9 sensing elements were calculated (∆𝐶 =

𝐶𝑖 − 𝐶0). The prosthetic valves used in the tests were Medtronic EvolutTM R 26mm, 

EvolutTM R 29 mm valve and stent frame, and CoreValveTM 31mm. The normalized 

capacitance changes (
∆𝐶

𝐶0
) of the 9 sensing elements for each case of valve sizing and 

implantation height were then processed using MATLAB to obtain the heatmaps (Figure 

C.2). The continuous heatmaps were obtained by interpolation and halving the 

intervals 5 times in each dimension. To translate the capacitance changes to pressures 

values, the calibration equations corresponding to each sensing element in the array and 

the 
∆𝐶

𝐶0
 range was used (Table C.2).  
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Figure C.2. Heatmaps of normalized capacitance changes for different cases of valve implantation height 

and sizing. (a) Implantation of the 29 mm Evolut
TM 

R TAVR valve frame at a shallow height. (b) 

Implantation of the 29 mm Evolut
TM 

R TAVR valve frame at an intermediate height. (c) Implantation of the 

29 mm Evolut
TM 

R TAVR valve frame at a deep height. (d) Implantation of the 26 mm Evolut
TM 

R TAVR 

valve at an intermediate height. (e) Implantation of the 29 mm Evolut
TM 

R TAVR valve at an intermediate 

height. (f) Implantation of the 31 mm CoreValve
TM

 TAVR valve at an intermediate height. Top plots in each 

panel represent the 3 × 3 discrete heatmap for each case; Bottom plots in each panel represent the continuous 

heatmaps resulted from interpolation and halving the intervals 5 times in each dimension. 


